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Abstract 

Long bone fractures are one of the most common serious musculoskeletal system injuries, and 

for which intramedullary nail is the recommended method to enable healing and injured site 

mobility and function recovery. Despite the high rate of success ensured by this stabilization 

technique, tibia shaft fractures are still associated with a prolonged healing time. This limitation 

represents a substantial burden to society and patients. The main goal of this thesis is, by taking 

advantage of the potentialities given by intramedullary nail fixation method and not interfering 

with its normal functioning, propose an innovative device which by applying additional well-

aimed and well-timed low-magnitude high-frequency interfragmentary mechanical stimulus at 

the early healing stage will enhance the recovery process quality and progress. The 

understanding that the mechanical environment at bone fracture site, and more importantly 

the interfragmentary movements, strongly influence the rate and quality of the callus formation, 

was complemented with a study of the bone-implant stability concept. Through this analysis a 

strategy was proposed, considering both finite element analysis and mechanical tests under 

simple and reproducible conditions, while reflecting physiological load and bone orientation. In 

this study, a stable bone-implant construct demonstrated that, despit  the system’s high 

stiffness, the interfragmentary site will always be subjected to some motion, and that during 

early healing phase the nail will support a significant portion of the load applied on the lower 

limb. Based on the acquired knowledge, and considering the thesis goal, ferrite was chosen as 

the actuator material. Ferrite’s displacement can be induced by a magnetic field, giving the 

device an additional advantages over conventional wired actuators, such as higher safety and 

operating life. The affinity of MG-63 cells for selected ferrite samples was also evaluated, as well 

as the influence of the removal of the static magnetic field on their adhesion and proliferation. 

Both ferrite materials tested, 𝑁𝑖0.27𝐶𝑢0.14𝑍𝑛0.6 and Sr-Ca, showed strong evidences of being 

cytocompatible. Considering the material potential for not being toxic to the human body, it was 

possible to advance the idea into the development of a demonstration model where the 

principle of a ferromagnetic actuator coupled to the fixation device and controlled through a 

magnetic field can be easily perceived. The demonstration model showed that this new 

approach for enhancing fracture healing was able to reflect clinicians’ needs and at the same 

time respect the human body’s biological processes. As such, the goal outlined in this thesis was 

successfully achieved. 

  



 
 

 

  



 
 

Resumo 

As fraturas dos ossos longos são umas das lesões mais comuns e graves do sistema músculo-

esquelético e cuja cicatrização e recuperação da mobilidade e funcionamento é garantido pela 

aplicação de cavilhas intramedulares, sendo que, esta é considerada a intervenção preferencial 

para o efeito. Apesar da elevada taxa de sucesso providenciada por esta técnica de estabilização 

óssea, as fraturas diafisárias da tíbia continuam associadas a um tempo de recuperação 

demasiado longo. Esta limitação representa uma sobrecarga consideravel para a sociedade e 

para os pacientes. Considerando as potencialidades conferidas pelo método de fixação com 

cavilhas intramedulares e sem interferir com o seu normal funcionamento, o principal objetivo 

desta tese consistiu em propor um dispositivo inovador que através da aplicação correta de 

estímulos mecânicos de baixa magnitude e elevada frequência durante a fase de recuperação 

óssea inicial, seja capaz de melhorar a qualidade e a progressão do processo de recuperação 

óssea. A compreensão sobre a forte influencia que ambiente mecânico tem na fratura em 

recuperação, e principalmente os movimentos interfragmentários presentes, têm sobre a 

velocidade de formação e a qualidade do calo ósseo obtido, foi complementada com um estudo 

sobre o conceito de estabilidade osso-implante. Através deste estudo foi proposta uma 

estratégia que considera a análise em elementos finitos assim como ensaios mecânicos em 

condições simples e reprodutíveis, e refletindo a orientação e aplicação de cargas ósseas 

fisiológicas. Neste estudo, foi demonstrado a ocorrência de movimentos interfragmentários da 

fratura perante uma construção osso-implante estável mesmo tratando-se de um sistema 

rígido. Foi também demosntrado que durante a fase inicial de recuperação óssea é a cavilha 

intramedular que suporta grande porção da carga aplicada nos membros inferiores. Baseado no 

conhecimento adquirido e tendo em consideração o objetivo principal da tese, a ferrite foi 

selecionada como material base para o atuador. O movimento da ferrite pode ser induzido pelo 

campo magnético, o que garante uma vantagem adicional ao dispositivo quando comparado 

com os atuadores convencionalmente conectados por fios tanto ao nivel de segurança como em 

terms de periodo de vida util. A afinidade das células MG-63 para amostras selecionadas de 

ferrite foram testadas, assim como a influência em relação á adesão e proliferação celular ao ser 

removido um campo magnético permanente. Tanto as ferrites 𝑁𝑖0.27𝐶𝑢0.14𝑍𝑛0.6 como Sr-Ca 

testadas, mostraram fortes evidências de serem citocompatíveis. O potencial de não toxicidade 

do material, permitiu o desenvolvimento de um modelo de demonstração onde o princípio de 

um atuador ferromagnético acoplado ao dispositivo de fixação e controlado através de um 

campo magnético foi facilmente percetível. O modelo de demonstração mostrou que a nova 

solução desenvolvida para melhorar a recuperação da fratura ossea foi capaz de refletir as 



 
 

necessidades do clínico e, ao mesmo tempo, respeitar o processo biológico do organismo 

humano. Desta forma, o objetivo delineado nesta tese foi alcançado com sucesso. 
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CHAPTER 1 
“Engineering is about going in and designing” 

Lisa Ferrara 

1. Introduction 

This PhD thesis was funded by the Foundation for Science and Technology (FCT) through the 

research grand SFRH/BD/87089/2012. The thesis was developed in the framework of the 

Doctoral Program in Mechanical Engineering in association with the Associated Laboratory for 

Energy, Transports and Aeronautics (LAETA), Laboratory for Process Engineering, Environment, 

Biotechnology and Energy (LEPABE) and the Institute of Nanostructures, Nanomodelling and 

Nanofabrication (IPC/I3N) as part of the development of an actuator for bone healing 

enhancement. The experimental research was conducted at the Faculty of Engineering of the 

University of Porto, with the collaboration of the Laboratory for Bone Metabolism and 

Regeneration at the Faculty of Dental Medicine of the University of Porto and Artur Salgado S.A. 

All the biocompatibility experiments were developed at the Laboratory for Bone Metabolism 

and Regeneration. The intramedullary nail used during the research study and all the 

implantation devices required were provided by Artur Salgado S.A. 

1.1. Motivation 

1.1.1. Tibia shaft fractures: An underestimated problem 

Tibial shaft fractures are the most common long bone injuries [1-3]. Most fractures occur 

between the mid-shaft region and the distal third of the tibia, where the smallest cross-section 

and moment of inertia are present [3-6]. The tibia shaft fractures are also considered a very 

painful injury, as demonstrated in a study developed by Kane et al. [7] where this type of 

fractures attained the highest pain rankings. 

The epidemiology of the tibial diaphysis fractures was evaluated in a few studies [8-18]. The 

incidence was reported based on its variation over the years and between different countries 

and cities, as presented in Figure 1.1. Although, as stated by Larsen et al. [9], most 

epidemiological studies are conducted without a geographically well-defined and complete 

population and the data obtained cannot be extrapolated to a nationwide scale, few 

representative insights on this fractures type were still considered. 
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A common characteristic reported in most studies is the tibial shaft fractures incidence with 

respect to age and gender. There are two main tibial shaft fractures peaks distributions: the first 

in young males and the second in older women. In men, the pattern is generally characterized 

by a high peak at younger age - between 10 to 34 years - which gradually falls until about 60 

years, when it then rises again. The female incidence rate, however, reached its lowest values 

at younger ages, between 20 to 39 years, then increases after menopause, which occurs around 

45 years. The rate obtained in older men is normally lower than older female peak. However, in 

general, the number of fractures affecting men are considered to be at least twice than that 

affecting women. High tibial fractures registered in men are normally associated as being caused 

by sport injuries (e.g. soccer and skiing) or traffic accidents. In older women, the low bone mass 

and high prevalence osteoporosis, which characteristically increases with aging, may greatly 

influence the tibial peak fracture incidence. In elderly, tibia shaft fractures lead to acute 

inpatient stay, post-acute patient stay and home healthcare as well as outpatient visits and 

physical and occupational therapy. Also such fractures in this age group are starting to be 

associated with high mortality rates, which values have demonstrated to be as high as the ones 

obtained in hip fractures [12, 16, 19-23].  

 

Figure 1.1 - Few worldwide epidemiological studies on the incidence of tibia fractures. TF -Tibia fractures, TSF -Tibia 
shaft fractures. World map image obtained from [24] and incidence calculated based on total country or city 
population data from [25, 26] 

In Portugal, there is a lack on nationwide level published data concerning tibia diaphyseal 

fractures epidemiology characterization, where validated fracture classification, trauma 

mechanism, length of hospital stay and treatment adopted, are reported. This limitation may be 

due to the difficulty in obtaining complete statistical detailed country information [19]. Such 
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knowledge would help to understand the current state of the nation and its evolutional behavior 

in the last decades. This would allow for the development of prevention and treatment 

strategies [10, 14]. However, based on few unpublished references [27] and available literature 

[28-31], some generalizations were made. Similarly to what is verified worldwide, and as stated 

during a Portuguese AoTrauma Course [27], in Portugal tibia fractures are also considered as the 

most common among long bones and are associated with a high rate of open injuries which are 

considered the more severe cases. The results obtained in a study developed by Mário Peneda 

[28], “blamed” falls and also road-traffic accidents as the two main causes for lower limb injuries. 

Based on this study, it was also possible to present a preliminary insight on the country’s gender 

and age group related tibial fractures incidence (see Figure 1.2). There seem to be a general high 

predominance (minimum 3-fold) of tibia fractures among men when compared to women. The 

higher male values are among young and middle-aged adults. The causal factors of such gap are 

unknown. In women, there is a trend in increase tibial fractures beginning in middle age. 

According to data from the Portuguese National Health Service [30, 31], the stabilization of this 

injuries with intramedullary nail fixation method through open fracture reduction, is the sixth 

most frequent muscular-skeletal chirurgical procedure developed at operating grooms across 

the country. The number of intramedullary nailing implantations records showed an increase in 

324 more cases in 2013 from the 4031 registered in 2009.  

 

Figure 1.2 - Accidental and intentional percentage tibia fractures according to the age groups and gender which 
occurred between the XIX and XX century, based on medical records from Coimbra and Lisbon. Data entirely obtained 
from [28]. The age groups were defined according to the criteria used by Buikstra and Ubelake [32] 

In comparison with other long bones, tibia fractures are the ones in which healing is most 

problematic not only due to the demanding mechanical requirements placed upon this bone 

http://www.linguee.pt/ingles-portugues/traducao/seem.html
http://www.linguee.pt/ingles-portugues/traducao/unknowns.html
http://www.linguee.pt/ingles-portugues/traducao/operating+room.html
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during normal daily activities, but most importantly as a result of the tibiae’s reduce amount of 

soft tissue [3-6, 33]. Tibia shaft fractures are also more commonly associated with severe trauma 

due to traffic accident. Such type of impact normally leads to high-energy injuries such as open 

fractures. The high rate of severe trauma cases may be a consequence of tibial shaft soft tissue 

reduced protection where its asymmetric positioning leaves the anteromedial surface more 

vulnerable. In most studies, males are associated with a greater frequency of high-energy 

trauma which peak incidence is among individuals between 10 to 40 years old. In general, the 

high-energy trauma frequency among women is low throughout life. Tibia open shaft fractures 

are particularly difficult to manage and are associated with complications such as wound 

infection [34] and problems with bone healing. Infections associated with fracture-fixation 

devices in tibia are generally lower in close fractures, between 0.9 to 4.45% [35]. However, it 

may rise up to 33% [36] in open fracture cases. The more common problems with bone healing 

are delayed unions (defined as fractures that have not achieved union at 4.9 months post-

fracture) or in more severe cases non-unions (defined as fractures that have not achieved union 

within 6 to 9 months post-fracture). These undesirable results extend the patient disability and 

lead to substantial pain. Nevertheless, such disproportionate healing period can occur in any 

fracture site with higher probabilities in open fractures. Delayed unions and non-union cases, 

where high-energy trauma is not present, are normally associated to excessive interfragmentary 

movement, avascularity of fragments, infection or a combination of all those variables. Hence, 

the type of stabilization method adopted influences the healing rate. Although a profound 

understanding of the factor contributing for healing failure is lacking, variables like age, gender, 

hormonal effects, bone necrosis and percent pre-reduction displacement may have a significant 

impact [1, 3-6, 9, 12, 17, 21, 37-41].  

1.1.2. Intramedullary nail: A good stabilization method with space for improvement1 

i) Range of application and biomechanical principle 

For the vast majority of tibial shaft fractures in adults, interlocking reamed intramedullary nails 

has become the standard care procedure [42, 43]. The current widespread indication for the use 

of interlocking intramedullary nailing includes: (a) the management of closed fractures with the 

exception of proximal and distal fractures of the tibia that are contraindicated due to special 

positions [44], (b) acute closed fractures [45], (c) open fractures [46, 47] and (d) serious and 

                                                           
1 The presentation of the concept behind the thesis motivation: Rosa, N., Simoes, R., Magalhães, F. D., 

Marques, A. T. Enhanced bone healing through mechanical stimulation by implanted piezoelectric 
actuators, in International joint Conference on Biomedical Engineering Systems and Technology (BIOSTEC), 
2014. Angers, France. These conference presentation received the “Best PhD Project Award”. 
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complicated fractures. The latter indication cases includes: segmental fractures, 

polytraumatized patients and additional ipsilateral fractures, morbid obesity [48], failed non-

operative treatment of tibial shaft fractures, late management of open tibial fractures, when the 

definitive care is implemented after the damage control orthopedics concept in polytraumatized 

patient (i.e. conversion of an external fixator or internal fixator to an intramedullary nailing) [44, 

46] and also in pathological fractures (e.g. fracture caused by bone metastatic) [44]. From a 

biological and mechanical perspective, intramedullary nailing offers several advantage when 

compared to other stabilization procedures (e.g. cast, external fixator and internal fixator). This 

procedure is considered to require a minimal surgical approach for its implantation. Also, 

indirect fracture reduction with reduce disturbance to the fracture site is sometimes possible. 

This fixation method preserves the periosteal blood supply and even when the reaming 

technique is adopted (removal of circumferential layers from the bone endosteal surface 

resulting in the elimination of bone irregularities and enlargement of the medullary canal 

diameter) the endosteal vasculature is re-established. The central positioning of the 

intramedullary nail allows it to function as a load-sharing device. During the early healing stage 

when the fracture site is instable, the nail supports most of the weight applied on the limb. The 

stress will gradually be transferred to the interfragmentary site with the progressive stiffening 

of the local tissues (from granulation tissue to cartilage-like and finally calcified callus) [39]. 

Another interesting characteristic of this stabilization method is that the surgical procedure 

duration for intramedullary nail implantation is lower than the amount of time required for 

internal fixation application [27, 49], with average procedure period of 1.9 hours [35]. According 

to the marked research report [50], internal fixators already form the largest segment of the 

orthopedic trauma fixation devices market and they are also associated with a trend in future 

demand increase, where a 6.8% compound annual growth rate (CAGR, calculated as geometric 

average of annual growth rates [51]) from 2014-2020, is predicted. 

ii) Slow healing time 

The intramedullary nail fixation technique is considered an effective stabilization method and 

its good reputation is due to its high rate of successful healing cases. However, tibia shaft 

fractures stabilized with intramedullary nail may still be associated with a prolonged healing 

time [12]. As showed in the study developed by Ouyang et al. [44], where an extended 

evaluation (follow-up period around 26.2 months) on the patients’ average healing time based 

on a wide range of interlocking intramedullary nails designs in isolated long bone fractures (e.g. 

tibia, femur and humeral) was taken in consideration, the mean time for tibia fracture union was 

5.2 months. Besides the prolonged recovery time, patients that undergo a surgical procedure - 
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such as intramedullary nail implantation - require a longer hospital stay as demonstrated in the 

study developed by Weiss et al. [21], where tibia shaft fractures average hospitalization healing 

period was 4 (± 9) days. Larsen et al. [9], reported the inpatient duration with average values of 

9.4 (± 9.7) days. A higher average hospital stay for the management of tibial diaphyseal fractures 

with intramedullary nail was stated by Downing et al. [35] as 12.1 days. The management of 

tibial diaphyseal fractures has always held a particular interest for orthopedic surgeons due to 

the challenge they represent and the healing process duration is an important parameter with 

significant burden to the health system and direct implications on the patient’s physical and 

emotional wellbeing.  

The reduce nationwide understanding of the epidemiology and costs to society and healthcare 

system associated with tibial shaft fractures treated with intramedullary nail, limits the 

conclusions drawn on the subject. However, it is of general belief that the tibia shaft fractures 

slow healing process presents a substantial burden to society and patients. The management 

and recovery process of tibia shaft fractures is often complex and challenging in financial terms 

not only to the healthcare system, but also in human aspects and facility requirements, since 

such procedure requires experienced orthopedic surgeons, qualified support staff, expensive 

equipment and a good rehabilitation strategy (e.g. physiotherapy, medication and follow-up 

physicians visits) [15]. There is also the social economic burden associated with tibia shaft 

fractures due to the labor hours lost since the younger generation are the prime victims of this 

type of injury [23, 52]. The weeks off work comprises the incident occurrence and management 

time and also the recovery time required until patients can return to their normal routine. 

According to Downing et al. [35] the recovery process may require an average of 15 weeks off 

work which may also include around 6.1 outpatients appointments. According to a recent study 

developed by Antonova et al. [12], in the United States around 500 000 tibia and fibula fractures 

occur each year which result in 77 000 hospitalizations and account for 569 000 hospital days. 

Although, it may not be up-to-date, a study presented by Downing et al. [35], gives an insight on 

tibia shaft fractures cost in the UK and Heckman and Sarasohn-Kahn [41] estimate the cost in 

the USA. The first study pointed-out a mean hospital cost when intramedullary nailing 

stabilization method is used of £2226 (around 3183.2€ in 1997 [53]) per patient, with a total 

cost to society of £6592 (around 9426.6€ in 1997 [53]) per patient when the patient mean time 

off work is also considered. In the second study, the costs considered were only for tibial shaft 

fracture management with general operative treatment and no specific stabilization procedure 

considered. The costs for both surgery and recovery phase were estimated as $20575 (around 

17756.2€ in 1997 [53]) per patient and the outpatient rehabilitation process solely would be 

http://www.linguee.pt/ingles-portugues/traducao/time-consuming.html
http://www.linguee.pt/ingles-portugues/traducao/physiotherapy.html
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$4317 (around 3725.6€ in 1997 [53]) per case. It is important to highlight that although more 

closely associated with high-energy open fractures, delay and non-unions cases further worsen 

the burden of tibia shaft fractures. Tibia shaft fracture also affect patient’s psychological and 

physical quality of life [12, 54]. The high amount of medication (e.g. strong opioids, NSAID’s, 

benzodiazepines and injectable corticoids) used by tibia shaft fractures patients during the 

healing process is a pertinent detail highlighted by Antonova et al. [12]. Besides the burden this 

may represent for patients, according to Heckman and Sarasohn-Kahn [41] the medication taken 

during fracture management and the follow-up period could average around $2000 (around 

1726€ in 1997 [53]) per case. Hence, tibia shaft fracture healing time represent a considerable 

economic burden to worldwide society but also to patient’s well-being [12, 21, 37]. Although, 

no decision should be made solely from an economic basis, more than ever there is an 

awareness of expenditure in the health service, the concern in cost reduction [35]. The burden 

associated with tibia shaft fractures is expected to increase with the tendency in world 

population augmentation, which consequently will lead to a higher number of tibia injuries and 

also with the expected increase in the number of aging-related injuries [33, 55]. 

iii) Mechanical stimulus effect on the healing time 

Human life preservation, bone healing, soft tissue treatment and limb angular and rotational 

motion recovery are the orthopedic surgeon’s main concern when treating tibia shaft fractures 

[27, 42]. However, the duration of the healing process is also an important variable for the 

physician and healthcare system but most importantly for the patient. It is well-accepted that 

the mechanical environment at the fracture site can profoundly influence the rate and quality 

of the bone fracture repair [39]. The stiffness of the intramedullary nail-bone structure and the 

limb weight bearing or load applied to the fracture site regulate the local mechanical stimulus, 

i.e. determine the amount of motion between the bone fragments and consequently the strain 

suffered by the healing tissue [56, 57].  

The most critical period of bone healing is the first few weeks after fracture [58-60]. Although 

one of the main advantage of intramedullary nailing is that it allows patients premature 

mobilization [49, 61, 62], during the early healing phase the fracture-site mechanical stimulus 

mainly results from partial weight-bearing from patient reduced mobility. According to Joseph 

Borrelli [46], the standard post-operative care, when intramedullary nailing stabilization 

technique is used in lower extremity bones, includes partial weight-bearing during the first 6 

weeks accompanied with quadriceps strengthening and motion of the ankle and knee exercises. 

However, patient recovery procedure may vary between countries and even between hospitals 

http://www.linguee.pt/ingles-portugues/traducao/point+out.html
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in the same nation. Despite studies, such as the one developed by Gaebler et al. [63], state that 

small diameter tibial nails (between 7 and 8 mm) in non-segmental fractures presents a strength 

capable of supporting full weight-bearing in the post-fracture phase; normally full weight-

bearing is only allowed after radiographic evidence of callus formation and pain-free weight 

bearing is evident. This again usually occurs 6 weeks after nail implantation. Quadriceps 

strengthening exercises as well as a range of motion exercises of the ankle and knee start as 

soon as possible. After union is verified, patients are discharged and a follow-up procedure is 

adopted [5, 46]. Gardnera et al. [59] also states that at 4 weeks there is already a callus formation 

which calcifies in the following weeks. By the 8th week, the callus is already able to support 

compressive loads. From then and until the end of the bone recovery, callus shape and material 

properties suffer transformation to re-establish its original characteristic. As demonstrated in 

the study developed by Joslin et al. [64], inpatients with a heathy healing progress, weight-

bearing increases steadily with time and its return to normal values generally indicates that 

clinical union of the fracture has occurred. This process appears to be accompanied by the 

increase load withstand by the healing tissue. This low frequency mechanical stimulus 

experienced by the limb during the early healing stage may represent a limitation and an 

opportunity to intervene positively to improve healing process [64]. Hence, as stated by some 

authors [43, 58-60], interfragmentary stimulus have a higher influence when applied soon after 

injury, i.e. first few weeks after stabilization device implantation. However, for the bone fracture 

recovery to be optimized, the one-week post-surgery delay in the beginning of stimulus 

application should be respected. Such procedure will allow the initiation of the body healing 

response to occur, by permitting soft tissue healing and by not to disturbing the early vascular 

response (which precede and determines the organization of the osteogenesis) which I very 

sensitive to the initial mechanical environment [65, 66]. 

Currently in use and in research stage, bone healing stimulation methods include the supply of 

osteoprogenitor and mesenchymal stem cells to the fracture site and local application of growth 

factors, which sometimes are complemented by therapies such as low-intensity pulse 

ultrasound, electrical stimulation and extracorporeal shock waves. The currently use of cell 

culture techniques present some limitations such as the high number of required cells, 

associated risks in infectious diseases transference, and also the fact it involves an invasive 

surgery. Growth factors are natural potent inducers of encochondral ossification (e.g. bone 

morphogenetic proteins, transforming growth factor β and insulin-like growth factor). However, 

there are several issues about their use, including safety where supraphysiological 

concentrations of growth factors are needed to obtain the desired osteoinductive effects, the 

http://www.linguee.pt/ingles-portugues/traducao/withstand.html
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high cost of treatment, and more importantly, the potential for ectopic bone formation. In 

relation to the externally applied signals - such as ultrasound, electrical and shock waves - these 

interventions are in most of the cases prescribed and may be expected to be more effective, in 

fracture delay and non-union cases. In addition to the variety of research studies where the use 

of this external interventions is associated with a positive skeletal response, several other 

controversial reports about their efficacy did not detect treatment effects in animal or clinical 

studies. In those studies, some drawbacks and limitations are identified associated to their use 

and availability and even its cost-effectiveness [55, 60, 65, 67-73]. Therefore, we may conclude 

that the current strategies for bone regeneration exhibit relatively satisfactory results. There is 

still a need for a practical cost-effective a new approach with well-defined specifications and 

regimes for individual patients at determined point in the healing process that is capable of 

accelerating the fracture healing process in such a way that the need for intramedullary nail 

fixation is reduce to a minimum necessary time-period. 

Currently the concept that mechanical stimulus at the fracture site are essential for bone repair 

is well accepted. However, one of the greatest drawback in the bone-healing mechanical 

stimulation field is that there is an insufficient knowledge on the mechanical environment that 

promotes healing and the available theories for fracture enhancement are sometimes 

contradictory. Despite the great effort made in literature, a quantifiable relationship between 

the rate of healing and mechanical stimulus at the fracture site has never been stablished. The 

knowledge gap on the ideal mechanical environment has prevented wider-scale harnessing of 

bone’s mechanosensitivity to enhance healing [27, 33, 39, 56, 57, 74]. In the attempt to 

determine the relevant window of bone-repair mechanical stimulation, in vivo internal loads 

acting on long bones during daily activities were considered of special interest in fracture healing 

research. Few recent studies [75-80] are starting to show evidences on the importance of daily 

low-amplitude high-frequency strain stimulus in bone remodeling process and in the reduction 

of osteoporosis. Such small strain stimulus with values less than 5 µε that occurs at a higher 

frequency, between 10 to 100 Hz, are believed to be as effective or even more in maintaining 

bone mass. Since fracture healing is a regenerative process of osseous tissue, in vivo load 

application systems, such as individual limb compressive and whole-body vibration, were tested 

to demonstrate the impact of low-magnitude high-frequency strain stimulus in inducing callus 

formation and mineralization, hence accelerating fracture healing. Several studies [80-86] 

started considering the possible advantages of applying low-magnitude high-frequency 

interfragmentary strain stimulus to accelerate bone-healing process. In the primordial studies 

such as the one developed by Kenwright et al. [86], the which at the time were considered as 
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micro-motions, were evaluated in respect to with healing enhancement. In this clinical study, 

the early application of cyclic of up to 1 mm micro-movement at the tibia fracture site showed 

a significant increase in the rate of healing. In another clinical study developed by Noordeen et 

al. [85], an interesting conclusion was taken. It was demonstrated that a maximum of 2 mm axial 

cyclic movement during weight-bearing with a unilateral external fixator retarded the fracture 

healing in three weeks. On the contrary, the delay on the application of this stimulus between 

four to six weeks did not induce any backlog in the healing process. Although it may have not 

been evident in this study, the results obtained may have been pointing out to the importance 

of lower amplitude stimulus applied in earlier stage of healing. Hence, in the latter case, during 

the patients early healing phase the fixator was locked. However, locked fixator already 

encourages some amount of low-amplitude motion at the fracture site because of pin bending 

and movement at the bone-pin interface. Hence, the present of micro-motion in healing 

enhancement may already have been present. The importance of controlled fracture site micro-

motion (around 0.6 mm) imposed after unilateral external fixator frame and at a very early 

phase (first few days after fracture) when mechanical stimulation may be most effective and 

when the active loading by the patient is minimum, was highlighted in the clinical study 

developed by Kershaw et al. [87]. Although, the earlier studies focus on interfragmentary 

stimulus magnitude by measuring and comparing the effect of bone fragment displacement, 

several studies [84, 88, 89] highlighted the importance that the amount of interfragmentary 

motion should depend more on the relation of displacement to the width of the fracture gap 

(also known as strain). Although, Comiskey et al. [74], claimed benefits on the application of 

cyclic displacements less than 7% of the width of the fracture gap, the positive effect of even 

lower strain values were presented in some studies. There is evidence that uniaxial strains 

between 0.3% and 2.8% are capable of stimulating in vitro osteoblast proliferation and synthesis 

[60]. Goodship et al. [83] reinforce the idea that mechanical stimulus do not need to be large to 

positively influence the fracture-healing process. In their study, they applied a short duration 

(17 minutes), low-magnitude (25 µε) high-frequency (30 Hz) interfragmentary axial 

displacement on a 3 mm mid-diaphyseal osteotomized sheep tibia. This study demonstrated 

that physiological loading with additional short period of low-amplitude – which were less than 

1% of the fracture gap width and less than 6% of the 0.45 mm displacement measured at the 

site during ambulation - high-frequency strain will positively influence the rate of healing. In the 

study developed by González-Torres et al. [82], the importance of the frequency value in the 

mechanical stimulus for the regulation of bone healing was evaluated. In this study, a finite 

element model of a sheep tibia metatarsus fracture allowed the conclusion that the change in 

the frequency of the external mechanical stimulus directly affects the interstitial fluid flow 
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velocity in the fracture callus. It was also suggested that, to obtain a more significant effect, 

higher frequencies (between 50 to 100 Hz) with lower amplitude (displacements that are less 

than 0.6% of the width of the fracture gap) than the ones used in previous works are needed. 

Other studies [23, 65, 69, 70, 81, 90] have also demonstrated the potent effect of low-amplitude 

high-frequency oscillatory accelerations (or vibrations), rather than deformations. Based on the 

demonstrated potent osteogenic effect of this stimulus, its potential was recently evaluated in 

bone fracture treatment. A beneficial effect of low-magnitude high-frequency vibration was 

reported by Leung et al. [23]. In their study, osteotomized rat tibiae with intramedullary 

Kirschner wires were stimulated by a vibration platform with 35Hz and which generates a 0.3g 

(with g referring to earth’s gravitational acceleration, 9.8 m/s2), actuating 20 minutes a day, for 

5 days a week during a total study period of 9 weeks. This type of stimulus showed a positive 

osteogenic effect through the formation of a larger amount of callus, accelerated callus 

remodeling and fracture site healing, comparatively to the non-stimulated ones. In a study 

developed by Hwang et al. [65], the impact of short duration very small amplitude oscillatory 

motions, 45 Hz at 0.4 g for 20 minutes per day during 3 weeks, applied locally (oppositely to 

whole body vibrations) in enhancing healing process in scaffolded and non-scaffolded calvarial 

defects in rats, were evaluated. This stimulus enhanced the healing process in defect without 

scaffolds by increasing the formed bone volume and thickness in 84% and 33% higher, 

respectively. However, this effect was more evident in the presence of existing collagen scaffold. 

This study also demonstrated that the beneficial effect of the stimulus applied during the 3-week 

experimental period continued even during the following 4-week rest period. In a more recent 

study, based on the concept that bone cells loss sensitivity to mechanical stimuli under 

continued stimulation [91], Gao et al. [92] evaluated the influence low-magnitude high-

frequency vibration with different rest period regimes on rat transverse fracture models with 

Kirschner  wire fixation. This study confirmed the importance of different rest period regimes 

which significant improved the macro- and nano-level bone mechanical properties, the tissue 

mineral density and nano-level bone special arrangement. The most significant effect was 35 Hz 

at 0.25 g vibrational loading per day in which three bouts of 5 min of vibration were separated 

by 4 h. The low-intensity high-frequency vibration stimulus, perception capability are not only 

limited to bone cells. As demonstrated in an in vitro study developed by Pongkitwitoon et al. 

[90], there was an increase in macrophage proliferation and pro-healing phenotype promotion 

in response to high-frequency oscillations, 100 Hz, when applied at low intensities of 0.15 g, 

during only 3 days of simulation. Macrophages play a critical role in the bone healing process 

and the high sensitivity for this stimulus could lead to a reduction in the inflammation response.  
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During the last decade, evidence on the potentiality of the low-amplitude high-frequency 

mechanical stimulus in enhancing bone-healing process, has been accumulated. Although the 

different experimental conditions adopted by the studies cited (e.g. study model, stabilization 

device used, duration of the experiment, etc.) limit robust and detailed conclusion taken on the 

precise most effective values of the stimulus, literature showing promising results created high 

expectation about this concept. This is increased by the attractive feature of such stimulus being 

considered physiological and not compromising the natural healing process [27, 39, 56, 57].  

In the present study, it is hypothesized that there is a positive correlation between the additional 

application of low-magnitude high-frequency interfragmentary mechanical stimulus at early 

healing stage and the rate of healing. Hence, it will be assumed that by upgrading the “gold 

standard” stabilization procedure where high rate of successful healing cases are already 

obtained, with short period of low-amplitude high-frequency mechanicals stimulus locally at the 

fracture site, enhancement fracture repair progress could be achieved. Such physiological 

mechanical stimulus were selected for this study not only based on the inspiring potential of 

these stimulus, but also due to the fact that they are considered safe, do not interfere negatively 

in the biological process of bone healing, and do not represent any risk for the stabilization 

device (e.g. mechanical failure). Hence, if a well-aimed and well-timed intervention could 

accelerate the physiological process of fracture healing and improve the quality of bone 

regeneration, this would decrease the patient healing time, facilitate an earlier rehabilitation, 

reduce the length of hospitalization stay and the patient discomfort associated with tibia 

fractures. In addition, by hypothesizing that the time required for fracture healing costs more 

money than the early intervention actuator to shorten the time of fracture healing, the total 

cost for society associated with tibia diaphysis fracture stabilized with intramedullary nail could 

be reduced. 

1.2. Thesis objectives 

The main goal of this PhD thesis is to innovate and upgrade the already successful existing 

intramedullary nail stabilization method by developing an actuator device linked to (or capable 

to be used simultaneously with) the fixation method which, through physiological mechanical 

stimulation, is capable of accelerating the bone fracture-healing process. As a guiding principle 

and based on values considered in literature, the actuator should be capable to induce 

interfragmentary stimulus of at least 5 µε at physiological frequencies between 10 to 100 Hz. 

Other variables defining the loading protocol include the number of loading sessions, 5 days per 

week at a duration of 17 minutes per day. It is also intended that the stimulus would start to be 
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applied as soon as 5 to 7 days after intramedullary nail implantation. The clinical need of the 

idea was determined and the actuator features requirements were stablished to suit patient 

needs and orthopedic surgeons demand’s. Hence, it would be desirable that the actuator could 

present the following characteristics: 

1) The actuator should add an additional stimulus to the already interfragmentary motion 

obtained from patient early weight-bearing in the conventional intramedullary nail-

bone system stability configuration. 

2) The actuator should induce a physiological mechanical stimulus and avoid the disruption 

of the physiological fracture-healing process. 

3) The actuator should be conceived to stimulate patients during post-surgery phase when 

they normally have low physical activity levels. 

4) The actuator should not cause any additional pain or discomfort to the patient. 

5) Changes in the principles, implantation procedure (e.g. reaming diameter), surgical 

instrumentation used for implantation and in the implant should, with the existence of 

the actuator should be avoided. 

The presence of the actuator should not alter the duration of the intramedullary nail 

implantation procedure. 

6) It is desirable that the device allows the physician to constantly adjust the stimulus 

(“therapy”) generated by the actuator. 

7) The energy/power for the actuator performance should come from a source outside the 

human body and should not expose the interior of the organism to the external hazards. 

8) The energy/power for the actuator should be rechargeable and be used in more than 

one patients which would decrease the costs associated to the device application. 

9) The actuator developed should have a feasible and attractive cost/benefit ratio. 

The long-term goal for the actuator is that it could enhance the patient mental and physical well-

being and minimize the economic burden associated with tibia fractures treated with 

intramedullary nail.  

1.3. Document structure 

This thesis is organized in a seven-chapter structure, as can been seen in Figure 1.3. In the 

Chapter 2: Literature Review, the fundamental concepts and important considerations required 

to understand the complex and multidisciplinary subject addressed in this thesis, are explained. 

In a focused review, all the essential background that will be most useful as input for a greater 

understanding of bone-implant systems, will be described. This chapter is also divided in four 

http://www.linguee.pt/ingles-portugues/traducao/addressed.html
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sub-chapters were the following sequential topics are discussed: bone mechanics dependence 

on its hierarchical arrangement, bone self-adaptive capability, clinical fractures and bone healing 

and regeneration based on intramedullary nail fixation stability. The first presents bone as a 

living composite with a complex mechanical behavior that result from its multi-levelled 

hierarchical structure and arrangement. Another important bone characteristic is the ability to 

adapt its mass, microstructure and properties to the dynamic mechanical environment. Hence, 

in the second sub-chapter this is highlighted and essential topics related to the origin of 

mechanical stimulus in bone, the biomechanisms associated with mechanotransduction, the 

nature of physiological bone stimuli and the test systems most commonly used to study the 

mechanical stimulation of bone, are clarified. In the next sub-chapter, the general insights on 

the concept of tibial shaft fractures are presented and are accompanied with a comprehensive 

description on the physiological fracture healing process. The final sub-chapter concludes the 

chapter with the analysis of the intramedullary nail fracture stabilization method biomechanical 

concepts, its important historical evolution turning points, comments on some peripheral events 

that affected its development and presents the recent innovations, which will stablish the 

adequate knowledge framework for intramedullary nail improvement. 

The experimental research developed is presented in four chapters and the information is 

described according to the methodology used, the results obtained and its discussion. The 

analysis was developed in a two-phase study. It starts, in Chapter 3, with an experimental 

understanding of the intramedullary nail fixation method stability concept. In this chapter, by 

pointing towards a clear understanding of tibia-intramedullary nail construct stability and the 

amount of interfragmentary motion expected during patients partial-weight bearing early 

healing phase a simple methodology was development. This methodology comprehends a set 

of testing conditions for mechanical experimentation and finite element model validation and 

analysis. In the second phase of the study and as part of the bone fracture-healing enhancement 

actuator device development in Chapter 4, few potential candidates were considered and the 

best material was selected. However, before they can be considered suitable to be used in vivo, 

in Chapter 5, the selected material actuator cytotoxicity was evaluated and the risk for in vivo 

implantation was assessed. In Chapter 6, the actuator efficiency was evaluated through the 

analysis of its performance when placed in a concept validation system. Finally, in Chapter7, 

conclusions on the developed study are drawn, showing the prevailed future work direction in 

hope for the proposal improvement.  
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Figure 1.3 - Overall thesis structure and how its chapters and sections are linked together 
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CHAPTER 2 
“The healing of a fracture is one of the most remarkable of all repair processes in the body” 

B. McKibbin 

2. Literature review 

2.1. Tibia mechanical functional structure and hierarchical organization 

Introduction 

Bone, the main component of the skeleton system, is a crucial constituent of the complex and 

coordinated multipart “machine” that is the human body [1, 2]. Besides its biological role as 

mineral reservoir (e.g. for calcium, phosphate and magnesium), calcemia regulation and its role 

as host site for the hematopoietic tissue (e.g. bone marrow), bone fulfils a range of demanding 

mechanical functions. It is responsible for internal organs (e.g. the brain) and tissue (e.g. bone 

marrow) protection and also body support and motion through muscles attachment to its 

surface [3-5]. When standing, balance is maintained by delicate anterior-posterior and medial-

lateral movements while during gait controlled motion is secured by an elaborated mechanism 

of load transfer, ground impact and propulsion [6, 7]. The mechanical behavior of bone is 

determined by its composition and structural organization at the different length-scales which 

it established, to a certain extent, by its mechanical environment [8, 9]. There has been an 

increasing interest in understanding the principles that determine the multi-level hierarchical 

properties of biological composites. These living materials present a combination of mechanical 

properties which have not yet been attained by synthetic composites with similar configurations 

[10, 11]. Hence, the structure-property relationship in bone combined with its adaptive ability 

makes it an exceptional composite with high interest in engineering and material design. This 

sub-chapter focuses on the human tibia, aiming to describe the hierarchical organization of bone 

on progressively smaller scales and hopefully contribute for a better understanding on how the 

arrangement-based mechanical properties in each level influences the bone whole-structure 

biomechanical behavior.  

It is important to highlight that during this thesis the orientation terms used will always refer to 

the human body in standard anatomical position. The three basic reference planes, sagittal 

(divides the body into symmetrical right and left halves) coronal (passes through bregma, divides 

the body into anterior and posterior halves and is placed at right angle to the sagittal plane) and 
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transverse (which slices through the body at any height but always passes perpendicular to the 

sagittal and coronal plane) will be considered. The orientation terms such as proximal (nearest 

the axial skeleton), distal (farthest from the axial skeleton), medial (towards the midline), lateral 

(way from the midline), anterior (towards the front of the body) and posterior (towards the 

back of the body), will also be used [12]. 

2.1.1. Macrostructure  

The tibia is a long bone from the appendicular skeleton, which alongside with the fibula 

constitute the two bones of the lower leg. The tibia is the larger, thicker bone on the medial side 

and articulates proximally at the knee joint and distally at the ankle (see Figure 2.1.d) [7, 13, 14]. 

Similarly to other long bones, the tibia, can be divided into epiphysis, metaphysis, and diaphysis 

(see Figure 2.1.c). The central portion of the bone is characterized by the lowest width dimension 

and it is called the shaft (or diaphyseal region) [7, 15, 16] . This region - characterized by an 

approximately triangular cross-section shape with an anteriorly directed apex as exemplified in 

the Figure 2.1.a – is located between the wider proximal and distal extremities that form the 

articular ends [15-17]. The tibia diaphysis is divided into three surfaces (medial, lateral, and 

posterior surfaces) by three borders (anterior, interosseous and medial borders) [7]. The 

epiphyseal region is located at each bone extremity and connects to the diaphysis through the 

metaphyseal region. The hollow region in the diaphysis is called the medullary cavity, which is 

filled with vessels, nerves and the bone marrow. During skeleton growth, the epiphysis and 

metaphysis are separated by the epiphyseal cartilage which becomes ossified in adult bone [5, 

18]. According to Ales Hrdlicka [19], one of the most interesting peculiarities of the human tibiae 

is its inter- and intra-individual variability. Although, the diaphysis shape variations are 

significant - phenomena best appreciated in transverse cross-sections - the anatomical 

specificity in shape and size in the extremities of the bone are relatively less. In terms of length 

and medullary canal diameter, the adult tibia may range from less than 300 mm to more than 

470 mm and the minimal diameter of the medullary canal may also vary from less than 8 mm to 

more than 15 mm [17]. 

The periosteum, a connective tissue composed externally by a fibrous layer and internally by a 

cellular layer known as cambium, covers the entire length of the tibia with the exception of the 

articulating surface and at ligament and tendon insertion points [5, 15, 18, 20, 21]. Bones have 

both an external blood supply from the overlying periosteum and an endosteal blood supply 

through a nutrient artery [22]. The tibia also has the nutrient foramen, a hole at the proximal 

one-third to one-half of the posterior surface of the tibia through which vessels and nerves enter 
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and exit. The medullary cavity surface also has a membranous lining, the endosteum, where 

bone formation, repair and remodeling occurs [16, 18, 23].  

Proximally, the tibia articulates at the tibiofemoral joint through the tibial plateau which is 

divided into two articular sections the tibial medial and lateral condyle (one for each femoral 

condyle). The articular facets are separated by a fibrocartilaginous ring called menisci, which 

increases the congruence between the articular surfaces, distributes weight-bearing forces, acts 

as shock absorber and reduces the friction between the structures. The tibial condyles are 

separated by two superior projections of non-articular bone, the intercondylar eminences also 

known as the tibial spines. Inferior to the condyles on the anterior surface of the proximal tibia 

is a rough protuberance, called the tibial tuberosity, and it is where the patellar ligament of the 

quadriceps femoris muscle (major lower leg extensor at the knee) is inserted [6, 12, 14, 24, 25]. 

The soleal (or popliteal) line crosses the proximal one-third to one-half of the posterior tibial 

surface from superolateral to inferiorlateral and defines the inferior boundary of the popliteus 

muscle insertion (flexural and medial rotator of the tibia) and gives rise to the popliteus fascia 

and soleus muscle (plantarflexor of the foot and the ankle). Distally the tibia inferior surface, 

tibial platform, is shaped like a rectangular box with a bony prominence on the medial side, 

called the medial malleolus [14]. The lateral surface of the distal end of the tibia is occupied by 

a deep triangular notch, known as the fibular notch, to which the distal head of the fibula is 

anchored by a thickened part of the interosseous membrane [7]. The ankle forms a saddle joint 

that allows two degrees of freedom. The tibia - through its tibial platform and the medial 

malleolus - and the fibula, press against the medial and lateral end of the saddle-shaped talus - 

a tarsal bone - to form the ankle joint. Because the upper surface (or trochlear surface) of the 

talus rest entirely against the tibia and the upper end of the fibula does not contact the femur, 

body weight is carried downward to the talus through the tibia alone, hence the fibula bears no 

weight [7, 24, 26]. Each of the tibial anatomical landmarks mentioned above are represented in 

Figure 2.1.b and 1.c. 
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Figure 2.1 - Representation of the tibia positioning in the lower leg (d), with localization of the main anatomical 
landmarks from the posterior (b) and anterior view (c) and cross-section images (a) along the tibia showing its shape 
variation as well as cortical and trabecular bone portions. 

At the highest hierarchical level, the tibia is constituted by the cortical bone also known as 

compact bone and trabecular bone (also known as cancellous or spongy bone). Although, they 

have similar composition, the different structure arrangement and porosity level grants each 

structure unique mechanical properties and function [27]. The cortical bone is a solid, dense 

structure with a porosity of less than about 30%. For example, adult human femoral cortical 

bone porosity can vary from as low as 5% at age of 20 and up to 30% above the age of 80 [12, 

28, 29]. The trabecular bone has a spongier, lightweight and honeycomb structure with porosity 

values of approximately 70% with higher values in cases such as the elderly spine were 95% 

porosity are reached [12, 30-34].  

The tibia is a complex support structure in the body system [35] and during daily activities, such 

as normal level walking, the tibiofemoral joint experiences high compressive loads around 3 

times the body weight (normally expressed as ×BW), i.e. 2058 N if a 70 Kg adult was considered. 

However, more strenuous activities such as squats can rise the load for values up to 7.3 times 

the body weight, i.e. 5008 N if the same body weight was considered (see table 2.1). According 

to Taylor et al. [36], average shear anterior to posterior forces of 0.5 and 1.3 BW during walking 

and stair climbing, respectively, have been measured in the human knee. However, the loads 

presented within the joints are higher than the ones along the long bones as the result of the 

action of the musculature crossing the joints. 
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Table 2.1 - Peak tibiofemoral joint compressive forces during several daily activities and expressed as times the body 
weight 

Activity 

Knee contact force (×BW) 

Study1 References Medial 
Lateral 

1st peak 2nd peak 

Level walking 

3.2 In vivo [37] 

2.8 Simulation [38] 

< 2.4 2.4 1 In vivo [39] 

2.2 - 2.5 2.37 - 2.51 Similar In vivo [40] 

2.8 In vivo [41] 

3.3 Simulation [42] 

3.1 Simulation [43] 

4.0 In vivo [44] 

2.8 In vivo [45] 

2 1.5 In vivo [46] 

1.3 - 1.5 1.3 - 1.5 0.8 - 1.15 In vivo [47] 

2.8 Simulation [38] 

3.3 Simulation [42] 

2.9 In vivo [48] 

Stair 

Ascending 

2.28 - 2.5 2.28 - In vivo [40] 

2.8 In vivo [41] 

5.3 In vivo [44] 

2.9 In vivo [45] 

5.4 Simulation [43] 

2.63 -  2.81 2.8 - In vivo [40] 

Descending 
3.1 In vivo [41] 

3.3 In vivo [45] 

Rising from chair 

2.09 - - In vivo [40] 

2.6 In vivo [45] 

3.38 – 7.89 In vivo [49] 

Jogging 3.6 In vivo [41] 

Squats 

7.3 In vivo [44] 

6.3 In vivo [50] 

4.7 - 5.6 In vivo [51] 
1 The correct determination of the load applied to the tibia bone would be through the measurement the forces in in 
vivo, which is clearly limited and not feasible in healthy subjects or in patients with pathology not requiring a total 
knee replacement. Therefore, in most studies were physiological data was acquired, “kinesiological techniques” such 
as high speed time camera, force platform and electromyographic recorder, were used and the results obtained were 
considered in this thesis as being in vivo or as close as possible to in vivo data.  

The diaphysis, which is responsible for the transmission of load between the two extremities 

(ephiphysis and methaphysis both ends), has stiff cortical bone walls [18, 22]. The tibia epiphysis 

are characterized by a bulk of trabecular bone (containing vessels, nerves and bone marrow), 

which is coated with a thin layer of cortical tissue [16, 23]. Cortical bone carries a considerable 

share of the total skeleton load. As demonstrated in a study developed by Papini et al. [52] there 

was a negligible variation in axial and torsional stiffness values prediction by the finite element 

model if only cortical bone was considered in the simulation. This was justified by the 

considerable difference between the Young’s modulus of cortical (10-40 GPa) [53-58] and the 
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trabecular bone (0.05-0.5 GPa) [53]. This demonstrated that it is the cortical rather than the 

spongy bone which is responsible for most of the weight support. In the epiphyseal and 

metaphyseal region, where cortical bone thickness is reduced, weight-bearing is achieved by 

stress reduction with the increase in surface area and load diversion. Stress varies inversely with 

the loaded cross-sectional area which indicates that stress on the joint will be reduced with the 

increase in the surface area. The spongy nature of the tibia segment ends confers weight-bearing 

distribution in local trabeculae, hence it dissipates loads and absorbs energy. As the weight-

bearing is transfer from the metaphysis to the diaphysis, it becomes more dependent on the 

cortical layer, which, in turn, becomes thicker and more resistant [8, 59]. It is important to 

highlight that the expansion of the bone ends are limited by the reduction of the joint friction to 

a minimum value (e.g. reduce weight of the bone ends will reduce the normal reaction force and 

reduce length of the radius of curvature will reduce the magnitude of moment of friction). In the 

tibiofemoral joint, the body weight-bearing load on the tibia plateau is assumed to be divided 

into a central concentric and a medial and lateral eccentric knee contact force (split around 60 

and 40% on the medial and lateral condyles, respectively). The higher loads on the medial side 

relatively to the lateral side (see Table 2.1) is consistent with the fact that the medial side of the 

tibia has a larger condyle and bone also is denser and stronger than that of the lateral side. 

Hence, there is a balance in the bending stress generated between the condyles. Although, only 

a few important features on the weight-bearing mechanism of the proximal tibia were here 

presented, the contact mechanism between the femoral and tibial articular surfaces are 

complex and consist of many unique feature and its biomechanics is not still fully understood 

[16, 39, 57, 60]. In the case of the ankle, it is expanded to a lesser extent when compared to the 

upper joint. This occurs since the load of body weight that is transmitted through the lower leg 

divide itself into two components, which resolve into vertical and horizontal forces, when it 

reaches the talus trochlea. The horizontal force will stretch the plantar ligaments and muscles 

and the vertical load will be lesser than the actual load transmitted along the long bone [16]. 

2.1.2. Microstructure  

There are two type of bone tissues: the primary or woven bone, present in newly developed 

immature bone at fracture site callus, and the lamellar bone, which is the more mature form of 

bone, found in the adult human skeleton. In cortical bone, lamellar bone can be found as 

extended parallel arrays called circumferential lamellae and also as smaller lamellae cylindrical 

structures arrangement called osteon (or Haversian system). Each osteon consists of about 10 

to 30 lamellae arranged in concentric cylinders built up around the neurovascular channel called 

the Harversian canal (with around 50 μm in diameter). They lie very roughly along the long axes 
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of a bone and are considered the structural and remodeling unit for cortical bone (see Figure 

2.2). An additional source of blood and nerve supply to the compact bones come from the 

Volkmann's canals also known as perforating canal. These transverse or oblique canals carry 

blood vessels from the periosteal and endosteal surfaces to the osteons. The outer surface of 

the osteon constituted by a thin layer of calcified mucopolysaccharides, the cement line, 

function as a barrier that affects crack propagation. The cancellous bone consists primarily of 

lamellae, arranged in a less organized lattice-like network of matrix spikes, called trabeculae, to 

form a network of rods and plates which on average have thickness in the range of 100-200 μm. 

The trabeculae are interspersed with large bone spaces (in the order of 500 to 1500 μm) filled 

with bone marrow. This trabecular architecture varies across anatomic site and age [5, 12, 18, 

28, 30-34, 61-65]. 

 

Figure 2.2 - Diagram showing tibia diaphysis bone microscopic hierarchical organization and its main cellular 
population. Adapted from [66-71] 

Bone, as a highly vascular mineralized connective tissue, consists of various types of cells, a 

complex extracellular matrix and extracellular fluid. Although, the cells of the neurovascular 

supply and those of the periosteum, endosteum and marrow, also constitute the cellular 

component of bone, the specialized mature bone cells involved in the formation, modeling, and 

remodeling of bone are: osteoblasts, osteoclasts and osteocytes (see Figure 2.2) [62, 66, 67]. 

Undifferentiated mesenchymal stem cells form the osteoprogenitor cells, which are spindle-

shaped cells with migratory behavior that are present in the periosteum, endosteum, and 

Haversian canals. These cells are on standby, waiting for a stimulus to proliferate and 
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differentiate into osteoblasts. The main factors responsible for inducing osteoprogenitor cells 

differentiation into osteoblasts include: bone morphogenetic proteins, transforming growth 

factor-b, fibroblast growth factor, insulin-derived growth factor, platelet-derived growth factor, 

and interleukins. Osteoblasts are mononuclear cells, around 15 to 30 μm in size, with 

eccentrically placed spherical nucleus and high cytoplasm composition comprising rough 

endoplasmic reticulum, golgi apparatus, and mitochondria. Osteoblasts contain active 

cytoskeletal proteins to maintain their structural integrity as well as to facilitate mobility and 

attachment to surfaces. Their contact interactions with neighboring osteoblasts and osteocytes 

at intercellular gap junctions are achieved by the extensions created by their plasma 

membranes. Osteoblasts are secretory cells, responsible for the formation of the pre-

mineralized bone matrix, called osteoid, predominantly comprising bony matrix proteins such 

as type I collagen and trace quantities of collagen type V, and also other non-collagenous 

proteins such as osteopontin, osteocalcin, osteonectin, osteoprotegerin, bone morphogenetic 

proteins, and glycoproteins. The mineralization process of the osteoid involves supersaturation 

of extra cellular fluids at local zones and increased osteoblastic alkaline phosphatase activity, 

which raises local calcium and phosphate concentrations. Osteoblasts produce osteocalcin 

protein, which binds calcium and further concentrates local calcium levels [20, 62, 65, 72, 73]. 

The osteoblast produced can become osteocyte, lining cell, or can die by programmed cell 

death, also known as apoptosis [72, 73]. Mature osteocytes are stellate or dendritic shaped cell 

(as can be seen in Figure 2.2), and are entrapped within the lacuno-canalicular network of bone. 

The osteocytes are entrapped inside ellipsoidal spaces called lacunae (found at the border of 

adjacent lamellae), from which radiate minute canals called canaliculi. Each lacuna hosts one 

osteocyte which is surrounded by a thin layer of extracellular fluid. Osteocytes develop as many 

as eighty long and slender dendritic cytoplasmic processes, within little channels - canaliculi - 

which radiate out about 15 μm in all directions (but with a highest density perpendicular to the 

bone surface) and connects them together, hence forming a stellar network within bone 

volume. The canaliculi connect the Haversian canal to all the lacunae in the osteon, thereby, 

bringing the nourishment from the canal to all osteocytes via canalicular network. In bone, gap 

junctions are present between the tips of the cell processes of connecting osteocytes and 

osteoblast. These gap junctions are transmembranar channels bidirectionally connecting the 

cytoplasm of two adjacent cells and regulating the passage of molecules less than 1 kDa. The 

more mature osteocytes are connected by these cell processes to neighboring osteocytes and 

the most recently incorporated osteocytes are connected to neighboring osteocytes and to the 

cell lining the bone surface. Some of the osteocytes processes oriented to the bone surface 
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appear not to connect with the lining cells, but to pass through this cell layer, thereby 

establishing a direct contact between the osteocyte syncytium and the extra-osseous space. This 

complex network is believed to formulate a nervous-like system that coordinates bone 

metabolism and production [33, 61-63, 72, 74, 75]. As mentioned above, osteocytes derive from 

osteoblasts. During the process of bone formation some osteoblast, involved in the production 

of bone matrix, become embedded in that matrix. The fundamental question how osteoblasts 

are “buried” remains largely unanswered. The matrix around the newly incorporated cell is not 

yet calcified (osteoid) but gradually calcifies as the formation front moves away because of 

continuing osteoblastic activity. The osteoid osteocytes still possess many features of the 

original osteoblast and their major functions are to simultaneously: regulate mineralization 

because they are not as active as osteoblasts in the generation of mineralized matrix, reduce 

the number of organelles and cytoplasmic volume and gain the long connective slender cell 

processes [72, 76, 77]. 

Osteoclasts are multinucleated (ten or more nuclei), polymorphic, irregularly shaped giant cells 

(15 to 20 μm or more) that originate from monocytes and macrophages (two types of white 

blood cells). They are specialized in local removal of bone during growth and during remodeling 

of osteons and bone surfaces. These cells are found in depressions called Howship's lacunae or 

resorption bay. For bone resorption to occur, osteoclast has an interface known as the "ruffled 

brush" border, formed by highly enfolded plasma membrane, which increases the surface area. 

The "ruffled brush" border is surrounded by a clear zone as well as a well-defined zone of actin 

filaments responsible for bone resorption. Osteoclast bind to bone surfaces via anchoring 

proteins such as integrin’s, create a seal, and lower the pH by releasing protons (e.g. hydrogen 

ions via carbonic anhydrase) and by expressing acid hydrolases (e.g. tartrate-resistant acid 

phosphate). This environment is suited to increase the solubility of hydroxyapatite crystals as 

well as destroy organic matrix with lysosomal (cathepsin K) and non-lysosomal (collagenase) 

enzymes. The osteoclastic bone resorption is inhibited by calcitonin and interleukin-10 and 

stimulated by osteoblast-derived signals, cytokines from cells, including macrophages and 

lymphocytes (e.g. interleukin-1), and blood-circulating factors (e.g. parathyroid hormone). 

Bisphosphonates indirectly inhibit osteoclastic function by preventing the formation of the 

“ruffled brush" border [62, 72]. 

Osteoblasts, osteoclasts, and osteoprogenitor cells highly populate periosteum and endosteum. 

Less differentiated, less active osteoblasts reside in 'resting zones', entrapped within the active-

lining cell layers, and, in relatively quiescent bone, osteoblasts reside more commonly on 
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endosteal than on periosteal surfaces. The entrapped osteoblasts are activated by disruption of 

the active-lining cell layer itself. More differentiated, more active osteoblasts line are present at 

the bone-forming surfaces of growing or remodeling bone, as a bone-forming monolayer. The 

bone cells are present in different proportions and have different lifespans. Osteocytes are by 

far the most abundant cellular component of mammalian bones, making up 95% of all bone cells 

(20,000 to 80,000 cells per mm3 bone tissue). There are approximately ten times more 

osteocytes than osteoblasts in an individual bone. The number of osteoclast is only a fraction of 

the number of osteoblast. In terms of lifetime, osteoclasts live only for a few days or weeks 

(between 1 to 25 days) and osteoblasts - while they are making bone - live between a few 

months for up to 200 days. The lifespan of lining cells would approximate the time interval 

between successive remodeling cycles at the same location, which is usually between 1 and 10 

years. Osteocytes, permanently confined within the lacuna-canalicular system, can live between 

1 to 50 years. In many regions of the skeleton, osteocytes persist until the bone in which they 

lie is reabsorbed, so that their lifespan is the same as of the bone. However, in regions where 

turnover is very low, osteocytes can die by programmed death also known by apoptosis, leaving 

the lacuna empty. Due to the difficulty in attributing a fixed lifespan to osteocytes, it is possible 

to consider that they die at a fractional rate of approximately 2.5 % per year [72, 74, 76-78]. 

Although our current knowledge on osteocytes lags behind what we know of the properties and 

functions of both osteoblast and osteoclast, recent evolution on osteocytes isolation 

techniques, in situ hybridation procedures and molecular biological techniques will greatly 

contribute for further knowledge about this least understood bone cell type [74, 75] 

2.1.3. Nanostructure  

Bone is composed on a weight basis, of approximately 60% inorganic component, 30% organic, 

and 10% water, whereas on a volume basis, these proportions are around 40%, 35%, and 25%, 

respectively [28, 79]. The organic phase of the bone composite consists primarily of type I 

collagen (90% by weight), some other minor collagen types (III and VI), and a variety of non-

collagenous proteins such as laminin, fibronectin, vitronectin, osteocalcin, osteonectin, 

osteopontin, and bone sialoprotein. Type I collagen, as well as other connective tissues, is a large 

fibrous protein with a highly repetitive amino acid sequence [Gly(glycine)-X-Y]n (often X is 

proline and Y is hydroxyproline). The type I collagen is a very rigid linear molecule with 300 nm 

in length. In its structure there are three polypeptid chains (two identical and one unique) 

rearranged in a triple helix and cross linked by hydrogen bonding between hydroxylproline and 

other charged residues [12, 21, 28, 32, 80]. The inorganic phase of bone is a ceramic crystalline-

type mineral, as an impure form of naturally occurring calcium phosphate, most often referred 
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to as hydroxyapatite - 𝐶𝑎10(𝑃𝑂4)6(𝑂𝐻)2. Bone hydroxyapatite is not pure hydroxyapatite, 

because the tiny apatite crystals contain impurities such as potassium, magnesium, strontium, 

sodium (in place of the calcium ions), carbonate (4 to 6% of the phosphate groups are replaced 

by carbonate groups), and chloride or fluoride (in place of the hydroxyl ions). These impurities 

reduce the crystallinity of the apatite and consequently alter some properties, such as solubility, 

which is crucial for mineral homeostasis and bone adaptation. There is a long ongoing debate 

about the nature of the mineral particle shape - needles versus platelets. The majority of the 

studies describe the mineral particles as plate-like shape with a wide range of geometrical 

dimensions. The thickness of the platelets ranges from 2 to 7 nm, the length from 15 to 200 nm 

and the width from 10 to 80 nm [21, 28, 81]. 

The mechanical properties of bone tissue depend both on the inorganic, the organic and the 

water constituent. These components have extremely different mechanical properties [32]. The 

mineral phase in bone guarantees its stiffness behavior. Therefore, when the organic collagen 

in bone is removed – by heat or leach - mature bone becomes brittle. The increase in the mineral 

content can also transforms bone in a brittle material with reduce fracture energy [12, 32, 79]. 

The intermolecular cross-linking packing structure of type I collagen matrix confers robustness 

to the structure in bone and this material characteristic allows bone to have mechanical 

properties such as tensile strength and viscoelasticity. The viscoelasticity is a result of the 

hydrated characteristic of type I collagen. Therefore, when the mineral phase is removed, bone 

behaves as a malleable material [12, 32, 65, 81]. The bone water content is an essential 

component since it confers much of bone unique strength and resilience by stress reduction 

during dynamic loading. Hence, dry bone is stiffer and much more brittle than its hydrated 

version [72, 82]. Thus, collagen-mineral composite presents exceptional properties by achieving 

the optimal combination of stiffness and simultaneously fracture toughness behavior.  

Collagen-mineral composite system consists of collagen fibrils with tiny mineral particles. The 

collagen fibril are formed by parallel disposition of collagen molecules in a quarter-staggered 

array. Within these structures, between molecules ends, there are gaps of approximately 40 nm 

in size, known as “holes zones”. The arrangement of the collagen fibril in bundles form the 

collagen fiber. The un-mineralized collagenous osteoid is the framework upon which 

hydroxyapatite crystals are deposited. The hydroxyapatite deposition starts in “holes zones”, in 

the form of flat plates, parallel to each other and to the axis of collagen fibrils. The glycoproteins, 

proteoglycans and osteocalcin (the most abundant non-collagenous protein of bone) due to 

http://www.thesaurus.com/browse/malleable
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their highly ion-binding ability have an important role in calcification and adhesion of the 

hydroxyapatite to the collagen [5, 18, 21, 65, 81, 83].  

The collagen-mineral system is arranged in parallel arrays within thin sheets called lamellae. As 

stated previously the organization of the lamellae differ between cortical and trabecular bone. 

As stated by Fratzl et al. [32] in cortical bone the lamellae are assembled in a “rotated plywood-

like fashion”. In cancellous bone and according to Chen et al. [79], these structures are strongly 

fused together, forming a sheet-like structure. It is important to highlight that mature bone 

should not be analyzed as an isolated mineral crystallite-reinforced collagen matrix composite. 

Indeed, it should be evaluated as an interpenetrating composite of several the collagen-mineral 

structures which nanoscale arrangement and material properties will determine the mechanical 

behavior of bone at any other hierarchical level. The orientation of collagen and carbonated 

hydroxyapatite needles, the local degree of mineralization, the structural connection between 

mineral crystallites and the mineral-collagen interface are fundamental nano-structural 

variables which greatly influence the mechanical behavior at the micro- and macro-structural 

level [29, 79]. 

2.1.4. Mechanical structure 

The ordered lamellar structure confers bone tissue an anisotropic behavior with direction-

dependent material properties. Cortical bone strength defined as the ultimate stress (or 

ultimate strength the maximum value of stress that a specimen can bear and that is required to 

fracture), yield stress (the stress above which the tissue no longer behaves elastically) and 

Young’s modulus (or elastic modulus describes the material stiffness and corresponds to the 

elastic region slope in the stress-strain curve) have higher values along the longitudinal direction, 

i.e. the direction aligned with the diaphyseal axis, than transversely. Although the 

microstructural mechanism that causes the differences in yield and post-yield behavior is still 

not completely understood it is of general accepted that when cortical bone is loaded past the 

yield point it accumulates permanent damage within the bone tissue. Such phenomena may also 

occur even when cortical bone is unloaded near the yield point. After the yield point is exceeded 

the reloading modulus presents a lower value. This is associated to cortical bone degradation 

characteristic. The tissue microstructure deterioration appears as “microdamage” accumulation 

as a result of sustain or cyclic loading. Both case over time induce fatigue fracture. Reduction in 

the mechanical properties due to sustained or cyclic loading over time induces fatigue fracture 

– bone fracture and its recovery by intramedullary nail stabilization technique will be discussed 

in more detailed in Chapter 2.3 and 2.4, respectively. In such case, cortical bone has a greater 
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resistance in compression than in tension. Unlike the ultimate stresses, which are higher in 

compression, ultimate strains (defined as the strain that occurs at fracture) are higher in tension 

for longitudinal loading. Although only moderately, another important characteristic of cortical 

bone is its viscoelasticity. This means that the stress developed within the bone and 

consequently its stiffness and strength are dependent on the rate at which bone is strained. 

Such behavior is a result of internal energy losses due to friction in the structure (intrinsic 

viscoelasticity) or fluid flow (fluid-dependent viscoelasticity) during deformation. A six order of 

magnitude increase in strain rate will only change the Young’s modulus by a factor of two and 

strength by a factor of three. The positive effect of this property is accentuated during impact 

loading (e.g. high energy impact), where strength can increase by a factor of three [18, 28, 84-

86].  

In trabecular bone, the porosity where the shape (e.g. aspect ratio), amount, and orientation 

distribution of pores, is an important variable. Besides its impact in the micro- and macro-

architectural trabeculae arrangement, it greatly influences the structure mechanical properties. 

Similarly, to cortical bone, in trabecular bone the strength is highest in compression then in 

tension and lowest in shear. Oppositely to the fairly liner behavior verified at low values of stress 

in the cortical bone stress-strain curve, in trabecular bone, such performance is absent and there 

is no clear linear region. The nonlinearity is even present at low stress levels. An interesting 

property of the trabecular bone is that is can absorb substantial energy on mechanical failure. 

Although it yields in compression at strains between 0.7 to 1%, it can sustain compressive strains 

of up to 50% while maintaining its load-bearing capacity. Thus, when compressed beyond yield, 

the apparent modulus will reduce as a result of microcracks formation instead of individual 

trabeculae fracture. Upon repeated compressive loads events, trabecular bone tendentiously 

will loss stiffness and accumulate residual strain. Regarding trabecular tissue failure behavior, 

its ultimate yield strains are higher in compression than in tension and fatigue strength is lower 

than that of cortical bone. Similarly to cortical bone, also trabecular bone is slightly viscoelastic 

[18, 21, 28, 54, 64, 65, 87-90].  

Independently of being haversian or trabecular, the bone’s internal architecture and structure 

arrangement, and consequently its mechanical properties, are determined to a certain degree 

by adaptive mechanisms sensitive to their mechanical environment. This occurs through 

osteoclasts continuous removal of old bone - process known as bone resorption - and its 

replacement with newly synthesized osteoid and its mineralization by ostoblast - process called 

ossification or bone formation - to form new bone. Bone remodeling is also present in the 
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recovery process during injuries (e.g. fractures) in preventing future fracture by recovering daily 

activity-based microdamage in the bone tissue. The Bone mechanotransduction behavior will be 

discussed in Chapter 2.2.  Hence, cortical and trabecular bone mechanical properties will vary 

with the anatomic site (different bones from the same donor have demonstrated different 

mechanical properties), spatial positioning within the bones (e.g. between the epiphysis and 

diaphysis), disease (such as osteoarthristis) and age (balance between bone loss and gain is 

disrupted) which alter bone microstructure, loading direction and loading mode [9, 18, 21, 81, 

91-93]. 

2.1.5. Conclusion 

Synthetic composites have been developed intensively over the last decades and have 

demonstrated an ascending application in a wide range of industries from civil infrastructures, 

transportations, aerospace and even in the medical field. The high expectation placed on these 

materials created a need to innovate and to push the thinking beyond the conventional. The 

structure-function relation experienced in bone could serve as a model for the improvement of 

synthetic composites. This highly effective natural composite presents an exceptional 

combination of properties optimized by an evolutionary adaptive process to succeed in the 

surrounding environment. As highlighted in this chapter, the bone has unique combination of 

features includes its toughness, strength and stiffness, excellent bonding between different 

materials (such as between organic and inorganic compounds), the structural design of interface 

sites that allow good load distribution, its viscoelastic behavior, its energy absorption capacity, 

good fatigue resistance, and also its self-adaptive and self-regenerative abilities. The perception 

of bone as living organ and how its hierarchical organization at different levels influences its 

properties is essential to understand the structure-function relationship. Such knowledge will 

also help mimicking desirable features in synthetic composites and introduce novelty innovation 

in their structure, morphology and mechanical properties. Although, the contemporary 

understanding and consensus on the concepts behind the structure-function relationship have 

advanced enormously, the bone structure hierarchical complexity, the extremely small scale 

involved in the lower hierarchical level and the fact that unlike the cases with engineering 

composites, isolating the different phases of bone tissue often involves process that alter the 

properties being measured, increases the challenge associated with the study of bone at the 

different length scales [21, 28]. The successful translation of the principles in innovative 

composite technology will depend on future progress in research tools and technical 

approaches, such as new high-resolution imaging methods and compositional measurement 

techniques (e.g. quantitative three-dimensional microcomputed tomography, Raman 
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microspectroscopy, backscattered electron imaging and infrared spectroscopy), finite element 

modeling, nanotechnology (e.g. nanoindentation), acoustic microscopy, and histological and 

morphometric analysis. These techniques will hopefully bring additional insights on this intricate 

composite and greatly contribute for synthetic composites progress to satisfy the current and 

future demands of engineering industry [21, 28, 94, 95]. 

2.1.6. References 

1. Pitanguy, I., II Aesthetic Plastic Surgery of Head and Neck, in Aesthetic Plastic Surgery of 
Head and Body, I. Pitanguy, Editor 2012, Springer Science & Business Media: Heidelberg, 
Germany. 

2. Adams, M.A., Functional anatomy of the musculoskeletal system, in Gray's Anatomy: 
The Anatomical Basis of Clinical Practice, S. Standring, Editor 2015, Elsevier Health 
Sciences: London, UK. p. 81-122. 

3. Bonucci, E., Basic composition and structure of bone, in Mechanical testing of bone and 
the bone-implant interface, Y.H. An and R.A. Draughn, Editors. 2000, CRC Press: Florida, 
USA. p. 3-22. 

4. Whiting, W.C. and R.F. Zernicke, Biomechanics of musculoskeletal injury. 2nd edition 
ed2008, Stanningley, United Kingdom: Human Kinetics. 

5. Péoc'h, M., Normal histological architecture of tissue, in Biomechanics and Biomaterials 
in Orhtopedics, D.G. Poitout, Editor 2004, Springer-Verlag: London, UK. p. 189-191. 

6. Ledoux, W.R. and M.E. Hahn, Lower limb structure, function, and locomotion 
biomechanics, in Orthopaedic Biomechanics, B.A. Winkelstein, Editor 2013, CRC Press: 
Florida, USA. p. 265-300. 

7. Drake, R.L., W. Vogl, and A.W.M. Mitchell, Gray's Basic Anatomy2012: Elsevier Health 
Sciences. 265-340. 

8. Keller, T.S. and M.A. Liebschner, Tensile and Compression Testing of Bone, in Mechanical 
Testing of Bone and the Bone-Implant Interface, Y.H. An and R.A. Draughn, Editors. 2000, 
CRC Press: London, UK. p. 175-206. 

9. Rosa, N., et al., From mechanical stimulus to bone formation: A review. Medical 
Engineering and Physics, 2015. 37: p. 719-728. 

10. Bouchbinder, E. and E.A. Brener, Viscoelastic fracture of biological composites. Journal 
of the Mechanics and Physics of Solids, 2011. 59(11): p. 2279-2293. 

11. Libonati, F. and L. Vergani, Understanding the structure–property relationship in cortical 
bone to design a biomimetic composite. Composite Structures, 2016. 139: p. 188-198. 

12. White, T.D., M.T. Black, and P.A. Folkens, Human osteology2012, Oxford, UK: Academic 
press. 

13. Krishnakanth, P., Mechanical considerations in fracture fixation, in Faculty of Built 
Enviroment and Engineering2012, Queensland Universty of Technology: Brisbane, 
Australia. 

14. Long, B.W., E.D. Frank, and R.A. Ehrlic, Radiography Essentials for Limited Practice. 4th 
edition ed2014, Missouri, United States of America: Elsevier Health Sciences. 

15. Bertocci, G., Long bone fractures biomechanics, in Child Abuse and Neglect: Diagnosis, 
Treatment, and Evidence, C. Jenny, Editor 2010, Elsevier Health Sciences: Missouri, USA. 
p. 317-325. 

16. Dutta, S.K. and D. Datta, Long bone shape its mechanical significance, in Applied 
Orthopaedic Biomechanics, S.K. Dutta and D. Datta, Editors. 2008, BI Publications Pvt 
Ltd: New Delhi, India. p. 41-49. 



Literature review 
 

36 
 

17. Trafton, P.G., Tibial shaft fractures, in Skeletal Trauma: Basic Science, Management, and 
Reconstruction, B.D. Browner, et al., Editors. 2003, Elsevier Science: Pennsylvania, USA. 
p. 2187-2293. 

18. Shore, S.W., et al., Bone biomechanics, in Orthopaedic Biomechanics, B.A. Winkelstein, 
Editor 2013, CRC Press: Florida, USA. p. 3-47. 

19. Hrdlicka, A., Study of the normal tibia. American Anthropologist, 1898. 11(10): p. 307-
312. 

20. Mckibbin, B., The biology of fracture healing in long bones. Journal of Bone and Joint 
Surgery [Br], 1978. 60-B(2): p. 150162. 

21. Morgan, E.F., G.L. Barnes, and T.A. Einhorn, The bone organ system: Form and function, 
in Osteoporosis, D. Feldman, et al., Editors. 2008, Academic Press: London, UK. p. 3-25. 

22. Porteous, M. and S. Bäuerle, Techniques and Principles for the Operating Room2010, 
Stuttgart, Germany: Georg Thieme Verlag. 

23. Taddei, F., et al., Subject-specific finite element models of long bones: An in vitro 
evaluation of the overall accuracy. Journal of Biomechanics, 2006. 39(13): p. 2457-2467. 

24. Cartmill, M., W.L. Hylander, and J. Shafland, Human Structure1987, London, England: 
Harvard University Press. 

25. O'Connor, A. and K. McCreesh, Function and dysfunction of joint, in Principles of 
Neuromusculoskeletal Treatment and Management: A Handbook for Therapists, N.J. 
Petty, Editor 2011, Elsevier Health Sciences: London, UK. p. 3-56. 

26. Herman, I.P., Physics of the human body. 2nd ed. Biological and Medical Physics, 
Biomedical Engineering, ed. I.P. Herman2016, New York, USA: Springer. 

27. Rho, J.-Y., L. Kuhn-Spearing, and P. Zioupos, Mechanical properties and the hierarchical 
structure of bone. Medical Engineering and Physics, 1998. 20(2): p. 92-102. 

28. Keaveny, T.M., E.F. Morgan, and O.C. Yeh, Bone mechanics, in Standard Handbook of 
Biomedical Engineering & Design, M. Kutz, Editor 2003, McGraw-Hill: New York, USA. p. 
200-222. 

29. Ascenzi, M.-G., et al., Individual-specific multi-scale finite element simulation of cortical 
bone of human proximal femur. Journal of Computational Physics, 2013. 244: p. 298-
311. 

30. Morgan, E.F. and T.M. Keaveny, Dependence of yield strain of human trabecular bone 
on anatomic site. Journal of Biomechanics, 2001. 34(5): p. 569-577. 

31. McCalden, R.W., J.A. McGeough, and M.B. Barker, Age-related changes in the tensile 
properties of cortical bone. The relative importance of changes in porosity, 
mineralization, and microstructure. The Journal of Bone and Joint Surgery, 1993. 75(8): 
p. 1193-1205. 

32. Fratzl, P., et al., Structure and mechanical quality of the collagen–mineral nano-
composite in bone. Journal of Materials Chemistry, 2004. 14(14): p. 2115-2123. 

33. Cowin, S.C., Bone poroelasticity. Journal of Biomechanics, 1999. 32(3): p. 217-238. 
34. Weinbaum, S., S.C. Cowin, and Y. Zeng, A model for the excitation of osteocytes by 

mechanical loading-induced bone fluid shear stresses. Journal of Biomechanics, 1994. 
27(3): p. 339-360. 

35. Minns, R.J., G.R. Bremble, and J. Campbell, The geometrical properties of the human 
tibia. Journal of Biomechanics, 1975. 8(3): p. 253-255. 

36. Taylor, W.R., et al., Tibio-femoral joint contact forces in sheep. Journal of Biomechanics, 
2006. 39(5): p. 791-798. 

37. Lu, T.-W., et al., Validation of a lower limb model with in vivo femoral forces telemetered 
from two subjects. Journal of Biomechanics, 1997. 31(1): p. 63-69. 

38. Lu, T.-W., et al., Comparison of telemetered femoral forces with model calculations. 
Journal of Biomechanics, 1998. 31(1): p. 47. 

39. Hurwitz, D.E., et al., Dynamic knee loads during gait predict proximal tibial bone 
distribution. Journal of Biomechanics, 1998. 31(5): p. 423-430. 



Literature review 
 

37 
 

40. Taylor, S.J.G., et al., The forces in the distal femur and the knee during walking and other 
activities measured by telemetry. The Journal of Arthroplasty, 1998. 13(4): p. 428-437. 

41. Taylor, S.J.G. and P.S. Walker, Forces and moments telemetered from two distal femoral 
replacements during various activities. Journal of Biomechanics, 2001. 34(7): p. 839-848. 

42. Wehner, T., L. Claes, and U. Simon, Internal loads in the human tibia during gait. Clinical 
Biomechanics, 2009. 24(3): p. 299-302. 

43. Taylor, W.R., et al., Tibio-femoral loading during human gait and stair climbing. Journal 
of Orthopaedic Research, 2004. 22(3): p. 625-632. 

44. Nagura, T., et al., Tibiofemoral joint contact force in deep knee flexion and its 
consideration in knee osteoarthritis and joint replacement. Journal of Applied 
Biomechanics, 2006. 22: p. 305-313. 

45. D'Lima, D.D., et al., An implantable telemetry device to measure intra-articular tibial 
forces. Journal of Biomechanics, 2005. 38(2): p. 299-304. 

46. Zhao, D., et al., In vivo medial and lateral tibial loads during dynamic and high flexion 
activities. Journal of Orthopaedic Research, 2007. 25(5): p. 593-602. 

47. Kim, H.J., et al., Evaluation of predicted knee‐joint muscle forces during gait using an 
instrumented knee implant. Journal of Orthopaedic Research, 2009. 27(10): p. 1326-
1331. 

48. D’Angeli, V., et al., Load along the tibial shaft during activities of daily living. Journal of 
Biomechanics, 2014. 47(5): p. 1198-1205. 

49. Ellis, M.I., B.B. Seedhom, and V. Wright, Forces in the knee joint whilst rising from a 
seated position. Journal of Biomedical Engineering, 1984. 6(2): p. 113-120. 

50. Wilk, K.E., et al., A comparison of tibiofemoral joint forces and electromyographic activity 
during open and closed kinetic chain exercises. American Journal of Sports Medicine, 
1996. 24: p. 518-527. 

51. Dahlkvist, N.J., P. Mayo, and B.B. Seedhom, Forces during squatting and rising from a 
deep squat. Engineering in Medicine, 1982. 11(2): p. 69-76. 

52. Papini, M., et al., The biomechanics of human femurs in axial and torsional loading: 
Comparison of finite element analysis, human cadaveric femurs, and synthetic femurs. 
Journal of Biomechanical Engineering, 2007. 129(1): p. 12-19. 

53. Hench, L.L. and J. Wilson, Introduction, in An Introduction to Bioceramics, L.L. Hench and 
J. Wilson, Editors. 1993, World Scientific: London, UK. p. 1-24. 

54. Currey, J., Cortical bone, in Handbook of Biomaterial Properties, J. Black and G. Hastings, 
Editors. 1998, Springer Science & Business Media: London, UK. p. 3-13. 

55. Morawska-Chochół, A., et al., Influence of the intramedullary nail preparation method 
on nail's mechanical properties and degradation rate. Materials Science and 
Engineering: C, 2015. 51: p. 99-106. 

56. Ramakrishna, S., et al., Biomedical applications of polymer-composite materials: A 
review. Composites Science and Technology, 2001. 61(9): p. 1189–1224. 

57. Byrne, D.P., D. Lacroix, and P.J. Prendergast, Simulation of fracture healing in the tibia: 
Mechanoregulation of cell activity using a lattice modeling approach. Journal of 
Orthopaedic Research, 2011. 29(10): p. 1496-1503. 

58. Wang, X., et al., Fundamental biomechanics in bone tissue engineering, ed. K.A. 
Athanasiou2010, California, United States of America: Morgan & Claypool. 

59. Neto, R.B., J.D.M.B.A. Rossi, and T.P. Leivas, Experimental determination of bone cortex 
holding power of orthopedic screw. Revista do Hospital das Clínicas da Faculdade de 
Medicina da Universidade de São Paulo, 1999. 54(6): p. 181-186. 

60. Hashemi, J., et al., The geometry of the tibial plateau and its influence on the 
biomechanics of the tibiofemoral joint. The Journal of Bone and Joint Surgery, 2008. 
90(12): p. 2724-2734. 



Literature review 
 

38 
 

61. Jayakumar, P. and L. Silvio, Osteoblasts in bone tissue engineering. Proceedings of the 
Institution of Mechanical Engineers, Part H: Journal of Engineering in Medicine, 2010. 
224(12): p. 1415-1440. 

62. Lemaire, T., et al., A multiscale theoretical investigation of electric measurements in 
living bone. Bulletin of Mathematical Biology, 2011. 73(11): p. 2649-2677. 

63. Kulkarni, N.V., Clinical anatomy for students: Problem solving approach2007: Jaypee 
Brothers Publishers. 

64. Keaveny, T.M., Cancellous bone, in Handbook of Biomaterial Properties, J. Black and G. 
Hastings, Editors. 1998, Springer Science & Business Media: London, UK. p. 15-23. 

65. Dutta, S.K. and D. Datta, Composition of musculoskeletal structures, in Applied 
Orthopaedic Biomechanics, S.K. Dutta and D. Datta, Editors. 2008, BI Publications Pvt 
Ltd: New Delhi, India. p. 29-37. 

66. Rubin, C.T., K.J. McLeod, and S.D. Bain, Functional strains and cortical bone adaptation: 
epigenetic assurance of skeletal integrity. Journal of Biomechanics, 1990. 23: p. 43-54. 

67. Marieb, E.N. and K. Hoehn, Human Anatomy & Physiology, ed. S. Beauparlant2004: 
Pearson Benjamin Cummings. 

68. pixshark.com, Labeled Compact Bone Slide. 
69. Mackenzie, K., Osteocytes in bone, in by-nc-nd 4.0, B0008430, Editor 2011, Welcome 

Images: University of Aberdeen. 
70. Larsen, H.A., Osteocalcin - et hormon fra knoglerne gemmer måske på helbredets 

livsnøgle, 2011, Holistica-Medica A/S: Hornsyld, Denmark. 
71. Arnett, T., Scanning electron micrograph showing osteoclast resorbing bone, in Eastface 

Technology2015, Bone Research Society. 
72. Ahn, A.C. and A.J. Grodzinsky, Relevance of collagen piezoelectricity to “Wolff's Law”: A 

critical review. Medical Engineering and Physics, 2009. 31(7): p. 733-741. 
73. Bonewald, L.F., The amazing osteocyte. Journal of Bone and Mineral Research, 2011. 

26(2): p. 229-238. 
74. Franz-Odendaal, T.A., B.K. Hall, and P.E. Witten, Buried alive: how osteoblasts become 

osteocytes. Developmental Dynamics, 2006. 235(1): p. 176-190. 
75. Compston, J.E., Principles of bone biology. Clinical Endocrinology, 1997. 46(6): p. 781-

781. 
76. Cartmell, S., A. Rupani, and R. Balint, Osteoblasts and their applications in bone tissue 

engineering. Cell Health and Cytoskeleton, 2012. 49: p. 49-61. 
77. Aarden, E.M., P.J. Nijweide, and E.H. Burger, Function of osteocytes in bone. Journal of 

Cellular Biochemistry, 1994. 55(3): p. 287-299. 
78. Manolagas, S.C. and A.M. Parfitt, What old means to bone. Trends in Endocrinology and 

Metabolism, 2010. 21(6): p. 369-374. 
79. Chen, P.-Y., et al., Minerals form a continuum phase in mature cancellous bone. Calcified 

Tissue International, 2011. 88(5): p. 351-361. 
80. Zhang, L. and T.J. Webster, Nanotechnology and nanomaterials: promises for improved 

tissue regeneration. Nano Today, 2009. 4(1): p. 66-80. 
81. Fonseca, J.E., Bone: a story of breakthroughs, a promising future. Medicographia, 2012. 

34(2): p. 142-148. 
82. Jilka, R.L., B. Noble, and R.S. Weinstein, Osteocyte apoptosis. Bone, 2013. 54(2): p. 264-

271. 
83. Metzler, D.E. and C.M. Metzler, Biochemistry: The chemical reactions of living cells. 2nd 

ed, ed. D.E. Metzler. Vol. 1. 2001, London, UK: Academic Press. 
84. An, Y.H., W.R. Barfield, and R.A. Draughn, Basic concepts of mechanical property 

measurement and bone biomechanics, in Mechanical Testing of Bone and the Bone-
Implant Interface, Y.H. An and R.A. Draughn, Editors. 2000, CRC Press: Florida, USA. p. 
23-40. 



Literature review 
 

39 
 

85. Arnold, P.A., Validation o fmechanical response tissue analysis by three-point 
mechanical bending of artificial human ulnas, in Department of Biological Sciences 2013, 
Ohio University: Ohio, USA. 

86. Carnelli, D., Orientation and length-scale dependent mechanical properties in lamellar 
bone at the micro and nanostructural hierarchical levels, 2010, Politecnico di Milano: 
Milan, Italy. 

87. Fan, Z., et al., Anisotropic properties of human tibial cortical bone as measured by 
nanoindentation. Journal of Orthopaedic Research, 2002. 20(4): p. 806-810. 

88. Morgan, E.F., G.L. Barnes, and T.A. Einhorn, The bone organ system: Form and function, 
in Osteoporosis, R. Marcus, et al., Editors. 2008, Elsevier: London, UK. p. 3-25. 

89. Parkinson, H. and N.L. Fazzalari, Characterisation of trabecular bone structure, in 
Skeletal Aging and Osteoporosis, M.J. Silva, Editor 2013, Springer: London, UK. p. 31-51. 

90. Rahmoun, J., et al., Micromechanical modeling of the anisotropy of elastic biological 
composites. Multiscale Modeling and Simulation, 2009. 8(1): p. 326-336. 

91. Kini, U. and B.N. Nandeesh, Physiology of bone formation, remodeling, and metabolism 
in Radionuclide and Hybrid Bone Imaging, I. Fogelman, G. Gnanasegaran, and H. van der 
Wall, Editors. 2012, Springer-Verlag: Heidelberg, Germany. p. 29-57. 

92. Clarke, B., Normal bone anatomy and physiology. Clinical journal of the American 
Society of Nephrology, 2008. 3(3): p. 131-139. 

93. Bueno, E.M. and J. Glowacki, Biologic Foundations for Skeletal Tissue Engineering. 
Synthesis lectures on Tissue Engineering, ed. K.A. Athanasiou and J.K. Leach2011, USA: 
Morgan and Claypool. 

94. Gosman, J.H., et al., Development of cortical bone geometry in the human femoral and 
tibial diaphysis. The Anatomical Record, 2013. 296(5): p. 774-787. 

95. Kourtis, L.C., et al., A new software tool (VA-BATTS) to calculate bending, axial, torsional 
and transverse shear stresses within bone cross sections having inhomogeneous 
material properties. Computer Methods in Biomechanics and Biomedical Engineering, 
2008. 11(5): p. 463-476. 

 



Literature review 

 

40 
 

2.2. From mechanical stimulus to bone formation2 

Understanding the influence of mechanical stimuli on the structure of bone has long been a 

topic of scientific interest. To the best of our knowledge, Galilei [1], noticed a relationship 

between body weight and bone size and shape. However, mechanical forces were not identified 

as responsible for shaping the architecture of the skeleton until the 19th century, in studies 

developed by Meyer [2], Culmann [3] and Roux [4]. 

The German anatomist von Meyer identified arched trabecular patterns in a sagittally sectioned 

human first metatarsal and calcaneus, and Culmann, a pioneer of graphical methods in 

engineering, suggested that the patterns appeared to be aligned along principal stress directions 

produced by functional loading [5]. In 1881, Roux proposed that the apposition and absorption 

of bone is a biological stress-controlled process [6, 7].  

However, Julius Wolff [8], - influenced by von Meyer-Culmann interactions in 1867 - became 

associated to the concept of bone adaptation. He claimed that the shape of bone is related to 

mechanical stress by Wolff's law of bone transformation. Although this law is an overly simplified 

mathematical approach, the concept has been accepted by the scientific community. Recent 

interpretations of "Wolff's Law" have proposed that bone mass and architecture are to some 

extent governed by adaptive mechanisms that are sensitive to their mechanical environment [9-

11]. 

Over the years, remarkable work has been done to elucidate bone mechanotransduction and its 

response to mechanical stimulation. The first contact with this subject can be overwhelming due 

to the complexity and multidisciplinary mechanisms involved. This review aims to establish the 

state of the art of this area while simultaneously clarifying some basic yet important questions 

on which light has been shed during recent years, such as 

 What is the origin of the mechanical stimulus? How is it triggered? 

 How does bones mechanotransduction work? 

 What are the normal physiological bone stimuli? 

 What test systems are commonly used to study bone’s mechanical stimulation? 

 

 

 

                                                           
2 Adapted from: Rosa, N., Simoes, R., Magalhães F. D. and Marques, A. T., From mechanical stimulus to bone 

formation: A review. Medical Engineering & Physics, 2015. 37(8): 719-28. 
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2.2.1. Mechanical stimulus 

Bone mass is maintained by and adapted to mechanical strain, primarily as the result of muscular 

contraction [12, 13]. Some key aspects are currently accepted by the scientific community at 

large and should be mentioned. 

First, long bones deformation is obtained by an orchestrated muscle activity as demonstrated 

by Duda et al. [14]. Using a finite element strain distributions model, these authors concluded 

that simplified load regimes produced differences in strain as high as 26% compared with 

regiments that included all thigh muscles. Although this study focused only on the proximal 

femur situation, this concept can be generalized to other bones in the human body. 

Second, the forces experienced by bone arise from muscle action rather than from mere 

gravitational forces [15]. Hence, muscle mass/strength correlates with bone strength [12]. This 

concept was demonstrated in a study by Sievänen et al. [16]. The patella bone mineral apparent 

density and average strain magnitude were measured in a chained event experiment that 

included one-year unilateral strength training interventions, an accidental knee ligament 

rupture and a two-year rehabilitation period. The patella was selected as the target bone 

because it is a non-weight-bearing bone that receives mechanical stimuli from only the 

quadriceps activity. Sievänen et al. showed that a decline in muscle mass precedes a decline in 

bone strength under conditions of disuse and that the recovery of muscle mass increases before 

bone mass. In another study, Schönau et al. [17] compared the muscle development with age 

as well as muscle development and bone strength. 

Disuse can be asserted to cause muscle wasting and bone loss, whereas physical activity 

increases muscle strength and bone mass. However, according to Rittweger et al. [15], this 

relationship only holds to a certain extent. The authors claim that muscular exercise can only 

enhance bone strength up to 1-2% because tendon stiffness may limit the musculoskeletal peak 

forces. 

In several studies [9, 12, 16, 18], a time lag of up to 5 days was registered between a single 

period of mechanical loading in vivo and the onset of collagen and mineral apposition increases 

on the bone surface. This phenomenon is justified by the delay between the initial formation of 

new bone and the establishment of fully mineralized and mature bone.  

The third key aspect was stated in one of the earliest far-reaching interpretations of bone 

loading made by Pauwels [19], who suggested that bending moments are transmitted along 
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limbs by a combination of tensile forces in the muscle and compressive forces on bone. Hence, 

gravitational forces tend to lower and collapse our body segments in any upright posture. 

However, bending moments are accentuated rather than reduced due to the physiological 

curvature of long bones. In response to these external loads, muscles not only provide the 

necessary moment equilibrium in joints, but they counteract the passive bending moments 

along bones in an energetically efficient manner, as stated by Munih et al. [20]. While reducing 

the bending stress, muscles increase the axial compressive load irrespective of the posture to 

ensure minimal bone stress and minimal bone weight [21]. From all registered loading modes in 

long bone, bending is the most significant for bone adaptation [22-24]. 

Fourth and last, in addition to mechanical stimuli, bone remodelling may also be regulated by 

hormones, such as estrogen and parathyroid hormone [25, 26], and induced by nervous system 

[18, 27] and inflammatory reactions [28]. 

2.2.2. Mechanotransduction system 

Over the last several years, osteocytes have become generally accepted as the mechanosensory 

cells within the bone. Osteocytes coordinate the remodelling process by converting external 

mechanical forces into biochemical responses – a process known as mechanotransduction. 

However, the mechanism by which these cells sense the mechanical loads and facilitate adaptive 

alterations in bone mass and architecture is not yet completely understood [10, 18, 29, 30]. 

i) Stimuli perceived by osteocytes 

Osteocytes are generally assumed to react to bone deformation or to one of the consequences 

of bone deformation, such as shear stress due to load-induced fluid flow, electric fields caused 

by stress-generated streaming potentials, and hydrostatic pressure [22, 31, 32]. 

Cell deformation 

The immediate consequence of mechanical loading is strain, which is a small deformation 

throughout the calcified matrix. These stimuli will stretch the osteocytes to the same extent as 

the surrounding bone tissue. When stretched in one direction, bone tends to slightly contract in 

the perpendicular direction. Hence, direct biaxial osteocyte strain is common [9, 33]. Several 

authors [33-35] suggest that the strains experienced by an osteocyte are much higher than those 

measured on the bone surface, with registered amplification factors that are up to 9 times larger 

than the applied global strain. This difference may be due to a magnification effect caused by 

the cell’s complex surrounding pericellular and extracellular matrix. In a recent study, Wang et 
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al. [36] proposed that the strain amplification factor positively correlates with the loading 

frequency and loading strain. 

Shear induced by fluid-flow 

Loading the bone first pressurizes the interstitial fluid around the osteocytes before flow is 

initiated [32]. A study developed by Gardinier et al. [37] predicted that in vivo osteocytes could 

experience hydrostatic pressures of up to 5 MPa. The interstitial fluid within the lacuno-

canalicular (LC) is then driven to flow through the thin layer of non-mineralized pericellular 

matrix surrounding the osteocytes and towards the Harversian or Volkmann's channels [22, 32]. 

In this sense, bone can be compared to a water-soaked sponge. A compressive force on the 

sponge will squeeze water out of it. Similarly, mechanical loading will result in a flow of 

interstitial fluid through the LC network of bone (see Figure 2.3) [38]. The flow of interstitial fluid 

through the LC network places shear stress on the cell membranes. This stress is thought to 

initiate a biochemical response from the cells [39]. 

 

Figure 2.3 - Schematic representation of mechanical loading that causes interstitial fluid flow through bone’s lacuna-
canalicular network (adapted from Duncan et al. [9]). The tension/compression stresses associated with bending cause 
a pressure gradient that promotes fluid flow along the osteocyte 

Piekarski [40] was the first researcher to propose that mechanical loading induces fluid-flow in 

bone. He stated that this flow enabled nutrition and waste removal.  

The effect of the three-dimensional LC network complex geometry of bone on the fluid flow 

shear stress stimuli mechanism and its role in osteocyte mechanobiology are not yet fully 

understood. However, a recent study developed by Verbruggen et al. [41] showed that 

individual osteocytes may be subjected to a maximum shear stress stimulus of approximately 

11 Pa and an average fluid velocity of 60.5 μm/s in response to vigorous activity. 

Mechanosensing bone cells also seem to be able to sense low fluid-flow stress values, as 

demonstrated by Morris et al. [42], Delaine-Smith et al. [43], Young et al. [44]. 
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Several studies have also evaluated the responsiveness of bone cells to different flow profiles. 

Of these studies, we would like to highlight the important work developed by Jacobs’ group [45-

47], in which they studied oscillating, pulsatile and steady fluid flow. These studies showed that 

pre-osteoblast cell lines recognized both steady unidirectional and oscillating fluid flow as an 

osteogenic stimulus, but the latter was considered to be more realistic in physiologic terms than 

steady or pulsatile flow. This condition occurs because induced flow through the LC network is 

reversed when the bone is unloaded [46, 47]. Case et al. [46] also claimed that the flow duration 

and inclusion of rest periods may influence flow effects. 

Streaming potentials 

In the mid-1960s, researchers observed that mechanical strains generated electrical potential 

differences along the lateral and longitudinal axes of compact bone. These differences may exert 

direct effects on bone cells because the in vivo application of an electromagnetic field to bone 

is known to inhibit bone resorption and stimulate bone formation. Of all of the mechanisms 

proposed to explain the strain-generated potentials, two were selected for analysis: streaming 

potentials and piezoelectricity [9, 10, 48].  

Streaming potentials are electric fields caused by stress-generated fluid-flow. Initially, streaming 

potentials were thought to be generated by electrokinetic effects that are associated with the 

collagen-apatite porosity system of connected micropores. Currently, pores are considered to 

be the canaliculi in mineralized bone. The bone surface is negatively charged; thus, the 

interstitial fluid cations that are being forced through channels are attracted to the surface, 

producing a surplus of ions in the fluid. The voltage that results from this imbalance of ions is 

positive in the direction of flow. The streaming potential produced by interstitial fluid-flow in 

bone is believed to be able to produce a number of responses in osteocytes, including the 

activation of voltage-operated channels in the cellular membrane. Thus, this streaming potential 

serves to trigger the mechanotransduction process [32, 49-51]. 

Piezoelectricity 

Yasuda [52] was the first researcher to observe piezoelectric behaviour in bone tissue. 

Subsequently, Fukada et al. [53] systematically investigated and measured the direct and 

converse piezoelectric effect in dry specimens cut from human and ox femurs. The centro-

symmetric crystal structure of hydroxyapatite excludes the possibility of observing these 

piezoelectric properties, as demonstrated in de-collagenated bone [54]. Minary-Jolandan et al. 
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[55] found that isolated collagen fibrils have unipolar axial polarizations and behave mainly as 

shear piezoelectric materials with a shear piezoelectric constant of d15 ≈ 1 pm V-1 (or pC N-1). 

In a recent study, Ahn et al. [10] explored the possible influence of bone piezoelectricity on 

streaming potentials. The piezoelectricity of collagen may influence the magnitude of the zeta 

potential and thus the streaming potential. Therefore, it may indirectly modify the stiffness and 

fluid dynamics of bone. The load may also create a local fixed charge density that may modify 

the steady state fluid content of the bone and consequently the amount available for transfer 

from the collagen-hydroxyapatite microporosity to the LC system. This influence in turn affects 

the fluid-flow around the osteocytes. In a complementary multiscale approach study developed 

by Lemaire et al. [56] utilized a coupled poro-elastic model of cortical tissue to determine that 

in vivo electric measurements at the organ scale are due to streaming currents. 

Although the precise stimuli bone cells experience in vivo are not yet fully understood, a number 

of theoretical and experimental studies over the past decade have uncovered strong evidence 

favouring direct cell strain and interstitial fluid-flow as the most likely stimuli for 

mechanosensation, instead of streaming potentials or hydrostatic pressure. These studies 

further support that shear stress induced by fluid-flow is the predominant stimuli recognized by 

osteocytes, as opposed to direct mechanical strain by substrate stretching [32, 33, 37, 39, 57, 

58]. 

ii) Mechanism of stimuli perception 

Osteocytes may sense loads via several mechanisms. Both cell body and dendritic processes 

have been proven to perceive mechanical forces. Several in vitro studies [33, 59-61] have 

attempted to decipher the part of the cell – body or dendritic process – that is more sensitive to 

mechanical forces. Although it remains a controversial subject, the prevalent, widely accepted, 

hypothesis proposes that the osteocyte cell process is responsible for mechanosensation [62].  

Several excellent papers on the mechanisms for the initial detection and conversion of a 

mechanical force into a biochemical signal, such as [21, 32, 63] and references within these 

papers, have been written, and the reader is referred to these studies for many of the details. 

Integrins, cation non-selective channels and the bone cell primary cilium are proposed to be 

involved in the osteocyte perception process of the mechanical signal. 

One critical transduction pathway consists of strengthening ligand-integrin-cytoskeleton 

linkages in response to a force. Integrins are a superfamily of cell adhesion receptors that bind 

to extracellular matrix ligands, cell-surface ligands, and soluble ligands. The transfer of forces 
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across cell adhesions allows focused stresses applied on the surface membrane to affect distant 

sites, such as the mitochondria and nucleus [22, 56, 64, 65]. 

Ion channels, which are located in bone cell membranes, form strain-sensitive systems that 

respond to several stimuli, such as ligand binding, voltage changes, stretching and fluid shearing, 

via cellular ion fluxes. Several of these channels have been detected in osteocyte cultures: a Gd3+ 

sensitive non-selective cation channel; the volume sensitive epithelial-like Na+ channel ENaC; 

secondary driven Ca2+ channels, such as the voltage-dependent L-type channels or Na+/Ca2+ 

exchange channels; and Cl- and K+ channels. Integrins and stretch-activated channels also seem 

to be linked. Hence, cell stretching may lead to an increase in lateral membrane tension, which 

activates mechanically gated ion channels, i.e., stretch-activated channels. Stretch-activated 

cation channels are also thought to be responsible for mechanotransduction in osteoblasts [64, 

66-68]. 

Primary cilia are structures that project from the cell surface and deflect under fluid-flow. 

Currently, research points to the following flow-induced cilia response: increase in cox-2 gene 

expression, prostaglandin E2 release (which is an important chemical mediator in the 

mechanotransduction process, as outlined in the following section) and an increase in the 

OPG/RANKL (nuclear factor-kappaB ligand/osteoprotegerin) ratio. The cilia-based osteocyte 

response is independent of intracellular calcium. Many interesting aspects of the role of primary 

cilia in bone mechanotransduction remain to be studied [30, 69, 70]. 

Although osteocyte sensing mechanisms have been individually presented, researchers strongly 

believe that these mechanisms are highly associated; therefore, there is no single transduction 

pathway [9]. 

iii) Osteocytes biochemical stimuli-induced responses 

The in vivo and in vitro osteocyte responses to load include the production of several 

biochemically relevant messengers [57, 71, 72] such as Ca2+, nitric oxide and prostaglandin E2. 

One of earliest osteocyte responses to mechanical stimulation is calcium (Ca2+) exchange 

between the extracellular and intracellular medium. This response propagates to the 

neighbouring cells, suggesting that the cellular network communicates and synchronizes via this 

mechanism. This response initiates a number of essential downstream signalling pathways, e.g. 

ATP, nitric oxide and prostaglandin E2 (PGE2) release [9, 60, 73, 74]. 
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Nitric oxide (NO) and PGE2 are considered potent anabolic regulators of bone growth. Studies 

have shown [75, 76] that the inhibition of only one of the two rapidly released small molecules 

at the time of mechanical stimulation suppresses the osteogenic response to mechanical 

stimulation.  

NO is responsible for stimulating bone formation by inhibiting osteoclast formation and inducing 

osteoblasts differentiation. This anabolic regulator is also responsible for maintaining the 

viability of osteocytes and enhancing PGE2 [77]. Klein-Nulend et al. [78] examined the effect of 

pulsating fluid flow (0.5±0.02 Pa, 5 Hz and 0.4 Pa/sec) stimulation on chicken calvarial 

osteocytes. NO showed a maximum effect after 5 minutes, decreasing afterwards. PGE2 effect 

was significant after 10 minutes, which was maintained throughout 60 minutes. 

PGE2 is an important signalling molecule because it not only stimulates osteogenic function in 

existing osteoblasts but also increases the production of osteoblasts by recruiting and promoting 

the differentiation of precursor cells. Another molecule that has similar effects to PGE2 on the 

signalling of the osteogenic process is the insulin-like growth factor I [9, 32, 78-82]. 

During bone remodelling, a cutting cone of osteoclasts, followed by a reversal or transition zone 

of osteoblast precursors and a closing cone of osteoblasts, constitute the basic multicellular 

units (BMU), which move in tandem. In modelling, bone resorption driven by osteoclasts and 

osteoblast-mediated bone formation actuate independently on different surfaces of the 

skeleton as bone is reshaping to adapt to different loading conditions [29, 71, 83-85]. 

2.2.3. Bone strain in vivo 

The quantification of human normal bone strain is an important step in understanding the 

response of bone to mechanical stimuli [86]. One of the first contributions to this subject was 

made by Hert et al. [87], Hert et al. [88]. By applying loads to rabbit tibiae diaphysis using 

transcutaneous pins and Bowden cables, they showed that dynamic, but not static strains, 

increase bone formation. Today, the response of bone cells to mechanical stimuli is well 

accepted to be modulated by the parameters of the applied strain, namely, the magnitude, rate 

and duration of the applied load [9, 55, 89]. 

Altought Hert et al. [88] could determine the magnitude of the applied load in their experiment, 

they could not determine either the physiological strains in that region or the strains that the 

loading engendered [86]. The in vivo measurement of strain in bone tissue surface was not 

possible until the development of strain gauges, the gold-standard for measuring bone strain 
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[90-92]. The use of strain gauges on the bone surface was reportedly introduced as early as the 

mid-twentieth century [86, 93]. 

Following Roux’s footprints, Frost [94] developed an important concept: the "mechanostat" for 

bone adaptation to strain. This theory proposes a mechanical usage window and introduces the 

concept of minimal effective strain (MES). Frost compiled his various works that concern 

mechanical stimuli for bone regeneration in a 2003 paper [95], which describes the 

"mechanostat" as follows (see Figure 2.4): he claimed a threshold for disuse-mode remodelling 

(MESr), 50-100 µɛ, below which bone is removed and weakened. He defined the modelling 

region (MESm) between 1000 and 1500 µɛ, where mechanically controlled modelling begins and 

could increase if strains exceed this upper limit. Frost believed that strain stimuli between MESr 

and MESm could define the region of naturally acceptable whole-bone strength relative to the 

typical peak voluntary mechanical load on a loadbearing bone during typical physical activities 

and the span of a normal “bone-strength/bone-load” ratio. According to this theory, the 

microdamage threshold (MESp) is approximately 3000 µɛ and loads that can fracture a healthy 

young adult bone cause strains centred near 25000 µɛ (Fx). 

 

Figure 2.4 - Mechanical usage window defined by Frost’s "mechanostat" theory of bone adaptation to strain (adapted 
from Duncan et al. [9] and Frost [95]). The horizontal arrow at the bottom shows the typical minimum effective strain 
(MES) levels and the set point values for the bone’s thresholds and ultimate strength – microstrain (μɛ), stress (MPa) 
and unit-load (kg/mm2) 

Even though several researchers [23, 96-98] support Frost’s MESm concept of an increase in 

bone mass and remodelling when a mechanical load surpasses a threshold, criticism has also 

been raised. Some researchers [7, 86] claim that Frost’s theory is a qualitative theoretical 

construction of several hypotheses and that the precise threshold limits that control bone 

remodelling remain unknown. 

A dataset based on several studies was created to evaluate the ability of various types of 

vigorous physical activities to “stimulate bone formation” according to the MES concept (see 

Table 2.2). In all selected studies, the test subjects were healthy, young adult or middle-aged 
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humans of both genders, and the peak strains were obtained by directly attaching strain gauges 

to the tibia bone surface.  

An analysis of Table 2.2 indicates that of the vigorous activities considered, bicycle riding at 60 

cycles/s produced the lower peak strain values both in compression and tension sites, with 

magnitudes on the order of 291 and 271 µɛ, respectively. Normal walking activity, depending on 

the type of floor or grade (levelled, uphill or downhill gait), can lead to compression bone strain 

values ranging from 308 to 950 µɛ. Table 2.2 also shows that, when considering the same type 

of physical activity and muscular contraction, different sites on the tibia present different local 

deformations. 

Table 2.2 - In vivo humans bone strain values measured during different types of physical activities, reported in the 
literature 

Activity Type 
Strain (μɛ) Strain rate (μɛ/sec) 

Regiona Testb Reference 
Compressive Tensile Compressive Tensile 

Walking 
Level 

308 - 2300 - (A) 
(a) 

[92] 
544 437 7183 11006 - [96] 
334 - - - (B) 

(b) [97] 
950 - - - (C) 
454 840 3306 3955 (D) (c) [106] 

Uphill 630 440 8176 7113 - 

(a) 

[96] 

Downhill 414 531 10846 9566 - 

Walking 
(≥ 20 kg) 

Level 557 381 6437 11434 - 
Uphill 680 509 10645 8989 - 

Downhill 751 601 17892 9839 - 
Walking 

(21-45 kg) 
Level 393 - 2500-2700 - 

(A) [92] 
Walking 
(≤ 46 kg) 

Level 412 - - 4200 

Running 

Jogging 879 625 27376 13913 - 

[96] 
Sprint 
(13.88 
km/h) 

1321 646 34457 20237 - 

Sprint (17 
km/h) 

2104 1415 14543 7780 (D) (c) [98] 

Uphill 954 633 23834 17475 - 

(a) [96] 
Downhill 517 707 26337 16710 - 

Zigzag 
running 

Uphill 1226 743 20930 13638 - 
Downhill 1147 707 30039 15653 - 

Bicycle 
60 

cycles/s 
291 271 1510 1286 (D) - [106] 

Forward 
jump 

30 cm 
1600 - - - (B) 

(b) [97] 
3450 - - - (C) 

Vertical 
drop 

Height of 
26 cm 

1905 896 13178 7621 

(D) (c) [98] 
Height of 

39 cm 
1990 921 11342 5021 

Height of 
45 cm 

2128 - - - (B) 
(b) [97] 

436 - - - (C) 

Height of 
52 cm 

2098 1007 8663 4796 (D) (c) [98] 

a The anatomical regions considered in these articles were: (A) Anteromedial aspect of the tibial midshaft, (B) Anterior 
middiaphysis of the distal tibia, (C) Posteromedial part of the distal tibia and (D) Medial aspect of the mid-diaphysis 
of the tibia.                                                                                                                                                                                                            
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 b The subjects used in the studies were all active healthy adult: (a) male. (b) female and (c) males and female group 
tests. 

Running can lead to compressive bone strains from 879 µɛ during jogging to 2104 µɛ during 17 

km/h sprints. The highest strain was registered during a forward jump and vertical drop, which 

led to compressive deformations of up to 3450 µɛ. In addition to the maximum strain values 

mentioned, in vivo measurements of human tibiae strains do not seem to exceed 2000 µɛ, even 

during vigorous running activity. 

The data presented in Table 2.2 suggest that the peak strain compressive values tend to be 

higher than the tension values, with the exception of walking and running downhill.  

Both the strain magnitude and strain rate are considered essential parameters in the stimuli 

process. In Table 2.2, the strain rates were again lower during bicycle riding at 60 Hz, with both 

compressive and tensile values of approximately 5 Hz. Higher strain rates were registered during 

sprint running, with values of up to 26 and 31 Hz in compression and tension, respectively. These 

data are in the physiological strain rate range claimed in other studies [9, 55, 89, 99, 100], 

between 1 and 60 Hz. 

The data in Table 2.2 should be considered an approximation of real values because the effect 

of muscle fatigue on the bone strains and strain rates, as has often been identified in vivo, cannot 

be excluded in all studies. However, physical activities, such as sprinting or running in a zigzag, 

forward jumping and vertical dropping, may increase bone formation if we consider these data 

to be physiological values and 1000 µɛ at 1 Hz cyclic mechanical loading is assumed as the MESm 

[101-103]. Importantly, only tibiae shaft measurements were considered, and conclusions based 

on these data should not be extrapolated to the spine and may or may not be valid for other 

bones in the body [98, 104-106] 

Normally a large portion of human daily routine includes events that are associated with far 

smaller strain magnitudes than vigorous physical activities, such as standing and sitting. 

According to Huag et al. [107], very low strains, those significantly smaller than 5 μɛ, at high 

frequency strains are constantly bombarding the human skeleton. This finding was confirmed 

by Fritton et al. [90], who counted the daily (12 to 24 h) strain events and showed that large 

strains (exceeding 1000 μɛ) seldom occur throughout the day and that very small strains (less 

than 10 μɛ) occur thousands of needs to be assessed. 

Rubin et al. [108] asserted that the strain magnitude and strain rate of bone are related. In this 

study, they noticed that cortical bone mass could be maintained via the application of a 800 µɛ 
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peak-induced load at a frequency of 3 Hz for 600 seconds per day. Furthermore, only 200 µɛ was 

necessary to maintain cortical bone mass for the same loading regimen if the strain was applied 

at 30 Hz. In a study by Weinbaum et al. [99], 250 µɛ at 15 Hz produced a fluid shear stress that 

was 3.75 times that of a 1000 µɛ at 1 Hz stimulus and exceeded the threshold for excitation. 

Moreover, Rubin et al. [108] showed that the combination of an even lower strain amplitude 

than the ones tested by [99], i.e., less than 10 μɛ, with a high-frequency physiological strain rate 

between 10 and 100 Hz could stimulate bone growth by doubling its formation rate. These 

findings led to the development of several studies based on the potential use of such stimuli 

[109-111]. 

These findings indicate that low-amplitude high-frequency postural strains due to muscular 

contractions could be as or even more effective in maintaining bone mass than high-amplitude 

low-frequency strains due to locomotion. This behaviour may explain why astronauts lose bone 

mass in a microgravity environment, where the need to maintain posture is absent, despite 

rigorous exercise, or why 3 h/day of quiet standing has been shown to prevent bone loss in bed 

rest patients [90, 112, 113]. 

2.2.4. Test system for mechanic stimulation study 

Selecting the most suitable test model for a stimulation study of bone mechanical behaviour is 

very important. Several test systems are available and are grouped in four categories: in vivo, in 

vitro, ex vivo and in silico. 

i) In vivo 

For in vivo testing, although no species fulfils the requirements of an ideal animal model, the 

dog is perhaps described as having the most similar bone structure to humans. However, using 

companion animals for medical research is associated with ethical implications. Other species, 

such as sheep and pigs, have also been suggested. Some researchers have also shown a 

preference for using rats and mice as experimental animal models [114-118]. According to the 

literature, rabbits may be the least similar to humans in terms of bone structure and properties. 

When possible, other bone study test models should be used prior to in vivo experimentation 

because the latter is expensive, leads to animal sacrifice, presents a large degree of systemic 

complexity and often is not considered satisfactory for the investigation of the mechanism that 

underlies cellular processes in bone [119-122]. 
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ii) In vitro and ex vivo 

In vitro bone research includes three main branches: cell culture, for which cells are 

mechanically or enzymatically harvested from tissue and proliferate in a suspension or attached 

to a surface or monolayer; tissue culture, for which tissue fragments are maintained without not 

necessarily preserving architecture; and organ culture, for which organs (in whole or in part) or 

tissues are maintained or grown in vitro [123]. Several methodologies to provide mechanical 

stimuli for experimental study are reviewed by Ehrlich et al. [86], Brown [124], Brown [125]. 

Since Gluckmann [126] first used in vitro bone cell cultures to study the effects of mechanical 

stimuli in bone formation, this system has been considered to be an acceptable and common 

approach. This test system was also adapted to meet the purposes of more specific research, 

such as the study of cell responsiveness to fluid flow, first via the development of the parallel 

plate flow chamber by [127], as well as in a number of other studies [47, 128] that developed 

similar experimental devices. The advantage of using cell culture systems is that the local 

environment can be tightly controlled, such as ensuring the absence of growth hormones. A 

great number of molecular and biochemical tools are also available to ensure that experimental 

replicates are almost identical, which simplifies statistical analysis and quantification [119, 123, 

129]. 

The most common bone cell cultures used for in vitro mechanical stimulation experiments are 

osteoblastic (e.g., MC3T3-E1), osteocytic (e.g., MLO-Y4) and less often, osteoclastic-like cell 

cultures. Due to their availability and ease of use, osteoblast cell lines are used in many studies 

to infer osteocytes behaviour. While osteocytes are the descendants of osteoblasts and 

similarities would be expected for cells of the same lineage, these cells have distinct differences, 

particularly in their responses to mechanical loading [9, 32, 33, 130]. 

For studies of the osteocyte physiological response to mechanical loading, two-dimensional cell 

culture conditions are arguably far too simple and hardly representative of the complex bone 

environment. This approach overlooks many parameters known to be essential for accurately 

reproducing the mechanotransduction process. Three-dimensional cell-growth environments   

have been developed in an attempt to overcome some cell culture disadvantages, mimic the 

physiological complexity of real tissue, and avoid the use of bone organ cultures [121]. Several 

materials have been tested as scaffolds, such as collagen glycosaminoglycan [131, 132] and 

porous chitosan [133]. Under static culture conditions, cell proliferation in scaffolds is limited by 

diffusion, due to increases in the cell mass and decreases in the effective porosity resulting from 

matrix deposition. Fluid transport and cell distribution, as well as cell stimulation and 



Literature review 

 

53 
 

differentiation may be improved via the use of bioreactors for three-dimensional scaffold 

systems [134, 135]. Flow perfusion bioreactors are more commonly used than any other 

bioreactor for three-dimensional bone stimulation studies. These bioreactor systems pump 

culture medium through the scaffold’s interconnected pores, which are held in place across the 

continuously circulating flow. These devices enable the close monitoring and precise control of 

several environmental conditions, such as the temperature, pH, oxygen and nutrient supply 

inside the scaffold and removal of waste products and metabolites. They also provide a high 

degree of reproducibility and automation, which favours the development and maturation of 

bone cells in scaffolds [134, 136, 137]. 

An understanding of the behaviour and responses of cells cultured on scaffolds should guide the 

scaffold optimization process. The pore size, pore interconnectivity and total porosity are 

essential parameters for scaffold development. The pore size affects cell migration into the 

scaffold and influences the amount of fluid that reaches the cells. It also determines the 

mechanical load to which the cells are exposed, i.e., the wall shear stress and the hydrostatic 

wall pressure that acts on the cells [138-143]. 

In vivo, osteocytes are attached to their mineralized matrix either via tethering filaments or 

perhaps via integrin-based focal adhesions. When these cells are seeded on a stiff two-

dimensional surface, they are not surrounded by a pericellular matrix. Thus, they will spread out 

and form only integrin-based attachments with the substrate. In three-dimensional cultures, the 

pores dimensions of the scaffold will influence the initial cell attachment levels and the 

morphology of attachment, such as a flat morphology (akin to a two-dimensional monolayer 

culture), which occurs for large pores, and a bridging morphology. The pore size affects the cell’s 

ability to span the void space [32, 144, 145]. 

Cell attachment can influence the dynamics of surface-cell-flow relationships and thus impact 

the magnitude of cytoskeletal deformations. According to Klein-Nulend et al. [32], round non-

adherent osteocytes are more sensitive to mechanical stimuli than adherent ones. In a study by 

Jungreuthmayer et al.  [143], three-dimensional culture conditions required lower fluid flow 

rates to obtain bone formation than two-dimensional culture conditions, i.e., the increased cell 

deformability leads to increased cellular shear stress sensitivity. One advantage of two-

dimensional systems over three-dimensional cell-scaffolds systems is that cellular loss due to 

fluid shear stress investigations is not a major concern in two-dimensional systems. In these 

systems, the levels of shear stress required to induce cellular detachment are orders of 

magnitude greater than those expected to cause osteogenesis in vivo. In three-dimensional cell-



Literature review 

 

54 
 

scaffolds systems, if a cell adapts a bridging morphology type, it will experience greater levels of 

cytoskeletal deformation than a flat cell when subjected to the same flow conditions [146]. 

Furthermore, according to Klein-Nulend et al. [32], the flow-induced stimulus for two-

dimensional cell cultures is the same on the cell process and cell body in nearly all experiments. 

Although tremendous advances have been made in the development of three-dimensional 

scaffold-based systems for bone cells studies that could reproduce both the formation of an 

organized bone-like matrix and cell-mediated substrate degradation, this methodology is also 

associated with limitations depending on the aim of a study [121, 136]. 

To study bone’s physiological strain profile in vitro, the bone’s natural microenvironment must 

be mimicked. The osteocyte mechanosensation response depends on the type of material to 

which they are attached. Hence, scaffolds that mimic the properties of native bone should be 

used. However, the osteocyte mechanical conditions in vivo are not clearly understood, which 

precludes the reliable recreation of these conditions in an in vitro experiment. Variables such as 

the complex lacuna-canalicular geometry and the distribution of the cell’s focal adhesions play 

an important role in the osteocyte mecanotransduction process [60, 147, 148]. 

The critical requirement for in vitro models that represent the physiological diversity and 

complexity of the bone formation process have led to the development of different test systems, 

such as bone organ cultures or ex vivo bone culture systems. 

Organ culture has been used for more than 50 years in an attempt to bridge the gap between 

cell culture and in vivo models [123, 149, 150]. The pioneering work of Fell et al. [151] in this 

field is known worldwide. 

Organ culture provides a model that is, in certain aspects, more similar to the in vivo situation. 

This testing system respects the bone’s natural three-dimensional structure and retains the 

extracellular matrix, which allows normal cell-matrix attachment sites to be maintained. The 

conservation of the tissue architectural organization will most likely simulate the physiological 

distinct mechanical consequence of loading, such as strain, fluid shear stress, and streaming 

potentials. Another great advantage of using organ culture technology is that they are not as 

complex as the whole animal and local effects, such as mediators and mechanical stress, can be 

isolated from systemic ones, such as steroids, other hormones and toxins [89, 120, 149, 152]. 

The main disadvantages of using organ cultures are 1) the loss of a vascular system, which limits 

the organ sample size that can be harvested; 2) explants cannot be used for experiments longer 
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than 24 h; and 3) the artificial environment created requires that the investigator exercises 

caution in the interpretation of the results and their extrapolation to an in vivo situation [86, 89, 

120, 123, 149, 150]. 

In recent years, the evolution of bioreactor devices for the application of specific mechanical 

stimuli and controlled medium recirculation has favoured cell viability and prolonged culture 

time of bone explants [121]. A system that shows a successful applicability of these strategy was 

developed by Davies et al. [153]. In this ex vivo system, a mechanical loading and measurement 

system are combined with a cancellous bone diffusion culture-loading chamber named ZetOSTM. 

This bioreactor maintains bone biopsy cultures for extended periods of time whilst preserving 

the natural three-dimensional architecture and inter-cellular interactions of several cell types. 

iii) In silico 

The use of conceptual and mathematical models has already proven valuable in bone research 

[154]. Advances in scientific knowledge, mathematical modelling, and computer technology has 

facilitated the integration of numerical equations into finite element models [155]. A variety of 

computational approaches [156-161] have been developed in an attempt to understand the 

mechanotransduction process and response to mechanical stimulus in bone, such as interstitial 

fluid flow [41, 162] and direct cell strain [36]. 

A good example of the integration of in silico analysis with in vivo and in vitro studies is the work 

developed by Yang et al. [163]. The authors studied the strain field in mice tibiae using micro CT-

based finite element analysis together with diaphyseal strain gauge measurements during in 

vivo dynamic compression loading. Furthermore, as suggested by Webster et al. [164], future 

computational approaches should focus on merging models from different scales into a fully 

integrated multiscale modelling approach, which would enhance both the predictive and 

descriptive ability of computationally models and consequently facilitate the generation of new 

hypotheses and new experimental studies. 

2.2.5. Conclusion 

The scientific community has long recognized the importance of mechanical loading conditions 

in defining the mass and structure of bone. Bending moment stimuli are experienced by and 

transmitted along long bones via a combination of its physiological curvature, gravitational load 

(body weight) and the load applied by balanced muscle activities. Hence, muscle and bone are 

coupled as a functional unit. During mechanotransduction, osteocytes play the role of sensory 

cells within the bone, and their response is most likely mediated by strain-derived fluid flow 
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shear stress through the lacuno-canalicular network. Osteocytes will respond to these 

mechanical stimuli by opening stretch-activated ion channels and increasing the levels of 

intracellular Ca2+ and protein Kinase C, which consequently stimulate the release of potent 

anabolic regulators of bone growth, such as NO and PGE2.  

The mechanical stimulus strain magnitude and rate are important parameters. Low frequency, 

high magnitude strains occur during vigorous activities, such as running and jumping, and exert 

a recognized positive effect on bone formation/remodelling. Conversely, the relevance of high 

frequency, low magnitude strains associated with events such as standing or sitting as bone 

mechanical stimuli is now starting to be taken into consideration. 

Isolated cell lines in mechanical stimulation studies are important to investigate the behaviour 

of individual bone cell populations during mechanotransduction. For studies of the bone 

mechanical and biological environments in vivo, two-dimensional osteoblast- or osteocyte-like 

cell cultures and the use of cells scaffolds do not fully mimic the real bone environment, which 

is an organ system with complex and distinct cell interactions. Thus, defining the type of study 

and the variables that need be included in the system is important to select the proper test 

model.  

With this review an attempt was made to clarify important notions related to the adaptation 

behaviour of bone to external load stimuli. Although mechanical forces clearly affect the bone’s 

behaviour, this relationship remains poorly understood. Continued studies of both the 

mechanical (e.g., bone muscle interactions) and biological fields (e.g., mechanisms and 

pathways underlying bone remodelling and mechanotransduction) are necessary. Moreover, 

biomechanical cross-talk should not be neglected. New research tools, such as advanced 

algorithms and techniques to assess the mechanical environment of bone in vivo, should allow 

integrated approaches to capture the complex dynamics of bone biomechanical behaviour. A 

better understanding of bone’s response process to mechanical stimuli should provide new 

insights into diseases, such as osteoporosis, hyperparathyroidism, hyperthyroidism, Paget’s 

disease and osteopetrosis.  
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2.3. Fracture and healing 

This review is primarily concerned with general insights on the concept of tibial shaft fractures, 

and with a comprehensive description on the physiological fracture healing process. It is 

intended to attain a better understanding of the intramedullary nail stabilization method, 

namely in terms of its biomechanical benefits for improving fracture healing. 

2.3.1. Tibia diaphyseal fractures 

During daily activities, the tibial bone diaphysis withstands a complex pattern of stress and 

strain, which may be magnified during more extreme activities. During non-habitual scenarios 

such as trauma, the load imposed on the bone may exceed its inherent mechanical properties. 

When this load is above the yield point, deformation is no longer reversible and permanent 

damage is registered. When load passes the ultimate strength, structural discontinuity takes 

place with or without loss of alignment, i.e., bone fracture occurs [1-4]. The bone fracture also 

relates to the speed at which the loads are applied, which can be expressed in terms of energy 

at failure [5] or, as suggested by another author [3], the work of fracture, which is the amount 

of work that has to be performed on a material to break. This behavior is a result of bone 

viscoelastic properties. The bone energy storing capacity is directly proportional to the speed of 

loading. Hence, when bone contacts with a high velocity object it will absorb a very high 

magnitude of energy before failure. At the point of failure, the stored energy will be release and 

cause osseous disruption and sometimes also surrounding tissues damage [4]. Hence, the 

severity of soft tissue and osseous injury are dependent on the energy absorbed by the limb at 

the time of the impact. However, most of the times the soft tissue in the body (such as the skin, 

fat, fascia, tendons, ligaments, joint capsules and muscles tissues) will reduce the impact 

suffered by the bones, by absorbing energy and propagation of stress waves in the body [3, 6]. 

Bone fractures can be generated by direct or indirect trauma. Direct injuries are caused by the 

generation of a fracture at the site of the impact. This may occur through tapping when a small 

force is acting over a small area (e.g. blow by a walking stick), crushing when a large force is 

applied over a large area (e.g. a car accident), or penetration when a large force will act on a 

small area (e.g. gunshot). When a low energy contact is involved, normally a transverse fracture 

with little or no comminution is generated. Direct high energy contact will lead to a greater 

amount of energy being transmitted to the bone, most probably resulting in a more severe 

fracture, also known as high energy fracture. Direct high energy contact will most probably result 

in comminuted fractures with additional soft tissue injury. Indirect injuries occur when a 

causative force is transmitted to one or more joints leading to a fracture at some distance from 
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the site of impact (e.g. slipping on a wet floor, downhill skiing or gymnastics). The biomechanical 

anisotropic behavior of long bones allows for different diaphyseal fracture patterns, as a result 

of load mode and orientation [1, 5, 7, 8]. Considering this, indirect fractures caused by traction 

generate a transverse fracture perpendicular to the force applied, bending results in transverse 

fracture with butterfly fragments, torsion may cause a spiral fracture, and simultaneous bending 

and torsion result in an oblique fracture [1, 4, 7]. Some examples of the average energy 

transmitted in different injury mechanism are: 136 Joules for fall from curb, between 407 and 

678 Joules for skiing injury, 2712 J for high-velocity gunshot wound from a single missile, and 

135582 J for a 32 Km/h bumper injury (assuming bumper strikes fixed target). There are also 

other types of fractures, such as the fatigue fractures as a result of repetitive stress from cyclic 

loading over a period of time (e.g. running), and pathological fractures, which occur at loads 

lower than the expected tolerance limit as a consequence of the normal integrity and strength 

of bone being compromised due to invasive disease or destructive process (e.g neoplasm, 

necrosis, metabolic disease, osteoporosis and infection) [1, 4, 9-11]. 

It is of no interest for this thesis to discuss the different fracture classifications. So, throughout 

the thesis the AO classification for fractures categorization was adopted, since it is considered 

to be useful in delineating fracture morphology and it can also be used to evaluate its severity. 

The AO classification (the AO letters stand for Arbeitsge-meinschaft für Osteosynthesefragen 

meaning Association for the Study of Internal Fixation) for fractures of the tibial diaphysis is 

based on the classes presented in Table 2.3. The severity of the fracture increases from type A 

to C and from group 1 to 3. Regardless of the treatment and fixation system adopted, high-

energy impact tibia fractures, which result in complex open fractures (i.e. osseous disruption in 

which a break in the skin and underlying soft tissue communicates directly with the fracture) 

with severe tissue damage, are the ones associated with higher complication rates and 

prolonged union times [1, 3, 6, 9, 12-15]. 
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Table 2.3 - AO classification of diaphyseal long bones fractures. The fracture type could be A: Simple fractures without 
a third fragment; A1: spiral, A2: oblique (≥30°), A3: transverse (<30°); B: Wedge fractures with a third or more 
fragments, but with contact between the fragments; B1: spiral wedge, B2: bending wedge, B3: fragment wedge; C: 
Complex fractures; C1: spiral, C2: segment, C3: irregular. The fracture group could be 1: Fractures in torsion; 2: Fracture 
in bending or 3: Fracture due to other mechanisms. Adapted from [3, 14, 16] 

 

2.3.2. Stability of fixation and type of healing of the fracture 

There are two basic histological types of bone healing which are greatly influenced by the 

mechanical stability at the fracture site: primary and secondary healing. The direct or primary 

bone healing is more uncommon. For this to occur, the fixation method has to guarantee 

absolute stability by securing bone fragments contact, hence guaranteeing none or very 

reduced interfragmentary movement, and subjecting the cells within the fracture to no strain. 

Through this healing path, the close proximity of the bone fragments surface will guarantee 

bridging by osteonal cutting cones formation and Haversian system (or osteon), similarly to the 

normal bone remodeling process. Hence, the BMU, will tunnel across the boundary between 

fragments and then bridge bone fragments with new bone tissue. The absence of mechanical 

stimulus at the fracture site will inhibit callus formation. Fractures treated with open reduction, 
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in which interfragmentary compression is achieved, such as with a lag crew or with a plate placed 

in compression mode, will heal by primary fracture healing. Indirect or secondary bone healing 

occurs in the vast majority of bone injuries. This healing type occurs as a consequence of relative 

stability provided by the fracture fixation technique, which confers some degree of 

interfragmentary motion at the fracture site. Fractures treated with more flexible stabilization 

methods such as plaster of Paris, braces, or through an operative treatment with external 

fixator, bridging plate or intramedullary nails, allow movement. The interfragmentary motion 

generated will stimulate callus formation and led to bone recovery through secondary fracture 

healing [17-21].  

Bone possesses the intrinsic capacity for self-regeneration in response to injury [22]. Another 

unusual characteristic is its ability to restore its mechanical competence and structural 

morphology, contrarily to other tissues that heal through the formation of a poor quality 

connective tissue scar, such as the skin and muscle [10, 17]. However, bone healing is a complex 

event, characterized by a sequential series of overlapping phases, as a consequence of a 

coordinated interaction of multiple processes [17, 23, 24]. The current understating on bone’s 

healing behavior followed a lengthy and controversial path that dates back to 1930, when Arthur 

Ham [25] first published a description of the early phases of healing based on histological 

analysis of fractured rabbit fibulae and ribs. Although there is no clear delineation of events 

during the course of secondary bone healing, for simplification purposes, a three-stage model 

of the conventionally healing process, as suggested by Claes et al. [20], was considered. This 

three phase process is initiated with the inflammation response and a hematoma formation, 

followed by the repair phase, which is characterized by the callus formation, the endochondral 

and intramembranous ossification and woven bone formation, which is subsequently 

remodeled to restore the lamellar bone structure at the final remodeling phase [24]. A schematic 

representation of the phase model is present in Table 2.4.  

i) Hematoma/Inflammation phase 

A fracture is typically associated with distortion of the marrow architecture and disruption of 

the local soft tissue integrity and normal vasculature, which leads to decrease perfusion 

of blood flood to the fracture site (also known as hypoperfusion). This, consequently, deprives 

the osteocytes from nutrition and causes local bone necrosis. The exposure of vascular 

endothelium and intravascular cells triggers the coagulation cascade, leading to hematoma 

formation within the fracture site during the first few hours and days. Polymorphonuclear 

neutrophils are activated and begin resorption of dead cells and bone debris at the fracture site. 
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Shortly after injury a local inflammatory response is initiated in response to the release of 

inflammatory mediators from the fracture hematoma. This response is characterized by an 

increase in blood flow, increase vascular permeability, macrophages and other inflammatory 

cells (e.g. granulocytes, lymphocytes, and monocytes) migration, combat infection, release a 

series of cytokines (e.g. IL-1 and IL-6) and growth factors (e.g. bone morphogenetic protein-2, -

4, -5 and -6), and advance clotting into a fibrinous thrombus. Finally, the hematoma is invaded 

by fibroblast, which start laying down fibrin meshwork and these begins transforming the 

hematoma into granulation tissue. Overtime, granulation tissue is invaded by new capillaries 

network, which supply the fractured zone with cells and mediators. What occurs subsequently 

at the fracture site is largely dictated by the mechanical environment [19, 21, 23, 24, 26, 27]. 

ii) Repair phase 

 The repair phase, which partially overlaps with the inflammatory phase, is characterized by the 

formation of soft and hard callus as a reaction to interfragmentary movement, through the 

process of endochondral and intramembranous ossification. It has been increasingly recognized 

that both callus are formed simultaneously. Intramembranous bone formation starts at a region 

where the periosteum and vascularization are not disturbed by the trauma and where 

interfragmentary movements cause minimal tissue strain. In such cases, there is no cartilaginous 

tissue generation and mineralized bone matrix is formed directly through periosteal osteoblasts 

collagen synthetization. Hence, hard callus is formed in the absence of cartilaginous template 

through intramembranous bone formation. In tandem with this, there will also occur bone 

formation in the medullary region through endochondral ossification with soft callus, followed 

by hard callus formation. Higher tissue strain closer to the fracture line and insufficient blood 

supply reduces the amount of new vessel formation which lead to low oxygen tension. This will 

impair osteoblastic activity and allow chondrocyte differentiation and proliferation, triggering 

the formation of cartilaginous tissue. Further growth of periphery callus is driven by 

chondrocytes, with cartilaginous tissue formation. Soft callus size and cartilaginous tissue 

content increases up to its maximal volume with increasing interfragmentary movement. Upon 

bridging of the fracture by the cartilaginous callus wedges, the interfragmentary movement and 

tissue strain during fracture loading is markedly reduced, allowing for blood vessels to invade 

the calcified cartilage (process known as angiogenesis) and resulting in tissue 

hypervascularization. Hence, it is the gradual increase in callus volume, along with progressive 

tissue calcification during endochondral ossification that with time increases fractures stiffness 

and stability. Concomitantly with the formation of new blood vessels, chondrocytes become 

hypertrophic, release calcium and undergo apoptosis. The dead chondrocytes in the calcified 
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matrix, become invaded by new blood vessels which allow the recruitment of mesenchymal 

stem cells and monocytes. The latter differentiate into osteoclast-like cells, which absorb the 

calcified cartilage. The mesenchymal stem cells differentiate into osteoblasts which fill the 

resorption lacunae with immature or woven bone. This process of cartilaginous mass 

replacement into woven bone is known as endochondral ossification and continues until 

fracture fragments bridging occurs. Woven bone is laid down relatively fast - around 4 μm per 

day – and, depending on the type of fracture, the fixation method and the age of the patient, 

bony bridging may be achieved in around 16 weeks [17, 19-21, 23, 24, 27-29]. 

iii) Remodeling phase 

Once union has occurred the immature bone has evolved into a fully-loadable structure. Woven 

bone resembles a spongy bone but with collagen fibers arranged in meshwork or felt-like 

pattern. In contrast to normal lamellar bone, the collagen fibers and apatite crystals in the matrix 

within the woven bone are haphazardly orientated. The apatite crystals are averagely smaller in 

size in woven bone and this tissue also presents a greater percentage of non-collagenous 

elements in the matrix than mature bone. The fibrils random orientation profoundly affects the 

mechanical properties of the immature bone since it has a more isotropic behavior, i.e., its 

mechanical properties do not depend on the direction along which the forces are applied, and 

its strength and stiffness have lower values than the ones presented by the lamellar bone. 

Therefore, this newly formed bone is less able to withstand forces than the mature bone. Woven 

bone is also characterized by a higher osteocytes density. These are randomly and unevenly 

distributed within large spherical to plump spindle-shaped lacunae. The fracture remodeling 

process slowly replaces woven with lamellar bone over periods of months, by osteon formation, 

recovering its highly ordered micro-architecture and with this the normal mechanical 

characteristics. This final healing phase will also be characterized by reshaping of the diaphyseal 

bone through the resorption of the periosteal and medullar callus by the osteoclastic activity. 

Most inflammatory cytokine levels are reduced and the vascularization is restored to pre-

fracture levels during the repair phase. The remodeling stage is completed when the bone 

recovers its original shape, structure and mechanical properties [2, 19-21, 27, 28, 30]. The 

precise amount of time required for this to occur at the level of the collagen-mineral architecture 

is not yet fully clarified, but it is assumed to take several years. In a study developed by Bacon 

et al. [10] the crystallographic texture of the hydroxyapatite in fractured sheep tibia was 

measured in detail throughout the healing process, using neutron diffraction. The results 

showed that the healing bone re-arrangement characterized by the transition from the 
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structurally randomly organized woven bone to the collagen fibers and external stress-oriented 

hexagonal hydroxyapatite crystals, is still not achieved even after 22 months of healing.  

Table 2.4 - Schematic representation of the three-stage model for secondary bone healing. The information is arranged 
according to: (a) visual representation, (b) general description of the main events that characterize each stage, (c) 
duration of each stage and (d) stiffens alteration with the increase in the Young’s modulus. Adapted from: [20, 31-33] 

 

An optimization of the bone fracture repair process was proposed by Giannoudis et al. [17] 

through what he denominated the ‘diamond concept’ for the treatment of fractures. This model 

suggests the spatial and temporal coordinated interaction between four essential elements: the 

potent osteogenic cell populations, the cellular matrix that provides the natural scaffold for the 

cellular events and interactions, the signaling molecules (e.g. interleukins and fibroblast growing 

factor) that might induce a cascade of cellular events that initiate and control the healing process 

and the mechanical stability. These factors can be influenced by a variety of systemic and local 

aspects, such as trauma severity, type and location of the fracture, quality of fracture 

realignment, presence of comorbid diseases (e.g. rheumatoid arthritis, diabetes mellitus, 

obstructive pulmonary disease and systemic lupus erythematosus) or infections, drug therapies 

(e.g. anticoagulants, corticosteroids and antibiotics), patient age and gender, patient pre-injury 

mobility, patient psychological state, smoking and alcohol consumption. Any alteration of the 

healing cycle will affect the physiological sequence of fracture healing and will origin 

complications [17, 19, 20, 24, 34]. If all the other elements are prevailing in a favoring 

environment for physiological fracture healing to occur, the mechanical environment at the 

fracture site will be profoundly responsible for influencing the behavior of the recovery tissues 

and will determine the duration of the healing process. The fracture stabilization method 

adopted will greatly determine the mechanical environment at the fracture site. This will be 
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discussed in more detailed in sub-chapter 2.4., through the clarification the role of the 

intramedullary nail in the mechanical stimulus generation. 
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2.4. Intramedullary nailing biomechanical concept evolution: 

Understand the past to predict the future 

Bone is a remarkable composite tissue with outstanding self-repair capability, recovering its 

form without permanent scar [1]. From all the long bone stabilization techniques invented, 

intramedullary nailing has evolved in such a successful manner that it has become one of the 

most recommended procedures among physicians. In this sub-chapter a biomechanical 

perspective through a brief review on the evolution of the intramedullary nailing concept by 

highlighting the important turning points in its history, is provided (see Figure 2.5). Through the 

understanding of the evolution taken by this stabilization methodology, and considering the 

latest biomechanical developments, it will be possible to infer on the required research paths 

for further biological and mechanical implant optimization. Although intramedullary nailing is 

generally associated with good clinical outcomes, there is still room to enhance fracture healing 

quality and recovery time, where the adequate knowledge framework for subsequent research 

efforts in this field will be stablished in this sub-chapter. 

2.4.1. Stabilization based on intuition 

The earliest records of human attempts to deal with fracture problems come from ancient 

prehistoric men [2, 3]. But, it was not until the 16th century that the anthropologist Bernardino 

de Sahagun reported, for the first time, the use of intramedullary fixation methods by the Aztec 

population [4, 5]. For fractures and dislocations, the Aztecs physicians used traction, counter-

traction, manipulation and immobilization techniques. In non-union cases, they scraped the 

bone and implanted a resinous wood stick in the medullary canal to stabilize it [6]. According to 

Sven Young [7] the resinous wood could have functioned as an anti-infectious after the peg was 

inserted. 

Although the foundations for injury treatment were already established by Hippocrates and 

other Greek physicians, and the marrow canal was considered as a logic place for the 

implantation of a bone stabilizer, only decades later was this technique applied with 

considerable success. Yet, there was still a great need for a more profound understanding of the 

underlying mechanical principles of the complex bone healing process [2, 3, 8]. 
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Figure 2.5 - Schematic chronological representation of the turning points in the evolution of the intramedullary fixation, from the 16th century and up to the 20th century. Information is arranged 
according to: (a) Timeline, (b) Application sites, (c) Materials used, (d) Biomechanical concept
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2.4.2. The first pioneers in intramedullary nailing 

During the 19th century there was an increased interest in the potentialities of intramedullary 

fixation for fracture treatment. At that time, most of the work with intramedullary nailing 

appeared to revolve around the use of ivory pegs developed towards patients with non-unions 

and not bone fractures. Oppositely to extraneous bodies made of metal, such as bullets, which 

became encapsulated with fibrous tissue, early implants made of ivory and human bone were 

resorbed over time [5, 9, 10]. Although in Europe there was preference for ivory material, studies 

in United States Hoglund [11] reported experiments with autologous bone [4]. The controversy 

behind autologous intramedullary splints was based on the danger that the creation of a new 

wound represented for patients [12]. 

The 19th century witnessed the introduction of the foundations of modern medicine with the 

invention of general anesthesia (ether and chloroform), administrated for the first time by 

William Morton in 1846, the development of aseptic conditions marked by the pioneer work of 

Joseph Lister with carbolic acid spray around 1865, and also the discovery of X-ray imaging by 

Wilhelm Röntgen in 1895. The latter, allowed fracture diagnosis, monitoring fracture healing, 

and detection of any complications. These landmarks created the conditions for operative 

treatment of fractures [4, 5, 13, 14]. 

Soon after, ivory pins were used for the stabilization of fresh fractures. It was Bircher, in 1886 

[15], who for the first time recommended this application when reduction could not be held by 

traction or plaster [5, 7]. An interesting but at the same time not always referenced work was 

developed in the 1890’s by a German surgeon pioneer in joint replacement, Themistocles Gluck. 

He developed intramedullary ivory cylinders that were placed in patients with long bone 

fractures. This technique allowed bone alignment and fixed the fracture in place while it healed. 

It was also claimed that Gluck ivory cylinders could have been forerunners of Küntscher nail [13, 

16]. During the same decade, Nicholas Senn [17] also experimented with intramedullary fixation 

technique by placing cow bone perforated cylinders in the medullary canal. 

Nicolaysen of Norway is considered in literature [4, 5] as being responsible for introducing the 

“intramedullary nail” concept. He was the first to describe the biomechanical principles of this 

technique in the treatment of proximal femur fracture [18].  He also highlighted the need to 

increase the nail’s length for a greater biomechanical advantage and to provide protection to 

almost the entire bone. Intramedullary nails were more frequently used to stabilize 

pertrochanteric fracture (fractures involving the proximal femur where the fracture line passes 

through both the lesser and greater trochanters) [14, 19]. 
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The subsequent logical idea was to provide additional stability with static locking through 

nail/bone interlocking in the proximal region of the bone and in the distal opposite end. The first 

experiments with interlocking intramedullary nail were developed by Gluck in 1881 [20]. This 

device was designed to be applied in patients with pseudarthroses. After tissue resection a 

hollow ivory nail was inserted in the intramedullary canal and locked by transversely passing 

ivory interlocking pins in the nail extremity holes [4, 5]. Although some researchers tested this 

approach the interlocking intramedullary nail only became a current medical procedure years 

later with Küntscher nail designs. 

The fast body absorption of ivory-based materials and, in some cases, the inability of the implant 

to achieve the appropriate length, made these fixators incapable of providing the stability 

required for fractures healing [21]. Hence, during the beginning of the 20th century there 

seemed to begin a search for finding suitable materials with different mechanical properties. 

Records show that in 1911, Dr. Lilienthal from New York, implanted an aluminum intramedullary 

splint in a femur shaft fracture. A couple of years later, in 1913, Schöner used ductile silver pins 

in lower arm fractures [22]. In 1921 Oskar Müller-Meernach, from Germany, tested stainless 

steel and chromicide brass with a X-shaped cross-section intramedullary nails [3, 5, 7, 23]. A 

referenced work in this field was developed by Hey Groves of England, during World War I. 

According to literature he was the first to advocate the use of metallic medullary nailing. His 

work-focus was on the application of steel intramedullary nails for the treatment of gunshot 

wounds. Since the nail was implanted through retrograde procedure with fracture exposure, the 

risk of infection greatly increased. The high infection risk of the open technique implantation, 

the fact that steel cause tissue reaction and consequently implant loosening and the general 

belief that this method could not provide sufficiently rigidity without additional external 

splintage led to the unacceptance of these intramedullary nails. Hey Groves also tested several 

nail designs and claimed that the solid nails were able to give the maximum strength [4, 7, 24-

26]. Another attempt to use metal as a standard intramedullary nail material was present in the 

work developed by Smith-Petersen, in 1931 [27] where stainless steel nails were used for the 

treatment of femoral neck fractures. The Smith-Peterson nail was a three flutes design with a 

star-shaped cross section to obtain rotational stability in the bone-implant construct. Despite 

the innovative nail design concept, the steel used by Smith-Petersen showed corrosion problems 

and bone inflammatory reactions. Corrosion tends to occurs due to gradual degradation of 

metallic implants by electrochemical reaction which arises in the human body’s electrolytic 

environment. Corrosion will change the surface of the metal, weaken the implant, and lead to 

the release of ions into the body fluids. The stabilizer developed by Smith-Petersen was also 
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available in vitallium, a cobalt-based alloy. At the time vitallium seem to cause the least body 

reaction than any other metal used than. However, it showed lower strength than stainless steel, 

the amount presented was capable of immobilizing bone fragments, if there was additional 

proper external support. The use of stainless steel as an implantable material, only started with 

the introduction of 18-8 stainless steel which had far-superior corrosion resistance to any other 

metal type at that time [3-5, 28-33]. The application of the intramedullary nail concept to other 

bone fractures such as the fibula and the calcaneus was also evaluated [34]. 

All the fracture fixation designs and materials evaluated until the beginning of the 20th century 

were not capable of transforming the intramedullary nailing technique in a recognized medical 

procedure. The reduced knowledge in the complex biomechanics of bone healing, and the lack 

of precise data concerning the loading of bone and implants during fracture treatment, lead to 

the development of models that presented failures [35]. This limited their wide acceptance in 

the orthopedic market. In return, the learning process provided the foundations for the 

revolutionary discoveries that emerged in the following decades. 

2.4.3. From concept to clinical widespread acceptance 

Although there is a considerable controversy in awarding a particular researcher’s role along the 

history of intramedullary nailing evolution, it is of general agreement that Gerhard Küntscher - 

a German physician known as the “founder of modern intramedullary nail” – had a significant 

impact on the designs and surgical techniques associated with intramedullary nailing [36]. 

During the World War II, Küntscher presented his pioneer concept which he named “marrow 

nailing” through a V-shaped (triangular in cross-section) corrosion-resistant V2A stainless steel 

intramedullary nail [37, 38]. At the end of the 40’s decade, in collaboration with Pohl, an 

instrument maker and metallurgist, Küntscher developed a dorsal slotted clover-leaf cross-

sectional intramedullary nail design (see Figure 2.6)  [3, 4, 38, 39]. Both nails were developed for 

the treatment of femoral fractures and were inserted through an antegrade method at a 

fracture-site distant location which guaranteed no disturbance to the injured region. The nail 

implantation was possible with the use a head worn fluoroscopy technique. Both nails also had 

a hole near the end for ease of removal [40, 41]. 
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Figure 2.6 - Diagram showing Küntscher femoral nail (from two different views) with the clover-leaf cross-section (a) 
and the longitudinal slot (b) 

Küntcher’s intramedullary nails presented a slotted configuration, meaning they had a 

longitudinal cut along the entire length of the shaft. The radial compression of driving the large 

diameter nail into the tight medullary canal led to the reduction of the nail outer diameter and 

the squeeze of the slot slightly closed, i.e. nails were inserted press-fitted into the medullary 

canal. This concept of a nail elastically compressed to fit the medullary canal avoids any 

undesirable mechanical stress on the bone during nail implantation. This is relevant because 

bone is a hard and brittle material, meaning that rupture occurs for low deformations [42]. The 

recoil of the nail to its original shape created nail-bone contact, where friction and an elastic 

union between the implant and the inner medullary cavity were responsible for limiting bone 

motion in relation to the nail. The resistance to rotation and axial motion at the fracture site was 

guaranteed by interdigitating of the fracture fragments and endosteal contact with the nail 

above and below the fracture site. Küntscher compared the intramedullary nail-in-bone 

mechanical stability concept with the elastic and frictional forces that piece of wood would exert 

in a carpenter’s nail when it is driven into it [7, 43-45]. The nail cross section geometry plays a 

crucial role in the nail-bone contact mechanics. Nails with a sharp corner, such as the V-shaped 

design, or fluted edges, as in the clover-leaf design, resist torsional forces to a greater degree 

than smooth-walled intramedullary nails. With the V-shaped design the nail-bone contact area 

was limited to the lines along the three edges of the implant which would register the highest 

values of mechanical stress and strain (deformation per unit length) [28, 42]. Also as claimed by 

Stedtfeld [45] the high cyclic strain produced on that region would have led to bone resorption 
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and consequently nails loosening overtime. The Küntscher V-shaped nail was easy to construct 

but the clover-leaf nail design provided greater strength and achieved fixation in the isthmus 

[38]. The latest design guaranteed a resistance to shortening or rotation of the bone around the 

nail whilst bearing weight. Such nail placement facilitated load and stress transfer through both 

the fractured bone and the nail itself and the elastic deformation of the nail occurs in firm 

contact with the hard bone of the surrounding cortex. Also the V-shaped nail only allowed for 

compression in one plane and the clover-leaf nail design could be compressed from all sides [7, 

41, 45]. The removal of Küntscher nail was also not an easy task.  The infra-isthmal bone 

ingrowth of callus into the slot prevented the passage of the distal part of the nail through the 

narrow isthmal zone [45]. 

The alternative to the Küntscher first nail design, was developed by the Rush brothers, in 1937. 

These were long and thin stainless steel elastic nails, pre-bent to the appropriate configuration 

before insertion, which provided a three-point fixation to counteract the tendency of axial 

displacement at the fracture site. The performance of the nail was limited by the elastic 

mechanical behavior of stainless steel. Rotational stability was poor and too high nail loads led 

to secondary bending, nail back-out at the entrance site, nail penetration on the cancellous 

bone, nail intra-articular perfusion and fracture mal-union [3, 4, 7, 45, 46].  Improvement on this 

nail design was registered in the following years, for example through the “bundle nailing” 

developed by Hackethal [47] and the Ender nails [39, 48, 49] (see Figure 2.7b and 2.7c). Despite 

its lower performance when compared to Küntscher nail designs, the Rush brothers 

intramedullary nailing concept was an important landmark in the history of intramedullary 

fixation, since it greatly influenced the biomechanical principles behind the flexible 

intramedullary nailing (also known as elastic stable intramedullary nailing), introduced by Jean-

Noël Ligier, Jean-Paul Métaizeau and their colleagues in 1977 and used now-a-days for pediatric 

fractures [50, 51]. 
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Figure 2.7 - Image exemplifying the overall structure of a flexible reamer (a) with the distal drill bit, a Rush nail (b) with 
a proximal hook end that prevents rotation and stabilizes the fracture and an Ender’s nail (c) 

Despite its limitations, the slotted clover-leaf nail design and implantation technique had a good 

acceptance in Europe. The advantages of this method were: relative simplicity, no need for 

external fixation, the joints were kept mobile, allowed early ambulation (patients were out of 

bed in a matter of days rather than months) and the overall good results obtained when 

compared to the frequent intervention of traction (or “extension” as it was often called) 

followed by casting [7, 48, 52, 53]. In the United States, there was initial skepticism around 

Küntscher innovative intramedullary nailing technique - American POWs with these surgical 

implants were thought to be subject to some sort of German torture device. But public opinion 

ended up improving, triggered by the description of this technique in a Time Magazine article 

entitled “Amazing Thighbone” in March 12, 1945 [54]. The fabrication and implantation of the 

first American Küntscher nailing, made of tantalum, was done by Williams MacAusland [3, 48]. 

By 1947, Dana Street and Harvey Hansen [52] had developed the solid diamond shaped Hansen-

Street nails and the cloverleaf pins. The solid diamond-shaped nail was inserted via retrograde 

method. With this method the nail was introduced into the proximal fragment from the fracture 

site and brought out at one end of the bone. After reduction, the nail is driven across the fracture 

site and into the distal fragment. During this decade, many clinicians adopted an open nailing 
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technique to avoid the side effects caused by early radiological techniques, such as head worn 

fluoroscopy. Albeit there is no control on the point of exit of the nail in the retrograde method 

and there is a higher incidence of infection and non-union cases, the compressed fit solid 

diamond shaped Hansen-Street nails provide a good resistance to fracture rotation and also 

great bending resistance if it was inserted with the widest diameter (or major axis) resisting the 

load [3, 4, 28]. The development of the X-ray image intensifier in 1955, created conditions to 

develop interlocking nail designs and allowed re-adoption of less invasive and closed nailing 

techniques without excessive radiation exposure, eliminating exposure of the fracture site, 

minimizing soft tissue trauma and maintaining periosteal vascular supply and reduced risk of 

infection. In the closed method, the medullary cavity is entered through a small opening, distant 

from the fracture site at the end of the bone [4, 5, 7, 28, 43, 48]. 

i) Reaming or non-reaming 

The 50’s were also marked by the introduction of intramedullary reamers. There are reports of 

experiments with the intramedullary canal reaming technique by Fischer in 1942 [55], but it was 

Küntscher [56], with the development of guided flexible reamers that allowed for this clinical 

procedure to have widespread acceptance within the orthopedic community. The reaming 

procedure consisted in removing circumferential layers from the long bones endosteal surface 

which results in the removal of bone irregularities and enlargement of the canal diameter. After 

medullary reaming, nails wide enough to occupy the entire cross section of the medullary canal 

were inserted and spanned the entire length of the long bone. Reaming was an important 

procedure because it enlarged the medullary canal to an adequate working length. In addition, 

this technique allowed increasing the size of the medullary canal and inserting a nail with a larger 

diameter. This provided greater stability and replaced the function of the bone during its initial 

recovery phase. According to Küntscher “callus is extremely sensitive to mechanical stresses and 

can only develop when complete mechanical rest prevails” [56]. After the reaming technique 

was established, Küntscher clover-leaf femoral nails enlarged their diameter to values between 

16 and 18 mm. Stability and length were achieved by the contact between the major proximal 

and distal bone fragments. Hence, the mechanical superiority of larger nails after reaming by 

increasing the contact area between the nail and the medullary wall; according to Smith et al. 

[57] 1 mm reaming can increase the contact area by 38% - increase the nail rigidity in bending 

and torsion and enhance the overall bone-implant system stability. This fixation technique was 

excellent for transverse, short and oblique mid-shaft fractures but it required a proper bone 

reduction during the reaming procedure since eccentric reaming causes mal-reduction of the 

fracture [28, 29, 38, 56, 58, 59]. Although Küntscher original reamers’ design has suffered a 
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considerable upgrade along the years (e.g. reamer head design), the fundamental concept has 

been maintained until now (see Figure 2.7) [39]. 

Now-a-days there is still a controversy on the benefits of the reaming technique. One of the 

most polemic characteristics of this technique is the damage to the endosteal blood supply 

caused by the reaming process. In these circumstances the blood supply to the bone becomes 

centripetal, where the bone vascularizes rapidly from the periostral surface to the marrow cavity 

[60]. According to Dagrenat and Kempf [51] the endosteal vascularization may take around 3 

weeks to be restored when the nail is implanted without reaming, and approximately 6 weeks 

when reaming is adopted. In a fractured sheep tibia model study developed by Schennitsch et 

al. [61] it was demonstrated that blood flow within fracture callus of callus and early strength 

and stiffness of union are similar following intramedullary nailing with or without reaming. But 

this may not hold true if cortical vascularity has been significantly disturbed by the initial injury. 

In these cases, non-reamed intramedullary nailing lowers the risk of an insufficient blood supply 

for secondary bone healing which may be of particular relevance for severe open fractures 

where it is already significantly compromised. An advantage of the non-reamed intramedullary 

nailing procedure is it’s reduce surgical time when compared to the reaming intramedullary 

nailing. The non-reamed intramedullary nailing is also associated with less blood loss and 

reduced heat production. Consequently, thermal bone necrosis is reduced by up to 70%, since 

above 56 °C bony enzymes such as alkaline phosphatase begins to denature, which causes local 

necrosis and jeopardizes the healing process. The use of reamed intramedullary nailing for the 

treatment of open fractures is associated with a potential risk of deep infection caused by the 

spread of bacteria from the contaminated wound along the medullary canal. Favoring the use 

of reaming with interlocked nails is the superior biomechanical stability provided by this 

technique under load-bearing conditions which reduces the amount of undesirable high stresses 

at the fracture site. Recent clinical studies have shown that non-reamed intramedullary nailing 

tends to prolong the healing time comparatively to reamed nailing. This may be associated with 

the flexible fixation behavior of the bone-implant complex under shear loads, caused by the 

movement of the intramedullary nailing within the medullary canal [3, 28, 43, 44, 57, 62-64]. 

According to the study developed by Forster et al. [65], the reaming procedure reduces the time 

of union by around 7 weeks and is associated with a lower rate of non-union (from 1 to 7%).  

Nail sliding during the implantation is affected by the long bones medullary wall irregularities 

which can be smoothed through reaming procedure, hence reducing the minimal force required 

to insert the nail [3, 28]. Another positive effect of reaming is the deposition of medullary 

contents and osteo-inductive factors at the fracture site which acts like an autologous bone 
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graft. A study developed by Hoegel et al. [66] have demonstrated that viable bone cells can be 

obtained from intramedullary reaming [38, 57]. 

It is important to notice that the nailing event by itself already affects the endosteal vasculature 

as a consequence of the forcible introduction of a foreign body [67]. In the same way, the 

reaming process will lead to an increase of the intramedullary canal compartmental pressure 

which forces debris into the venous circulation [38]. This intra-medullary canal pressure may 

lead to systemic embolization of the medullary cavity contents, particularly fat, into the venous 

system which may cause the obstruction of nutritive arteries and transcortical blood vessels and 

in more severe cases could be lethal [67-69]. This nailing limitation had already been recognized 

by Küntscher, who at the time advised delay and caution during surgery [56]. Predecessor 

experiments in reducing this nail-adverse effect by the removal of the medullary content 

through the combination of suction and irrigation were developed by Danckwardt-Lillieström et 

al. [70]. But it took several years until this strategy was enhanced it with the invention of the 

Reamer/Irrigator/Aspirator (RIA) [71] by James Green [72, 73] and assigned by Synthes Inc. 

(West Chester, Pennsylvania, USA) in 2001 [67]. The RIA system has other uses than merely 

removal of bone marrow and reaming debris from the medullary cavity such as: clearance of the 

medullary canal from infected bone tissue, effectively sizing the medullary canal for 

intramedullary nail implantation and harvest finely morselized autogenous bone and bone 

marrow for posterior used as an intraoperative source of autologous, osteogenic material [71, 

74-76]. 

Although experienced orthopedic surgeons should be knowledgeable of both the reamed and 

un-reamed nailing techniques, the decision of which technique to apply is entirely of the surgeon 

responsibility. During the last ten years, developed countries have shown an increased 

preference for the use of reamed nailing, saving the un-reamed procedure for open fractures or 

cases where there is a specific contraindication. There is a trend with reamed nailing involving 

limited reaming or “ream to fit” techniques where the reamer size is a millimeter or two larger 

than the size of the selected nail and reamer increments of 0.5 mm are applied until the desired 

diameter is achieved. This “limited reaming” strategy seems to balance the benefits and 

detriments of reaming by reducing the amount of bone removal (i.e. avoiding the decrease in 

cortical wall width in the detriment of bone strength) and endosteal blood supply damage to the 

point that it allows for the use of a nail diameter that is large enough for a proper healing process 

to occurs and for the integrity and well-function of the nail (e.g. no nail breaking) to maintain 

until the bone as healed [3, 4, 28, 35, 39, 59, 77]. 
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ii) Locked intramedullary nails 

Although intramedullary nailing through direct nail-bone contact stabilization along the reamed 

medullary canal was considered a very successful long bone fracture fixation method, it was not 

suitable for injuries involving greater obliquity, comminution or bone loss and fractures in the 

proximal and distal region [38, 43]. In those cases, the bone resistance to axial load was lost and 

limb shortening and implant protrusion were observed [43]. This limitation required a 

development of a more stable fixation through the invention of interlocking screws. Although 

registers showed that this strategy was introduced in 1953 by Modny and Bambara [78], the nail 

interlocking concept only was spread during the 70’s. This invention, accompanied by decreased 

enthusiasm in compression plating, was a new breakthrough for intramedullary nailing 

indications. Following the steps of Gerhard Küntscher, that had already been working on the 

idea of interlocking nails, in 1968, and which he called ‘detention’ nailing, Klaus Klem and Dieter 

Schellmann, devised implants based on conventional slotted clover-leaf Küntscher nail with 

proximal and distal double medio-lateral holes for bone screws and called their method 

‘interlocking nailing’. Klem and Schellmann published their paper on interlocking nailing after 

Küntscher’s death, in 1972 [3, 5, 16]. 

Interlocked intramedullary nails marked the beginning of the second generation nailing and 

changed concepts of fracture stabilization from press-fit contact with the medullary wall and 

interdentation of bone fragments to mechanical linkage between nail and bone through 

interlocking screws [29, 45]. Static locking of intramedullary nail by employing screws both 

proximally and distally to the fracture sites is able to prevent relative rotation or sliding 

movements between the two bone extremities. This approach is also capable to maintain length, 

physiological alignment of the system, and bone reduction position which provides good 

stability for soft tissue and bone healing. The distance between the nearest locking screw from 

the top and the bottom position where the nail engages the bone determines the intramedullary 

nail working length and reflects the length of nail carrying the majority of the load across the 

fracture site. The resistance to bending and torsion is a function of the nail working length. Here 

the bending stiffness of a nail is inversely proportional to the square of its working length, while 

the torsional stiffness is inversely proportional to its working length. Hence, shorter working 

length guarantees a stronger fixation and for a longer working length it is expected that a greater 

amount of movement occurs at the fracture site when limb load is applied [28, 59]. Another 

advantage is the fact that the locking screws do not interfere with the vascularization of the 

fracture region and will allow patients to have a more reasonable post-operative recovery by 

helping to create the adequate environment to treat the fracture and to permit full function, 
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mainly earlier patient mobilization in order to allow accelerating the patient’s return to previous 

mobility [46, 47, 79]. The introduction of intramedullary nailing static locking, created a renewed 

interest in this fixation method, allowed to a wide spectrum of indications for nailing, and 

triggered the development of a variety of new designs and implantation procedures besides the 

already mentioned Klemm-Schellmann nail. We highlight the partially slotted Grosse-Kempf nail 

developed in 1976 by Arsene Grosse and Ivan Kempf in France, which has a non-slotted a 

configuration in a proximal zone to prevent nail opening problems and for proximal locking, and 

an image mounted device for distal targeting and interlocking. In 1986, the slotted Brooker-Wills 

interlocking nail with proximal oblique screw and expanding distal condylar blades; a year later 

the slotted AO proximal keystone configuration nail; and a few years later, in 1992, Toney Russell 

and Charlie Taylor developed the slotted Russell-Taylor nail. All these nail designs are obliquely 

fixed with screws, with the exception of the AO nail which uses two transverse screws proximally 

[3, 4, 29, 43, 48, 50, 53, 80]. 

iii) Nail bending design 

Another controversial subject is the nail bending design. Intramedullary nails started by having 

straight designs, as in the case of the original clover-leaf slotted nail. Küntscher devised the 

implantation of the non-curved nail straight into the upper part of the bone to avoid posterior 

cortex puncture [81]. Seifeldin and Khedr [82] also state that the amount of curvature could be 

adjusted by the surgeon himself before definitely counter-sinking the nail into the cavity. 

However, when implanted Küntscher intramedullary nails were examined; longitudinal 3- or 4-

point jamming was encountered in the sagittal plane due to the difference in curvature between 

the nail and the femur [51]. The implantation of the intramedullary nail differs between long 

bones. The tibial nail, differently from the femoral one, should not be driven into the bone from 

the proximal side along the prolongation of the axis of the medullary canal since this approach 

demands a penetration in the tibial intercondylar area. Hence, there is risk to damage the medial 

meniscus, the lateral tibial plateau and the ligamentum transversum [35, 81]. Also, during the 

following years there was a need to correlate the nail design in a manner that it respected the 

natural anatomical structure of the bone and also facilitated the implantation procedure [35, 

82]. Herzog [83] modified the nail by adding an angle formed near the proximal end of the nail 

to allow a lower insertion point above the tibial tubercle in the bone anterior site. This proximal 

bending shape characterized the second generation Küntscher tibial nail shape and it was named 

“Herzog bending”. However, the nail in this position irritated the patellar tendon if a protruding 

nail was left [35, 81, 82]. In the late 80’s the AO modified the nail bending shape where there 

was a distalization of the bending point to lengthen the cortical contact of the nail along the 
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upper anterior cortex of the tibia and also to facilitate the nail insertion into the cavity. This 

alteration was named the “AO bending”. Also, in some rigid tibial nails a minor distal anterior 

bending was added to facilitate the sliding of the implant into the cavity [82]. 

iv) From slotted to non-slotted nails 

Since the 1980’s and up to the beginning of the 21st century, there was a replacement of the 

slotted nail designs by non-slotted ones [4, 82]. A study based on slotted Grosse-Kempf nail 

developed by Gimeno [49] demonstrated that the transition zone between the non-slotted and 

slotted part - characterized by an alteration of the material thickness – results in stress 

concentration. The authors also reported breakage to occur due to high load bearing on the 

stress concentration zone of the nail [79]. Gimeno and his co-workers concluded that the slotted 

Grosse-Kempf nail was most affected by torsional forces and that compression and flexion were 

well tolerated by the nail. In addition, according to Stedtfeld [45] reduced bending resistance of 

thinner walls slotted intramedullary nails may lead to their deformation during implantation in 

the presence of stronger bending loads caused by curvature difference between the nail and the 

medullary cavity. Gimeno et al. [49] full weight bearing until fracture consolidation since 

torsional forces tend to increase on walking and are maximal when the unaffected leg is off the 

ground.  For a better understanding of the impact of the slot in the torsional behavior of 

intramedullary nails, if a cylindrical intramedullary nails is considered, the slot will lead to a 

reduction on the torsional load carrying capacity by a factor of  
𝑡

3𝑟
, where 𝑡 is the wall thickness 

and 𝑟 the mean radius with respect to the closed structure [44]. Also, although the first 

Küntscher nail designs were claimed to have a good resistance to bending in any direction [59], 

by reducing the wall-width in the slotted intramedullary nail the resistance to bending in the 

frontal or sagittal plane -depending on the position where the slot was present – would also 

decrease [45]. Considering all these limitations, a design improvement required the use of a 

uniform thickness and elimination of the slotted part to increase the nail overall stability and 

particularly to increase the resistance to torsional forces. Also, according to Dagrenat and Kempf 

[51], - albeit intramedullary nail suffered a reduction in thickness from 1.7 mm to 1.35 mm, with 

the transition from the slotted to the non-slotted intramedullary nails the bending stiffness still 

suffered an increase of 25%, in the transition. An advantage favoring the used of non-slotted 

cannulated nails was the possibility to a guide wire, inserted along the longitudinal cannulated 

nail and simplify the insertion and centering operations of the nail inside the medullary canal 

[48, 84]. The slotted nail model also allowed the use of antero-posterior locking screw at tibial 

nail [45]. Besides all the advantages on the non-slotted configuration, at the time, there seemed 

to be a certain skepticism based on previous undesirable bone fragmentation cases from hoop 
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stresses during nail insertion. In 1986, Russel and Taylor were the first to present a non-slotted 

(or closed section) large diameter femoral nail. The introduction of this nail was only possible 

due to use of the gun-drilling computerized machining technique which allowed for the 

construction of a nail with a lower bending stiffness than the intact femur and with a good 

rotational stability. The Russel-Taylor nail required no reaming procedure prior to its 

implantation and was used for virtually the same indications as reamed locking nails. Following 

the Russel-Taylor nail satisfactory results, the locked intramedullary nails design concept 

evolved from the non-slotted configuration to cannulated and solid nail design. In the following 

years, a few new nail designs based on this latest concept emerged, such as the Derby nail. The 

Derby nail is fixed proximally using four distally facing pins which lock into the great trochanter 

of the femur. These pins are attached to the collar that can be threaded over the outside of the 

intramedullary nail head [29, 39, 80]. 

2.4.4. Current nails concepts in developed countries 

When fractures are treated with interlocked intramedullary nails, the fixation system provides 

relative stability, meaning that there is interfragmentary motion stimulus which induces callus 

formation. This process is also known as secondary or indirect fracture healing. The use of larger 

diameter nails, as a consequence of reaming, led to the appearance of a high stress shielding 

phenomenon which caused non-union and delayed union cases. The intramedullary nail stability 

system is based on the stress shielding effect of the implant. When two or more components 

with different Young’s modulus constitute a mechanical system, the phenomena of loads, 

stresses, and strains redistributions will occur. The body with the higher elastic modulus will 

bear more loads and the component with a lower Young’s modulus will bear less load which 

consequently will be translated in lower stress and strain [85]. Larger diameter nails are stiffer 

than smaller diameter ones with the same cross-sectional shape, which represents an increase 

in stress shielding, greatly influencing bone healing stress stimulation. If a solid circular nail is 

considered, the bending rigidity is proportional to the third power, and the torsional rigidity is 

proportional to the fourth power of the nail diameter. Considering now the use of the larger 

diameter nails with high rigid properties and which would be firmly attached to the bone 

fragments through the interlocking screws, such situation would cause the implants to carry the 

majority of the load, shielding the bone from the stress and strains. Hence, the use of a rigid 

fixation method with higher elastic modulus than the surrounding structures will impose a 

certain stress-shielding effect on the bone and on the interfragmentary healing tissues. The 

appearance of the high stress-shielding effects had led static locking to be perceived as a 

potential problem and to cause non-unions. Hence, static interlocking nail has started to be 
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considered as a load-bearing device instead of a load-sharing device [38, 41, 86]. In an attempt 

to reduce the stress-shielding effect and promote healing, Grosse and Kempf emphasized nail 

‘dynamization’. Conversion to dynamic locking involves the removal or the absence of a set of 

screws, performed only at one extremity of the bone, - proximal or distal depending on the 

location of the fracture and always on the long fragment. The fixed end will be responsible for 

ensuring the rotational stability of the fracture while the opposite extreme is free to slightly slide 

inside the bone. In 1984, Winquist and his co-workers validated this concept after extensive 

experimental evaluation [3, 38, 45, 80, 84]. ‘Dynamization’ nails started to be recommended 

regularly as the only stabilization mode or as a secondary procedure after static locked 

intramedullary nail had demonstrated undesirable results. These locking mode was able to 

increase the loading of the fracture site and was believed to avoid non-unions and delayed union 

cases [38, 80]. 

Recent discovery of the detrimental effects of medullary canal over-reaming and the advent of 

the “limited reaming” technique lead to the adoption of anatomically respectful smaller 

diameter nails in statically locked mode, which became standard. The use of smaller diameter 

intramedullary nails (e.g. recent Russel-Taylor nails design for femur fractures stabilization 

reduced nail diameter for values between 10 and 12 mm for men as well as women) 

progressively reduced the reservations against the static locked nailing concept. Coupled with 

the recognition that this locking mode does not always cause nonunion and delayed union cases, 

have led to the discontinued use of the ‘dynamization’ process as a routine procedure. As a load-

sharing device, the intramedullary nailing will initially bear most of the load. The use of lower 

diameter intramedullary nails will reduce the rigidity of the fixation system; therefore, the static 

locking mode will provide a large enough transmission of load to the fracture site and 

stimulation of micro movements capable of inducing the callus development. As the 

interfragmentary tissue starts to heal and its Young’s modulus increases, the load is then 

gradually transferred to the bone for complete fracture consolidation [3, 29, 38, 48, 57, 62, 79, 

80]. Presently, surgeons only perform secondary ‘dynamization’ in cases where there is evidence 

of delayed union or non-union. Although the secondary ‘dynamization’ procedure is considered 

a simple outpatient procedure, the surgery for the removal of the locking screws represents 

more pain to the patient and also an additional economic burden for the health care services 

[45, 48, 87]. 

In the 1990s titanium was introduced as a new material, through the Alta nail system, in the 

form of closed section nails with proximal and distal transverse locking. Before that, AISI 136 
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LVM ASTM F138 stainless steel, generally known as the medical grade stainless steel, was the 

most commonly used material in the manufacturing of intramedullary nails [4, 30, 41, 48]. 

According to Thomas DeCoster [48], when titanium was first introduced in the market, it was 

considered to be more suitable for construction of small diameter tibial intramedullary nails, 

since it presented sufficient strength without too much stiffness, hence avoiding nail breakage 

and non-union cases. Nowadays both materials are widely accepted; but a growing preferential 

tendency for titanium alloy in detriment of stainless steel materials has been registered [7, 30, 

45, 88]. Titanium alloys are primarily type Ti-6Al-4V, although the more recent Ti-6Al-7Nb also 

presents interesting properties. The popularity of titanium alloy nails can be justified by their 

mechanical properties. When compared to medical grade stainless steel, titanium has a Young’s 

modulus closer to the intact diaphyseal cortical bone, and higher fatigue strength and yield 

strength than medical grade stainless steel (see Table 2.5). Also, titanium is lighter with a density 

value around 4.5 g/cm3 comparatively with the 8 g/cm3 (approximately) of stainless steel.  [45, 

77, 89]. From a biological perspective both materials are considered biocompatible, i.e. are able 

to function in vivo without eliciting an intolerable response of the body, either locally or 

systemically. The type 136 LVM alloy - where “V” denotes to vacuum-melt stainless steel - 

presents a good corrosion resistance to chloride solution through the formation of a ceramic-

like oxidation coating and due to recent addition of molybdenum (“M” denomination) and 

decrease percentage of carbon, from 0.08 to less than 0.03 wt% (“L” meaning Low carbon) [30, 

89]. Titanium is no exception and surface alteration was required to avoid the release of 

aluminum, vanadium or niobium toxic ions to the surrounding tissues. Hence, a California 

Company, ACE, introduced a surface treatment technique called ‘tiodizing’ which allowed the 

use of titanium alloys for implant fabrication allowing the development of a protective film of 

titanium oxide (𝑇𝑖𝑂2). This technique consists of an electrolytic process that enhances anti-

galling and mechanical resistance without any dimensional change [7, 30, 45, 89]. Another 

characteristic favoring titanium intramedullary nails is that this material shows less magnetic 

resonance imaging interference then that observed for stainless steel implants [77].  

Locked intramedullary nails that are used today worked by the principles on fracture 

management determined by the AO foundation in 1958 which are applied not only to 

intramedullary nailing but to all internal fixation in general. Hence, this stabilization technique 

permits maintaining the anatomic reduction obtained by the orthopedic surgeon, guarantees 

bone alignment, stabilizes fracture fragments and also allows load transfer across the fracture 

site and the occurrence of micromovements at the fracture site that are capable of promoting 

healing. By respecting these principles, early patient’s mobilization and reduced recovery time 
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can be achieved [80, 90]. Although patient recovery procedure may vary between countries and 

even between hospitals in the same nation, according to Joseph Borrelli [91], the standard 

postoperative care and rehabilitation procedures when intramedullary nailing stabilization 

technique is used in lower extremity bones, includes mobilization, partial weight-bearing during 

the first 6 weeks accompanied with quadriceps strengthening and motion of the ankle and knee 

exercises. For the upper extremity, when patient is awake, Codman, elbow and wrist range of 

motion exercises are applied, but shoulder motion and weight-bearing on the arm are restricted 

initially [92, 93]. Despite de fact that studies such as [94] have proved that the fatigue strength 

of several small diameter tibial nails (between 7 and 8 mm) in non-segmental fractures are high 

enough to support full weight-bearing, this is normally delayed until radiographic evidence of 

callus formation is seen on the bone and pain-free weight bearing is evident, which again usually 

occurs 6 weeks after nail implantation. Quadriceps strengthening exercises as well as a range of 

motion exercises of the ankle and knee are started as soon as possible. After union is verified, 

patients are discharged and are sent to physiotherapy [91, 95]. For the upper extremity 

fractures, during rehabilitation, a sling is usually continued until good fracture healing is 

demonstrated and physical therapy is normally avoided immediately after surgery [92]. Results 

obtained in the study developed by Ouyang et al. [96] where a prolonged evaluation (follow-up 

period around 26.2 months) on the patients’ average healing time based on a wide range of 

interlocking intramedullary nails designs in isolated long bone fractures (e.g. tibia, femur and 

humeral) was taken in consideration, the mean time to fracture union was 5.2 months 

There is currently a widespread indication for the use of interlocking intramedullary nailing 

which includes: (a) the management of closed fractures with the exception of proximal and distal 

fractures of the tibia that are contraindicated due to special positions [96], (b) acute closed 

fractures [92],  (c) open fractures (type I, II, IIIa and IIIb according to Gustilo classification) [63, 

91] and (d) serious and complicated fractures. The latter indication cases include segmental 

fractures, polytraumatized patients and additional ipsilateral fractures, morbid obesity [97], 

failed non-operative treatment of tibial shaft fractures, late management of open tibial fractures 

or when the definitive care is implemented after the damage control orthopedics concept in a 

polytraumatized patient (i.e. conversion of an external fixator or internal fixator to an 

intramedullary nailing) [91, 96] and also in pathological fractures (e.g. fracture caused by bone 

metastatic) [96]. 
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2.4.5. Current nails concepts in developing countries 

While in developed countries, intramedullary nailing is considered the gold standard of care for 

long bones fractures, in low-income countries the reduced access to implants and 

instrumentation limits orthopedic surgeons to fracture management through traction. As an 

alternative and since its introduction in 1999, the Surgical Implant Generation network (SIGN) 

intramedullary nail has been a well-accepted stabilization method by developing countries and 

is currently associated with a low complication rate. SIGN intramedullary nail was developed 

and is freely distributed by the non-profit organization SIGN Fracture Care International, 

founded by Dr. Lewis G. Zirkle.  The fixation system was designed so that surgeons can rely on 

their tactile senses through the use of the “slot finder” in conjunction with targeting device so 

the interlocking screws can be correctly placed. The system can be used in conditions where 

orthopedic traction table, real-time x-ray intra-operatively such as the C-arm image intensifier 

and power equipment are absent. The SIGN intramedullary nail is a solid stainless steel structure 

in order to increase the stiffness and facilitate the correct position of the distal slots in the nail, 

to reduce the surface area of the implant and dead space in the intramedullary canal and reduce 

the risk of bacterial infection. This intramedullary nail also has a proximal bend which allows it 

to be used for tibia fractures as well as in antegrade and retrograde femoral nailing and humerus 

nailing [7, 98]. Before the development of the SIGN intramedullary nails, and when 

intramedullary nail fracture management were required and available, Rush or ender nails and 

more commonly open reduction with unreamed Küntscher nails for treatment of tibial and 

femoral fractures were the preferable fixation methods used. Küntscher nails were so commonly 

used due to their low cost, reduced surgery duration, acceptable intraoperative bleeding in 

acute fractures and reasonable outcomes notwithstanding the infection and mechanical 

complications which this technique is associated [99, 100]. 

2.4.6. Current nail biomechanical improvements and upgrades 

When the blood supply at the fracture site is adequate, the healing outcome of a long bone 

fracture is strongly determined by the mechanical environment. The mechanical conditions at a 

fracture site, such as the gap size and configuration, and most importantly the interfragmentary 

movement which is determined by the fixation system stability and functional loading, greatly 

influence the rate and quality of the callus formation during the healing process. Therefore, 

callus formation requires controlled amount of stress occurring at both ends of the fracture, and 

interfragmentary movements under functional loading [63, 101, 102]. There is insufficient 

knowledge on the physiological mechanical environment that promotes fracture healing and 

how to adapt the intramedullary nail rigidity to mimic such environment. Hence, it remains 
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unclear which is the “ideal” mechanical environment at the fracture site, evidencing the urgent 

need for an exhaustive study on this matter, and that will also greatly impact future 

improvement of intramedullary nailing systems [41, 103].  

The relevant mechanical stimulus window which is both safe and capable of enhancing bone-

repair determines the strain range between the minimum required for the induction of callus 

and the maximum which allows bony bridging. It has been registered that high implant stiffness 

may shield the callus from mechanical stimulus, suppressing the osteogenic response and lead 

to delayed or atrophic nonunion [104, 105]. However, very recent studies [105-107] are starting 

to demonstrate a positive correlation that underestimated high-frequency low-magnitude 

interfragmentary micro motions have on the rate and quality of bone fracture healing. According 

to Gómez-Benito et al. [108] these stimuli may be associated with the promotion of 

endochondral ossification and an increase in the rate of cell proliferation and tissue synthesis. 

Although several studies support this concept, it is not yet fully clarified. On the other hand, 

overloading the callus with too flexible fixation implants, causes large amount of 

interfragmentary movements, which may induce repetitive micro-ruptures in the callus 

formation, derail the healing process and lead to subsequent complications, such as malunion 

or delayed and hypertrophic non-unions cases [41, 103, 104]. Although earlier studies focus on 

interfragmentary stimulus magnitude by measuring and comparing the effect of bone fragment 

displacement, several studies [109-114] claim that the amount of interfragmentary motion 

should depend less on the displacement of the fragments alone but more on the relation of 

displacement to the width of the fracture gap. Comminuted fractures are more tolerant to 

motion than simple fractures since in this type of injuries the overall displacement is shared 

between each fragment [110]. The importance of frequency value in the mechanical stimulus 

was also considered. In a study developed by González-Torres et al. [108], a finite element model 

of a sheep tibia metatarsus fracture allowed concluding that the change in the frequency of the 

external mechanical stimulus directly affects the interstitial fluid flow velocity in the fracture 

callus. Goodship et al. [105] reinforce the idea that mechanical stimulus does not need to be 

large to positively influence the fracture-healing process. In their study, they applied a short 

duration (17 minutes), low-magnitude (25 µε), high-frequency (30 Hz) interfragmentary axial 

displacement on a 3 mm mid-diaphyseal osteotomized sheep tibia. This study demonstrated 

that physiological loading with additional short period of low-amplitude (which were less than 

1% of the fracture gap width and less than 6% of the 0.45 mm displacement measured at the 

site during ambulation) high-frequency strain could positively influence the rate of healing. 

There is also evidence that uniaxial strains between 0.3% and 0.8% are capable of stimulating in 
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vitro osteoblast proliferation and synthesis [104]. Research is also starting to point out the 

importance and sensitivity of the healing tissue to biomechanical environment during the initial 

phase of bone-healing [103]. This concept is supported by Comiskey et al. [115], who claim there 

is a positive correlation between the initially applied interfragmentary strain and the rate of 

healing. A study developed by Bailón-Plaza and van der Meulen [104] highlights the adverse 

effects of delaying mechanical stimulation. 

Several factors have been suggested to determine the mechanical environment at the fracture 

site; those that result from the stiffness of the implant, such as the rigidity of the nail and the 

screws, and those that result from movements between the different components that 

constitute the bone-implant structure construct [116]. Strategies have been developed to try to 

guarantee an “optimum” implant stability and interfragmentary mechanical environment [117-

120]. Among these, some authors have focused on experimenting with different biomaterials to 

evaluate the positive impact that they may have on the mechanical behavior of the bone-

implant system and consequently on the healing process. Other authors seem to be more 

concerned with increasing the structure stability. This is achieved by reducing the amount of 

movements that result from the clearance of the nail within the medullary cavity and from the 

compliance of the bone-implant connection 

i) New intramedullary nail materials 

Although medical grade stainless steel and titanium alloys intramedullary nails are able to 

satisfactorily stabilize most long bone fractures, several authors [38, 41, 88] claim that their 

Young’s Moduli are too high in relation to intact diaphyseal cortical bone, when titanium alloy 

implants are considered, therefore shielding the bone from the stress it would naturally 

experience. Hence, recent research has been developed to find biocompatible materials capable 

of reducing the disproportion between the living tissue and the implant. Table 2.5. compares a 

few considered intramedullary nailing materials mechanical properties with those of the cortical 

bone. Recent research studies have been developed towards three types of biomaterials that 

seem to hold promise: resorbable reinforced composites, magnesium and shape memory alloys 

[4, 89]. 
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Table 2.5 - Selected mechanical properties of different types of intramedullary nailing materials in comparison with 
the cortical bone. UTS – Ultimate tensile strength, TYS – Tensile yield strength 

Main alloy compositions (wt%): 
a ≤0.03 in carbon (C), ≤1 in silicon (Si), ≤2 in manganese (Mn), ≤0.045 phosphorus (P), ≤0.015 sulfur (S), 17-19 in 
chromium (Cr), 2.5-3 in molybdenum (Mo) and 12.5-15 in nickel (Ni) [121] 
b Balanced amount of titanium (Ti) around 90, 5.5-6.75 in aluminum (Al); 3.5-4.5 in vanadium (V), 0.08 in carbon (C) 
and 0.2 in oxygen (O) [88] 
c Balanced amount of titanium (Ti), 5.50-6.50 in aluminum (Al); 6.50-7.50 in Niobium (Nb), 0.08 in carbon (C) and 0.20 
in oxygen (O) [127] 

 

Material 

Young 

modulus 

(GPa) 

Shear 

modulus 

(GPa) 

Density 

(g/cm3) 

TYS at 2% 

(MPa) 
UTS (MPa) Reference 

AISI 136 LVM type 

(ASTM F138)a 
193-200 74-77 7.94-8 170-205 500-700 

[30, 88, 111, 

121-124] 

Ti-6Al-4V (ELI)b 100-118 41.2-44.5 4.43 747-795 860-950 
[30, 88, 124-

128] 

Ti-6Al-7Nbc 100-114 36-41 4.52 800-1024 869-1086 
[111, 124, 

127] 

Poly(L-lactide) 

acid (PLLA) 
10-50 1.2-3 1.21-1.28 48-60 48-60 

[88, 111, 

129, 130] 

Flax/epoxy 12.98-35 1.87 1.3 NIA 100-300 
[41, 111, 

131, 132] 

Carbon 

fiber/epoxy 
10-300 3.8-6.3 1.55-1.58 1700-2170 1700-2170 

[41, 111, 

131, 133] 

Carbon 

fiber/flax/epoxy 
5.09-121 4.7-5 1.3-1.6 n/a 172.4-400 [41, 131] 

Polymethyl 

methacrylate 

(PMMA) 

2.2-55 0.6-1.12 1.12-1.2 60-85 95-100 
[130, 133-

137] 

Mn-based 41-45 15-18 1.74-1.84 120-130 195-230 
[111, 138, 

139] 

Ni-Ti alloys 

Austenitic 

53.5-110 

Martensitic 

21-69 

Austenitic 

16.9-31 

Martensiti

c  6.8-

18.75 

6.45 

Austenitic      

100-800 

Martensitic 

50-300 

Austenitic      

800-1500 

Martensitic  

103-1100 

[140-143] 

Cortical bone 10-40 3.3-6.2 1.8-2.1 114-130 120-160 

[88, 111, 

125, 131, 

138, 144-

147] 



Literature review 

 

96 
 

An economic alternative to expensive titanium alloys for use as intramedullary nail material are 

polymers such as the poly(methyl methacrylate), or PMMA. This is an acrylic plastic commonly 

used in orthopedics as bone cement. In comparison to the metallic alloys, the mechanical 

properties of PMMA are more similar to those of human cortical bone [89]. A preliminary study 

developed by Lewis et al. [134] focused on the application of such materials in developing 

countries. It was possible to conclude that although PMMA intramedullary nails present relative 

stability in bending and torsion with mean shear modulus and flexural stiffness of 0.17 GPa and 

358 N/mm, respectively, larger PMMA nails are required to reach the same stiffness as a small 

metal nail. An advantage of PMMA is that this material allows the introduction of antibiotic 

without substantially affecting the material mechanical properties. Even though there appear to 

be advantages in using PMMA for intramedullary nails, its potential clinical applications still need 

further investigation. An example of a commercially-available nailing system is the CarboFix 

“Piccolo” intramedullary nails made of carbon-fiber-reinforced polyetheretherketone (PEEK) 

polymer where the fibers can be oriented in different directions. This material gives the fixation 

device an elastic modulus close to that of cortical bone and its radiolucent property permits 

improved, artifact-free radiographic imaging [148-150]. 

Another group of promising biomaterials are magnesium alloys. These have attracted great 

attention in recent years. These materials present superior mechanical properties when 

compared to pure polymers, since they have a higher strength and Young’s modulus similar to 

cortical bone [88]. In terms of their biological properties, as shown in the study presented by 

Pichler et al. [151], magnesium alloys are well tolerated in both osteoblasts and growth plate 

chondrocytes and are considered a biocompatible material. Another interesting characteristic is 

their biodegradation ability, which renders implant removal unnecessary, hence avoiding a 

secondary unnecessary surgery. Although this is a very useful characteristic, earlier experiments 

with these materials showed that they present fast degradation in aqueous solutions that 

consequently leads to production of high amounts of hydrogen gas. This gas is not directly 

harmful for the bone tissue, but nevertheless it accelerates the degradation of magnesium alloys 

and jeopardizes the healing process [151]. This limitation has already been overcome in the 

study developed by Rössig et al. [152]. For the first time, the biocompatibility and degradation 

behavior of the magnesium-based LAE442 intramedullary interlocked nailing system was 

evaluated on an in vivo sheep model and compared to standard stainless steel nails. During the 

24 weeks study the LAE442 intramedullary nail showed slight decreased in implant volume and 

the local biocompatibility was considered to be suitable. Another example of such an attempt 

to overcome the limitations showed by pure polymers is present in the work developed by 
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Morawska-Chochół et al. [88] where reabsorbable polylactide reinforced with magnesium alloy 

fibers were tailored to approximate bone properties. According to this author, the strength 

properties demonstrated by intramedullary nails composed by this material should be sufficient 

to ensure long bone fracture stabilization. The use of reinforced composites allows adapting 

their mechanical properties based on the requirements by changing the fiber orientation and 

their arrangement or volume fraction [41]. 

Other new interesting intramedullary nails materials are shape memory alloys. These materials 

gained popularity due to their extraordinary mechanical properties, namely the superelasticity 

and the shape memory effect. The latter allows the material to return to its original shape when 

subjected to some appropriate thermal procedure, even after plastic deformation takes place. 

The family of Ni-Ti alloys (nitinol alloys) is the most commonly tested material because of its 

good biocompatibility, substantial resistance to corrosion and fatigue, and the fact that its elastic 

modulus is quite close to that of human bone, which makes it suitable for orthopedic surgery 

[30, 153-156]. In a research study developed by Da et al. [157, 158], the Ti-Ni shape memory 

alloy interlocked intramedullary nail, produced by Lanzhou Seemine Shape Memory Alloy Co. 

Ltd, was considered a strong and reliable fixation implant, with lower stress shielding effect and 

good biocompatibility. These nails could easily be deformed at a temperature between 0 to 5 °C 

and returned to their original shape at body temperature. This led to the development of high 

axial pressure as a consequence of the alloy recovery force to its original shape allowing early 

load bearing and knee joint motion. Ni-Ti shape memory alloys may have a potential as 

intramedullary fixation applications but there is still much work ahead.  

Stress shielding effect for the consolidation of a fracture would thus be reduced by the use of 

an intramedullary nail of a material with lower Young’s modulus and therefore guarantee a 

lower stiffness. However, this must be balanced by the need for a greater stability while the 

bone is healing. Although research has been conducted to achieve such equilibrium, 

intramedullary nails made of metals such as stainless steel and titanium are still the preferable 

choice due to their validated high biocompatibility, toughness and durability [30, 159]. 

ii) Reduce screw-to-nail compliance 

In the absence of cortical contact and with the use of locking screws, the stiffness of the bone-

implant construction is almost exclusively defined by the load transfer through the interlocking 

screws. This assembly is subjected to a complex physiological loading which may be analyzed as 

combination of three main types of load: pure shear and torsion which create a non-uniform 

shear loading within the tissue, axial compression and bending forces which result in 
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compression in one side and tension in the other [1, 38, 57, 103]. As previously mentioned, the 

screws engaging the bone cortices aim to counteract rotational, axial and bending forces and 

stabilize the bone-implant construct. Few attempts have been made to increase the stability of 

the intramedullary nail-bone construct by modifying the locking option [160, 161]. However 

good results have been achieved by removing the play between nail-screw interface. In 

traditional interlocking nails there is always a certain amount of compliance between the screw 

and the nail. The toggling is a consequence of the intentionally undersized screw relative to the 

nail hole - size disparity averaging 0.13 mm - which supports targeting and insertion of the 

screws without bending. This screw-to-nail toggle leads to interfragmentary motion that is 

particularly noticeable in torsion and which according to Augat et al. [116], could reach values 

as high as 10 mm. These interfragmentary movements are believed to increase the likelihood of 

a non-union or delayed-union, especially in osteoporotic bones weakened by age [162-164]. The 

advantage of removing the compliance at the nail-screw interface to provide enhanced bone-

implant construct stiffness is demonstrated in a study developed by Kaspar et al. [103]. In their 

experimental study using an angular stable tibial intramedullary nail obtained by modifying the 

nail holes’ threads so the bolts fit exactly into the holes, they found that the higher stiffness 

construction led to significantly smaller interfragmentary movements in all directions and that 

this caused histological, radiographic, and biomechanical superior bone healing during the nine 

weeks’ experimentation. Also the higher angular stable tibial nails allowed early functional 

weight-bearing without the disadvantages of excessive interfragmentary movements. 

In 2009, a new strategy known as angular stable locking system (ASLS), was designed by Alberto 

Dell’Oca [165] so that all the holes in the nail can be locked at a stable angle fractures. The ASLS 

consist in a dowel (or sleeve) assembled on a screw with three different outer diameters. When 

the sleeve-screw combination is inserted into the nail, the sleeve expands in the nail hole 

resulting in a tight fit that prevents toggling between nail and screw. Also the angular stable 

locking nail has a more even load distribution over the nail, therefore decreasing individual 

stress raisers, reducing loosening of locking screws [162, 166]. When introduced, the ASLS used 

PEEK. This was gradually replaced by a more biodegradable material: 70:30 poly(L-lactide-co-

D,L-lactide) dowels [166, 167]. The latter has resorbable properties which may lead to an 

intrinsic dynamization.  According to Höntzsch [162] the reabsorption process never starts 

before 12 weeks. In an in vitro porcine model study developed by Wähnert et al. [167], the ASLS 

with the latest sleeve material showed a 70% higher torsional stiffness, 8 times higher neutral 

zone and 0.5 times smaller range of motion than the conventional locking system in the 

treatment of unstable distal tibial fractures. From the axial loading biomechanical perspective, 
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the author concluded that ASLS lead to a 10% higher stiffness and 12% lower range of motion. 

Hence, this system provides a significantly higher axial and torsional stiffness, and significantly 

less fracture gap movement; therefore, it allows an overall higher stability when compared to a 

conventional locking mode [120]. Another advantage of the ASLS is that it was designed to 

enable it to be used in all existing intramedullary nails so that there is no need to invest in new 

nails or in nail adaptation procedure. An alternative design was proposed by Garlock et al. [164] 

to allow the bone and nail hole to be misaligned yet still creating an angle-stable construct. 

However, as suggested by Höntzsch et al. [168], there is still lack of compelling clinical trial data 

on the ASLS system for distal tibial fractures. Note that although the Synthes ASLS case was 

described here in some detail as an example, other commercially available angle-stable designs 

feature an interface that reduces the screw-nail hole clearance when compared to traditional 

ones, such as the Smith and Nephew Trigen Meta-nail [169-171], that reaches a locked 

compression with angular stability through threaded screw holes with polyethylene brushing, 

and the Zimmer Natural Nail System with the StabiliZe Technology [172], the interface of which 

links the nail to the interlocking screws [163]. 

In addition to tailoring the bone-implant construct stiffness to allow a controlled magnitude 

interfragmentary motion for promoting fracture healing, the direction of interfragmentary 

movements also play a determinant role in the bone healing final outcome [101, 173]. It is of 

general agreement that axial interfragmentary compression movement promotes callus 

formation, but the influence of shear displacement on bone healing is still the subject of 

controversy [103, 174]. According to Steiner et al. [101] interfragmentary axial compression 

stimulus are more beneficial than fracture shear movement. Also translational shear (or pure 

shear) is more impeding than torsional shear for a majority of different combinations of loading 

magnitudes. As reported by Penzkofer et al. [161] shear movements at the fracture site may 

tend to damage the inner cortex and may also produce increased play between the nail and the 

surrounding bone. Concerning bending loading, it has been shown that it may result in 

asymmetric callus formation, where healing may be considerably inhibited on the tensile side of 

the callus and promoted in the compressive side [1]. In the screw-to-bone toggling reduction 

methods previously described, the increase in the overall fixation system stiffness, 

constructively reduced unfavorable (e.g. shear and torsion) interfragmentary movements which 

are detrimental to fracture healing; however, they also reduced the beneficial compression 

movements at the fracture site. 
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The primary goal of fracture treatment is to provide an optimum mechano-biological 

environment for each stage of fracture healing [41]. Hence, the best way to promote callus 

development is to allow movements that stimulate and favors healing and hinders those that 

may disrupt it [174]. By limiting the dimensional play between the screw and the nail with the 

ASLS, the torsional stability is enhanced and the axial stiffness of the bone-implant construction 

is also increased, leading to a reduction in the amount of axial interfragmentary movement, 

which is required for optimal secondary fracture healing [173]. Ideally, the fixation implant 

should adequately counter bending, torsion, and shear stress, while only fractionally countering 

compressive stress. This may be translated as “selective stress shielding” [41, 85]. This evidence 

has prompted the development of a new nail design [173], called the Flexible Axial Stimulation 

(FAST) which can simultaneously provide controlled axial interfragmentary motion with reduced 

torsional shear. In this nail, the dynamic slot of the standard nail was widened and a press-fit 

bushing inserted. Although this new nail design may potentially enhance healing, additional 

studies are required to validate the possibility of this approach enabling the ideal mechanical 

environment at the fracture site.  

2.4.7. Other fields improved 

Besides the improvements at a biomechanical level, intramedullary nails have also been subject 

to upgrades in different fields as described in subsequent sections. 

i) Radiation exposure reduction 

The use of locked intramedullary nails demands precise localization of the nail holes for the 

correct placement of the locking screws. The proximal locking process, which is similar in the 

humerus, femur and tibia bone, is quite simple since the insertion handle serves as the aiming 

device for the placement of the screws [35, 175]. On the other hand, the localization of the distal 

nail holes is not so simple. It can be done using the ‘nail-mounted target device’ method, which 

fell in disuse due to the high number of cases of nail misguide caused by torsion and bend over 

the length of the nail upon its insertion in the bone. It can also be done using the ‘image-

mounted device’ and the ‘free hand technique’ methods, which beside the use of fluoroscopic 

image guidance, are considered to cause nicks to the hole edge during drilling which weakens 

the strength of the nail hole. Finally, there is also the ‘AO radiolucent drill’ method. Fluoroscopic 

guidance-based intramedullary nailing procedure requires very long operating times and 

consequently a long exposure to ionizing radiation by the patient and also the surgeon and the 

medical staff. However, when any inadvertent misplacement of the distal locking screw occurs, 

corrective procedure takes place and the surgical time and radiation exposure will increase [79, 
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84, 176, 177]. The exposure to ionizing radiation is not limited to the distal locking procedure; it 

is present during what are considered as the most challenging steps in intramedullary nailing: 

entry point selection and fracture reduction. During these steps the attempt to obtain three-

dimensional alignment is achieved with the use of two-dimensional fluoroscopic images [178, 

179]. Even though occupational ionizing radiation exposures are subjected to strict international 

regulation, with upper limit values set between 20 and 50 mSv [180, 181] for the whole body 

and 500 mSv for extremities (i.e. hands and feet)[180], body regions such as the surgeon’s hands 

( considered to receive the highest doses) are often exposed directly to the X-ray beam. This 

constant ionizing radiation exposure is in many cases associated with cell death, mutagenesis 

and carcinogenesis radiobiological effects [182, 183]. There have been several studies 

concerning the radiation exposure for patient, surgeon and medical staff during intramedullary 

nailing procedure. Madan and Blakeway [180] evaluated the radiation exposure to patients’ 

gonads and surgeons’ hands in a comparative study between Russell–Taylor and Marchetti–

Vincenzi intramedullary nailing. The mean radiation time by consultants was lower than that of 

middle-grade surgeons both during tibial nailing (0.56 and 1.28 min) and femoral nailing (0.52 

and 1.61 min), respectively. The study also showed the impact of distal locking procedure on the 

amount of radiation exposure by demonstrating that Marchetti–Vincenzi nailing – where locking 

is determined by the use of the proximal locking screws since distal locking is automatically 

obtained by firm grip of the pre-bent wires in the distal bone spongiosa [184] - presented 

significantly less amount than Russell–Taylor nailing. The author also advises protective 

measures against exposure at fluoroscopy (e.g. thyroid shields and lead-lined gloves) which 

according to this study is capable of decreasing the radiation dosage exposure from 0.330 to 

0.021 mSv in tibial nailing and from 1.272 to 0.080 mSv in femoral nailing. In a similar study 

developed by Müller et al. [183] where the radiation of 41 intramedullary nailing of femur and 

the tibia was monitored by ring dosimeters, mean ionizing radiation dose for one intervention 

was 1.27 mSv for the dominant hand of the primary surgeon and 1.29 mSv to the first assistant. 

The average fluoroscopy time per procedure was 4.6 min. Although Müller and his co-workers 

observed higher radiation time and consequently higher surgeon radiation dosage exposure and 

in both studies the overall radiation to patient, surgeon and operating room staff were within 

acceptable limits, there is undoubtedly a need for the development of a strategy to reduce the 

amount of radiation and exposure time.  

Novel and inventive approaches have been developed to replace or facilitate distal screw locking 

and/or reduction of radiation exposure [46, 185]. The concern in reducing the exposure time to 

radiation may date back as early as 1986 with the development of the Brooker-Wills nails which 
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achieves distal fixation through deployed fins that attach into bone distal cortices after nail 

insertion is completed. There are several records of late perforation of the knee joint demanding 

premature removal of the implant caused by deployed fins strategy which end up limiting this 

technique. Also, distally screw-locked implant presents higher rotation stability when compared 

to the deployed fins fixation method [80, 177]. A more recent attempt to develop self-locking 

intramedullary nails is present in the work developed by Liu et al. [186] where a rounded solid 

nail can be directly screwed into the medullary cavity with the side-locking tag to achieve anti-

rotation and anti-contraction. Although this technique exhibits a significantly shorter operation 

time, lower operative blood loss and higher healing rate, some postoperative complications 

occurred including radial nerve injury and incision infection in the case of humeral 

intramedullary nailing.  

A different inventive approach that tried to avoid dependence on radiation-based image 

guidance for nail distal locking were developed by Durham and Crickenberger [177]. This author 

uses a magnetic targeting system for the detection of the distal nail holes through neodymium-

iron-boron magnets that are placed at the level of the distal screw holes to be targeted. The 

author claims that this x-ray radiation free method increases the speed and reproducibility of 

such a complicated step. Although the work developed by Durham was in its research stage, 

there is already a commercially available digital targeting system developed by Smith and 

Nephew, the Trigen Sureshot. This targeting system is based on magnetic field generation, a 

guide wire which passes through the nail and spreads the magnetic field and virtual imaging to 

facilitate distal locking without X-ray radiation. In a study developed by Dursun et al. [187], when 

compared with the freehand locking technique, the commercially available magnetic locking 

technique reduced the operation times to 1/3 (average of 5 min) and radiation exposure to less 

than a quarter (around 8 s). The major limitation of this approach is its high cost and the need 

for customized intramedullary nails and tools such as a drill that does not disrupt the magnetic 

field [187, 188]. We do believe that there is still space for further investigation on robust 

strategies to make distal locking easier, and reduce the amount of radiation, and exposure time. 

ii) Measurement of fracture healing 

Fracture healing follow-up has traditionally been assessed by manual examination to evaluate 

the stiffness of the fracture combined with radiographic clinical evaluation to monitor the 

evolution of the bridging callus [91, 95, 189, 190]. As suggested by Joslin et al. [191] weight-

bearing can also be considered as a valuable guide for fracture healing since increases in weight 

bearing achieved post-fracture appeared to reasonably correlate with increases in fracture 
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stiffness, and the return to weight bearing generally indicates that the union of the fracture has 

occurred. Although there is no consensus in the definition of an endpoint for fracture healing, it 

may be defined as successful when there is a presence of bridging callus, the fracture line is 

absent and the fracture stiffness is higher than 15 Nm/deg [191-193]. These traditional 

evaluation methods are largely a matter of clinical judgement, may vary between different 

clinician’s assessment, and in many cases can be considered unreliable [189, 194]. As healing 

progresses through several stages - hematoma formation, cellular proliferation, gradual 

calcification - there is a steady increase in the mechanical properties of the tissue at the fracture 

site and the healing bone eventually approximate approaches the performance of intact bone. 

However, the changes in the mechanical properties of the callus are non-linear. The fracture 

callus is a viscoelastic structure, in which the viscous component with only minor mechanical 

recovery capability decreases, while the elastic part increases during the course of bone repair, 

from around 0.2 MPa Young’s modulus in the granulation tissue to 1 GPa in the immature bone 

and 6 GPa for mature (also known as woven) bone [144, 192, 195].  Hence, there is a need for 

an accurate quantitative evaluation of the state of the fracture healing at any given time [189, 

194]. This information could be used to indicate the rate of healing progress for a single patient, 

improve patient’s outcomes by enabling a common endpoint of fracture healing to be defined. 

Hence, treatment could be discontinued, and improve the recovery procedure by evaluating the 

effect of different fracture treatment regimens on callus formation and compare results among 

a groups of patients. The existence of quantifiable information that is able to sequentially 

monitor and assess the process on the healing progress would help the surgeon to develop more 

secure decisions for possible early intervention, reducing the risks of delayed repair and non-

union, and reducing additional cost for patients and health care services [189, 191, 194]. 

Several techniques have been introduced to objectively assess the mechanical properties of 

healing fractures along time from which we would highlight the fracture stiffness 

measurements, vibration analysis and the ultrasonic technique. These methods will be described 

briefly in this section. 

The callus stiffness will increase with the decrease in the amount of connective tissue and 

cartilage and with the increase in fraction of mineralized bone [196]. Strength is defined by 

fracture failure, which obviously hinders the direct measurement of this parameter. On the 

other hand, measurements of stiffness imply determination of deflection generated by an 

applied load. Hence, the measured parameter is stiffness of the healing fracture, which also 

correlates with the bone strength during callus formation. This characterizes the resistance to 
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deformation and has the potential to provide both a measure of the rate of healing and an 

objective definition of union [192, 193, 197-199]. Fracture stiffness is an appropriate measure 

of fracture healing and can be obtained by either direct evaluation of callus stiffness or 

vibrational analysis [197, 200]. 

For a direct measurement of callus stiffness, the most accurate method to measure local 

deflection (or angulation) at the fracture site, with direct access to the healing fracture 

mechanical integrity as a function of external loading, is through the temporary removal of all 

fixation devices. In principle, this is only possible for patients who are treated by external fixators 

or by cast and potentially induces discomfort. In the case of internal fixation with plates or 

intramedullary nails, direct measurement of the mechanical integrity of the healing fracture is 

challenging and requires a more sophisticated method such as instrumented implants. This 

technique employs biocompatible strain gauges directly attached to the osteosynthesis device 

[115, 192, 193, 199]. An interesting example of this method is present in the prototype 

developed by Greve et al. [201], where an instrumented intramedullary nail with a wireless SAW 

(Surface Acoustic Wave) strain-sensor aims to follow the progress of bone healing by measuring 

strain. The study showed that sensor sensitivity was adequate for the intended application but 

this model still requires further upgrading to make it compatible for all nail designs and still 

requires improvements in the antenna design. 

Instrumented implants are promising strategies, but; they still require clinical validation. Also, it 

is expected that further progress on micro-technology will eventually increase their widespread 

applications and clinical acceptance [192, 199]. 

An alternative technique for direct assessment of the mechanical properties of a healing fracture 

is vibration analysis. This is based on the propagation of mechanical waves through the tissue 

and the attenuation in either velocity or amplitude across the healing site. Primary techniques 

include resonant frequency analysis and ultrasound [202]. 

Resonant frequency analysis is based on the tendency of a material (bone) to oscillate at 

maximum amplitude with a certain frequency. As bone heals, the change in elasticity alters the 

resonant frequency [199, 200, 202]. The natural frequencies at which long bones resonate are 

at the lower end of the audible spectrum (100–500 Hz) [192]. Accordingly to [195] as the 

development of the callus goes beyond the original bone, the natural frequency becomes higher 

than that of the intact bone until the callus disappears and the original dimension and natural 

frequency of bone is restored. In resonant frequency, the conduction of a vibration analysis for 
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assessing fracture healing demands a mechanical signal as to be introduced into the bone and 

then transmitted across the fracture site so the frequency response can be determined. Changes 

in resonant frequency have been shown to depend on the length, density and structural stiffness 

of the bone [192]. A substantial amount of research [203-205] has been carried out in resonant 

frequency analysis of fracture healing, and some promising results have been obtained. 

Although resonant frequency analysis has been shown to highly correlate with flexural rigidity, 

it is less reliable when applied to fractures with overlying soft tissue and rigidly stabilized 

fractures. The technique however appears to be unable to monitor the healing of hairline 

fractures as the shift in natural frequency is too small for detection [192, 193, 200]. 

Experiments with healing assessment in fractured bone by percussing proximally and 

auscultating distally where sound alteration constitutes the evaluation criterion were published 

as early as 1932 [206]. However, it was not until 1958 that the propagation velocity in fractured 

human bones was measured in vivo for the first time by Anast et al. [207]. Since then several 

studies [208-210] have evaluated the potential of this non-invasive technique for the 

assessment of bone fracture healing. Quantitative ultrasound is a low-cost, safe and easy to 

operate procedure. It is associated with a lack of ionizing radiation and can be applied to 

practically all types of fractures in long bones, promising noninvasive technology [196, 202]. 

These waves will travel in a material with velocities that are characteristic of its mechanical and 

structural properties. Hence, they are primarily affected by the Young’s modulus and density. 

The attenuation is largely influenced by porosity and anisotropy [192, 209, 211]. 

Although there is already some research on the potential of ultrasonic devices (e.g. SoundScan 

2000 [212]) that tries to overcome some limitations on this method (such as associated 

measurement errors and problems with soft tissue), this technique is only now starting to 

gradually become a standard part of clinical practice and there is still a need for the validation 

of the diagnostic ability of ultrasound for bone fracture healing monitoring. Even though 

vibrational techniques in general are relatively easy to perform, they have not been widely 

accepted the subject is and it still remains under research [192, 193, 196, 198, 213]. 

Currently, there is no ‘‘Gold Standard’ non-invasive diagnosis tool which can replace the physical 

examination and conventional radiography to assess the progress of fracture healing [190]. The 

different methods researched do not correlate very well because they all assess different 

features of fracture healing [192]. There is still a need for accurate and precise instruments that 

capture the multiple factors that constitute biological and clinical fracture-healing. 
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Technological advances such as terahertz pulsed imaging and spectroscopy – radiation with very 

low photon energy and which does not pose any ionization hazard for biological tissues – may 

represent a promising diagnostic method for bone fracture monitoring [214, 215]. Until reliable 

technologies become available and their use is supported by evidence, researchers will have to 

choose from the available methods and report outcomes with awareness of the limitations of 

the employed method [199]. 

iii) Implant failure and nail removal 

There may be an assumption that after bone formation and patient full recovery is achieved, 

metal implants must be removed from inside the organism. However, in current days, this is not 

considered as a standard procedure. Intramedullary nails are proper load-sharing devices and 

the implant non removal after fracture healing would not result in regional osteopenia. Nail 

removal implies a secondary surgical intervention which bring patients additional psychological 

and physical discomfort, represents high costs for the health care services, and is associated 

with surgical procedure risks (e.g. nail incarceration and equipment breakage) and also post-

operative complications (e.g. hematoma formation, re-fracture, delayed wound healing, 

incidence of infection, pain syndromes and even death). Although in the end of the 20th century 

nail removal after bone recovery was performed for almost all the intramedullary nailing cases, 

nowadays it is only indicated for specific situations such as infection in healed fracture, 

consistent pain or discomfort (i.e. anterior knee pain) and as suggested by Cheung et al. [159] in 

patients engaging in high risk activities such as competitive athletics. When nail removal is 

necessary, it should only occur 12 to 24 months after its implantation in order to ease the 

procedure and avoid high rate of complications due to bony remodeling and incorporation. 

Pediatric elastic nails are an exception since they are almost always removed. There is a 

preference for removing the nail 6 to 7 months after insertion. This is considered a safe 

intervention with minor complications occurring on only about 7% of the patients [48, 57, 88, 

91, 216, 217]. However, there may be a need for implant replacement surgery when nail or 

screw breakage occurs before healing is completed, or when bending or loosening of the locking 

screws occurs [79, 159]. These kinds of implant failure are not infrequent and they represent a 

difficult problem for the orthopedic surgeon, especially when the fracture site is united [218]. 

There is a relative race between bone healing and screw and/or implant failure. The stress in the 

material immediately surrounding the “defect”, i.e. in the screw hole, is higher than that 

predicted for the bulk. The holes’ effect on the strength of the material is referred to as a “stress 

concentration effect”. According to Cheung et al. [159], stress concentration is most probably 

responsible for the reported refractures nucleating from screw hole and may also lead to screw 
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loosening. Also, load transfer between bone and screws leads to considerably large stress 

concentrations in the screw. Locked nails or screw breakage, particularly at the distal interlocks, 

are more challenging to be removed and are also the most common occurrence, since this is 

considered the weak part of intramedullary nail. Reducing the number of screws will cause an 

increase in stress, since load transfer occurs over a smaller number of screws. A similar effect 

may also be caused by premature full weight-bearing in the early post-operative stage, or in 

delayed or non-union situations and in recurrent trauma [29, 44, 57, 159, 218, 219]. According 

to Lewis et al. [134], eccentric screw placement of the locking screws halves the failure strength 

in four-point bending and misplaced screw location results in early failure at the screw site 

rather than the osteotomy, presumably due to crack initiation in the nail. Nail failure may also 

be reduced, by using a larger nail diameter and increasing wall thickness of the nail in the vicinity 

of the hole, which will increase its strength. Also, in order to reduce the amount of failure cases 

in the small diameter statically locked intramedullary nails currently used, larger interlocking 

bolts (5.0 mm diameter) were adopted [28, 77]. New manufacturing techniques for titanium 

intramedullary nails, such as the “cold working expansion” [220], can minimize nail-screw 

breakage. This is achieved by plastic deformation of the implant around the periphery of the 

hole in a uniform manner that generates a zone of residual compressive stresses and improves 

the fatigue resistance and increase the strength of the implant in the interlocking holes’ region. 

This is especially important in nails with small diameters. New nail designs that present higher 

biomechanical stability, such as the small caliber Retrograde Tibial Nail, for the treatment of 

distal tibia fractures, combine a minimally invasive local intramedullary osteosynthesis with the 

ability to securely fix the fracture by multiple ASLS.  The procedure spares the knee joint and the 

patella tendon and aslo leaves most of the medullary canal uninvolved. It is always unadvised to 

hammer the screw into position, since this may cause micro-fractures on the bone leading to 

early loosening, being safer to screw it into position [28, 134, 166]. For biomechanical stability 

to be achieved, the patient’s post-operative weight-bearing directives should be respected, 

appropriate nail diameter and sufficient nail length should be selected, there should be a skillful 

insertion of the distal screw, and the critical role of stable proximal interlocking screws in 

reducing stress should be taken into consideration [79, 159]. 

Several methods using different instruments for removal of broken intramedullary nails have 

been proposed. A few examples are: hook [221], guide wires [222, 223], Steinmann pin [224], 

laparoscopic forceps [225], Arthroscopic Flipcutter [219], and more recently the Nancy nail 

[226]. However, these methods have limitations such as limited availability and inability of some 

techniques to address broken solid intramedullary nails (i.e. Arthroscopic Flipcutter). An 
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alternative procedure was developed by Yadav et al. [218], where through a solid K-nail reamer, 

distal broken cannulated femoral nail fragment can be removed by an antegrade approach. This 

is a considerably simple method that does not require creating an additional incision or exposing 

patient and surgeon to ionizing radiation.  

2.4.8. Conclusion 

The recent developments in the intramedullary nailing field were key to the current success and 

good reputation of this excellent stabilization method. However, there is plenty of space to 

enhance fracture healing quality and recovery time. The greatest limitations in the improvement 

of bone-implant system biomechanical behavior and consequently the healing process include 

the limited knowledge on the ideal fracture site mechanical environment throughout the healing 

process and the contradictory available theories on the subject; however, a major issue is also 

the difficulty in translating the biomechanical principals supported by in vivo animal experiments 

into clinical-relevance functional designs. The continued progress on bone healing biology 

research, the increasing understanding on the relationship between the mechanical 

environment and the healing process, and the recent trend of using engineering tools for the 

study of biological processes and for obtaining a more accurate prediction of the biomechanical 

behavior of implants in vivo, will guarantee that intramedullary nailing will continue to improve.  

Even though the concept that bone apposition and removal is a biological stress-controlled 

process was already in place in the 19th century [227], our modern understanding of the bone’s 

complex healing behavior had a long and conflicting theoretical path, where even now there are 

still many questions to be answered until all the process is fully understood [1]. We believe that 

the future will bring a better understanding of the relationship between fracture healing biology 

and mechanics. This will most likely translate into a tendency to combine the intramedullary 

nail’s great mechanical stability with strategies to modulate the surrounding biological 

environment such as through surface engineering and bioactive coatings and consequently 

achieve a more appropriate bone healing environment. This trend will – in the future – evolve 

to multiple functionalities surface coating of the implants towards satisfying the current clinical 

need. Coating strategies will ideally combine the ability for prevention and treatment of 

fracture- and implant-related infections through local delivery of antibiotics such as 

aminoglycosides (e.g. gentamicin) or antimicrobial peptides (as alternative to the rise in 

antibiotic resistant bacteria’s) and control release of osteoinductive growth factors (e.g. bone 

morphogenic protein-2 and -7) for enhancement of bone healing [228-231]. Recent studies are 

already starting to show this tendency [232-235]. A promising product already in the market is 
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the Expert Tibia Nail PROtect option, which offers protection from bacterial colonization through 

local antibiotic prophylaxis coating while maintaining the same technique and instrumentation 

as the uncoated nails. However, bioactive coatings are still associated with challenges such as 

penetration and diffusion barriers for antibiotic dissemination (e.g. tissue change due to 

inflammation or necrosis), the fact that even high doses of active substances may not always 

ensure adequate levels of effect, the high cost of growth factors, and also the potential for 

ectopic bone formation caused by growth factures (not to mention the challenging regulatory 

pathway associated) [234, 236]. 

The ongoing evolution on sensor technology, in terms of size and invasiveness of sensors 

reduction as well as in data acquisition duration and accuracy, allows assuming that 

improvements will be focused on in vivo monitoring of the nail biomechanical behavior and the 

clinical evolution of bone’s healing status. Favoring the real-time data acquisition is the 

innovative progress in fully implantable wireless technology, such as telemetry, with advantages 

in patient safety (e.g. complete isolation from the electrical network) and longer-term data 

monitoring (e.g. less likely to be damaged as a result of broken interconnections). The acquired 

feedback data will not only guarantee a safer patient recovery process (e.g. personalized 

rehabilitation strategies and identification of implant failure), but will also contribute for 

continuous intramedullary nail design improvement. The information obtained will also be used 

to improve the reliability clinically-representative finite element models with increased 

efficiency and performance assessment of current and upcoming intramedullary nail designs. 

[237-240].  

Knowledge on biomechanics has greatly contributed to the evolution of intramedullary nailing. 

Studies of the bone load response and its influence on tissues growth and regeneration made 

important contributions to the biomechanics of fractures. By knowing how micromovements 

and mechanical stresses stimulate bone cells and by incorporating these finding in new nail 

designs, it is possible to improve devices so they can immobilize the fracture without precluding 

optimal healing conditions. A more ambitious approach would allow for an acceleration of the 

already reduced healing time and also recovery of early non-union or delayed union cases, 

without the need for surgical intervention. This will be the challenge of the coming 

developments of these devices. So we should expect the evolution of intramedullary nailing to 

continue and novel implants to be developed.  
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CHAPTER 3 
“A clear understanding is critical to those managing bony injuries, as it is over this that the 

orthopaedic surgeon will ultimately have most control” 
Paul J. Hardwood 

3. Bone-intramedullary nail system stability 

Tibial fractures are one of the most common serious musculoskeletal system injuries [1, 2]. Most 

fractures occur at the mid-shaft region and at the distal third of the tibia (where the smallest 

cross-section and moment of inertia are found) and for which interlocking intramedullary nails 

is considered the preferable method for stabilization and treatment [3-6]. The advantage of this 

method includes small operative scars [3], low infections rate [7], decreased blood loss [7], 

minimal disturbance to the fracture site and the surrounding soft tissues [8, 9], early patient 

ambulation [10] and an overall good results (decreased rates of delayed and non-union cases) 

[7] when compared to other stabilization methods. 

Currently, intramedullary nailing is considered a very successful technique; nonetheless there is 

still space for improvement in order to enhance fracture healing. The quality and healing rate 

are strongly determined by the mechanical conditions at the fracture site. From all the 

mechanical factors involved, the width and fracture configuration and most decisively the type 

and amount of interfragmentary motion determine in the final outcome. The latter, results from 

bone-implant construct stability and the nature and quantity of the external loads applied [11, 

12]. Unlike in engineering where the term stability denotes for the “ability of a structure to 

support a given load without experience a sudden change in its configuration” [13], in the 

medical science, however, deformation is of paramount importance where stable fracture 

fixation/bone systems should allow strain to the healing tissue on the fracture gap under 

physiological loading [14]. Any effort to optimize the stability of the intramedullary nailing 

techniques and improve fracture recovery requires a good understanding of the fracture fixation 

mechanics and its relation to physiological healing [15]. Computational and experimental 

mechanics are useful investigative techniques in biomechanical research and their potential are 

increased when anatomically contoured bone 
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models are used to evaluate the fixation method stability such as cadaveric and synthetic bone 

specimens where both models present strengths and weakness [16, 17]. 

Cadaveric specimens, by virtue of being human bone, and more accurately mimicking the in vivo 

behaviour, have long been used in orthopedic research [16]. However, these bone models are 

associated with a high cost - nearly three times more per specimen than the fourth-generation 

composite equivalents - and their mechanical properties have been shown to vary significantly 

between samples and are strongly dependent upon storage and handling procedures (e.g. 

removal of the tissue from the body), where variation as high as 10% have been registered. The 

cadaveric models available do not always allow for the study of young healthy bone cases. In 

addition, there is also a strong ethically, religiously and culturally controversy associated with 

experimentation on these models [18, 19]. By trying to overcome cadaveric test specimen’s 

limitations, composite bone models which mimic the complex properties of physiological human 

bones were developed. The great improvement suffered by synthetic bone models in terms of 

composition and manufacturing process, since their introduction in 1987, let to the increase in 

their potential to be used as replacement of cadaver models in orthopaedic and biomechanical 

research [18, 20]. The first-generation composite bones models were poorly representative of 

the bone biomechanical behaviour. They were composed of a polyurethane foam core to mimic 

the trabecular bone and an epoxy-reinforced braided glass fiber was used as a cortical bone 

analog. Although the rigid polyurethane foam core presented mechanical properties in the 

range of human cancellous bone, its structure was not representative of the complex trabecular 

bone arrangement (e.g. in terms of porosity, structural orientation and connectivity) [19, 21]. 

The epoxy-reinforced braided glass fibre, cortical bone analog, was constituted by a weak 

bonding between the glass fibre and the epoxy components, as a result of glass sizing and which 

led to structure delamination. The second-generation composites bones were first presented in 

1991 and replaced the previous cortical bone analogue with fiberglass fabric reinforced epoxy. 

However, the cortical layer required manual craftsmanship which restricted the manufacturing 

technique efficiency and consequently the model anatomic details and mechanical properties 

uniformity. Regardless of this limitation, the upgraded composites bone models were capable 

of successfully resembling cadaveric bones diaphyseal lateral bending rigidity values [18, 22]. In 

1997, the third-generation composite bones were developed. The bone replicates were entirely 

manufactured with a pressure technique by which short glass fiber reinforced epoxy was 

injection-molded (cadaveric bone cast-based) around the polyurethane foam core to form the 

cortical wall [18]. In a comparative study between the second- and third-generation synthetic 

bones, Anneliese Heiner and Thomas Brown [22] demonstrated that the more recent model 
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presented improved characteristic when compared to the second-generation one, namely in 

terms of inter-specimen’s uniformity structural properties and mean stiffness values that fall 

within the range of the ones obtained for cadaveric bones. However, this model was prone to 

crack nucleation and propagation leading to failure in fatigue or repeated quasistatic loading 

[23]. The fourth-generation composite bone, the most recent developed model so far, has the 

same geometry and manufacturing process as the previous generation bone replicate. The 

cortical bone analog, however, benefit from an optimized epoxy component to improve tensile 

and compressive modulus and strength, thermal stability and moisture resistance. Anneliese 

Heiner [20] validated this latest model through the evaluation of femur and tibia composites 

stiffness under bending, axial, and torsional loading and also the strain distribution along the 

femur proximal-medial diaphysis. With the exception of tibial flexural rigidity with the anterior 

surface in tension and femur compressive longitudinal strain at the second lowest strain gauge 

location, the fourth-generation composite bones biomechanical properties improved when 

compared with the previous composite model and were closer to the values measured for 

natural bones under the same testing conditions. Also the inter-specimen variability of the 

fourth-generation composites was demonstrated to be much less than that of natural bone. 

Gardner et al. [24] reported for the fourth-generation composite tibia an intra-specimen 

variability 10% from a total of 30 cases considered were negligible differences may be attributed 

to productions variations in size and composite quality. The results obtained in a study 

developed by Chong et al. [23], also demonstrated the fourth-generation composite model 

enhanced biomechanical properties through the comparison of the cortical bone analogue 

material with the E-glass-fiber-epoxy used in the previous generation model. This study also 

demonstrated an increase in the tensile properties, an increase of up to 48% in fracture 

toughness values and a decrease in the threshold stress intensity factor for crack propagation 

and in the fatigue crack growth rate. Hence, there was an improvement of fracture performance 

and an increase in fatigue lives of the latest generation model. The fourth-generation synthetic 

femurs composites models also approximated human femurs with respect to screw purchase 

behaviour when pull-out force, shear stress, and energy-to-pull-out were measured on 

cancellous [25] and cortical bone [26]. Nicayenzi et al. [27] also reported that composite human 

femurs accurately replicate human cortical properties during screw insertion. There is no 

general agreement as to whether the fourth-generation composite tibia should be used as a 

substitute for cadaveric specimens in bone and orthopaedic fixation implants constructs 

biomechanical studies. However, the physiological or near physiological stiffness values in 

torsional, axial compression and bending stiffness, the model low inter-specimen variability, 

consistent mechanical properties for long time periods and the easy availability and unlimited 
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number of samples which require no special handling or preservation demands [15, 16, 18, 22], 

led to the selection of the fourth-generation composite bone, in detriment of the highly complex 

and challenging to use, cadaveric bone models, for the study of the tibia-intramedullary nail 

construct stability presented in this chapter.  

The assessment of the intramedullary nailing fixation stability in vivo is difficult if not impossible, 

which limits the success of orthopedic biomechanical research to be achieved by combining the 

in vitro and in silico analysis for system evaluation and improvement [28]. In most bone-

intramedullary nail studies (see Table 3.1), finite element analysis and experimental mechanical 

testing have been conducted more often separately than combined. There is a clear advantage 

in using the finite element analysis since it provides detailed information of strain and stress 

field on the entire structure and in sites which are difficult to measure through in vivo 

experimentation. However, the accuracy and prediction ability of the finite element model is 

solely and reliably guaranteed by mechanical experimental validation [29, 30]. 

Various stiffness determination studies have been reported in literature (see Table 3.1). These 

biomechanical studies conducted comprehensive analysis on the influence of intramedullary 

nail fixation parameters (e.g. compliance, clearance and nail diameter in conjugation with the 

appropriate interlocking mode on the overall bone-implant complex stability) [11, 31]. However, 

there is a considerable variability among the procedure used for stiffness evaluation. The 

experiments parameters varied from bone alignment, the manner and amount of loads applied, 

the method used for displacement measurements and the way that stiffness values are 

calculated. These variabilities are present not only among bone-intramedullary nail system 

stability evaluation but also in tibiae whole-bone biomechanical behavior studies (see Table 3.1). 

Therefore, there is no standardized method for bone-implant stiffness determination. Some of 

the major problems in determining tibia stress patterns and fracture interfragmentary 

translations result from some restrictions imposed by the bone itself, such as its size, its irregular 

geometry, difficulties in the specimens gripping and also the relatively low loads that can be 

applied. And although, the experimentation methods are based in the fundamental principles 

of mechanics, the tibia intrinsic limitations have jeopardized the generalization of an engineering 

testing method for tibia bone as an organ [32].
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Table 3.1 - Review on in vitro mechanical experimentation (ME) and/or finite element analysis (FE) of tibia bone with or without an intramedullary nail implanted. M – Medium size, L - Large size, 
S – Sagittal plane, C -  Coronal plane, IR - Internal rotation, ER - External rotation, AT - Anterior surface in tension, PT - Posterior surface in tension, LT - Lateral surface in tension, NIA – No 
information available 

Study 
Bone model 

(No. samples) 
[Sample dimension] 

Intramedullary nail 
diameter, type, brand 

Fracture location 
(width) 

Load mode 

Load/Moment (Rate) 
[Sample orientation/ 
direction of rotation] 

Data acquisition 
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ME 
Metallic tube with 

polyurethane washers 

7 mm, aap Biorigid Nail® 
8 mm, aap Biorigid Nail® 

8 mm, Ace UTN® 
8 mm, RT Tibial Nail® 
8 mm, Synthes UTN® 

Distal (55 mm)   

 

 1920 N Load cell [33]1 

ME Cadaveric tibiae (5) 9 mm, T2 tibia nail, Stryker Central (8 mm) 

    100 N 

Ultrasound-based motion system [31] 
    ±20 Nm [S,C] 

    5 Nm [IR,ER] 

    ±100 N [S,C] 

ME 3G composite (1)[L] 9 mm, Expert Tibial Nail, Synthes Distal (10 mm)     1300 N Displacement transducers [34] 

ME Cadaveric tibiae (8) 10 mm, Expert Tibial Nail, Synthes Distal (7 mm)     500 N Video optical measurement system [8] 

ME Cadaveric tibiae (12) 9 mm, T2 tibia nail, Stryker Central (8 mm) 

    100 N 

Ultrasound-based 3D motion 
system 

[11] 
    ±20 Nm [S,C] 

    5 Nm [IR,ER] 

    ±100 N [S,C] 

ME Cadaveric tibiae (8) 10 mm ≥, modified Synthes nails Central (2 mm)     147 N (0.25 mm/s) Extensometers [35] 

FE Cadaveric tibiae (5) Synthes UTN® NIA 
    500 N 

- [32] 
    15 Nm 

FE Human tibia (1) No information Central (-)     250, 500, 1000 and 1500 N - [36] 

FE Human tibia (1) 
8 to 10 mm, Expert tibial nails, 

Synthes Central (9 mm)     700 N - [28] 
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FE Human tibia (1) 11 mm, T2 tibia nail, Stryker Central (8 mm)     ±100 N [S,C] - [37] 

FE Human tibia (1) - - 

    - 

- [38]     500 N (0.05 mm/s)[AT,MT] 

    Until 5°reach (0.23 mm/s)[IR] 

FE Human tibia (-) - - 
    800 N 

- [39] 
    4.8 Nm 

FE Human tibia (1) - -     750, 900 and 1000 N - [40] 

ME 
3G composite (8)[M] 

Cadaveric tibiae (8) - - 

    - 

Load cell [41]     31 Nm (0.05 mm/s) 

    5 N/m (0.2 deg/s) 

ME 
4G composite (6)[M] 

3G composite (6)[M] 
Cadaveric tibiae (-) 

- - 

    60 to 600 N (60 N/s) 

5 strain gauge [20]     500 N (0.025 mm/s) 

    0.5 to 7.5 Nm (0.25°/s) 

ME 
3G composite (6)[M] 
2G composite (6)[M] 

 
- - 

    60 to 600 N (60 N/s) 

Load cell [22]     500 N (0.025 mm/s) 

    0.5 to 15 Nm (0.25°/s) 

ME 
4G composite (30)[L] 

Cadaveric tibiae based in 
[41] 

- - 

    
60 to 600 N → failure 

(60 Nm/s → continuously) 

Load cell [24]     
50 to 500 N → failure 

(50 N/s → 0.025 mm/s) 

    0 Nm to failure (0.25°/s) [ER] 

FE & ME Cadaveric tibia (1) - - 

    300 N 

17 strain gauges [29]     500 N 

    20 Nm 

FE & ME 3G composite (2)[M] - - 

    700 N (35 N/s) 

Strain gauges [42]     500 N (0.05 mm/s) 

    20 Nm (1 Nm/s) 

1Only Gaebler et al. [33] used solid intramedullary nails, all the other authors used cannulated nails models
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According to Raunest et al. [32] a realistic representation of the bone-implant complex behavior 

requires mimicking the physiological conditions in terms of type of load and tibia orientation. 

Most of the studies concerning the intramedullary nails system stability considered only axial 

compression loading mode [8, 28, 33-36, 43] while only a reduced number of studies considered 

a greater range of tests [11, 31, 32]. In the present work, all the load components typically 

applied to the tibia in physiological activity were considered: axial compression, bending, 

torsion, and shear loading mode. Performing the full range of loading mode on the whole-tibia 

model has the added difficulty of attaching the specimen to the testing machine and also 

aligning it according to its physiological orientation [19]. 

Several authors have claimed [20, 22, 24, 41] high set-up variability and difficulty in obtaining 

reproducible bone alignment between mechanical experimentations. During axial and torsional 

loading tests some authors [11, 31, 35], oriented the tibiae vertically, according to its long axis 

parallel to the base plate of the testing machine. The proximal bone was fixed with a fast-curing 

resin embedding it in a cardiac hinge where a water level was used for the long axis adjustment. 

In other studies, [20, 22], where composite tibia models, instead of cadaveric ones, were used, 

it was possible to align the bone using a rigid, centrally located rod, which went up into the 

intramedullary shaft. In these experiments the tibiae were also oriented vertically, however 

there is a greater degree of alignment reproducibility between mechanical experiments. 

However, it is not always possible to replace cadaveric models by composite replicates. More 

accurately realistic experiments demand anatomical samples. Gray et al. [29, 42] in a rougher 

approach defined a set of reference axes (a bone coordinate system), which were marked on 

the surface of the cadaveric tibia to help align the bone during experiments and correlate the 

alignment with the finite element model experiments. In 4-point bending and shear loading 

tests, the tibia non-uniform cross section sets a challenge in loading identically all points along 

the bone. This could infer additional error to the results [44]. For the whole-bone 4-point 

bending behavior analysis, Cristofolini and Viceconti [41], used four rollers, where the geometry 

of two of the inner rollers were adjustable in height to allow for equal load distribution between 

them and the other two external rollers presented clamps to prevent the tibia from rotating. For 

the bending and shear tests, Augat et al. and Penzkofer et al. [11, 31], design the fixing jigs with 

a generic central triangular gap to help align the biased tibia triangular cross-section in the 

coronal and sagittal planes during loading. Although, there is a higher control on the bone 

orientation, different bones samples may not always be placed with the same precise 

orientation and loading application may not always be applied in the same region since the 

triangular shaped-bone contact jig site will align the tibia according to its anterior border. 
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The goal in this Chapter is to propose a simple methodology to evaluate the stiffness of the tibia-

intramedullary nail construct under different loading conditions that occur during the patient’s 

early healing phase where partial-weight bearing on the fracture would be expected as a result 

of the patient’s motion with crutches. It is important to highlight that the procedure described 

does not aim to be defined as a standardized method for bone-implant stiffness determination. 

However, a description of a comprehensive and reproducible set of testing conditions for finite 

element analysis and validation by mechanical experimentation is expected. Special fixtures 

were developed to guarantee physiological tibia orientation and load application and 

reproducible alignment between different mechanical experiments and between mechanical 

and finite element experimentation.  

3.1. Material and methods 

3.1.1. Tibia finite element model construction 

i) Geometry acquisition, axis determination and tibia planes-based alignment 

The computed-aided jig design started with the acquisition, through a 3D scan (ATOS Triple Scan 

from GOM, Braunschweig, Germany), of a realistic computational external surface from the 

synthetic human tibia model (4th generation, medium left, model #3401, from SawBones 

Europe AB, Malmö, Sweden). This composite tibia model was used throughout the study in both 

finite element simulation and mechanical experimentation. The data obtained was imported 

into SolidWorks (Dassualt Systèmes, Concord, Massachusetts, USA) using stereolithography file 

format. SolidWorks software was used for surface preparation (e.g. topographic cleanup of 

surface) and solid model construction. The bone’s microstructure was ignored and it was treated 

as a continuum medium. The tibia was physiologically aligned by its three planes, coronal, 

sagittal and transverse which were determined based in its two main axis lines: anatomical and 

mechanical. The coronal plane was defined by the anatomical and mechanical axis [45]. In 

normal aligned lower limb, from a frontal view, the anatomical axis - the mid-diaphyseal line 

through the tibia medullary canal [45, 46] - is parallel and only few negligibly millimeters 

medially to the mechanical axis of the lower limb [47-49]. The mechanical axis is defined as the 

line passing through the center of the knee to the center of the ankle [50]. Also but not very 

relevant for this specific case, the tibia anatomic axis thus subtends an angle of 3° with the 

vertical axis, which is the vertical line drawn downwards from the symphysis pubis [46]. The 

sagittal plane was defined by the mechanical axis [45] and from an anatomical and functional 

perspective, the orientation of the tibia is best described by the bone’s mechanical axis [49]. The 

knee moves in the sagittal plane during locomotion and other physical activities so the 
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orientation of the mechanical axis reflects the alignment in stance [45, 49]. The transverse plane 

describes the foot position during stance [45] and it was defined parallel to the coronal and 

sagittal planes. The anatomical axis was determined based on the method suggested by Han et 

al. [51] where it was considered as the line connecting the upper and lower midpoints of the 

shaft at 7 cm below the tibial plateau and 7 cm above the plafond (see Figure 3.1). The 

mechanical axis was determined through the method described by Yoshioka et al. [50] where 

the knee center at the tibial plateau was considered as the midpoint between the medial and 

lateral intercondylar eminences and the center of the ankle was defined as the intersection point 

of two diagonals drawn from the corners of the weight-bearing area of the tibia plafond (distal 

articular surface). For validation, the method described by Ruth and Hayes [52] was also used. 

Positive X,Y,Z directions are anterior, lateral and proximal, respectively. The XY plane was settled 

parallel to the tibia transverse plane (as it is oriented vertically according to its mechanical axis 

and the Z-axis) and the X-axis was formed by the intersection of the sagittal and the transverse 

plane (see Figure 3.1). 

 

Figure 3.1 - Diagram showing the physiological orientation of the tibia. Where the orientation planes - coronal (a) and 
sagittal (b) - and the tibia reference axes: the vertical axis (dark dotted line), the mechanical axis (dark gray continuum 
line or (c)) and the anatomical axis (light gray continuum line), are represented. A - Medial spine (or medial 
intercondylar eminence), B - Center of the tibia, C - Knee center, D - Ankle center, E - Lateral spine (or lateral 
intercondylar eminence) 

ii) Cortical and trabecular sites definition, intramedullary nail model design and placement 

To obtain physiologically more realistic model, cortical and trabecular bone portions were 

considered. The bone composite structure was obtained by assembling the cortical shell to the 

trabecular nucleous (result of the subtraction of the cortical shell from the tibia original volume). 
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Tibia cortical tissue thickness varies along the bone. Since no detailed information on cortical 

bone thickness distribution along the composite model was provided by the manufacturer and 

there was only one bone sample available for test (refuting the possibility of cross-section 

cutting for thickness measurement), physiological-like values were considered (see Figure 3.2). 

In a simplified approach, the bone was divided in six distinct segments considered at 10, 20, 40, 

60 and 80 percent of the tibia total length from the bottom of the medial malleolus to the top 

of the intercondylar eminence according to the standard tibial measures (see Figure 3.3) [53]. 

For each segment, cross-sections of 5% apart from each other were considered and were all 

obtained as transverse cuts perpendicularly to the tibia anatomical axis. Each of the cross-

section images and scale information were obtained in SolidWorks and the cortical wall-

thickness measurements were developed in a java-based image processing software, ImageJ 

(National Institutes of Health, Maryland, USA). The cortical wall thickness for each segment was 

determined as the total average of the widths values measured around each 5% cross-sections. 

 

Figure 3.2 - SawBones manufacture information [21] and physiological values from literature [22, 54-56] on cortical 
bone thickness distribution along the tibia 

The intramedullary nail implant used was the same during the mechanical experimentation and 

finite element simulations. The suitable nail length range was determined from the subtraction 

of between 30 to 40 mm to the tibia length [57, 58]. The composite tibia length - defined as the 

distance measured parallel to the longitudinal axis, between the plafond and the tibia plateau - 

was 375 mm. Thus an appropriate nail for this composite tibia should present a length between 

340 to 350 mm. Considering the fixation implant dimensions supplied by the manufacture, a 

cannulated AISI 316L ASTM F318 stainless steel intramedullary nail (model M596222 AB0366 T, 

L.A. Medicals, Albergaria-a-Velha, Portugal) with 9-mm-diameter per 345 mm length, was 
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selected. The intramedullary nail structure was modeled in SolidWorks after accurate 

measurements obtained from the original metallic implant. The SolidWorks intramedullary nail 

structure design was validated through the comparison between the model and the real implant 

resonance frequencies which is the system natural frequency. For the real intramedullary nail 

the values were obtained through an acoustic resonance analysis. In this method the nail, placed 

on soft tips to avoid damping effects, was suitably stimulated by creating a surface impact with 

a small metal hammer. This mechanical stimulation made the nail vibrate in its characteristic 

frequency and forms. The vibrations were then measured by a microphone mounted close to 

the nail surface which collected these frequencies and converted them into electrical signals and 

then into numerical values. The finite element model intramedullary nail harmonics were 

obtained through free-free boundary condition simulation in ANSYS Workbench 15.0 (ANSYS 

Inc., Canonsburg, Pennsylvania, USA). Based on the resulting percentage error variation of 7.6, 

5.5 and 6.4 for the natural frequency, second and third harmonic, respectively, the 

intramedullary nail modeled in SolidWorks was considered a valid approximation. Locking 

screws were modeled with a simplified geometry as 5.0 mm cylindrical shaped solid body (screw 

threads were not modeled) and positioned to protrude approximately 2 mm out of the bone. 

Assemblage of the intramedullary nail in the bone was accomplished in SolidWorks and accurate 

clinical scenario replication was possible by following the manufacturer’s instructions [58]. To 

accommodate the larger proximal portion of the nail, a nail entry site of 12.7 mm diameter and 

60 mm length was considered. Although, reaming to a diameter of 0.5 to 1.5 mm greater than 

the nail diameter is advised [59], according to Augat et al. [31], the presence of toggling during 

the reaming process should be considered and which would result in the generation of an 

average total 2 mm more reaming than the nail diameter if 1 mm larger than the nail diameter 

reamers would be used. Hence, by considering a reaming diameter of 1 mm more than the nail 

size and expecting toggling to occur, an 11 mm diameter reaming procedure was applied 

throughout the anatomical axis. The intramedullary nail was inserted and 2 proximally and 2 

distally locking screws were assembled. The proximal locking screws were placed parallel to each 

other from the anterior-medial and the anterior-lateral direction. The upper and lower distal 

locking screws were also placed parallel to each other, both from lateral-medial direction. No 

motion was considered between the screws and the bone and the screw and the nail hole. The 

correct position of the intramedullary nail was validated by an experienced orthopedic surgeon. 

After assembly, similarly to Duda et al. [60], an osteotomy (a cutting or incision of bone [61]) of 

11 mm in the mid-diaphyseal region (along the longitudinal axis), was created. This bone gap 

simulates a "worst-case-scenario" by resembling a type C3 complex fracture (according to AO 

Müller classification, see Table 2.3 in Chapter 2) where the main fragments have no contact after 
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reduction [62]. In the end of this procedure, two finite element models were obtained: the tibia 

whole-bone structure and the osteotomized tibia with the intramedullary nail implanted. Both 

models were verified to identify possible penetration between the components of the construct. 

In the end the files were saved in a workable format for the finite element analysis. 

 

Figure 3.3 - Illustration of the segmentation adopted, the theoretical cortical wall-thickness considered based on 
literature and the average wall-thickness obtained after appropriate SolidWorks canal-formation tools were applied 

iii) Computer-aided jigs design, analysis and production 

The bone was oriented in the standardized position as described above, during finite element 

jig design. The jigs were design based on the model tibia with the intramedullary nail implanted 

to assure that no direct contact between the jig and the nail would occur. The jigs were design 

using SolidWorks software.  

For axial compression experimentation, an upper ball-and-socket grip was designed. This grip is 

constituted by a cylindrical jig which establishes an inferior contact with the tibia plateau and at 

the upper portion presents a ball-and-socket joint region. This joint jig allows for the proximal 

tibia in conjugation with the ball structure to freely rotate in the actuation cup (or socket) to 

guarantee the bone position adjustment, self-alignment, to compensate for non-parallel load-

bearing surfaces and reduce misalignment error during the experimental tests [19, 63]. For 

similar alignment of the tibia in the finite element model and in the experimental set-up, the 

central portion of the cylindrical upper and lower jig were molded to conform to the tibia plateau 

and tibia plafond, respectively. This will guarantee precise positioning of the bone on the jigs 
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and consequent will control the tibia alignment and guarantee the precise orientation and load 

application between the finite element model and mechanical experimentation and between 

mechanical experimentations. The jigs allowed a tibia exposed length of approximately 330 mm.  

In the torsion experimentation the distal jig was the same as the one used for the axial 

compression loading mode. The proximal jig, also maintained the concept previously described 

by presenting a central portion molded to conform to the tibia plateau. The jigs allowed a tibia 

exposed length of approximately 340 mm.  

In the four-point bending experiment, spans width between loading points similarly to the ones 

used in the study develop by Penzkofer et al. [11] were adopted. The span width for the inner 

loading points was 70 mm and the outer loading points was 200 mm. The jigs were design for 

the bent of the tibia in coronal and sagittal plane with the lateral side and the posterior side in 

tension, respectively. The jigs had their central portion molded to conform to the tibia surface 

and fixation and to allow for the coronal and sagittal essays to be developed using the same jigs 

and only requiring tibia rotation; see an example in Figure 3.4(A). The position selected 

guaranteed tibia physiological orientation and that the shaft fracture would be placed at the 

same distance from the two upper supports. A set of horizontal cross-nails was fitted between 

the rod and the loading ram in order to ensure that the load on the bone was purely vertical 

[11].  

For the determination of the shear stiffness, jigs were designed with the same concept used for 

four-point bending experimentation. However, in this loading mode, there were two loading 

elements and two fixing element at a distance between them of 30 mm, again similarly to 

Penzkofer et al. [11]. The determination of shear stiffness was in the coronal and the sagittal 

plane with the loading points applied in the medial and anterior site. 

To avoid any undesirable damage to the composite bone model and to verify potential flaws 

associated with the jigs design and test apparatus, besides the development of finite element 

tests simulations, a three-dimensional sized copy of the tibia was used to test acrylonitrile 

butadiene styrene (ABS-P430, Stratasys, Minnesota, USA) 3D printed replicate versions of the 

jigs obtained from fused deposition modelling (FDM) technology (uPrint SE™, Minnesota, USA). 

To guarantee some consistence, the 3D printed replicate versions of the jigs were filled with 

equal portions of HB R19 polyol and isocyanate polyurethane resins (Axson Group Iberica S.L., 

Barcelona, Spain) (see an example in Figure 3.4(B)). 
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Figure 3.4 - A 4-point bending jig at different process stages: (A) 3D SolidWorks version, (B) 3D printed ABS replicate 
version and (C) Aluminium alloy AA6082-T6 machined final version 

The mold-based tibia replicate was produced in INEGI (Institute of Science and Innovation in 

Mechanical and Industrial Engineering, Porto, Portugal [64]) through the mixture of equal 

portions of HB R19 polyol and isocyanate polyurethane resins (Axson Group Iberica S.L., 

Barcelona, Spain) at a temperature above 18 °C with 2h post-curing inside the mold at 80 °C. 

Friction in the printed jigs was avoided by coating it with lubricant grease. 

The bone contact portion in the final jigs version were all machined from aluminium alloy 

AA6082-T6 (Rio Tinto Alcan Inc., Quebec, Canada) through a computer numerically controlled 

(CNC) milling machine and at the Vocational Training Centre of the Metal Industry (CENFIM, 

Trofa, Portugal [65]) (see example in Figure 3.4(C)). For the torsional experiment, a molded 

bone-jig personalized contact zone was 3D printed, using the same material and technique 

described previously, and was press-fixed into a trapezoid section of the aluminium jig as 

demonstrated in Figure 3.5. The ball and socket joint jig used in the axial compression loading 

system was polytetrafluoroethylene coated (TEFLON® 958G-414, Dupont, Hertfordshire, UK) by 

Flupol - Surface Engineering S.A. [66], for low coefficient friction and good abrasion resistance 

acquisition. 

https://en.wikipedia.org/wiki/Rio_Tinto_Alcan
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Figure 3.5 - Image of the torsional test top jig with the 3D printed personalized bone contact zone 

3.1.2. Mechanical experimentation 

All the mechanical experiments developed have a specimen gripping and loading mechanism 

and two apparatus to record general and local specimen deformation. Mechanical testing in 

axial compression, 4-point bending, torsional and shear modes were performed first with the 

intact whole bone specimen and then with the intramedullary nail implanted in the 

osteotomized tibia. All the mechanical experimentation was developed at the Adhesive 

Laboratory (translated as Laboratório de adesivos) with the exception of the electronic speckle 

pattern interferometry (ESPI) analysis which was developed at the Laboratory of Optics and 

Experimental Mechanics (translated as Laboratório de Optica e Mecânica Experimental - LOME).  

i) Mechanical test set-up on the intact whole tibia bone 

To enable the tibia to be rigidly fix to the jigs during axial and torsional testing, after perfectly 

aligning the bone in the especially designed jigs, transverse screws (see Figure 3.6) were placed 

to prevent sliding and to guarantee bone correct orientation during embedding in plaster 

(Plaster Gesso standard, Axton, UK). The plaster at a fluid state was obtained from gypsum 

powder mixing with appropriate water proportions, being afterwards poured until the space 

between the grip and the bone was filled. The structure was left to solidify at room temperature 

for 3 days. For the bending and the shear tests, the specimen was mounted in the jigs system 

without over-containing the tibia, for loading in the two planes. 
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Figure 3.6 -Testing configuration, grips designs and the measurement devices used in the axial compression assay on 
the intact composite tibia model: (A) Illustration of the test set-up with detailed information of the jigs from a sagittal 
section and (B) Image of the test set up 

A 30 kN electromechanical universal testing machine (Instron® Model 3367, Buckinghamshire, 

England) was employed for axial compression, 4-point bending and shear testing were load and 

deformation within the principal loading directions were measured at a sampling rate of 100 Hz 

within the machine system. In axial compression the distal end of the tibia was rigidly fixed, 

while the proximal end was connected to the load cell through the ball-and-socket joint jig. As a 

complementary measuring method a dial indicator (ZERO/ABS series, Mitutoyo Europe GmbH, 

Neuss, Germany) was positioned at the tibia mid-shaft region, to register any bending that may 

occur on the specimen, as exemplified in Figure 3.6. This measuring method was also used in 

the 4-point bending loading mode were it was positioned at the tibia mid-diaphysis to measure 

its vertical deflection with respect to the two loading grips (see Figure 3.7). In the shear testing, 

the grips proximity enabled the adoption of any other measuring method besides the data 

obtained from the testing machine system (see Figure 3.8). 
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Figure 3.7 - Testing configuration, grips design and the measurement devices used for the 4-point bending assay on 
the intact composite tibia model: (A) Illustration of the test set-up with the tibia on coronal orientation and with a 
exemplification of the switching mechanism used between the coronal and sagittal loading mode and (B) Image of the 
test set up for 4-point bending with the tibia sagittal orientation 

 

Figure 3.8 - Testing configuration used for the shear assay on the intact composite tibia model with the bone on sagittal 
orientation: (A) Illustration of the test set-up and (B) Image of the test set-up 

Considering the inexistence, at the national wide level, of an electromechanical torsional testing 

machine capable to fit the whole tibia composite model, a custom set-up had to be developed 

for the torsional loading mode mechanical testing. In this set-up the tibia distal end was rigidly 

fixed and the upper extremity was only allowed to rotate. The bone upper rotational motion 
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was guaranteed with the specimen positioning in an electromechanical universal testing 

machine (Instron® Model 3367, Buckinghamshire, England) and through the use of a thrust ball 

bearing (51406 model, SKF, Germany) between the upper grip and the load cell (see Figure 3.9). 

A torque was generated through the application of weights by virtue of an apparatus where they 

were connected by a thread (Cucirini International S.P.A., Italy) to a pin bonded to the upper jig. 

Considering that no information on the tibia rotation in response to the torque application could 

be acquired from the machine system (since it only had a positioning purpose), two measuring 

methods were considered. The tibia rotation was calculated based on the measurement of the 

distance travelled by the weights and their support structure as they go down upon load 

application. For that purpose, a ruler was placed behind the hanging weights and measurements 

were obtained from several photographs taken with a digital camera (PowerShot SX40 HS 

model, Canon Inc., Tokyo, Japan) during the torque application. The other method was based 

on the use of a wireless laser (R400, Logitech) which was fixed onto the top container pin and 

which was projected onto a graph paper placed at a considerable distance on the wall. By 

applying a torque, there is an increase on the moment load which drags the top grip pin and 

moves it horizontally and in tandem with the projected laser on the graph paper. The distance 

covered on the graph paper can be related to the rotation suffered by the tibia bone. 

 

Figure 3.9 - Custom testing configuration and the measurement devices used for the torsional assay on the intact 
composite tibia model where: (A) Simplified illustration of the torsional test set-up and (B) Image of the test set-up. 
The measuring apparatus used to record the system rotation - (a) weight and their support structure fall and (b) laser 
projected and motion registration – and the (c) thrust ball bearing and (d) graph paper, are also represented 

To guarantee stabilization of the test apparatus, a preload was applied until the resulting load-

displacement plot appears to converge towards a stable curve. Also, as advised by some authors 

[19, 44], in all the tests, the recorded cycles were preceded by pre-conditioning loading cycles 

https://en.wikipedia.org/wiki/%C5%8Cta,_Tokyo
http://www.linguee.pt/ingles-portugues/traducao/graph+paper.html
http://www.linguee.pt/ingles-portugues/traducao/graph+paper.html
http://www.linguee.pt/ingles-portugues/traducao/graph+paper.html
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(between 3 to 5 loading cycles for each experiment) to improve the stiffness. To validate the test 

method, repeated measurements were performed for a total of five runs for each load mode. 

Although the models were loaded within their elastic region, and therefore repeated 

measurements were allowed, after every loading mode, the test specimen was inspected to 

analyse physical damage caused by the experiments.  

With the exception of the torsional test where the torque rate applied could not be controlled, 

a physiological displacement rate of 1 mm/min, similarly to Horn et al. [8], was adopted in all 

the experiments. After the load application the test specimen was unloaded at a reduced speed 

to allow recovery of the viscoelastic deformation [41] and to relief any residual strains [19]. In 

the axial loading test, a vertically compressive load to a maximum of 150 N was applied in load 

control. This value was selected based in Dailey et al. [35], which claimed that during walking 

with crutches, at bone fracture early healing phase, a 20% of body weight “toe tap” axial 

compression load is achieved and by considering the Portuguese average body weight as being 

74 kg [67]. The load/torque applied in the torsional, 4-point bending and shear experiments, 

were based in the Augat et al. [31] and Penzkofer et al. [11] studies for partial weight bearing 

cases. Torsional testing was performed at a constant axial load of 30 N (weight of the upper grip 

and the thrust ball bearing, plus the axial load applied by the machine system) [11, 31], and a 

maximum torque of 5 Nm in internal rotation torsional. The four-bending test was performed 

with the tibia in antero-posterior plane (or sagittal plane) and in medio-lateral plane (or in 

coronal plane) with the posterior side and lateral side in tension, respectively, and by applying 

a 20 Nm bending moment through load-controlled application. The shear loading (in the coronal 

and sagittal plane) was achieved, through load-controlled application of a maximum axial load 

of 100 N.  

Considering the influence of structural properties (e.g. size and shape) and mechanical 

properties in the intact bone mechanical behaviour [68], the arithmetic means stiffness values 

for each loading mode were calculated according to Heiner et al. [22], and based on the data 

collected from the machine system, the laser projected and motion registration technique. The 

average axial compression stiffness was determined through a regression line obtained from the 

load-displacement curve. The average torsional rigidity was calculated by multiplying the 

torque-rotation slope - also using the regression line - with the specimen exposed length which 

in this case is 340 mm (or 0.34 m). The 4-point bending load/deflection slope was converted to 

apparent rigidity which is translated by the product between the modulus of elasticity (𝐸) 

equation and the moment of inertia (𝐼) as demonstrated by equation (3.1) where 𝑆 is the slope 
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of the tangent of the initial straight line portions of the load-deflection curve and 𝐶 is the 

distance between the inner and outer support (65 mm or 0.065m). 

𝐸𝐼 =
5

12
∙ 𝑆 ∙ 𝐶3         (3.1) 

The average shear stiffness was determined through a regression line obtained from the load-

displacement curve. The slope of the elastic region of the load-deformation curve represents 

the stiffness (extrinsic rigidity) meaning the value obtained will be influenced by extrinsic factors 

like specimen size and shape. The rigidity (or intrinsic rigidity) considered corresponds to a 

property of a system or of a material itself or within [19, 63]. 

ii) Electronic Speckle Pattern Interferometry (ESPI) system 

Factors affecting the accuracy of mechanical experimentation measurement are usually related 

to the test machine, the bone specimen, and/or the interface between the grip and the test 

specimen [19]. Considering that the error associated with the test machine and the bone 

specimen are known, the electronic speckle pattern interferometry (also known as ESPI) was 

chosen as the most suitable technique for experimental evaluation the coupling quality of the 

bone/jig relation during the application of axial compression load in the intact tibia. The ESPI is 

a highly sensitive technique, which allows detection of displacements as small as tens of 

nanometers (the limit of detection is approximately 𝜆/2, where 𝜆 is the wavelength of the laser 

light; typically half a hundreds of nanometer) and has ability to independently discriminate the 

three principle orthogonal displacement vectors [69, 70]. This interferometry evaluation was 

development on the tibia whole bone model, instead to the bone-implant system, in order to 

reduce the number of variables and to allow quantify the quality between the tibia and the 

custom-design grip. 

Since the appearance of the first ESPI system in 1971 [71], this technique has suffered great 

improvement, however its potential on the measurement of bone surface deformations has only 

recently been started to be considered [69, 72, 73]. The ESPI technique is an optical method 

where there is a complete absence of contact with the test specimen and full-field visualization 

is allowed. Figure 3.10 shows a schematic representation of the ESPI measuring system used. 
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Figure 3.10 - Schematic representation of the electronic spackle pattern interferometry (ESPI) experimental 
arrangement system. Image constructed based in information from [69, 70, 74, 75] and the image of the computer 
was obtained from [76] 

Using a specific constructed modular ESPI device and custom-written software, surface 

displacements fields were recorded along two axes (x and y) at the region of bone that presented 

a considerably simple geometry, the intact tibia mid-section. This method consisted of a 532 nm 

wave length laser beam produced by Nd-YAG diode-pumped laser which through a beam 

splinter was divided into two beams of the same wave form: object and reference beam. An 

expanded object laser beam illuminates the target surface and produces a speckle field. This 

field is produced by the natural roughness of the specimen surface (roughness is greater than 

the wave length of the beam used) under illumination which produces tiny spots of light and 

dark called ‘speckles’. Hence, the light scattered from the optically rough surface of the bone 

forms a speckled image which interferes with the reference beam derived from the same laser, 

creating a grainy image termed speckle pattern. Any change in the shape of the object results in 

local changes in the intensity distribution in the speckle pattern. The object is imaged on the 

charged coupled device (or CCD) camera with a 50 nm resolution, which records the speckle 

images of the surface under observation and transferred the corresponding data to a computer. 

The speckled images were then superimposed and fringes which correspond to the degree of 

correlation of the speckle patterns that contour the changes in shape of the surface, were 
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obtained [69, 72, 77-79]. To avoid large displacements that could lead to de-correlation [70], a 

series of small and consecutive incremental axial loads of 10 N (up to 80 N) were applied through 

a load cell on the axial compression assay custom-designed grip, as showed in Figure 3.10. The 

displacement field were determined for each increment and the differences between patterns 

of consecutive speckle images taken before and after applying the load are used to detect shifts 

in the phases of the speckles. The ESPI analysis was developed in an isolated environment that 

included an acoustically-insulated system mounted on top of a vibration isolation table.  

iii) Intramedullary nail surgical implantation 

Once all the mechanical tests on the intact composite tibia had been completed, the 

intramedullary nail was implanted by an experienced orthopedic surgeon according to the 

manufactures’ instructions and using all the tools recommend for this specific nail model. For 

best comparability with the finite element model, similar parameters were considered. From 

the entry point and up to 60 mm of the proximal metaphysis, a 12.7 mm in diameter drill was 

used. The entry point for the nail was on the central line, directly anterior to the articulating 

surface, between the tibial medial and lateral condyle. The medullary canal was reamed in 

sequential steps by increments of 0.5 mm up to a diameter of 10 mm using the flexible 

intramedullary reamer. The nail was locked with two screws distally and two proximally. A 4.0 

mm drill was used for all the 4.8 mm in diameter fully threaded locking screws. The upper and 

lower distal locking screws were placed from lateral direction. The proximal locking screws were 

placed perpendicular to each other from the anterior-medial and the anterior-lateral direction. 

At the centre of the tibial mid-shaft - around 182 mm upwards from the tibial platform - two 

transverse osteotomies were performed with an oscillating saw, creating an 11 mm osteotomy 

gap. The full description of the implantation procedure is presented in Chapter 8 in Appendix A. 

After nail implantation, a full length radiograph on the bone-implant construct was taken to 

document the correct position of the nail in the medullary canal and to infer on parameters 

variation which may alter the mechanical results in relation to the finite element model.  

iv) Mechanical test set-up on the tibia-intramedullary nail system 

After the intramedullary nail was implanted the bone-implant construct was studied. However, 

and taking in consideration the increased complexity of this system when compared with intact 

bone specimen, an accurate local osteotomy site (“fracture” zone) displacement measurements, 

was required. Considering the limitations of the most popular measurement technique used, 

the strain gauges (device whose electrical resistance varies in proportional to the amount of 
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strain [80]), such as the difficulty to measure bone fragment motion due to the absence of a 

solid structure at the osteotomy site and the fact that it is often not possible to assume with 

certainty that the presence of the strain gauges will not affect the measurement made [79], an 

optical measurement technique was selected. The method of preference was the high resolution 

digital image correlation (often referred to as “DIC”) technique associated with virtual 

extensometers. The DIC method was developed by a group of researchers at the University of 

South Carolina in the 1980s, when digital image processing and numerical computing were still 

in their infancy [81]. In the last thirty years, it has become a popular and powerful technique for 

full-field motion, deformation and shape measurement [82]. The selection of this method in 

association with virtual extensometers was based on its ability to perform the measurements 

without the need to destroy the test sample or interfere with the resulting outcome. Also, 

although only fracture site information was considered in this study where virtual 

extensometers were associated to the DIC technique, this method has the additional advantage 

to develop full-field surface measurements. A large area measurement grants this method with 

the ability to identify local displacements which could be missed by traditional method 

measurements - where only data from few strategic strain gauges placed are obtained - and to 

more easily compare the results with the ones obtained in an equivalent the finite element 

simulation. When compared with the ESPI technique, the DIC method benefits from a lower 

sensitive to environment vibrations. However, it still presents a high resolution and is capable 

of detecting displacements up to the order of 0.3 μm [69, 82-84]. The concept behind the DIC 

measurement technique is based on matching the first image (also known as the reference 

image), of the speckled pattern study object surface and which is captured before any load is 

applied, with the images generated during load application and where deformation is generated 

at the study object surface. Hence, the system splits the image into small subsets and the 

patterns within each subset of subsequent images are compared to the reference image. 

Subsequently, the software determines the displacement values of the centre of the subsets, 

which yields an entire displacement field [69, 82, 85, 86]. 

As it is possible to see in Figure 3.11, the set-up used was composed of two fixed camera-lens 

optical system with a CCD to record the digital images of the test specimen surface before and 

during deformation at a constant sampling frequency of 50 Hz and which out-of-plane specimen 

displacement was limited to the depth of field of the camera lens, one light source and a VIC-

2D™ commercial computer software (Vic-Gauge™, Correlated Solutions Inc., Irmo, USA) that 

controls image capture and conducts the post-test analysis. The fractured region including the 

exposed nail was coated with a speckle pattern suitable for the DIC assay. This was constituted 
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by a white-based thin layer applied with an aerosol spray paint and on top a fine layer of black 

paint that was airbrushed onto the composite tibia to create the DIC characteristic speckle 

pattern. To understand the bone-implant system stability, the displacement tracking of each 

bone fragment and its relation to the intramedullary nail was considered to distinguish between 

the global and each component displacement. Each extensometer was characterized by two 

gauges which were defined in the software reference image, since virtual extensometers require 

no physical setup, and their orientation was according to the direction of the tibia long axis. A 

total of three extensometers were considered which measure displacement between: bone 

fragments, upper bone fragment and intramedullary nail and intramedullary nail and the bottom 

bone fragment. The motion of each single gauge was also considered, thus allowing the 

displacement profile of each component in the bone-implant system at fracture site to be 

evaluated (see Figure 3.12 as an example).  

 

Figure 3.11 - Schematic representation of the digital image correlation (DIC) technique using virtual extensometers 
experimental arrangement system where: (A) Light source, (B) CCD digital camera, (C) Speckled composite tibia under 
4-point bending loading and (D) speckled surface under analysis. Image constructed based in information from [87] 
and the image of the computer was obtained from [76] 

Axial compression, torsion, 4-point bending and shear tests were performed on the tibia bone 

as standard, using the same protocol that was previously considered during the mechanical 

experiments on the intact tibia model. The general bone-implant system displacement and the 

local fracture/osteotomy displacement field were recorded through the mechanical system and 

the DIC measurement method using virtual extensometers, respectively. Similarly to Penzkofer 

et al. [11], interfragmentary motion was defined as the amplitude of the fracture-end 
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displacements at the fracture gap in the direction of the applied load, during a complete load 

cycle. The arithmetic means stiffness values based on the data collected from the machine 

system and DIC using virtual extensometer measurements were determined over the regression 

line obtained from the load-displacement or load/deflection curve at the linear elastic range for 

the axial compression, 4-point bending and shear assay. For the 4-point bending assays, the 

load/deflection slope was converted to apparent rigidity as previously done on the intact tibia 

experiment. The average torsional stiffness was also determined based on the regression line 

obtained from the torque/rotation curve. However, considering the two-dimensional 

displacement data obtained from the DIC method and the tibia out-of-plane interfragmentary 

rotation, a different strategy was adopted to determine the components rotation. The method 

adopted is described in Figure 3.12. If the situation is analyzed from a cross-section view and if 

the principle behind the DIC measurement method is taken into consideration, the tibia rotation 

will lead to “a” speckle point motion from its initial position (𝑡𝑖) to the final position (𝑡𝑓) and 

which will translate in a displacement (𝛿 - information given by the DIC method). Through 

SolidWorks “Point-to-Point” measure tool it is possible to approximately determine the speckle 

point initial and final positions and the distance from those point to the center of rotation (𝐴 

and 𝐵, respectively). This information, together with the displacement data (𝛿), forms a triangle 

were all sides lengths are known. Hence, the rotation angle (represented by 𝛽) can be 

determined with the use of the cosine formula and based on the triangle side lengths, as stated 

by equation (3.2). 

𝛿2 = 𝐴2 + 𝐵2 − 2𝐴𝐵 ∙ cos (𝛽)        (3.2) 

 

Figure 3.12 - Schematic representation of the strategy used for the calculation of the horizontal and vertical gauges 
displacements variations during torsional assays 



Bone-intramedullary nail system stability 

148 
 

The horizontal (𝛥𝑥) and vertical (𝛥𝑦) displacements variations were also calculated for every 

loading mode. 

3.1.3. Finite element simulation 

The intact tibia and osteotomized tibia with the implanted intramedullary nail and respective 

jigs assembled CAD models, were imported with parasolid file format into ANSYS Workbench 

15.0 (ANSYS Inc., Canonsburg, Pennsylvania, USA), to generate the finite element models. The 

models stiffness was analyzed in ANSYS through a sequence of stages. Studies have showed that 

material properties, boundary conditions and contact surfaces in finite element computation 

have great impact on the study structure resultant biomechanical behavior [12]. Therefore, each 

of these parameters were carefully defined in the preprocessing stage. A three dimensional 

Cartesian coordinate system oriented according to the tibia physiological positioning (as 

described previously) was used in the finite element model. 

i) Material properties and meshing 

The tibia cortical and cancellous bone properties were obtained from the manufacture [21]. The 

tibia cortical material was considered to present linear, elastic, orthotropic properties, a density 

of 1 640 kg/m3, a Young’s modulus of 10,000 MPa for transverse load (Ex and Ey) and 16,700 

MPa for longitudinal load (Ez) and a Poisson’s ratio of 0.3 for any directional load applied (νx, νy, 

νz). The cancellous portion presents a density of 270 kg/m3 and was assumed to behave as an 

isotropic linear elastic material with a Young’s modulus of 155 MPa and a Poisson’s ratio of 

0.225. Since the study considered the initial stage of bone healing, the existence of granulation 

tissue was assumed and it was analyzed as an isotropic linear elastic material with a Young’s 

modulus of 0.2 MPa and a Poisson’s ratio of 0.167, similarly to Byrne et al. [5]. The 316L stainless 

steel material for the nail and the screws was modeled as linear elastic, isotropic and 

homogeneous material with a density, Young’s modulus and Poisson’s ratio of 8000 kg/m3, 

200,000 MPa and 0.27, respectively [88-90]. The titanium alloy for the nail and the screws was 

also modeled as linear elastic, isotropic and homogeneous material with a density, Young’s 

modulus and Poisson’s ratio of 4400 kg/m3, 114,000 MPa and 0.27, respectively [91]. For the 

grips common steel conditions was considered. 

The number of selected finite elements nodes in each component was based on the geometry 

complexity and the region of interest in the overall system. The tibia cortical bone was meshed 

with varying refinement 10-node tetrahedral elements (150326 - 244782 nodes), with three 

degrees of freedom at each node (translations in the nodal x, y, z directions) since several studies 
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[15, 40, 92] claimed the ability of tetrahedral meshes to approximate very complex structures. 

Critical geometric sites and contact areas of cortical bone and interlocking screws had high 

density of nodal points. Albeit, the trabecular bone in the tibia model may be considered a 

complex structure, meshing was done using less tetrahedral elements (15278 - 47311 nodes) in 

a manner to avoid excessively long computational running time. The intramedullary nail and 

screws were meshed with hexahedral elements (7965 - 19462 nodes) as well as all the jigs. The 

quality of the mesh generated greatly influences the results accuracy and the model predictive 

capability. In the finite element models development, the mesh quality obtained was analyzed - 

in terms of aspect ratio, Jacobian ratio and skewness parameters - and the stress results 

convergence level (i.e. until the differences in calculated displacements at the point of 

application of the loads from one iteration to the next was low) was verified and evaluated for 

its reliability to be used in the design [93]. 

ii) Contact surface definition 

Next in the preprocessing phase the contact surfaces were defined. Moreover, to reduce the 

simulation time without reducing the result accuracy, only particular selected areas (and not the 

all components surfaces) have been used as contact pairs. These steps were carefully carried 

out to correctly simulate the mechanical testing essays. The cortical and trabecular bone were 

considered as being bounded ("glued contact"). Because a relative tangential motion may occur 

between the cancellous bone inner wall and the fixation implant, contact elements with a 

friction coefficient of 0.2 were used and described with a Penalty algorithm or augmented 

Lagrange algorithm depending upon the contact typology, as suggested by several authors [37, 

94, 95]. The screws were tied to the bone and to the nail simulating thread locking action. The 

other contact surfaces between the bone/containers were also assumed to be bounded ("glued 

contact").  

iii) Boundary conditions 

Finally, to complete the finite element model preparation, the suitable boundary conditions 

(loads and displacements) were imposed on model. All finite element simulations were 

performed on the intact model first and then on the tibia model with the intramedullary nail 

and transverse osteotomy. The load levels applied were equal to the ones used in the 

mechanical experimentation, the loads were applied on the jig surface and its displacement was 

limited to the direction of the applied load to best approximate the experimental scenario. 
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iv) Finite element analysis validation and models adequacy evaluation 

The finite element models were validated through the comparison of the stiffness or rigidity 

values predicted and the ones measured which resulted from the mechanical tested reproduced 

under the same conditions. The models’ adequacy was verified through their comparison with 

published studies. 

3.1.4. Statistical analysis 

The results were expressed as arithmetic means ± standard deviation (±SD) for experiment. 

3.2. Results 

3.2.1. Intact tibia model 

The averages stiffness and standard deviations obtained from axial compression, torsion, 4-

point bending and shear loading modes as a result of mechanical experimentation on the intact 

composite tibia and the correspondent finite element simulation, as well as the mechanical 

experimental results obtained in the study developed by Anneliese Heiner [20], are presented 

in Table 3.2. The agreement (or percentage difference) between the finite element and 

experimental stiffness/rigidity data for all loading modes was evaluated as percentage 

difference, as suggested by Zdero et al. [96] and according to equation (3.3). 

𝑃𝑒𝑟𝑐𝑒𝑛𝑡𝑎𝑔𝑒 𝑑𝑖𝑓𝑓𝑒𝑟𝑒𝑛𝑐𝑒 = (
𝐹𝐸𝑠𝑡𝑖𝑓𝑓𝑛𝑒𝑠𝑠− 𝑀𝐸𝑠𝑡𝑖𝑓𝑓𝑛𝑒𝑠𝑠

𝑀𝐸𝑠𝑡𝑖𝑓𝑓𝑛𝑒𝑠𝑠
)  × 100    (3.3) 

In general, most stiffness/rigidity values predicted by the finite element model were similar to 

the ones obtained from the mechanical experimentation when all loading modes are 

considered. The exception refers to the axial compression loading, where there is 51% variation 

between the stiffness value determined experimentally and the average stiffness value 

measured. The data obtained, from the dial indicator measurements, demonstrated a posterior-

anterior motion of the tibia mid-section portion in 0.015 ± 0.001 mm during axial compression. 

The existence of motion was confirmed through the finite element analysis, however a higher 

value, up to 0.023 mm, was obtained. In the torsional loading mode, only data from the laser 

projected and motion registration method was considered and used to determine the rotation 

generated at the top grip and to calculate the torsional rigidity values. The weight and support 

system fall measurement technique was associated to a high error. When comparing both 

models, the predicted torsional rigidity presents a 15% variability in relation to the measured 

one. In the 4-point bending loading mode, the apparent rigidity was in good agreement to the 
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mean values of the in vitro results with a maximum deviation of 7 and 3% for the loading in 

sagittal and coronal plane, respectively. Also, in the 4-point bending loading mode, mean 

deflection measured by the dial indicator on the tibia mid-section portion in response to the 

maximum bending load application, was 0.16 ± 0.01 mm in the posteroanterior plane and 0.30 

± 0.003 mm in the mediolateral plane. These values were corroborated with the finite element 

model when simulated under the same loading conditions. Simulated results showed motions 

in the magnitude of 0.12 mm and 0.21 mm, in the sagittal and coronal plane, respectively. The 

tibia mid-diaphyseal region shear stiffness value, showed a deviation of 20 and 17% between 

the mechanical experimentation and finite element simulation, for the loading in sagittal and 

coronal plane, respectively. When comparing the finite element model stiffness/rigidity values 

with the mechanical experimentation results from other authors [20] (see Table 3.2), the 

predicted axial stiffness and 4-point bending rigidity in the sagittal plane, were within the 

published experimental range values and the torsional and 4-point bending rigidity in the 

coronal plane were close to the published values. No studies reporting results on intact 

composite or cadaveric tibia shear loading or shear stiffness determination were found.  

Table 3.2 - Comparison between the 4th generation composite intact tibia mechanical experimentation (ME) and finite 
element simulation (FE) with published experimental data from the study developed by Anneliese Heiner [20] where 
the same tibia model was considered. NIA – No information available 

Loading mode 
Stiffness 

ME FE Anneliese Heiner [20] 

Axial compression (N/μm) 4.76 ± 0.02 7.20 7.48 ± 0.7 

Torsional (Nm2/deg) 2.07 ± 0.13 1.75 1.93 ± 0.07 

4-Point bending sagittal (Nm2) 186 ± 0.08 197 199 ± 9.95 

4-Point bending coronal (Nm2) 121 ± 0.08 124 146 ± 5.11 

Shear sagittal (N/mm) 1009 ± 2 1207 NIA 

Shear coronal (N/mm) 1399 ± 3 1634 NIA 

 

ESPI investigations on the tibia midsection site under axial compressive loading were developed 

and the results obtained are presented in Figure 3.13. 
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Figure 3.13 - ESPI analysis on the tibia midsection site displacement from the whole bone structure axial compression 
at (A) 20 and (B) 80 N. The results are presented as a (a) three-dimensional displacement map, (b) two-dimensional 
displacement map and the (c) displacement along the x-axis at position y = 24.6 μm 

Figure 3.13 shows the generation of torsional motion in the most proximal portion of the 

analyzed mid-section area.  

3.2.2. Tibia-intramedullary nail system 

The comparison of the finite element simulated stiffness values for the osteotomized composite 

tibia-intramedullary nail system under pure load cases to the in vitro results based on registers 

from the machine system and DIC measurement method are presented in Table 3.3. The finite 

element model was conducted considering two types of intramedullary nail materials, stainless 

steel and titanium alloy. Hence, the finite element model could be compared and validated 

based on the in vitro results where a stainless steel intramedullary nail was implanted in the 

composite tibia and by considering a titanium alloy intramedullary nail in the finite element 

simulation the predicted stiffness values could also be compared with published mechanical 

experimentation data where titanium alloy is the standard material of choice for intramedullary 

nails (see Table 3.3).  
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Table 3.3 - Stiffness (mean value ± SD) of the composite tibia-intramedullary nail based on mechanical experimentation 
with data from the machine system and DIC measurement method and from the finite element (FE) simulation and 
their comparison to published data from the study developed by Penzkofer et al. [11]. SS - stainless steel, TA - titanium 
alloy, UNCOMP - uncompressed bone-intramedullary nail construct system and COMP - compressed bone-
intramedullary nail construct system 

Loading mode 

Stiffness 

ME (SS) FE 
Penzkofer et al. [11] 

UNCOMP/COMP (TA) Machine 
system 

DIC (SS) (TA) 

Axial compression (N/mm) 2838 ± 46 - 3007 2500 723 ± 421 / 2257 ± 358 

Torsional (Nm/deg) - 2.34 ± 0.22 2.34 1.44 0.8 ± 0.1 / 2.8 ± 2.4 

4-Point bending sagittal (Nm2) 126 ± 20 151 ± 8 113 93 37 ± 8 / 83 ± 15 

4-Point bending coronal (Nm2) 76 ± 1 71 ± 3 96 65 37 ± 7 / 58 ± 15 

Shear sagittal (N/mm) 176 ± 1 186 ± 1 201 164 131 ± 30 / 1136 ± 244 

Shear coronal (N/mm) 187 ± 1 202 ± 2 213 182 164 ± 89 / 1040 ± 139 

 

By analysing Table 3.3, it is possible to notice that there are inconsistencies among the stiffness 

values measured by the machine system and by the DIC virtual extensometer method during 

each loading mode and difference as high as 20% were obtained. Also, with the exception of the 

coronal plane 4-point bending loading mode, in all the other loading cases the stiffness 

calculated based on DIC measurements showed a higher value than the ones determined based 

on data from the machine system measurements. Although the data was not presented in this 

chapter, the finite element simulation stiffness values were calculated considering data from 

the jigs and the interfragmentary site. When compared, and for all loading modes with the 

exception of the 4-point bending, similar values were obtained. For the 4-point bending loading 

mode and as showed by Figure 3.14, larger motions were registered at the interfragmentary site 

when compared with the loading jigs. 

 

Figure 3.14 - Cross-section of the tibia-intramedullary nail finite element model displacement distribution in yy 
direction (mm) during 4-point bending load in the sagittal plane and in response to 20 Nm bending moment 

In relation to the axial compression loading mode, the excessive preloading applied led to the 

structure displacements associated with error. Hence, the experiment had to be repeated. 

However, it was no possible to complement the study using DIC measurement and only data 
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from the machine system could be considered. With the exception of axial compression, the 

stiffness values obtained from the DIC measurement methods were used as the basis for the 

validation of the finite element simulation method. 

During torsional loading mode the measurements obtained from the laser projected and motion 

registration method was not considered throughout the bone-implant system evaluation. The 

DIC extensometer measurement method set-up arrangement interfered with the previously 

adopted directional orientation of the laser projected and motion registration method. Hence, 

the only available option was to adjust the laser to be positioned in the same direction but with 

the opposite orientation in order for real-time data acquisition to be achieved. The 

measurement system rearrangement led to a reduce distance between the laser tip and the 

graph paper and which caused the measurements registered to not be considered valid.  

There was a 6% difference between the axial compression stiffness value predicted by the finite 

element model when compared with the one obtained from in vitro machine system 

measurement-based data. There was a perfect agreement between the simulated torsional 

stiffness and the one obtained from the in vitro experimentation. There was also congruence 

between the simulated bending stiffness and the ones obtained from the mechanical 

experimentation DIC measurements and where a maximum deviation of 25% and 35% were 

obtained from loading in sagittal and coronal plane, respectively. The simulated shear stiffness 

values were also in good agreement with the mean stiffness values of the in vitro results were 

deviations of 8% and 5% were obtained from loading in the sagittal and coronal direction, 

respectively. For an accurate/rigorous validation of the finite element model, the system 

constitutive components deformation at the fractured bone critical site, were compared with 

the mechanical experimentation DIC-measurements in all the loading modes. The comparative 

results are present in Figure 3.15, 3.16, 3.17 and 3.18 for loading in axial compression, torsion, 

4-point bending and shear, respectively. 
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Figure 3.15 - Comparison of the bone fragments (upper and lower portion) and intramedullary nail deformation from 
finite element simulation (FE) at the (A) axial and (B) anteroposterior direction and in response to 150 N axial 
compression loading of the osteotomized composite tibia fixed with the intramedullary nail system 

As it is possible to notice from Figure 3.15, the finite element model predicted that, in the axial 

direction, most of the total bone-implant complex compression was from the motion of the 

upper bone fragment and the intramedullary nail, where the latter contributed in 80% to the 

total interfragmentary motion. The bone lower fragment shows the least amount of motion (see 

Figure 3.15(A)). The motion in the anteroposterior direction followed the same principle (see 

Figure 3.15(B)). 

 

Figure 3.16 - Bone fragments (upper and lower portion) and intramedullary nail rotation registers from finite element 
simulation (grey) and mechanical experimentation DIC-measurements (diagonal stripes) in response to 5 Nm torsional 
loading of the osteotomized composite tibia fixed with the whole intramedullary nail system. FE - Finite element 
simulation, ME - Mechanical experimentation DIC measurements 

From Figure 3.16 analysis, it is possible to identify that both finite element and in vitro 

mechanical experimentation presented similar bone interfragmentary and intramedullary nail 

rotations. Based on the results from the mechanical experimentation, the intramedullary nail 

contributed in average 35% for the fracture gap final torsion. 
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Figure 3.17 - Bone fragments (upper and lower portion) and intramedullary nail deflection registers from finite element 
simulation (grey) and mechanical experimentation DIC-measurements (diagonal stripes) as a response to 20 Nm N 4-
point bending loading in the (A) sagittal and (B) coronal plane of the whole osteotomized composite tibia fixed with 
the intramedullary nail system. FE - Finite element simulation, ME - Mechanical experimentation DIC measurements 

In the sagittal direction 4-point bending load finite element simulation shows a higher deflection 

of the bone fragments in relation to the intramedullary nail (see Figure 3.17(A)). In the 

mechanical experimentation all components exhibited the same amount of deflection. Based on 

the results from the in vitro mechanical experimentation, the intramedullary nail greatly 

contributes (around 82%) to the total amount of motion generated at the fracture site. 

In both finite element simulation and mechanical experimentation coronal direction 4-point 

bending loading (see Figure 3.17(B)), there was a higher deflection of the bone fragments in 

relation to the intramedullary nail. However, the different models showed a significant 

difference in the amount of motion registered for the intramedullary nail. A higher 

intramedullary nail deflection was registered for the in the in vitro experiment. The deflection 

magnitude difference between the upper and lower bone fragment, is minor and can be 

considered of negligible importance. Based on the results from the in vitro mechanical 

experimentation, the intramedullary nail greatly contributes (about 82%) to the total amount of 

motion generated at the fracture site.  

It is possible to verify from the results on the shear loading mode, Figure 3.18(A) and (B), that 

the system components - upper and lower bone fragments and the intramedullary nail - present 

a similar behavior between the finite element simulation and in vitro mechanical 

experimentation, in both the sagittal and coronal loading direction. However, overall lower 

deflection values were registered in the in vitro experimentation. There was also a greater 

discrepancy between the amounts of deflection of both upper bone fragment and 

intramedullary nail when compared to the amount generated by the lower bone fragment. 

Based on the information from the in vitro mechanical experimentation, the intramedullary nail 
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contributed in average 85% and 24%, during the sagittal and coronal bone orientation, 

respectively. 

 

Figure 3.18 -Bone fragments (upper and lower portion) and intramedullary nail deflection registers from finite element 
simulation (FE) and mechanical experimentation DIC-measurements (ME) as a response to 100 N shear loading in the 
(A) sagittal and (B) coronal plane of the whole osteotomized composite tibia fixed with the intramedullary nail system 

No prior published data was found in the literature on intramedullary nail fixation to an 

osteotomized fourth-generation composite tibia system mechanical evaluation which study 

conditions - e.g. load mode and magnitude applied as well as intramedullary nail parameters - 

fully matching the currently developed study. However, the study developed by Penzkofer et al. 

[11] and which research was later continued by Augat el al. [31], presented similar loading 

conditions and values as well as similar bone-implant system characteristics (8 mm length mid-

diaphyseal bone fracture and a 9 mm diameter intramedullary nail with conventional locking 

mode). This level of correlation allowed the stiffness values, for all loading modes, obtained in 

the latter studies to be compared with one predicted in this chapter and by considering the 

bone-titanium alloy intramedullary nail finite element model (see Table 3.3).  

The finite element predicted axial compression stiffness is higher than the one obtained by 

Penzkofer et al. [11] when the uncompressed bone-implant construct stiffness case was 

considered (723 ± 421 N/mm). However, the stiffness value obtained more closely resembles 

the ones registered when the compressed construct system was considered (2257 ± 358 N/mm). 

In regard to the predicted axial compression stiffness value (2500 N/mm), an axial 

interfragmentary narrowing of 0.08 mm is achieved which corresponds to 1% displacement of 

the fracture gap width, when a partial weight-bearing axial compression loading is applied. This 

interfragmentary movement was lower than the 10 mm obtained by Augat et al. [31] when the 

same amount of load was applied. 
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In respect to the torsional loading mode, the predicted stiffness value (1.44 Nm/deg), falls within 

Penzkofer’s torsional stiffness values wide range for the compressed bone-implant construct 

(2.8 ± 2.4 Nm/deg). The finite element model led to an interfragmentary rotation of 4 degree of 

the proximal fragment in relation to the distal one, when 5 Nm moment is applied. The amount 

of rational movement generated is below the 15 degrees achieved by Augat et al. [31].  

For the 4-point bending in sagittal and coronal loading direction, the flexural stiffness predicted 

by the finite element model (93 Nm2 and 65 Nm2, respectively) were closely similar to the 

compressed bone-implant construct average flexural stiffness in sagittal and coronal loading 

direction (83 ± 15 Nm2 and 58 ± 20 Nm2, respectively). The amount of motion generated when 

20 Nm bending moment was applied, 1.3 and 1.63 mm respectively, was also around 20% of the 

total deflection obtained by Augat et al. [31].  

In regard to stiffness in sagittal and coronal loading direction obtained in this chapter (164 Nm2 

and 182 Nm2, respectively), when a 100 N shear load was applied, a deflection of 2.34 and 2.53 

mm was generated, respectively. The predicted interfragmentary motions were below the 5 mm 

deflection measured by Augat et al. [31] when the same amount of load was applied in shear 

mode, however the shear stiffness predicted closely related to the ones measured by Penzkofer 

et al. [11], when the uncompressed bone-implant construct stiffness case was considered (131 

± 30 N/mm and 164 ± 89 N/mm). 

3.3. Discussion 

Finite element models for a composite tibia before and after an intramedullary nail was 

implanted, were created and validated against a comprehensive set of mechanical experiments 

in which the models’ stiffness/rigidity were measured and compared under axial compression, 

4-point bending, shear and torsion loads considering a patient’s early healing phase conditions 

and the results were evaluated against published experimental data. Special attention was given 

to the jigs with personalized bone-jig contact interface that were developed with the goal of 

guaranteeing bone physiological orientation during load application and a reproducible 

alignment between different mechanical experiments and between mechanical and finite 

element experimentation.  

3.3.1. Intact tibia 

This study started with the intact tibia finite element model validation through the comparison 

of the stiffness/rigidity values for all loading modes with those obtained from in vitro mechanical 

experimentation developed under the same test conditions. As it is possible to see in Table 3.2, 
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with the exception of the axial compression loading case, there was a considerably good 

agreement between all loading modes stiffness/rigidity values predicted by the finite element 

model and the ones determined from in vitro mechanical experimentation. In axial compression 

loading mode, a higher percentage difference of 51%, was registered. In a study developed by 

Zdero et al. [96], a finite element model of a fourth-generation composite femur was considered 

and validated to study the influence of cortical wall thickness on the biomechanical 

characteristics. In this study, an average percentage difference of 8% was obtained between 

finite element and experimental data and was used to validate the finite element predictability 

efficiency. The higher average percentage difference obtained in this work, 12%, did not allow 

to accurately claim the predictability in torsional, 4-point bending and shear loading mode of 

the intact tibia finite element model. The stiffness/rigidity variations encountered between the 

finite element and mechanical experimentation models most probably would be due to 

differences in the material properties, the boundary conditions and in the cortical bone 

thickness adopted for the tibia finite element model. Considering the manufacturer’s reduced 

information regarding the composite tibia cortical thickness distribution, a physiological cortical 

bone thickness along the tibia and based on data obtained from literature, was adopted. The 

average measurements on the cortical bone thickness, in both planes, obtained from the x-ray 

taken after intramedullary nail implantation (see Figure 8.2 in Appendix A), were 2.60 ± 0.80, 

5.31 ± 3.42, 6.62 ± 4.32, 5.25 ± 1.35, 3.54 ± 0.78 and 1.91 ± 0.73 which reflected on a difference 

of 23%, 40%, 14%, 22%, 29% and 5% between the measured values and the ones assumed on 

the finite element model throughout each of the six distinct segments considered at 10, 20, 40, 

60 and 80 percent of the tibia total length (from the tibia bottom to the top), respectively. As 

previously stated in Sub-chapter 2.1., the cortical bone layer is considered to be the main 

weight-bearing component and not the cancellous bone [97], hence this component geometry 

and thickness greatly influences the bone structure stiffness. Besides the variation registered, 

the low average percentage difference can be considered as an indication of the designed set-

up ability to guarantee a reproducible tibia alignment and load application between the 

mechanical and finite element experimentation. 

Considering the intact tibia model relative simplicity, when compared to the bone-implant 

system, and the fourth-generation composite tibiae characteristic low inter-specimen 

mechanical properties variability, the in vitro mechanical experimentation results were 

compared to published data from the study developed by Anneliese Heiner [20] where the same 

size and model composite tibiae were tested under the axial compression, torsional and 4-point 

bending loading modes (see Table 3.2). Again with the exception of the axial compression 
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loading mode, the in vitro average flexural (in sagittal and coronal plane) and torsional rigidity 

values obtained in this chapter are reasonably similar with those in the reference study. The 

variations are most likely due to differences in the experimental technique setup (e.g. bone 

orientation, contact between bone and grips, location of the specimen support, fixation 

embedding material used), loading value and rate applied and motion data measurement 

method.  No comparative analysis could be developed regarding the shear stiffness values 

obtained since this loading mode was not considered in the reference study. However, 

considering that the interlocking contact to bone loading jigs strategy was based on the same 

principle as the 4-point bending ones, it is possible to speculate that most probably similar 

results could have been obtained with literature, if this loading mode had been considered. Since 

the finite element axial stiffness value (7.20 N/μm) is not in agreement with the in vitro 

mechanical experimentation values (4.76 ± 0.02 N/μm), but reasonably coincided with the one 

obtained in the reference study (7.48 ± 0.7 N/μm), where in vitro experimentation was 

developed, we are led to believe on the occurrence of a flaw in the axial compression in vitro 

experimentation. To analyze this hypothesis, the alignment between the tibia bone and the axial 

compression personalized grips were evaluated through the ESPI technique. As demonstrated 

in Figure 3.13 when axial compression load was applied, besides the bending (compression and 

tension) and pure axial motion expected, a torsional movement was generated at the tibia 

proximal portion. The generation of an additional motion type in the specimen proximal portion, 

indicates that there is a misalignment between the tibia plateau surface and the top grip 

personalized interface. The non-perfect contact between the grip and the bone may have cause 

the application of uneven stress on the specimen proximal surface during loading, which in turn 

caused a triaxial stress field in the tibia proximal portion and consequently additional non-

physiological motion was generated [19]. Although the bone-grip contact interface site was 

machined through CNC technique, where a computer software controls the movement of the 

cutter and therefore the shape of the interface, the occurrence of a slight mistake during the 

conversion of the design into an information code can cause a considerable alteration in the 

machined structure. This phenomenon may explain the non-full contact between the bone and 

the machined interface site at the grip. The impossibility of a comparison between the predicted 

and measured stiffness values, limited the conclusions taken on the axial compression grips 

potential of maintaining the bone alignment between the mechanical and finite element 

experimentation.  

As stated previously, the bending rigidity is influenced by the cross-sectional moment of inertia 

of the test specimen which is a measurement of the material distribution around a given axis 
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[63]. Hence, the value considered for this parameter can influence the bending rigidity, such that 

the greater the cross-sectional moment of inertia the higher is the resistance to buckling [98]. 

Similarly to Heiner et al. [20, 22] and Gardner et al. [24], in this study the moment of inertia 

equation adopted for the tibia bone case was the same as for a rectangular shaped beam. Such 

approximation is associated with an error. As demonstrated by Rittweger et al. [98], by 

considering beams with different cross-sections but with the same cross-sectional area as a 

human tibia, variations in the moment of inertia of approximately 157%, 64% and 3% can be 

obtain if a rectangular, circle or ring cross-section are considered, respectively. Also, as stated in 

sub-chapter 2.1, the cross-sectional moment of inertia varies greatly among tibiae (due to 

factors such as genetic differences and patterns of physical activity) and exhibits marked 

changes with age [99]. Hence, when the personalized grip technique is considered, by precisely 

knowing the positioning of the grips and through the use of the Solidworks software it will be 

possible to accurately determine the cross-sectional moment of inertia and hence standardize 

the bending rigidity calculation method and facilitate results comparison between studies. 

3.3.2. Tibia-intramedullary nail system  

After the intact tibia finite element model was validated and considered to have potential 

predictive abilities in 4-point bending (in sagittal and coronal plane), torsional and shear (in both 

planes) loading modes and the corresponding personalized designed grips evaluated and after 

the set-up was considered to be capable of guaranteeing reproducible bone alignment between 

mechanical and finite element simulation, the same composite tibia was osteotomized and fixed 

with an intramedullary nail to mimic a diaphyseal bone fracture recovery early scenario. The 

finite element model of the bone-implant complex system was developed and validated using 

the same strategy adopted for the intact tibia. Considering this system increased complexity 

when compared to the simple intact tibia model, besides the machine system global data 

acquired, local fracture site motion measurement through DIC virtual extensometer was 

included in the study, to guarantee that the maximum information from the bone-implant 

system in vitro mechanical experimentation would be obtained. As expected there were 

differences between the stiffness values registered with the DIC virtual extensometer and the 

ones measured by the machine system and where a percentage difference up to 20% was 

obtained. The machine system is associated with systematic errors. The machine system 

measurements are obtained from the mechanical testing machine internal transducers which 

register the displacement of the loading plate throughout the test. However, the specimen 

displacement and machine displacement are never exactly equal [63]. Besides the possible 

existence of ‘end artifacts’ (e.g. platen-specimen friction and machining-related damage of the 
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specimen ends), the machine system displacement measurements are also associated with 

displacements in the machine components during the test (e.g. internal test machine 

compliance and loading plate displacement) which compromise the accuracy of measurements 

obtained. Hence, the displacement measurements based upon machine system will always be 

overestimated to a certain extent which will lead to the underestimation of the stiffness 

determined [19, 63, 69, 100, 101]. This explains the DIC measurements-based higher stiffness 

values when compared with the ones determined from the machine system measurements. 

Hence, the stiffness values determined from the DIC optical methods local displacement 

measurements were considered more accurate and were used as the basis for the validation of 

the finite element simulation method. Although the DIC method using virtual extensometers 

technique was considered a more reliable measurement method it is important to highlight that 

this technique is also associated with error. The DIC method takes in-plane displacement 

measurements from a non-planer structure, that is the tibia, and this association is always 

correlated with a certain amount of measuring error. Also, the virtual extensometers technique 

considers selected points at the interfragmentary site where displacement information from a 

very limited amount of speckle points is considered, and which again is associated with a certain 

amount of error. Such approximations should always be taken into consideration when the 

results are analysed. For the finite element model, in all loading modes, with the exception of 

the 4-point bending, similar stiffness/rigidity values were obtained when data from the jig or the 

interfragmentary site was considered. The four-point bending test is only able to produce pure 

bending between the internal loading point for specimens with constant cross section and 

stiffness [102]. 

In all loading modes the stiffness values predicted by the finite element model were similar to 

the ones obtained from the in vitro mechanical experimentation, where a percentage variation 

between the models below 35% was registered (see Table 3.3). Although, according to Shore et 

al. [99], differences between the finite element and experimental stiffness values can differ by 

as much as 2-fold when cadaveric bone models are considered. It is possible to assume that for 

composite bone samples, the tolerance limit would be considerably lower. The percentage 

difference obtained in this study was considered low and could be due to differences in regard 

to the material properties considered in the finite element model, the existing differences 

between the models medullary canal reaming diameter (11 mm and 10 mm diameter, 

respectively), boundary conditions and more importantly to the different cortical bone thickness 

adopted in the finite element model. Therefore, the bone-implant model was considered 

predictive potential in 4-point bending (in sagittal and coronal plane), torsional and shear (in 
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both planes) loading modes. Since the same grips were used in both studies, it is reasonable to 

assume that the misalignment between the bone and the grip due to machined error at the grip 

interface (and which was identified during the intact tibia model in vitro mechanical 

experimentation) would also manifest during the bone-implant system mechanical 

experimentation study. Despite the importance of the axial compression loading conditions, 

which according to Gray et al. [42] were considered to be predominant when compared to 4-

point bending and torsion loading, the validation of the bone-implant system finite element 

model in this loading mode was not possible. In addition to the models stiffness values 

comparison, a more rigorous evaluation of the predictability potential of the finite element 

model was also achieved through the analysis and comparison between the upper and lower 

bone fragments and intramedullary nail displacements registers from in vitro mechanical 

experimentation DIC measurement method using virtual extensometers data and the ones 

predicted by the finite element model simulation. In all loading cases, the upper and lower bone 

fragments showed similar behaviours between the models, although differences were found 

between the predicted and measured stiffness values. In most in vitro tests the intramedullary 

nail showed a high percentage contribution (up to 85%) for the total fracture site motion, when 

compared to the results obtained by Augat et al. [31]. In the finite element model, however, the 

percentage contribution of the nail for the total motion of the interfragmentary bone fragments 

was reduced and more closely resembled those obtained by Augat and his co-workers. An 

explanation for the difference between the in vitro and the finite element model developed in 

this study is that during in vitro mechanical experimentation, the bone fragments are presenting 

a low motion as a result of the bone fragments inner cancellous bone analog approximation to 

the intramedullary nail as a result of set-up preload during the test system “settling” phase. This 

reduces the overall motion expected from the bone fragments which are in direct contact with 

the loading grips and consequently increases the contribution of the nail in the interfragmentary 

motion [31, 37]. It is important to highlight that in a real case scenario the presence of soft tissue 

would stabilize the bone fragments reducing their motion and increasing the intramedullary nail 

contribution for the fracture site overall motion. Based on the system evaluation the bone-

implant model developed is considered close to valid and having predictive potential in 4-point 

bending (in sagittal and coronal plane), torsional and shear (in both planes) loading modes. 

The adequacy of the bone-implant finite element model was verified through the comparison 

of the predicted stiffness values and interfragmentary gap motion with the ones obtained from 

previous studies. The stiffness values, obtained from the bone-intramedullary nail (titanium 

alloy) construct finite element, in almost all loading modes, more closely resembled the ones 
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measured from the mechanical experimentation developed by Penzkofer et al. [11], where a 

compressed construct model was considered in relation to conventional intramedullary nail 

fixation construct. Also the amount of interfragmentary gap motion was below the values 

registered by Augat et al. [31] when osteotomized cadaveric tibiae were equipped with 

interlocked intramedullary nails. Several factors contributed for the higher stiffness values 

obtained in bone-implant systems finite element such as the lower reaming diameter, the fully 

bonded contact between the nail and the screws (i.e. resembling the case where screws are 

threaded into the threads on the bone and on the implant creating an angle-stable nail-screw 

fixation [37, 103]), differences in the mechanical properties of the implant material and the fact 

that the finite element model considered an orthotropic cortical bone and isotropic cancellous 

bone with mechanical properties from healthy adult bone in contrast to the anisotropic 

mechanical properties behaviour of human bone. In this chapter, the goal was not to analyze 

the biomechanical behavior of this particular intramedullary nail design, but to experiment and 

consolidate the knowledge on the principle of bone-intramedullary nail stability. However, it is 

possible to claim that the finite element model studied is a representation of a more stable 

construct as a result of the system higher stiffness values in all loading modes and which 

translates in a reduced amount of motion generated at the fracture gap. This study also 

demonstrated that the interfragmentary site will always be subjected to some amount of motion 

and that during early healing phase the nail will support most of the load applied on the lower 

limb. 

3.3.3. Limitations 

This study has several limitations and assumptions which should be discussed. In this study, the 

intact tibia model was validated based on the stiffness values obtained from the machine system 

load applying grip displacement registers obtained during mechanical experimentation and the 

bone-implant system finite element model was validated based on the assumption that if 

selected points at the interfragmentary site were similar between the finite element and the 

mechanical experimentation, the overall displacements between the models would also be. 

However, both validation strategies lack in the detection of local errors through the finite 

element models, therefore they could be considered as global indicators of the accuracy of the 

predictions. A more rigorous evaluation method would be to compare the finite element model 

stiffness values to the experimental measured ones in correspondent sites along the tibia 

through the analysis of the coefficient of linear regression R2, the slope and interception of the 

linear regression line obtained from measured and predicted values curve, as suggested by Gray 

et al. [29, 42] and Taddei et al. [104]. The surface displacement measurements methods 
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available, ESPI and DIC, showed restrictive limitation in their application for this particular 

purpose. The experiment developed in this chapter with the ESPI technique where it was used 

for the detection of all the small displacements in order to identify any slight misalignments 

between the bone and the grip, was a good example of the potential and high sensitivity of this 

technique. However, the ESPI technique high resolution makes it extremely sensitive to ambient 

vibrations which decreases the signal-to-noise ratio and limits the use of this technique to 

environments with controlled conditions. Another limitation for the use of ESPI is that the load 

applied to the test specimen must be small to avoid large displacement that could lead to de-

correlation. The interpretation of the resulting in-plane fringes can also be difficult and to gain 

an understanding of the overall movement is not always straightforward [70]. All these 

characteristics limited the application of the ESPI technique for the measurement of the 

displacements along the entire tibia model. The use of the DIC measurement method without 

the virtual extensometers approach requires individual measurements for each component in 

the bone-implant system since it is not possible to measure the entire construct at the same 

time, which limits its use for this specific application. An interesting alternative measurement 

method would be the highly accurate non-contact laser extensometers which scan a laser beam 

along the length of the test specimen and tracks record of marks along the structure [105, 106]. 

Unfortunately, this method technique was no available in the Faculty of Engineering. 

There are many reasons which have contributed for the differences between the finite element 

model and the mechanical experimentation stiffness/rigidity values obtained. Considering that 

variations in the bone alignment between the models were not present, details assumed or 

simplified in the finite element model could have greatly contributed for the variations 

registered. As stated previously, there were differences between the mechanical experiment 

boundary conditions and the ones considered in the finite element model. The most common 

suggested strategy and which was also adopted in this chapter, for the development of a model 

that satisfies the practical requirements, is to modify the modelling assumptions and parameters 

until there is a correlation between the analytical predictions and the experimental results [107]. 

From this iterative approach it was possible to notice that both models (bone and bone-implant) 

were very sensitive to slight boundary and parameters variations. The study developed in this 

chapter was not concerned with the understanding of how changes of parameters may influence 

the structural responses. It is important that the influence of each assumption is understood in 

order to determine whether the results are still reliable [108]. Hence, in order for the location 

of the error(s) and for deviations between test and mechanical analysis to be minimized a 

sensitive analysis should have been developed. Another important parameter which contributed 



Bone-intramedullary nail system stability 

166 
 

for the percentage variation between the models was the distribution of the cortical bone 

thickness through the tibia. The determination of the cortical thickness based on the method 

suggested in this chapter was a very challenging task. However, the geometric modeling of this 

layer could have been done in a more easily manner and with more accurate results, if computer 

tomography (or CT) [28, 29, 37-39, 42] or magnetic resonance imaging (or MRI) [28, 32] data 

was obtained from the intact tibia and was used as the basis for the construction of the finite 

element model. The use of a CT also allows obtaining anisotropic specific properties of the bone 

tissue under study for the mechanically complex cadaveric bone. It is believed that this strategy 

would have improved the model predictive capabilities [104].  

Another limitation of the study was that although a huge concern was expressed in relation to 

physiological bone orientation and even load application, the tibia as a support structure of the 

body system is subjected to a more complex loading in vivo than the simplified representations 

adopted in this study [68, 97, 99]. Hence, in order to replicate a physiological representative 

biomechanical behavior of the bone-implant system and to obtain clinically relevant insights on 

this subject, the influence of the soft tissue, muscles and hematoma in the fracture gap motion 

[31, 35] should prospectively be included in the study tools developed. Another limitation was 

in the use of the gypsum plater during the mechanical experimentation. In comparison to the 

more commonly used poly(methyl methacrylate) (PMMA) bone cement as 

mounting/embedding material [35], the gypsum plater was selected based on its good 

availability, simple application and more importantly the ease to remove which allowed 

different grips to be applied to the same bone test sample. However, the solidification process 

involves water evaporation where mould shrinkage may occur. There is also no proof of the 

material stability under load since this component has not been used in previous bone 

mechanical test experiments. Another remark can be made regarding the torsional loading 

mode where a cardanic hinge (saddle joint) should have been coupled to the upper grip in order 

to avoid transmission of any load other than the intended torque and to allow tibia self-

alignment during the essay. However, such improvements were not possible due to the torsional 

loading set-up adaptation required.  

Despite these limitations, this study provided a tool for simulating mechanical experimental 

conditions with a composite tibia, where the standardized geometry and low inter-specimen 

mechanical properties variability of the synthetic bones, facilitated the study design and 

validation process. However, although it may be agreed upon that the composite bones are able 

to establish a baseline which allow a direct comparison to physiological conditions [16], it is of 
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general consent that an accurate study on bone-implant system and its relation to the bone 

healing process, demands the use of cadaveric bone samples. If the cadaveric tibiae are to be 

considered the study samples, the tools developed in this study present severe limitations. The 

grips’ stainless steel personalized interface only allows their use for the specific tibia to which 

they were designed based on. When composite tibia is used, this drawback may be 

bypassed due to the synthetic tibia similar geometries, however, high inter- and intra-individual 

geometric variability characteristic of human tibiae, completely jeopardize their study through 

this strategy [109]. Also, the study of cadaveric tibia samples, obligates to test a high number of 

specimens to obtain satisfactory statistically significant comparisons as a result of their large 

variability in terms of quality and mechanical property [14, 100]. A simple and reproducible 

strategy to use the models developed in this chapter to studies based on the use of cadaveric 

bones, would be to apply the 3D-printing techniques to obtain personalized bone-implant 

interface for each of the cadaver specimens under test and shift the personalized interface in 

the grips between the test specimens. This approach would allow the development of finite 

element analysis studies based on cadaveric bone and their validation through mechanical 

experimentation while guaranteeing reproducible bone alignment and load application. 

3.4. Conclusion 

The acquisition of an optimal mechanical environment for bone fractures is a determinant issue 

in the recovery process and the ability to study the bone-intramedullary nail system 

biomechanical stability with data that closely resembles the physiological ones is a key strategy 

in this process. Thus, in this research a strategy considering both finite element analysis and 

mechanical tests for the overall evaluation of intact bone and/or bone-implant system under 

simple and reproducible conditions while reflecting physiological load and bone orientation, was 

developed.  

Through the analysis and validation of the study tools, a bone-intramedullary nail stiff construct 

was developed and when loaded, in different modes, it positively responded with the generation 

of interfragmentary motion. However, the impact of such stimulus in the healing process is 

greatly limited by the still controversial and not fully understood ideal mechanical environment 

at the fracture site and how this concept evolves throughout the healing progress. Until the 

relation between bone-intramedullary nail stability and optimal interfragmentary motion for 

fracture healing is not stablished, it is difficult to determine performance goals for the 

intramedullary nail fixation method and to develop strategies in order to improve the fixation 

method and enhance the healing process quality and recovery time. The tools developed in this 
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study still need to be improved in order for cadaveric bone samples to be studied. However, 

considering the high sensibility of the model to slight variation in the parameters, it is possible 

to claim that the finite element model developed presents a satisfactory level of reliability in 

relation to the tibia experimental behaviour. Hence, it can already be used for bone-implant 

studies, e.g. by considering that the shape and the mechanical properties of bone are greatly 

determined by the strain to which it is subjected, the question arises if any interesting insights 

could be obtained with the application of the tools developed in this study to analyze the stress 

and strain generated at the fracture site when intramedullary nail system was used and how it 

resembles the pattern generated at the same location in physiological healthy bone when 

exposed to the same mechanical loading conditions. Hopefully the strategy developed in this 

chapter will contribute to assist in the physiological description of the bone-implant construct 

stability and its role in the healing process. Also with the use of the tools developed and by 

varying the axis lines, it may be possible to represent and analyze limb deformity cases (e.g. 

valgus knee, varus knee, hamstring contracture, hyper-extended knee and knee arthritis) [45, 

46]. While no new groundbreaking disclosure on the intramedullary nail stability subjected is 

introduced, the application of additional physiological micromotion, to the already generated 

motion from the use of the intramedullary nail, in the early healing phase post-fracture (up to 3 

weeks according to Dailey et al. [35] suggestions) when patients normally have very low activity 

levels, is an interesting strategy which may reinforce the fracture healing process without 

additional risks to the patients. 
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CHAPTER 4 
“Roughly 90% of the useful information about mgnets can be learned in 25 minutes. 

The remining 10% takes a lifetime to learn” 
Anonymous 

4. Actuator selection 

In this chapter, the potential of different material actuators for the purpose of bone healing 

enhancement, as well as their ability to perform in association with the intramedullary nail, and 

to be implanted in the medullary cavity, were evaluated. There is constant search for excellence 

in medical technologies, which increases patient’s quality of live by reducing the required 

healing time in a simple and effective manner and at a possibly reduced cost. This demanding’s, 

requires the existence of materials with superior performance characteristics [1]. A material that 

generates a motion - strain or vibration - throughout the intramedullary nail, transmitting it to 

bone fragments and consequently to the interfragmentary healing site, should be considered. 

Movements with different amplitudes and frequencies that are capable of inducing at least 5 µε 

at the fracture site and performs at frequencies between 10 to 100 Hz (or slightly higher), are 

desired. The actuator will be in direct contact with the cannulated intramedullary nail’s interior 

or the exterior surface. Hence, actuator sizes can vary but are preferred to be in the millimeter 

range. The actuator is expected to perform during at least several weeks in response to a 

stimulus, and at an average temperature of 37 °C (in the absence of tissue inflammation). The 

actuator should be biocompatible during a considerably long time range, which may go from 

months - if the intramedullary nail is removed after the fracture as healed - to years - in cases 

where the physicians decide not to remove the stabilization device (strategy normally adopted 

among elderly patients). The goal is to find a material with unique requirements according to its 

functions and implantation location [2]. In such case, a device, which is any equipment that 

transforms one type of energy into another, should be considered [3]. The appropriate type of 

transducer would be an actuator which transforms some type of energy into kinetic energy or 

motion. Progress in material science brought a new generation of materials which outperform 

the conventional structural and functional ones - the smart materials [1]. Although, there is no 

worldwide general definition for these materials, according to Przemysław Sękalski [4] they can 

be described as ‘materials’ where one or more properties might be dramatically altered with a 

specific stimulus (e.g. electricity, heat, or magnetic field). 
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Also, according to Addington and Schodek [5], all smart materials are capable of real-time 

response and of responding to more than one environmental state and have discrete and 

predictable response to the triggering event. This is the case of piezoelectric, pyroelectric, 

electrostrictive, magnetostrictive, piezoresistive, or electroactive materials [4, 6, 7]. From all the 

available smart materials, and considering the actuator’s desired features, piezoelectric stacks 

and permanent magnets were considered due to the desired motion range, reduced size and 

general known good reputation. Section 4.1. is dedicated to piezoelectric materials and Section 

4.2., to the evaluation of permanent magnets. 

4.1. Piezoelectric stacks 

4.1.1. Introduction  

Coupling between electrical and mechanical phenomena is commonly experienced by a broad 

range of materials and constitute the basis for multiple applications [8]. Piezoelectricity was first 

discovered by Pierre and Jacques Curie, in 1880, after crystal tourmaline showed an electrical 

polarization when subjected to mechanical force [4, 7, 9-11]. Soon after this finding, it was 

discovered that, conversely, when such crystals were exposed to an electrical field they 

experienced an elastic strain, and lengthened or shortened according to the polarity and in 

proportion to the strength of the field. These behaviors were labelled as piezoelectric effect (or 

effect of piezoelectricity) and inverse piezoelectric effect (or piezo-mechanics), respectively [10]. 

However, when actuators are required, the inverse piezoelectrical effect should be considered. 

The piezoelectric actuators’ good reputation is a result of properties such as the small shifts, 

high force generation, high mechanical load capability and high stiffness [12]. These, combined 

with their reliability and availability, made piezoelectric actuators a successful practical option 

with application in the modern technology field as motors and devices for precise positioning 

control, and for sonic and ultrasonic signals generation [13-15]. Medical applications of 

piezoelectric devices involve drug delivery, surgery, diagnosis, and therapy [16]. The fabrication 

of most bulk piezoelectric ceramics follows the mixed oxide route. This method starts with the 

powder preparation through the mixture of metal oxides at stoichiometric proportions. Then 

the mixture is calcinated at temperatures between 700 and 1100 degrees and which causes 

volatiles removal and crystallization occurrence. Afterwards, the particles are reduced to the 

micrometer range through a milling process (e.g. dry-ball milling, vibration milling and/or wet 

ball milling). The fine powder is then mixed with a binder - usually a combination of polymers - 

and shaped and sized as desired (e.g. dry-pressing, extrusion, casting and injection molding). 

The rough shapes are then sintered for binder burn-out and to obtain a mechanically strong and 

dense crystalline structure. The next steps are: cutting and machining into a more refined shape, 
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electroding where electrodes are applied to the appropriate surface and poling (or polarizing) 

[7, 10, 11, 13]. Piezoelectric ceramics (or piezoceramics) are polycrystalline materials where 

each crystal with determined chemical composition is made of negatively and positively charged 

atoms occupying specific positions in repeated small units called unit cells. The manufactured 

ceramic, composed of randomly oriented piezoelectric crystallites, produced a composition of 

random orientated dipoles with reciprocally cancelling effects. Hence, the overall element has 

no polarization and no piezoelectric behavior. The regions of like-oriented dipole moments are 

referred to as domains. Also, the presence of piezoelectricity in a crystal is related to the lack of 

center of symmetry in the structure, meaning that the movement of the positive and negative 

ions with respect to each other produces an electric dipole. During the manufacturing process, 

the poling method is used to orient the domains through the application of a strong, direct 

current electric field at a certain temperature. During this process, nearly all domains will align 

with the external electric field and the ceramic will slightly lengthen along the poling axis and 

contract in both direction perpendicular to it. When the electric field is removed, most of the 

dipoles are kept fixed. This gives the material a permanent polarization, called the remnant 

polarization, and a permanent elongation that makes it anisotropic. If a voltage of the same 

polarity as the poling voltage is applied to a piezoelectric element, parallel to the direction of 

the poling voltage, the element will lengthen and a slight contraction perpendicular to the field 

will occur. If an alternating voltage is applied, the disk will lengthen and shorten cyclically, 

according to the frequency of the applied voltage [4, 7, 9-11, 13, 17].  

After the previous brief description of the piezoelectric concept [18], a sequential strategy to try 

to adapt a piezoelectric actuator to a distinct application was considered. It started with the 

unavoidable task of selecting the most suitable lead zirconate titanate (or PZT) material or 

materials, while considering a reliable accommodation site for the piezoactuator (in/at the 

intramedullary nail) and with concerns towards environmental hazards (e.g. sealing for 

corrosion and resistance to shock). Finally, the selected accommodation site was evaluated 

towards the mechanical impact it may represent for the actuator and the actuator itself was also 

evaluated in terms of driving conditions (voltage applied, displacement generated, force 

generated and interfragmentary site motion produced) in systems resembling as close as 

possible the real scenario. 
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4.1.2. Piezoactuator and accommodation site selection 

Piezo-mechanics is a composition-dependent property in which the chemically complex 

piezoceramics fall into different categories. Starting with the barium titanate (chemical formula: 

𝐵𝑎𝑇𝑖𝑂3) introduced as a replacement of the primordial piezoelectric single crystals such as 

quartz and tourmaline, the lead zirconate titanate, lead metaniobate (popular for its high 

anisotropy and lower acoustic impedance) and more recent materials such as modified lead 

titanate and bismuth strontium titanate (commonly used for higher temperature applications) 

[13]. PZT, represented by the general molecular formula 𝑃𝑏(𝑍𝑟1−𝑥𝑇𝑖𝑥)𝑂3, is currently one of 

the most widely used piezoelectric materials. Its popularity was obtained from the continuous 

excellent actuator and transducer performance that resulted from its advantageous properties 

such as its superior dielectric, piezoelectric and electromechanical coupling coefficients [7, 19-

21]. Similarly to other commercially available ceramics, PZT is based on a perovskite crystal 

structure where each unit consist of a tetravalent metal ion, titanium, in a lattice of large 

divalent metal ions, such as lead and O2- ions [13]. A noticeable feature of PZT is that it lies near 

a morphotropic phase boundary. This allows a coupling between two equivalent energy states, 

tetragonal and rhombohedral phases, and an optimum domain reorientation during the poling 

process, which results in an enhanced polarizability and consequently in an anomalously high 

dielectric and piezoelectric properties [19, 20]. Considering its outstanding performance and 

availability, PZT materials will be considered for evaluation.  

Piezoelectric actuators from a few manufactures, namely, Noliac, Face® International 

Corporation, Piezomechanik GmbH, PiezoDrive, Johnson Matthey Piezo Products, PI Ceramic 

Piezotechnology and NEC/TOKIN, were investigated, as suggested by Niezrecki et al. [22] and 

Uchino [23], in terms of the actuators’ design, size, weight, displacement generated, force 

exerted, frequency, biocompatibility, electrical induced current and operating life. The 

information’s gathered from the different companies’ manufacture guides, are summarized in 

Table 8.1 (in Appendix B).  

To select the most suitable actuator design and size, it’s positioning in or at the intramedullary 

nail should first be considered. The concern with the actuator protection against mechanical 

impact (e.g. during intramedullary implantation), to avoid its deterioration due to the 

surrounding in vivo conditions (e.g. body fluids) and to guarantee a desirable level of 

reproducibility during a satisfying operating lifetime, led to the consideration of the circular 

cannulated interior of the intramedullary nail as the best site for the placement of the actuator. 

There, the actuator should be placed between two blocks rigidly linked to the inner 

https://en.wikipedia.org/wiki/Chemical_formula
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intramedullary wall so that the displacement generated by the actuator could be propagated 

along the nail and into the healing interfragmentary site. Assuming the worst scenario where a 

small diameter intramedullary nail (according to manufacturers corresponds to the 9 mm) would 

be considered, the available space for the actuator placement would be reduced to 6 mm 

diameter which corresponds to the nail interior dimension. However, when selecting the 

actuator dimensions, the existence of an air gap between element side-faces and the 

surrounding mechanics should be considered. So that no damage to the actuator surface 

insulation occur over time [12]. This limitation greatly reduces the actuator design and size 

admitted. 

There is a limited variety of commercially available actuator designs. Common designations are: 

thick film, rectangular, tube, ring, film, laminar, stack, bender- and shear-type [17, 22].  

Although, PZT thick films (thickness between 1 and 100 micrometers) actuators were not 

selected for evaluation and were not displayed in Table 8.1 (in Appendix B), according to 

literature [13] there is an increase popularity in the use of these devices due to their improved 

capabilities when compared to bulk actuators (thickness equal or superior to 100 micrometers). 

The bulk components are the most common commercially established actuator designs, whose 

availability and variability edge led to their consideration for use in the project. The bender-type 

actuators design consists of two joint small beams with interdependence motion where their 

different expansion or contraction will lead to the overall structure bending [17]. From the 

different designs presented in Table 8.1 (in Appendix B), the bender-type actuators are the ones 

in which the smaller sized components allowed a larger free motion, with range between 30 µm 

to 4 cm. However, there seems to be an inverse relation between the amount of free motion 

and the maximum force exerted by the actuator. Hence, the force applied by the bender-type is 

reduced, with a maximum value of 5.50 N for the products presented. Also the increase in the 

free stroke is associated with an increase of the actuator size, which again limits is application 

in the nail. By excluding the latter design, the suitability of the shear-type and plate models are 

compared. Both designs have actuators with reduced dimensions, which allows their application 

inside the intramedullary nail. Although, similar in shape, the great difference between the 

actuators are the type of motion generated. The shear-type actuator exploits the transverse 

motion while the plate actuator the axial motion. As stated previously (in Chapter 1), there is no 

particular preference in the type of motion generated at the fracture site, since there is no 

general agreement in which type of motion most greatly benefits the healing process. Hence, 

both actuator types can be considered. However, the free motion magnitude generated by the 

smaller sized actuators is very low. To improve the traditional single bulk piezoactuators reduced 
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strain levels, internally, externally or frequency leveraged strategy can be adopted. The simplest 

form of internally leveraged amplification is obtained by stacking several layers of PZT elements 

one on top of the other, in the direction of the applied electrical field, leading to a multilayer 

structure [16, 22]. The final structure obtained is known as a piezo-stack actuator and is 

represented in Figure 4.1. According to manufacturers [12, 18], the axial strain enhancement 

can rate up to 0.2% of the stack’s length (𝐿) (in comparison to the 0.1% strain characteristic of 

the single ceramic actuators) and may lead to a range of motion between 2 μm and 0.1 mm 

depending in the stack length and the actuation conditions while maintaining a low voltage 

requirement. Although this strategy may induce dielectric hysteresis, meaning that there is a 

non-linear relationship between the applied voltage and the resulting mechanical displacement, 

in most cases actuator behavior can be considered linear and the resolution is still maintained 

very high. Another strategy to amplify the piezo actuator stroke is to use an external leverage, 

which relies on a mechanism external to the piezoelectric input (e.g. lever arm actuator and 

hydraulic amplification). Even though a significant strain amplification can be achieved with this 

method, it normally requires an apparatus that increases the actuator system dimension and 

costs. Frequency leveraging is a completely different approach and theoretically leads to infinite 

stroke, but it suffers from limited force generation due to frictional effects [9, 22, 24]. Therefore, 

the piezo-stacks were considered for evaluation in this work. 

In the piezo-stack actuator the faces of each PZT ceramic element are electrodes, being the 

alternate faces electrically connected. When a voltage is applied to the stack, an electrical field 

within each ceramic layers is generated, the adjacent elements are poled in opposite directions 

and the resulting mechanical strain of the stack (∆𝐿) will be the sum of each of the elements 

strain. The high actuation force (𝐹) will also result from the accumulation of the force produced 

by each single piezoelectric element. Similarly to what is verified in single PZT elements, in stack 

actuators the axial expansion in the direction of the electric field will be accompanied by a lower 

contraction/shrinking in the opposite direction. However, for the sake of simplicity, this 

phenomenon was not represented in Figure 4.1 [4, 15, 24].  

 

http://www.linguee.pt/ingles-portugues/traducao/known.html
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Figure 4.1 - Schematic cross-sectional representation of a multilayer PZT piezo-stack with longitudinal expansion, built 
up from individually contacted piezoceramic discs. Based on [9, 16, 18, 24]. 

Other essential characteristics of the actuator are the displacement capability, force generated 

and operation frequency. When the piezoelectric stack expands freely, in the absence of 

external forces, the actuator strain (𝑆𝑖𝑗) will be proportional to the electric field strength (𝐸) as 

demonstrated by equation (4.1).      

𝑆𝑖𝑗  =
∆𝐿

𝐿
= 𝑑𝑖𝑗𝐸         (4.1) 

The proportionality between the electric field applied and strain generated is given by the 

piezoelectric coefficient (𝑑𝑖𝑗) constant. Furthermore, these properties are directional quantities 

being subscripts to identify the conditions under which they are determined. Hence, the first 

subscript indicates the direction of the applied electrical field and the second is the direction of 

the induced strain. The piezoelectric stack free expansion will correspond to the material 

maximum displacement. The maximum electric field allowed, however, will depend on the 

breakdown voltage of the ceramic. Commonly, PZT piezo-stacks present a maximum field 

strength of 2 kV/mm [7, 9, 11, 12, 18, 19]. However, this situation does not always occur. For 

this project the actuator device should reflect in an interfragmentary site motion, meaning, it 

will act upon a mechanical partner so the motion can be propagated along the nail and into the 

healing site. In the presence of a mechanical partner, the piezo-actuator expands generates an 

external force (𝐹) which not only compresses the mechanical partner, but the force will act back 

on the stack it-self. This phenomenon reduces the effective external stroke of a piezoelectric 

stack. When placed against an infinitely rigid body it is not capable of creating a motion, however 

the actuator maximum force (also known as blocking force) will be generated. The transfer of 
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energy from the actuator to the mechanical system is maximized when the stiffness of the 

actuator and the mechanical system are similar [12, 22]. The motion, in static behaviour in the 

longitudinal field (with a 33 subscript), in a simplified manner, can be described by equation 

(4.2), where 𝑇 represents the stress (e.g. caused by external forces), 𝑠33
𝐸  the material compliance 

(inverse of Young modulus) and 𝑐𝑇 the material stiffness. The superscripts indicate a quantity 

held constant and in this case the electric field is held constant.  

𝑆33 =
∆𝐿

𝐿
= 𝑠33

𝐸 ∙ 𝑇 + 𝑑33 ∙ 𝐸 =
𝐹

𝑐𝑇∙𝐿
+ 𝑑33 ∙ 𝐸      (4.2) 

From the information available in the Table 8.1 (in Appendix B), and by limiting the design to 

piezo-stack actuators to reduce dimensional size, high axial displacement and load generated, 

there is a reduced amount of commercially available models. From the piezo-stacks displayed in 

Table 8.1 (in Appendix B), the Pst 150/2x3/5 and Pst 150/2x3/7 models from Piezomechanik 

GmbH were selected for evaluation based on the fact that they presented the dimension below 

the maximum accepted to fit the intramedullary nail interior space, they are lightweight - with 

average weight is 0.43±0.004 and 0.66±0.013 g, respectively - and present the higher free stroke 

to blocking force rate at a lower price. In relation to the operating frequency parameter, similarly 

to every body of mass, piezoceramics have an intrinsic characteristic frequency, known as 

resonance frequency, at which it prefers to vibrate. When the actuator is excited at this resonant 

frequency, it will vibrate freely with greater amplitude than at other frequencies and it will 

convert more efficiently the electrical energy into mechanical energy [4, 7]. However, according 

to manufacturer information [12], in several cases the real operating frequency of a 

piezomechanical system is far below the actuator’s resonance frequency. As anticipated for this 

project, the physiological frequencies, between 10 to 100 Hz, are also below the resonance 

frequency of the selected actuators, 100 and 150 Hz, respectively. The selected piezo-stacks 

samples resonance frequency difference is a result of the actuators structure size, where a lower 

frequency is expected from a larger length-to-diameter ratio actuator.  

The selection of these actuators was also influenced by the work developed by Clara Frias [25-

27]. Based on the concept that extracellular mechanical forces induce bone adaptation and 

reconstruction, several studies tested the use of piezoelectrical inverse effect to prompt bone 

cells growth in vitro and in vivo. Tanaka et al. [28, 29], used bimorph-type piezoelectrical 

actuator which through bending motion, mechanically stimulates cultured osteoblastic-like 

bone cells growth. The device developed was capable of generating physiological strains, 

frequencies and waveforms making it an interesting tool for bone cells activities study. Konno 

http://www.linguee.pt/ingles-portugues/traducao/lightweight.html
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et al. [30] also developed a research device based on a PZT vibrator piezoelectric beam with 

clamp-free boundary conditions to enforce local mechanical stimulation onto cultured living 

adhesive cells. With the aim of developing an implantable device to improve bone formation, 

Clara Frias [25, 26] tested polymeric PVDF (also known as polyvinylidene fluoride) films coated 

with poly (methyl methacrylate) (or PMMA) and micro-particles of Bonelike to stimulate 

osteoblast-like cells growth through tri-dimensional displacement of the piezoelectric film. To 

further evaluate the potentiality of Frias’ actuator, an in vivo study was developed by Reis et al. 

[27] in sheep femur and tibia osteotomy cuts. The study demonstrated that after one-month 

implantation, the total bone area and bone deposition rate were significantly higher around 

actuators when compared to static controls. However, the development of a fibrous capsule was 

also detected. This phenomenon may have been triggered by piezoactuator coating damage 

which expose the in vivo environment to hazardous effects of the actuator device constitutive 

materials (PVDF and silver nitrate from the electrode) and electrical current. This calls our 

attention to the variables biocompatibility and electrical field generated.  

It is of general acceptance that the biocompatibility of the implanted material is vital for the 

application of actuators in vivo. The behavior of PZT materials in a body fluid environment is not 

clearly established yet. PZT itself does not seem to be toxic to the cells but concern arises from 

the possible lead release from the material dissolving/corrosion in the body fluid presence. 

Titanium and zirconium are considered highly biocompatible; however, there is a concern with 

lead oxide toxicity since it is known to accumulate in the organism, causing damage to the brain 

and nervous system [31]. Considering this burden, strategies where piezoelectric non-toxic 

materials have been investigated. A popular approach is the use of lead-free piezoelectric 

ceramics, which are reported to offer comparable properties to that of PZT ceramics, making 

them viable candidates for in vivo applications [19, 20]. According to the initial strategy the 

actuator would already by hermetically isolated from the in vivo body fluids and protected from 

mechanical impact by its positioning in the cannulated interior of intramedullary nail and 

between two blocks coupled to the nail interior wall. However, the possibility of the additional 

application of a biocompatible resistant coating is always a safe approach. Some companies are 

capable of providing such special sealing [9, 13]. 

The electrical driving field needed to produce the piezo-stack displacement should also be 

evaluated and will allow design issues to be addressed. From an electrical point of view, piezo-

actuators behave like electrical capacitors where the induced motion can also be described as 

the consequence of the variation of the electrical charge content of the piezo-actuator. These 
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charge change and actuator displacement is connected with a charge transport that requires the 

electrical current (𝐼) and which depends on the actuator capacitance (𝐶), as described by 

equation (4.3) [12, 16, 18, 32].  

𝐼(𝑡) =  
𝑑𝑄

𝑑𝑡
= 𝐶 ∙  

𝑑𝑉

𝑑𝑡
          (4.3) 

Based on this relation the current required for sinusoidal operation will be given by equation 

(4.4) where 𝑓 represents the operating frequency and 𝑉𝑝−𝑝 the peak-to-peak drive voltage. 

𝐼(𝑡) =  𝐶 ∙  𝑉𝑝−𝑝 ∙ 2 ∙ 𝜋 ∙ 𝑓        (4.4) 

To have a framework of the maximum current required by the piezo-stack actuators, it was 

necessary to assume that the actuators would perform at the maximum semi-bipolar activation 

voltage, i.e. 180 V (-30/+150 V). Although, the maximum bone physiological frequency is 100 Hz, 

an alternating current (or AC) between 50 and 60 Hz sinusoidal waveforms currents are 

considered, since this is the frequency for which the human bone and other signal sensitive 

tissues (e.g. nerve controlling the heart) are more responsive [33]. The actuators capacitance is 

a material-inherent property and for the Pst 150/2x3/5 and Pst 150/2x3/7 models the values are 

70 and 170 nF, respectively. Hence, each model operates at a maximum electrical current of 

approximately 4.8 and 11.5 mA. The PZT piezoelectric actuators electrical driving field has been 

pointed-out as one of the limitation of these transductors [14].  

Some strategies should also be adopted in order to guarantee the actuator’s high reliability, 

reproducibility and long operating life. These parameters will depend on the operating 

conditions, such as the parameters used (e.g. voltage applied) and the actuator surrounding 

conditions (e.g. temperature, humidity and compressive stress) [13]. According to literature [2, 

9, 16-19, 34] there are strategies which may contribute to maintain the piezoelectric effect and 

increase the PZT piezo-stack actuator lifetime. The piezoelectric effect can be lost if a strong 

electric field is applied opposite to the direction of polarization, and which, normally, should not 

exceed 500 V/mm. Also if an extended lifetime is desirable, maximum voltages should be 

avoided by using operating voltages as low as possible, for example in the case of a 150 V 

actuator, instead, a 100 to 130 V would be advisable. However, the reduction in the applied 

voltage will also reduce the maximum stroke applied by the actuator. Furthermore, the 

piezoelectric effect will be lost if the actuator is heated above the Curie temperature. However, 

to avoid reduction in the piezoelectric activity the operating temperature should be 

approximately 50% of the Curie temperature (temperature to which the piezoelectric material 
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will suffer depolarization). Being this parameter material-dependent, in the case of multilayer 

actuators such as piezo-stacks their Curie temperature are around 150 degrees.  Hence, it may 

be advisable only to heat piezo-stacks up to 80 degrees. This boundary allows the implantation 

and performance of PZT piezoceramics inside the human organisms since the average 

temperature is 37 degrees. Also, the actuators would not be sterilized with high temperature. 

According to a national orthopedic device company Artur Salgado S.A. the γ-irradiation is the 

preferable method used for intramedullary nails. Since the PZT piezoceramics are not degraded 

by radiation, the actuator can be sterilized with the same method used for the fixation implants 

and again the temperature limit does not represent a restriction. Another strategy used to 

increase the lifetime of piezoactuators is to apply appropriate coating or to encapsulate the 

actuator into a hermetic metal casing. The latter would improve the reliability and stability by 

protecting the ceramic against the human body harsh environment with highly conductive and 

chemically aggressive body fluids (e.g. body fluid corrosion properties) and against mechanical 

impact (e.g. higher shock resistance). However, the metal casing piezo-stack designs available 

are for larger sized actuators which hinder their use for this project. Piezoelectric materials are 

brittle components, are sensitive to shear, cross-bending, torsional forces and have low 

resistance to tensile load. Hence, the compressive strength of piezo-stacks is more than one 

order of magnitude larger than their tensile strength. The resistance to tension is especially low 

when multiple piezoceramic layers are glued together. Tensile forces can cause layer separation 

and ceramic material cracking which can lead to a weakening of the electrical “stability” of the 

ceramics. A common strategy used to compensate for tensile loads is to subject the actuator to 

a pre-loading condition. This method will also increase the stability of larger length to diameter 

ratio piezo-stacks and will maintain the actuator in position. Manufactures often suggest the 

application of a compressive mechanical pre-loading between 10 to 12% of the maximum load 

capability and in push configurations levels of up to 50% can also be recommended. 

4.1.3. Actuator performance 

To properly evaluate the piezoelectric actuators potential for bone healing process 

enhancement when intramedullary nails fixation method are used, it is essential to evaluate the 

selected accommodation site in terms of its capability to guarantee the actuator’s mechanical 

protection during demanding surgical procedures, such as intramedullary nail implantation and 

nail removal after full bone recovery. According to manufacturers [10, 12, 13, 18], the product 

information on the piezoactuators performance was obtained from studies developed by the 

companies under particular test conditions. Thus, a distinct behavior can be expected when 

operated in different experimental settings. It is essential to evaluate the selected 
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piezoactuators samples under as close as possible realistic operational conditions in order to 

understand and predict its behavior. The piezo-stack actuator converts electrical energy into the 

generation of deformation and force, and the mechanical interaction between the actuator and 

the mechanics is ruled by the stiffness of the two system parts. Hence, the actuator’s 

displacement and force generation in response to voltage variation should be determined to 

obtain a simple first characterization of the actuators performance. Unfortunately, the direct 

measurement of force in relation to electric voltage or strain is challenging due to the short-

range nature of the force generated in the selected actuators. To obtain this information a 

combination of a sensitive force detection method with a precise control of distance on the sub-

micrometer scale or voltage application would be crucial [35]. Hence, the relationships between 

the applied electric voltage and the actuator displacement response through the increase of the 

mechanical partner load applied were evaluated. Another approach to better predict the 

behavior of the actuator in a host structure was through the development of a finite element 

model of the system to understand the relation between the actuator force applied and the 

interfragmentary displacement generated, as suggested by Flint et al. [16].  

i) Material and methods 

Accommodation site evaluation 

The accommodation site selected was evaluated through a finite element analysis in ANSYS 

Workbench 15.0 (ANSYS Inc., Canonsburg, PA, USA). The finite element tibia model based on the 

synthetic human tibia structure (4th generation, medium left, model #3401, from SawBones 

Europe AB, Malmö, Sweden), which was developed in Chapter 3, was also used throughout the 

“Accommodation site evaluation” experiment. No reaming was applied throughout the 

medullary canal, in order to simulate a worst case scenario of nail implantation (very narrow 

medullary canal with difficulty in nail sliding) and removal (new bone formation around the nail 

after fracture has healed). No osteotomy/fracture was assumed. Top and bottom jig with 

contact region between the jig and the bone surface guaranteed the physiological orientation 

of the bone and physiological movement limitation to which the tibia would be subjected when 

pressed by joints. The intramedullary nail used in this study, was also based on the 9-mm-

diameter per 345 mm length, cannulated AISI 316L ASTM F318 stainless steel intramedullary nail 

(model M596222 AB0366 T, L.A. Medicals, Albergaria-a-Velha, Portugal). The nail was not fixed 

with screws. A proximal positioning of the piezostack (10 mm below the end of the nail proximal 

portion curvature) in the straight portion of the intramedullary nail was considered. The piezo-

stack Pst 150/2x3/5 model actuator was represented by a 2x3x5 block, restricted above and 

http://www.linguee.pt/ingles-portugues/traducao/restricted.html
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below by 2 mm length per 6 mm diameter intramedullary nail discs. The discs were considered 

as an extension of the interior wall. Similarly, to Chapter 3, cortical bone was considered as a 

linear, elastic, orthotropic material with a density of 1 640 kg/m3, a Young’s modulus of 10 000 

MPa for transverse load (Ex and Ey) and 16 700 MPa for longitudinal load (Ez) and a Poisson’s 

ratio of 0.3 for any directional load applied (νx, νy, νz). The cancellous portion presents a density 

of 270 kg/m3 and was assumed to behave as an isotropic linear elastic material with a Young’s 

modulus of 155 MPa and a Poisson’s ratio of 0.225. The stainless steel material for the nail and 

the discs was modelled as linear elastic, isotropic and homogeneous material with a density, 

Young’s modulus and Poisson’s ratio of 8000 kg/m3, 200 000 MPa and 0.27, respectively [36, 

37]. The piezoelectric stack was assumed to behave as an isotropic linear elastic material with a 

Young’s modulus of 37 500 MPa based on manufacture’s information and the Poisson’s ratio of 

0.27 was assumed similar to stainless steel material. The upper and lower jigs presented 

common steel properties. The mesh adopted throughout the finite element model was similar 

to the one used in the Chapter 3 model. The actuator part was meshed with hexahedral 

elements (16319 nodes) and with element size of 0.2 mm. All contact surfaces between the 

cortical/trabecular bone; bone/containers and intramedullary nail/actuator and intramedullary 

nail/bone (cortical and trabecular) were assumed to be bounded ("glued contact"). The upper 

and lower jigs were assumed as fixed parts. The loads considered aimed to mimic nail 

implantation through hammering and nail removal and were selected based in mechanical 

experimentation studies. A hammering performance depends on the impulse force and accuracy 

[38]. By assuming that a Slide Hammer through a Hammer Guide apparatus would be used, the 

accuracy variable would not be included. Considering that the force applied to the nail would be 

very large and act for a very short time [39], the hammering maximum impulse force was 

assumed as 2224 N [40] and it was applied at the tip of the intramedullary in the direction of the 

nail proximal portion. Similarly to the study developed by Sonoma Orthopedic Product [41], for 

the nail removal procedure a tension of 900 N was considered. Again the load was applied at 

the tip of the intramedullary and in the inner wall of the proximal curved portion of the nail and 

was applied in the direction of the nail proximal portion. The actuator upper surface stress and 

the actuator strain (normal and shear) during the mechanically demanding procedures were 

registered. 

Displacement versus voltage analysis 

The test set-up of Figure 4.2 was used to measure the displacement versus voltage of the 

actuators under different loads. The piezo-actuators displacement in real-time was measured 
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through the use of a single-point laser Doppler vibrometer system. This system comprises an 

optical sensor head (model OFV-303, Polytec Ltd., Hertfordshire, UK) and a controller (model 

OFV-3001, Polytec Ltd., Hertfordshire, UK) which provides power for the measuring head and 

processes the vibration signal. In this method, the actuator displacement magnitude is obtain 

through the comparison between the incident laser beam used as reference beam and the 

frequency shift of the scattered laser light due to the Doppler effect in response to the motion 

of the surface [42-44]. The mounting and motion transfer in piezo-stacks is always done through 

the endfaces. Therefore, the actuators models tested, Pst 150/2x3/5 and Pst 150/2x3/7 

(Piezomechanik GmbH, Munich, Germany), were fixed through their bottom endface to the top 

of a stable supporting base with the use of an acrylic adhesive and it was fixed in series with a 

mechanical press. The different load applied to the actuator with the mechanical press was 

manually adjusted and its magnitude determined by a feedback control obtained through a 

specially adapted battery operated top loader scales (or portions scale). The actuators 

voltage/deflection behavior was evaluated with the piezo-stacks under three different loads of 

approximately 3, 10 and 30 N. After each set-up assembling, the end-faces contacts were 

verified for misalignment between the actuator top surface and the mechanical press arm, to 

assure that the load vector coincided with the actuators’ axis and that it was equally distributed 

across the actuator’s cross section to avoid high local pressure. Since the laser Doppler 

vibrometer can only measure the motion component in out-to-plane direction parallel to the 

optical axis sensor head [42-44], a mirror system strategy was adopted to direct the laser light 

to the actuator free end surface, or more precisely, to the surface (right above the actuator) of 

the mechanical press arm. 

Piezo-stack actuators fine movements were controlled with the use of a single-channel, open-

loop piezo controller (model MDT694A, Thorlabs, New Jersey, USA) which provided precise low-

noise output voltages to the actuator. The electrical polarity of the piezo-stacks was indicated 

by the color of their wires where the positive pole was identified by a red wire. Although, semi-

bipolar activation with a minimum reversal voltage on the order of 10% of the maximum voltage 

is recommended in order to increase the stack stroke between 20 to 30%, the use of 

piezoelectric controllers only allowed for the adoption of a unipolar activation [9, 12, 18]. The 

piezo-stacks motion responded to the applied voltage signal when it passed from 0 to 150 V. 

The motion was reversed when the actuator was discharged. The data acquisition was 

synchronized with the specimen oscillation and stimulation. Three experiments were used to 

allow system small re-adjustments and only afterwards was the actuators displacement/voltage 
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curve, for the different loads, registered. The data presented was the average result from five 

experimental repetitions. 

 

Figure 4.2 - Schematic representation from the anterior and lateral perspective of the set-up system based on a piezo 
stack (C) which was placed on a solid base and was mounted into a mechanical press (D) with known load (E), moving 
the attached mechanics (D) by electrical voltage stimulation. The strain of the stack is measured with the use of a laser 
Doppler vibrometer optical sensor head (A) which laser beam direction is controlled by mirror system (B) 

Interfragmentary site motion versus actuator force application finite element analysis 

The piezostack actuators act mainly like an expanding element generating a compressive force 

on the mechanical partner which at the same time will be connected to the general structure, 

propagating the deformation throughout the intramedullary nail and into the bone 

interfragmentary site. Hence, to better understand the actuator performance and the relation 

between the force applied and the interfragmentary fracture motion, a finite element analysis 

of the system was developed in ANSYS Workbench 15.0 (ANSYS Inc., Canonsburg, PA, USA). The 

tibia with intramedullary nail finite element model used in this experiment adopted the same 

nail implantation parameters that were used in Chapter 3 and which resembles a real case 

situation (e.g. reaming diameter, 12.7 mm nail entry site diameter and fracture width). The 

intramedullary nail used in this study, was also based on the 9-mm-diameter per 345 mm length, 

cannulated AISI 316L ASTM F318 stainless steel intramedullary nail (model M596222 AB0366 T, 

L.A. Medicals, Albergaria-a-Velha, Portugal). However, an upper disc as an extension of the 

interior wall (similar to and in the same position as the one considered in the “Accommodation 

site evaluation” study) was considered. As in Chapter 3., the tibia cortical material was treated 

as having a linear, elastic, orthotropic behavior with a density of 1 640 kg/m3, a Young’s modulus 
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of 10 000 MPa for transversal load (Ex and Ey) and 16,700 MPa for longitudinal load (Ez) and a 

Poisson’s ratio of 0.3 for any directional load applied (νx, νy, νz). The cancellous portion presents 

a density of 270 kg/m3 and was assumed to behave as an isotropic linear elastic material with a 

Young’s modulus of 155 MPa and a Poisson’s ratio of 0.225. By considering the actuator 

performance during the first healing phase, the presence of granulation tissue between the 

bone fragments was included in the model. This material was assumed to present a isotropic 

linear behavior with a Young’s modulus of 0.2 MPa and a Poisson’s ratio of 0.167 [45]. The 

intramedullary nail and the screws were considered as being of stainless steel and were 

modelled as linear elastic, isotropic and homogeneous material with a density, Young’s modulus 

and Poisson’s ratio of 8000 kg/m3, 200 000 MPa and 0.27, respectively [36, 37, 46]. For the jigs, 

common steel mechanical conditions have been used. The mesh adopted for the finite element 

model was the same as in Chapter 3. In contact surfaces definition, the cortical and trabecular 

bone were considered as being bounded ("glued contact"). Because a relative tangential motion 

may occur between the cancellous bone inner wall and the fixation implant, contact elements 

with a friction coefficient of 0.2 were used, as suggested by [47-49]. The screws were tied to the 

bone and to the nail simulating thread locking action. Other contact surfaces between the 

bone/containers and granulation tissue/bone (trabecular and cortical) were also assumed to be 

bonded ("glued contact"). Different piezoelectric actuator expansion loads - including 50, 100, 

150, 300, 500, 1000, 2000, 5000 and 10000 N - were evaluated. This load was applied upwards, 

in the direction of the nail straight portion, to the intramedullary nail inner disc lower surface. 

The upper jig displacement was limited to the direction of the applied load to best approximate 

a real scenario. The lower jig was assumed as a fixed support. The average bone 

interfragmentary displacement for each actuator expansion load considered was registered.  

ii) Results 

Accommodation site evaluation 

The finite element results for the actuator stress and strain during intramedullary nail 

implantation through mechanically demanding procedures such as hammering and implant 

removal are present in Figure 4.3 and 4.4, respectively.  
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Figure 4.3 - Actuator finite element model simulation during intramedullary nail hammering where (A) is the normal 
stress distribution at the piezo-stack surface in direction X (direction of the piezoelectric effect), (B) in the normal strain 
distribution in direction X and (C) is the normal shear strain distribution in the YZ plane 

According to Figure 4.3, the intramedullary nail implantation through hammering leads to the 

generation of a maximum compressive stress of 1.3 MPa and consequently maximum 

compressive load of 7.8 N to the piezo-stack. The maximum normal (in the direction of the load 

applied) and shear (parallel to the direction of the load applied) strain suffered by the actuator, 

during this mechanically demanding task, was approximately 0.0001 in both strain directions 

considered.  

As demonstrated in Figure 4.4, the maximum tensile stress to which piezo-stack model would 

be subjected during a nail removal process is 0.4 MPa which corresponds to a 2.4 N tensile load. 

The normal and shear strain suffered by the actuators are in the order of 10-6. 
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Figure 4.4 - Actuator finite element model simulation during intramedullary nail removal where (A) is the normal stress 
distribution at the piezo-stack surface in direction X (direction of the piezoelectric effect), (B) in the normal strain 
distribution in direction X and (C) is the normal shear strain distribution in the YZ plane 

Displacement versus voltage analysis 

Figure 4.5 and 4.6, shows the relation between displacement and voltage stimulus for the two 

selected piezo-stacks models Pst 150/2x3/5 and Pst 150/2x3/7, respectively, when subjected to 

different axial compressive loads of approximately 3, 10 and 30 N. The piezoelectrical behaviour 

of the stack actuator will result from the mechanical interaction between the actuator and the 

mechanical partner where in the experiment the mechanical influence of the mechanical 

partner was expressed as mass load through weights applied on the actuator. 
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Figure 4.5 - Schematic voltage/stroke diagram for the model Pst 150/2x3/5 stack actuator under different loads 

 

Figure 4.6 - Schematic voltage/stroke diagram for the model Pst 150/2x3/7 stack actuator under different loads 

As demonstrated in Figure 4.5, the piezo-stack model 150/2x3/5 displacement response to 

voltage decreased with the increase in the load applied. Oppositely, in the actuator model Pst 

150/2x3/7, the deformation generated increased with the rise of weight applied (see Figure 4.6). 

In both models, the relation between the load applied and the actuator deformation becomes 

more distinct at higher voltages, above 120 V. From the displacement/voltage curves, in Figure 

4.5 and 4.6, it was possible to verify that both actuators demonstrate a slightly non-linear 

displacement behavioral response to the applied voltage. 
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Interfragmentary site motion versus actuator force application finite element analysis  

The average interfragmentary site deformation as a result of different piezo-stack expansion 

force applied to the intramedullary-bone system, is presented in Table 4.1. From Table 4.1 data, 

it is possible to notice that a high force applied by the actuator will only generate a small amount 

of granulation tissue deformation. 

Table 4.1 - Average interfragmentary displacement (μm) for each actuator force applied (N) 

Force (N) 
Average interfragmentary 

deformation (μm) 

0 0 

50 1.3 

100 2.5 

150 3.8 

300 7.6 

500 12.7 

1 000 25.4 

2 000 50.8 

5 000 127.1 

10 000 254.5 

 

When the actuator generates the maximum force, i.e. the blocking force (data given by the 

manufacturer), as stated previously, it will suffer no expansion. Therefore, for a reasonable 

evaluation of the materials’ potential, ½ of the blocking force will be considered as 

corresponding to half of the free stroke expansion. Hence, for the Pst 150/2x3/5 model a 150 N 

force with 2.5 µm actuator stroke were considered. Figure 4.7 describes the finite element 

model simulation concept with focus on the deformation generated at the interfragmentary site 

by the application of 150 N actuator force. 
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Figure 4.7 - Finite element analysis concept used for the understanding of the relation between the actuator force 
application and the generated interfragmentary site motion. The 150 N actuator force case was used for 
exemplification 

iii) Discussion and conclusions 

The application of piezoelectric actuators in the biomedical field has become 

increasingly  popular. In this work, the capability of these actuators to, when linked to (or 

capable to be used simultaneously with) the intramedullary nail stabilization system, generate 

a physiological mechanical stimulation capable of accelerating the bone fracture-healing 

process. The greater limitation of this process is the challenge of fitting an actuator with 

particular characteristics in an already defined host structure, which is the intramedullary nail. 

Alterations in the original design should be avoided, and there is reduced space available for the 

actuator placement [15, 16]. Based on this problem, the strategy of placing the actuators along 

the cannulated intramedullary nail interior space was evaluated. Considering that the load 

http://www.linguee.pt/ingles-portugues/traducao/increasingly.html
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experienced by the piezo-stack would be expectably higher in the proximal region of the nail 

straight portion, this location was selected for evaluation. The maximum compressive load 

suffered by the piezo-stack actuator during intramedullary nail implantation through 

hammering, 7.8 N (see Figure 4.3), is below the maximum supporting load limit, which for this 

particular piezo-stack model is 300 N. If the actuator maximum supporting load limit is 

exceeded, its performance decreases as a consequence of de-poling effects. The mechanical 

damage threshold is normally at higher loads, up to 10 times larger than the de-poling limit [12]. 

However, such evaluation lacks the influence of the hammer/nail contact time on the material 

mechanical properties. As stated previously (in the material and methods subsection), the 

existence of a very small hammer time of action was recognized, but, for simplicity purposes, 

was not included as a variable in the simulation. When considering a brittle material such as the 

piezo-stacks, the response of the system to an impulse force (or Dirac-δ interaction) is 

determined. Therefore, the application of a highly time concentrated force on the piezoactuator 

would most certainly led to its fracture. In terms of tensile load, manufacturers often suggest a 

limit within 5 to 10% of the maximum compressive load, in order to avoid damage to the stack. 

Again, the maximum tensile stress to which piezo-stack model would be subjected during a nail 

removal process, 2.4 N, falls below the tensile load risk limit of 15 N (5% of 300 N). The strain 

(normal and shear) suffered by the piezo-stack during the nail removal task, are very low and do 

not appear to cause any risk to the actuator. The intramedullary nail removal is considered a 

slow procedure; therefore there is no Dirac-δ interaction in this case. Hence, the actuators 

positioning site considered cannot be assured as being capable of guaranteeing mechanical 

protection to the transducers during the intramedullary nail implantation procedure and 

considering the brittle nature of the material it would be difficult to find a location in the nail 

that could protect it from the strong hammering impact during implantation. 

Another limitation of incorporating a piezoactuator component in an intramedullary nail 

structure is the difficulty to predict its performance and their influence on the overall system 

[15]. This led to the evaluation of piezoactuator displacement in response to voltage control and 

when subjected to different compressive loads. This analysis was carried on selected piezo-

stacks samples which properties most closely satisfied the stipulated requirements - in terms of 

actuator design, size, weight, displacement generated, force applied, frequency, 

biocompatibility, electrical induced current and operating life. Actuators were selected from 

supplier companies which design their products to fit the standardized materials type and which 

actuators present characteristics that when perform well in some categories are typically poor 

in others [13, 22]. Although research has been made to improve the electromechanical 
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performance of commercial piezoelectric actuators, e.g., through the development of advanced 

structural and functional composites (e.g. PZT composites incorporating zinc oxide 

nanoparticles), throughout this study only the commercially available products were considered 

[13, 14, 19, 21]. The actuator model Pst 150/2x3/5, reduced dimensions and displacement, could 

have led to a misalignment between the mechanical partner and the piezo-stack surface. Hence, 

this may have influenced the measurement of the actuator displacement in relation to the load 

applied. The influence of the applied load on the actuator displacement is more evident in the 

experiment performed with the Pst 150/2x3/7 piezo-actuator (2-fold higher length and 

displacement). Surprisingly, with this actuator model the increase in the applied load did not 

lead to a reduction in the actuator displacement. According to the manufacturers [12], often a 

heavy but constant load (mass load or a low stiffness preload) when applied to the piezo-stack 

before operating it will not reduce actuator’s maximum stroke. Since this compression of the 

stack creates the necessary counterforce to bear the load, the system is in force equilibrium 

before starting the piezoaction. Also, based on the results obtained from the 

displacement/voltage relation, as expected, when placed in a close to real-case set-up, the 

maximum stroke generated by the actuators was lower than the free stroke capability presented 

in the manufacture’s product information. The actuator also demonstrated a slightly non-linear 

displacement in relation to the voltage increase, which resulted from the material inherent 

hysteresis. To complement this study, the amount of displacement induced in the 

interfragmentary site the by the actuator (based on the parameters from the selected actuator 

models) was evaluated through finite element simulation. Based on a simple finite element 

model and on a rough approximation of the actuator’s force considered, an average 

interfragmentary site deformation of 3.8 µm was predicted. In this experiment, the 

displacement suffered by the mechanical partner is not conditioned by the actuator stroke limit. 

Depending on the fracture length considered this stimulus may be higher than the minimum 5 

με expected. However, in such a complex system such as the bone-implant structure, for an 

accurate conclusion to be taken, the influence of other variables cannot be omitted and details 

such as the clearance between the screw and screw hole, the reaming diameter, the nail 

thickness and the mechanical partner dimensions greatly influence the amount of strain 

generated at the healing site. Based on the different actuator loads considered (see Table 4.1) 

it is possible to conclude that a micro-level considerable interfragmentary deformation requires 

a high actuator load to be applied to the intramedullary nail. Besides the piezoactuator limitation 

and overall system relational characteristics, pointed-out so far, there are two essential 

drawbacks which restrict the use of this type of actuators for the project and which will be 

highlighted next.  
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There is a concern towards the actuator device safety limits in order to guarantee patient’s 

safety. Although, the electrical current required by the actuator can generally be considered 

reduced, it may cause physiological effects in the human body [50]. According to literature [33, 

50, 51], the estimated effects of 60 Hz AC currents in the human body are evaluated as 1 mA 

being the minimum humans can perceive, 16 mA as the maximum current an average man can 

grasp and “let go” and at 20 mA paralysis of respiratory muscle are already expected. Despite 

the lack of general consensus on the safe electrical current upper limit, according to the National 

Electrical Code, 5 mA may be considered as the limit value for adults and children [52]. Though 

the effects of electricity on the human body are more directly related to current strength, other 

variables such as contact voltage level, frequency, exposure time, total path resistance (with 

values as low as 550 Ω) and current path (if it passes through vital organs, e.g., heart) also play 

an important role [33, 51, 52]. In terms of voltage, there is also no specific “safe voltage level”, 

however, more stringent requirements are made for voltages above 71 VPEAK [33]. The second 

limitation is on the direct connection between the power supplier and the actuator. At present, 

the majority of implants are battery-powered systems [53]. However, this particular case 

corresponds to an implanted actuator which most probably would be maintained inside the 

human body for a long time period and therefore should not present physical links to the 

environment outside the human body [54]. Although other power sources for implantable 

applications are being investigated, the batteries available in the market do not provide the 

energy density for the good performance of the actuator during a considerable amount of time. 

Also, the relation size to power supply of the batteries available, do not allow their implantation 

inside the human body together with the actuator. Hence, the power supply to the actuator 

system should come from the exterior of the body. This would demand a physical connection 

between the actuator (inside the human body) and the power supply (outside the human body). 

Such system would expose the interior of the organism to the exterior hazards (e.g. increase the 

risk of infection), would increase patient discomfort, increase the risk of circuit disconnection 

and the patient therapy would be restricted to hospital stay. Other actuators, (such as servo- or 

stepper-motor and the air or hydraulic actuators), show complex implementation procedures 

and falls under extremely tight design constrains which limits their availability and potentiality 

in terms of strain and force generated, biocompatibility and robust operation for considerable 

period time [28, 55]. All these limitations can be avoided if the actuator is used in association 

with other stabilization devices, such as the external fixators [56], where it actuates outside the 

human body and where the stimulus generated is propagated to the fixator and then to the 

bone. In such cases there is a wider variability in terms of system parameters such as actuator 

dimensions, strain and force generated increase through the use of more efficient leveraging 
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techniques, there is no concern with biocompatibility and the source of energy would not be a 

burden. However, this possibility it out of limits since one of the project’s main goals is the 

exclusive use of intramedullary nails.  

Other existing smart material actuators will be considered, based on the advantages of using a 

wireless energy source - such as actuation system robustness, the benefit of allowing the 

physician to constantly control and adjust the stimulus and the fact that the energy source and 

the actuator are not directly connected. This is the case of shape memory alloys and 

magnetostriction actuators. Shape memory alloys were described in sub-chapter 2.4. The 

amount of strain produced during transformation ranges from 3% to 8% of the shape actuator 

length (larger than in piezoelectric actuators). However, they also have various limitations which 

hinder practical application in this project [57]. These include transformation temperature 

hysteresis, the fact that the heating stimulus may not always be beneficial for the surrounding 

tissues and the slow dynamic cycles [6, 58]. The potential use of magnetostriction actuators will 

be evaluated in the next sub-chapter. 

4.2. Electromagnetic vibration actuator 

Magnetic actuators use voltage and current to produce magnetic fields and secondarily 

mechanical motion over external nearby localized materials [3]. The discovery of magnetic 

materials has its earliest record in the 12th century China, where the natural iron ore known as 

lodestone or magnetite (Fe3O4), was applied as mariner’s compass during navigation [59-62]. 

However, it was the invention of the electromagnet, in 1825, triggered by the discovery of the 

connection between electricity and magnetism by Hans-Christia Oested - through the 

demonstration that a current-carrying wire produced circumferential field capable of deflection 

a compass needle – which allowed the production of powerful fields greater than the ones 

obtained from lodestone permanent magnets [63, 64]. Now-a-days these materials have a wide 

range of applications from transportation industries (e.g. automobiles have several hundred 

magnets from motor to sensor application) to electronics devices. In the medical field these 

materials have demonstrated utility for example in the MRI’s instruments [4, 60, 65].  

The intrinsic magnetic properties of a material are determined by the electronic structure, the 

crystal structure, and the microstructure namely the domains. Most crystal structures result in 

filled electron orbitals where all electrons are paired and the magnetic moment cancel. These 

materials are not magnetic. The ferromagnetic ceramic has all its dipoles in opposite directions, 

but they are not equal and do not cancel out. Ferromagnetic and ferromagnetic ceramics both 

contain domains that are not necessarily lined up, but can be aligned by application of a 

http://www.linguee.pt/ingles-portugues/traducao/robustness.html
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magnetic field, and can be realigned by application of a reverse magnetic field. This results in a 

magnetic hysteresis loop. A magnetic field, 𝐻, is applied to the material. Domains began to align 

slowly at first. The slope of this initial magnetization curve is referred to as the initial 

permeability (𝑢𝑖). The magnetic field increases, the rate of domain alignment increases and the 

slope of the magnetization curve increases until a maximum is reached (maximum permeability, 

𝑢𝑚𝑎𝑥). The domain boundaries have all be displaced by this maximum. Further increase in 

magnetic field completes the alignment of the domains, reaching the saturation magnetization 

(also called the saturation flux density, 𝐵𝑠). Application of a reverse magnetic field reverses the 

direction of the magnetic dipoles. At zero-applied magnetic field, many of the domains are still 

aligned and residual or remanent magnetization exists. The Residual Induction, also called Flux 

Density (abbreviated as Br), is the magnetic flux that remains permanent in a magnet, i.e., it is 

the magnetic induction corresponding to zero magnetizing force in a magnetic material after 

saturation in a closed circuit. The Coercive Field (abbreviated as Hc) is a measure of the magnetic 

retentivity of magnetic materials, meaning it is equal to the magnetization force required to 

reduce the residual induction, to zero in a magnetic field after magnetizing to saturation. The 

Maximum Value of Energy Product (abbreviated as BHmax) is the maximum product of the 

Remanent Induction value by the Magnetic Field Strength corresponding to the Remanent 

Induction, which can be obtained on the Magnetic Induction and the Magnetic Field Strength 

demagnetization curve. This parameter is often used for comparison between different 

materials and is considered of interest in the permanent magnet material evaluation since it 

indicates the maximum magnetic energy [62, 65-67]. 

The ferrite actuator satisfies the goal of a physical connection absence between energy stimuli 

and the actuator. Such achivement would increase the safety standards since the interior human 

body enviroment would not be exposed to the exterior hazards, the actuator would be more 

robust and it would not be damaged as a result of broken interconnections. The implantable 

device, used in this study, receives its power via an electromagnetic field and it does not store 

the harvest energy. Increased patient safety and long-term implantation is achieved. Due to the 

complete isolation from the electrical network, wireless implants are also more robust.  

Permanent magnets can be classified, accordingly to their composition, in three main categories: 

rare earth, alnico and ceramic magnets. The rare earth magnets are composed of alloys from 

the lanthanide group of elements. The most popular currently in use are: neodymium, also 

known as neodymium-iron-boron, with chemical composition is 𝑁𝑑2𝐹𝑒14𝐵, and samarium-

cobalt (e.g. 𝑆𝑚𝐶𝑜2, 𝑆𝑚2𝐶𝑜17). The alnico magnet as indicated by its name stands for an alloy 
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mainly composed of aluminum (𝐴𝑙), nickel (𝑁𝑖) and cobalt (𝐶𝑜) [3, 68]. Ceramic-like 

ferromagnetic materials are mainly composed of ferric oxide are called ferrites. Their crystalline 

structure has the general molecular formula is 𝑀(𝐹𝑒𝑥𝑂𝑦), where 𝑀 stands for the divalent 

metal (such as 𝐹𝑒, 𝑀𝑛, 𝐶𝑜) [60, 65, 69]. The actuator selection was initiated with the 

identification of the magnet category and consequently the material which most satisfies the 

purpose of the study. Such analysis was based on a comparison study between the different 

magnets weight, mechanical and magnetic properties, temperature stability, corrosion 

resistance and pricing. In Table 4.2, the main type of permanent magnets and their typical 

properties are presented. However, it is important to highlight that as stated in literature [70, 

71], in many cases an improved version of the magnets (after alloying with a variety of 

component) are used for the adjustment of the magnet properties to more suitable applications. 

Table 4.2 - Permanente magnets types and typical properties. Data obtained from: [3, 66, 72-76] 

PROPERTIES 
MATERIAL 

Neodymium Samarium-cobalt Alnico Ferrite 

Density (g/cm3) 7.4 – 7.6 8.0 – 8.4 6.8 – 7.3 4.5 – 5.1 

Compressive strength (kg/m2) 9600 9100 - 9100 

Bending strength (kg/m2) 2950 1200 - 1400 

BHmax (kJ/m3) 119 – 398 119 – 255 11 – 52 6.5 – 35 

Hc (kA/m) 780 – 1033 620 – 1194 39 – 52 125 – 300 

Br (T) 1.03 – 1.43 0.85 – 1.10 0.68 – 1.24 0.2 – 0.43 

Curie temperature (°C) 310 – 350 720 – 825 890 450 

Maximum temperature (°C) 80 – 180 250 – 350 425 250 

Corrosion resistance Poor Good Good Excellent 

Cost High High Medium Low 

 

In agreement with the Standard Specifications for Permanent Magnets Material (MMPA 

Standard No. 0100-00) [66] the materials performance was evaluated based on the principal 

magnetic properties: The Residual Induction, the Coercive Field and the Maximum Value of 

Energy Product. As can been seen in Table 4.2, the magnetic properties of neodymium and 

samarium-cobalt magnets are very superior to the existing ferrite and alnico types, where 

neodymium has the best magnetic properties from all the current available materials. Hence, 

both magnets can be classified as magnetically very strong. Also, according to the compressive 

and bending strength values neodymium magnets present a higher bearing capability than 

samarium-cobalt and ferrite magnets. However, it is advisable to avoid exposing the magnets in 

mechanical stress conditions e.g. as a bearing components in an assembly. All magnets are 
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inherently brittle [65]. Hence, there should be precautions during handling and direct impact 

loads on the magnet must be avoided by appropriate design experimentation. Although ferrite 

magnets do not present the best magnetic properties they have advantageous characteristics 

favoring this material selection. 1) Among the permanent magnets families, the ferrite presents 

the lower density values meaning they are the lighter materials. This will avoid adding 

unnecessary weight to the stainless steel or titanium alloy intramedullary nails implants. 2) The 

ferrite materials are considered to have very good chemical stability in many solutions such as 

alkaline solutions, diluted acids, organic solvents and some hydroxides. Since they are made 

from oxides of iron, they do not present corrosion issues, not even in salt water conditions. This 

creates some expectation on its non-toxicity and also biocompatibility potential [77]. In contrast, 

neodymium-iron-boron suffers corrosion. Such limitation not only causes magnetic changes in 

the material, such as permanent performance weakening and total magnetism loss, but also 

makes it unacceptable to be placed in in vivo situations. There is always the possibility of 

covering the actuator with a biocompatible coating, however it is expected that the material by 

itself already shows some degree of biocompatibility. With a lower susceptibility to corrosion, 

but still prone to it, are the samarium-cobalt and alnico materials. 3) The Ferrite magnets are 

also the least expensive class of permanent magnets materials while still presenting god 

permanent magnet properties. 4) When considering the material temperature stability, both the 

maximum working temperature and the Curie temperature should be considered [65]. The 

ferrite magnet is considered to have the lowest thermal stability among the magnetic families. 

However, their performance is preserved in environment up to 250 °C. This temperature is well 

above the average body temperature of 37 °C and it is also above the temperature used for 

medical material sterilization. It is important to highlight that a material which satisfies all the 

parameters is a difficult if not an impossible task. Ferrite magnetic properties can variate 

depending on its size, the processing parameters (such as composition), additives, raw materials, 

production method and sintering conditions [78-80]. However, considering these materials 

general behavior, they were selected to be tested as actuators for bone enhancement and are 

expected to be capable to perform in a suitable way and to be placed inside the human body 

without creating any adverse reaction. However, these hypotheses will be tested next, in 

Chapter 5 and 6, respectively.  

Although, early records from 1940, demonstrated research and technology on ferrite materials, 

the commonly accepted beginning of magnetic ceramics modern age was marked by the studies 

developed by J. L. Snoeck at the Holland Philips Laboratories, in 1946. Since then, there was a 

continuous progress in research and development of ferrite were it as found countless 
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application ranging from electronic to mechanical devices such as choke coils, loud speakers, 

noise filters, recording heads, broad band impulse transformers. It is often outlined that despite 

of their reduced size as part of a many pieces equipment, their importance is understatedly high 

[61, 62, 77, 78, 80]. On the medical field, new and exciting applications have emerged with 

ferrite size shifting from bulk to nano samples [6, 60, 77]. Magnetic nanoparticles are being 

actively used and investigated for in vivo applications, such as magnetic resonance imaging 

contrast enhancement, tissue repair, immunoassays, detoxications of biological fluids, drug 

delivery and cell separation techniques [81]. Promising results are also being obtained with 

ferrite nanoparticles for non-invasive localized magnetic hyperthermia when administrated 

together with other cancer treatment modalities. In this therapeutic procedure a region of 

interest affected by cancer is subjected to a temperature increase (above 40 °C) produced by 

applying an alternating magnetic field to a magnetic material [82, 83]. In an study developed by 

Qiang et al. [84], stainless steel and 𝑁𝑖𝑇𝑖 alloys coated with 𝑇𝑖𝑂2 film containing 𝑆𝑟𝐹𝑒12𝑂19 

powders showed an increase in the material blood biocompatibility due to its contact with 

charged particles reduction as a result a micro-magnetic field generation at the surface. 

Although only two examples were given, the ferrite has demonstrated interesting properties 

and advantageous applications in the medical field.  

The manufacturing process of bulk ferrite is almost the same as that of other general ceramics. 

They can be obtained from different process, involving milling, mixing, pressing, sintering and 

finishing as basic operations. Firstly, the fine powders are compacted at high temperatures in a 

aligning magnetic field only after are they sintered into a solid shape [65, 77]. Independently of 

the method used they can be obtained in three different crystal systems: spinels, hexaferrites 

and garnets. Spinel, named after a mineral 𝑀𝑔𝐴𝑙2𝑂4 is a class of ferrite characterized by the 

general molecular formula of 𝛼(𝐹𝑒2𝑂4), where 𝛼 is usually a divalent cation such as manganese 

(𝑀𝑛2+), nickel (𝑁𝑖2+), cobalt (𝐶𝑜2+), zinc (𝑍𝑛2+) or copper (𝐶𝑢2+). This structure is particularly 

stable, since there is an extremely large variety of oxides which adopt it, fulfilling the conditions 

of overall cation-to-anion ratio of ¾, a total valence of 8, and a relatively cation radii. However, 

its general cubic crystal structure characterized by oxide anions occupying a cubic close packed 

lattice and the cations occupying tetrahedral and octahedral sites. Hexaferrite (or hexagonal 

ferrites) named after its hexagonal crystal structure unique c axis (or vertical axis), has the 

general molecular formula 𝑀(𝐹𝑒12𝑂16), where 𝑀 is usually barium (𝐵𝑎), strontium (𝑆𝑟) or lead 

(𝑃𝑏). Garnets ferrites have the structure of the silicate mineral garnet (𝑀𝑛3𝐴𝑙2𝑆𝑖3𝑂12), where 

instead of 𝐴𝑙 and 𝑆𝑖 there is 𝐹𝑒3+ and rare earth cation (such as yttrium), 𝛼 substitutes 𝑀𝑛 to 

give the general formula 𝛼(𝐹𝑒5𝑂12). The crystal structure as cubic symmetry and is relatively 
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complex. Ferrites are often classified according to the nature of their response to the magnetic 

field. When it is easy to change the direction of magnetization and when they are easily 

magnetized and demagnetized, ferrites are said to be “soft” magnetically and are named soft 

ferrites. Soft ferrites are generally of a spinel composition. These type of ferrites are present in 

a variety of electronic devices such as in televisions, radios, telephones, communications, 

electronic ignition systems, etc. Ferrites that have a strong permanent magnetization and does 

not easily demagnetize are called hard ferrites. Hard ferrites are generally of a hexagonal 

structure. Some of them are used in the household as magnets to latch cupboards or hang 

memos [60, 62, 69, 77, 85].  

 

Figure 4.8 - Examples of different ferrite sizes and shapes 

Ferrites appear in a dark gray color (when there is no coating present) and they are normally 

available in simple limited shapes such as discs, rings, blocks and cylinders as a result of the 

manufacturing process and the diamond cut or grind wheel finishing. However, specific shapes 

can also be produced (see Figure 4.8).  
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CHAPTER 5 
“If you can’t explain it simply, you don’t understand it well enough” 

Albert Einstein 

5. Cytocompatibility evaluation 

A clinical device success requires a path towards regulatory approval, where the medical device 

materials have to undergo extensively testing, both in vitro and in vivo [1-3]. According to 

standards, it is essential to have a sufficient understanding of the in vitro system and of the 

relevant factors which could affect it prior to in vivo experimentation [3, 4]. The physical 

structure, chemical composition and corrosion resistance of implanted materials are 

determinant factors which influence the cellular responses and hence the level of 

biocompatibility of the implant [5, 6]. Although, the corrosion resistance of ferrite is considered 

excellent for most applications and its components are believed to be nontoxic, its 

biocompatibility is not fully studied. Several studies [7-9], have presented promising results on 

ferrite nanoparticles potential for non-invasive localized magnetic hyperthermia when 

administrated together with other cancer treatment modalities, the material influence on cell 

uptake, proliferation and functional activity still remain controversial [10].  The results obtained 

from this research allowed to evaluate the biocompatibility potential of the ferrite bulk material 

to be applied in vivo as a mechanical actuator for the enhancement of bone healing. This chapter 

is focused on the evaluation of cytocompatibility of ferrite samples under various conditions and 

through sequential experiments that are schematized in Figure 5.1. The study was initiated with 

the general evaluation of free, easily available, and non-homogenously shaped 𝑍𝑛 ferrite 

samples through MTT assay, chorioallantoic membrane (CAM) angiogenesis assay, HET-CAM 

assay, optical and scanning electron microscopy, energy-dispersive X-ray spectroscopy (EDS) and 

contact angle measurement. To maximize the assays reproducibility, reliability and credibility, 

uniform ferrite samples were mandatory [4]. The samples should present a “plane” surface for 

cell adhesion and proliferation [4] and dimensions to fit the 48-well culture plates. These 

requirements reduced the materials availability to Sr-Ca ferrite testing samples. This new 

material biocompatibility was evaluated through cytotoxicity and cytocompatibility tests, such 

as the resazurin and MTT assays where cell viability, proliferation and metabolic activity were 

analysed. Cell attachment and morphology were evaluated by scanning electron microscopy. All 

experiments on cell adhesion and proliferation were carried out using a MG-63 osteoblastic-like
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 cell line as a cell model. Although, primary cells have obvious attractiveness in terms of more 

closely reflecting the in vivo behaviour, various cell culture models have been employed for the 

evaluation of osteoblastic cell behaviour under different conditions [11]. The MG-63 cell line, 

which was first introduced in 1977 by Billiau et al. [12] are osteosarcoma cells derived from 

malignant bone tumours and which are arrested in the pre-osteoblast state. Although, these 

osteosarcoma-derived cells have abnormal molecular and cellular functions due to 

chromosomal alterations, they are commonly used as osteoblastic models due to their 

advantages such as inexistence of interspecies differences, the cell high availability number, the 

similar to human osteoblastic cells hormonal response, the similarity to human integrin subunits 

profile and also their high growth and proliferation rate which makes them ideal for a 

preliminary experiments where a quick response evaluation is required [11, 13]. Besides their 

limitation as being inconsistent regarding cell mineralization they have been used in many 

studies to evaluate the biocompatibility of ferrite particles for in vivo implantation [14-16].  

Considering that the cytocompatibility of materials is very closely related to cell behavior on 

contact and adhesion to their surface [17], the influence of using demagnetized samples where 

the demagnetization process was attained through different methods (strong external magnetic 

field of opposite polarity, Curie temperature under an oxygen environment and Curie 

temperature under a nitrogen environment) and the influence of chemical contaminants 

removal through abrasive mechanical cleaning and its consequent surface topography alteration 

were also considered and were evaluated through surface morphology and chemical 

composition characterization obtained from white light interferometry and EDS measurements, 

respectively.  

 



Cytocompatibility evaluation 

 

211 
 

 

Figure 5.1 - Chart showing the overall structural organization of the experiments and the associated evaluation 
methods 

5.1. Materials and methods 

5.1.1. Materials, chemicals and reagents 

Irregularly shaped soft magnetic 𝑍𝑛 ferrite samples (see Figure 5.2(A)) with average surface area 

of 31.8 ± 17.3 mm2 were obtained from the breakage of bulk materials available in the 

Technological Testing Laboratory (translated as Laboratório de Ensaios Tecnológicos - LET). 
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Figure 5.2 - The test materials considered in the study: (A) 𝑍𝑛 irregular shaped ferrite sample and (B) Sr-Ca ferrite 
sample showed from different views 

The hard magnetic Sr-Ca ferrite discs (axial magnetization, Y30BH quality) with 8 mm diameter 

and 3 mm width and 0.74 g weight (see Figure 5.2(B)) were purchased from IMA (Barcelona, 

Spain). This ferrite composition includes 85.6 wt% 𝐹𝑒2𝑂3, 13 wt% 𝑆𝑟𝐶𝑂3, 0.4 to 0.5 wt% 𝐴𝑙2𝑂3 

and 0.5 to 0.6%  𝐶𝑎𝐶𝑂3. 

5.1.2. Ferrite demagnetization 

To understand the influence on cell adhesion and proliferation of permanent magnetic field 

removal, the Sr-Ca ferrite discs were subjected to demagnetization. To avoid inefficient 

permanent magnetization removal, three demagnetization process - Curie temperature under 

oxygen environment, Curie temperature under nitrogen environment and strong magnetic field 

- were considered.  

For the samples demagnetization with Curie temperature in an oxygen environment, the 

magnets placed in a crucible were gradually heated slightly above the Curie temperature (which 

according to manufactures is 450 °C) at 458 °C, during 60 minutes in a high temperature thermal 

treatment chambers (Model E4, Maclife, Porto, Portugal). The samples cooling process was 

slow, during a time-period of 12 hours.  

In the demagnetization through Curie temperature under nitrogen atmosphere, samples were 

placed inside a horizontal tubular TH furnace (Termolab, Águeda, Portugal), equipped with three 

different heating elements. These heating elements are actuated by three distinct control 

actions, using a Shimaden MR13 temperature digital controller (Tokyo, Japan). The samples 
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were heated at a slow rate at 2.4 °C/min after 30 minutes for full residual 𝑂2 replacement by a 

90 ml N2 environment. Samples were then heated at an end temperature of 500 °C during 60 

minutes. Samples cooling was done inside the furnace, slowly overnight. Both Curie temperature 

heating demagnetization process were developed in the Chemical Engineer Department at the 

Faculty of Engineer of the University of Porto. 

The demagnetization of Sr ferrite discs by exposing them to a strong external magnetic field of 

opposite polarity was done by IMA Company (Barcelona, Spain). The materials were purchase 

already in the demagnetized form and no specific details on the demagnetization process were 

given by the company. This procedure is easily done by the material companies, since they 

normally have the appropriate machinery. Since Sr ferrites are hard magnet materials, i.e. are 

difficult to demagnetize, in the academic environment the magnetic fields strength generated 

would not allow proper demagnetization of the samples to be achieved.  

5.1.3. Material biological and mechanical cleaning  

It is important to work with pure system, i.e. free from chemical and biological contaminants 

since cells are greatly influenced by any external variable [4]. To avoid cell culture microbial 

contamination and false assessment of cytotoxicity, before cell culture, all ferrite samples were 

sterilized with medical autoclave at high-pressure saturated steam at 121oC during 45 minutes. 

The samples chemical contaminates removal was achieved with two abrasive mechanical 

cleaning: soft and the hard mechanical cleaning. In the soft mechanical cleaning samples were 

gently rubbed in gauze soaked with 70% ethyl alcohol (Agar, Prior Velho, Portugal). In the hard 

mechanical cleaning (MC was the abbreviation adopted throughout the chapter), samples 

surface were subjected to abrasion through circular movements applied in two sequential grid 

size silicon carbide sandpapers. First they were subjected to a very fine grain size P800 (average 

particle diameter of 22 µm [18]) sandpaper (Presi, Eybens, France) and afterwards to an ultrafine 

grain size P1200 (average particle diameter of 15.3 µm [19]) sandpaper (Luzostela, Aveiro, 

Portugal). The grid designation was according to the ISO/FEPA standards. The abrasive cleaning 

was only executed after the materials were demagnetized to avoid particles draw to the 

magnetic surface. 

5.1.4. Cell culture 

MG63 osteoblastic cells (ATCC® CRL-1427) were used in the biological evaluation of the ferrite 

samples. Cells were cultured in minimum essential medium, alpha modification (-MEM, 

GibcoTM, Thermo Fisher Scientific Inc., Massachusetts, USA) containing 10% v/v fetal bovine 

https://en.wikipedia.org/wiki/Massachusetts
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serum (FBS, Gibco), 100 IU/mL penicillin, 100 µg/mL streptomycin and 2.5 µg/mL amphotericin 

B. Cultures were incubated at 37 °C in a 5% 𝐶𝑂2 humidified atmosphere. At 70% confluency, 

cells were harvested (0.05% trypsin – 0.25% EDTA solution) and the cell suspension was counted 

in a Neubauer haemocytometer chamber under the optical microscope (TMS-F model, Nikon, 

Japan). This cell suspension was used to test the ferrite samples.  

Ferrite samples were placed in 48-well culture plates (Costar®) and incubated with complete 

cell-culture medium for at least 30 minutes, at 37 °C without agitation. Subsequently, cells were 

seeded over the materials at a density of 2 x 104 or 5 x 104 cells per cm2, in a working volume of 

500 µl per well. Cells cultured on the standard 48-well culture plates were used as positive 

control. Also, ferrite samples were incubated with culture medium in the same experimental 

conditions, but in the absence of cells (negative control). 

The seeded materials, the positive control and the negative control were incubated in the 

experimental conditions described above. Culture medium was changed every 3 days. Cultures 

were maintained for several culture times, and were characterized for cell viability/proliferation. 

All the experiments with cell cultures were developed in the Laboratory for Bone Metabolism 

and Regeneration at the Faculty of Dental Medicine of the University of Porto. 

i) Cell viability/proliferation - Resazurin assay 

The Alamar Blue or resazurin assay is a colorimetric test where a non-fluorescent blue resarzurin 

compound is reduced to a pink highly fluorescent product, resorufin, by metabolically active 

cells enzymes such as NADP and FADH (see Figure 5.3). This is a sensitive, reproducible and non-

destructive assay. Nonviable cells have no metabolic capacity and thus, will not reduce the dye. 

Therefore, the fluorescent intensity observed in this essay is a measure of the viable cells. Since 

resarzurin is non-toxic and permeable through cell membranes, continuous monitoring of cells 

in culture is allowed [20-23]. In the first day of cell viability measurement, the ferrite samples 

were placed in new wells and a new medium with 10% resarzurin sodium salt (Sigma-Aldrich, 

Missouri, USA) was added. The cultures were then incubated in the dark (since Alamar Blue is 

photosensitive) for 3 h under standard culturing conditions before collection of samples. 

Fluorescence readings in the culture medium were measured at an excitation/emission 

wavelength of  = 530/560 nm using a SynergyMT HT Multi-Detection Microplate Reader (BioTek, 

Bad Friedrichshall, Germany). All results were normalized in terms of macroscopic surface area 

and Fluorescence/cm2.  
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Figure 5.3 - Resazurin assay: non reduced blue resazurin compound is present in the wells with the ferrite samples and 
the fluorescent pink product in the positive control wells 

ii) Cell viability/proliferation - MTT assay 

MTT [3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyltetrazolium bromide] assay is a colorimetric test 

to measure cell viability based on cells metabolic activity. In this assay, the ability of living cells 

to reduce a yellow tetrazolium salt solution to a violet-purple formazan product formation 

through active mitochondrial dehydrogenase enzymes, is evaluated. Hence, nonviable cells have 

no metabolic capacity and thus, will not reduce the tetrazolium salt. One of the limitations of 

this essay is that the formazan crystals produced must be solubilized, which destroys the cells 

under investigation so time-course experiments cannot be carried out. Control cultures and 

ferrite samples with seeded cells had the supernatant removed and replaced with culture 

medium containing 0.5 mg/ml MTT of solution (Sigma-Aldrich, Missouri, USA), with 50 µl/well. 

After 3 h of incubation under standard culturing conditions, the medium was removed, and the 

crystallized formazan dye was solubilized with 200 µl/well dimethyl sulphoxide (Sigma-Aldrich, 

Missouri, USA), also known as DMSO. After 5 min of slow shaking, the absorbance was measured 

at  = 550 nm with SynergyMT HT Multi-Detection Microplate Reader (BioTek, Bad Friedrichshall, 

Germany). All data was normalized in terms of macroscopic surface area and Absorbance/cm2. 

Each irregularly shaped 𝑍𝑛 ferrite samples area was obtained from the averaging of three 

measurements which were developed in a java-based image processing software, ImageJ 

(National Institutes of Health, Maryland, USA). 

iii) Hen’s egg test - Chorioallantoic membrane (HET-CAM) assay 

The HET-CAM assay is a rapid, sensitive and inexpensive toxicity test, which gives information 

on the potential irritancy of the ferrite samples through the measurement of the material ability 

to induce toxicity in the chorioallantoic membrane of a chicken [24]. 

The in vivo HET-CAM assay procedure adopted followed the method suggested by the ICCVAM 

Recommended Test Method Protocols [25]. Fertilized white chicken eggs (Pintobar, Portugal) 
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were received and incubated at 37 °C and under 60% constant humidity. At incubation day 8, 

eggs are positioned with the large end of the eggs upwards for an additional day. On day 9 of 

incubation, the egg shell is scratched around the air cell with a rotating dentist saw blade and 

pared off. Caution on the eggshell removal was taken to ensure that the inner membrane was 

intact. The inner membrane was then moistened with a 0.9% 𝑁𝑎𝐶𝑙 solution through the use of 

a glass pipette. Afterwards the eggs were placed in the incubator. After 30 minutes incubation, 

the 0.9% 𝑁𝑎𝐶𝑙 solution was decanted, and the inner membrane was removed with forceps 

leaving the vascular CAM exposed. 𝑍𝑛 ferrite bulk material was ground to a granulated state, 

were a 0.3 mL sample was applied directly onto the CAM so that at least 50% of the surface was 

covered. In each experiment a series of three eggs are used were two eggs are treated as a 

positive and negative control. For positive control, 0.1 N 𝑁𝑎𝑂𝐻 was used since it is a known 

irritant substance which does not induce an excessive reaction, hence ensuring a variability 

response across time. For negative control 0.9% 𝑁𝑎𝐶𝑙 solution was used. After the application 

of the ferrite test samples reactions for hemorrhage (bleeding from vessels), vascular lysis (blood 

vessels disintegration) and coagulation (intra- and extra-vascular protein denaturation), on the 

CAM were observed over a period of 5 minutes. The time for each reaction was recorded in 

seconds and an irritation score (IS) using equation (5.1) [26].  

𝐼𝑆 = 5 × 
(301−𝑠𝑒𝑐𝐻)

300
+ 7 ×  

(301−𝑠𝑒𝑐𝐿)

300
+ 9 ×  

(301−𝑠𝑒𝑐𝐶)

300
     (5.1) 

Where 𝑠𝑒𝑐𝐻 stands for hemorrhage, 𝑠𝑒𝑐𝐿 for vascular lysis and 𝑠𝑒𝑐𝐶 for coagulation reaction 

starting time. The 0.9% 𝑁𝑎𝐶𝑙 negative control was considered to have a 0 irritation assessment 

value and the 𝑁𝑎𝑂𝐻 positive control range to be between 9 to 21 values. For results validation, 

this experiment was repeated 6 times. 

iv) Chorioallantoic membrane (CAM) angiogenesis assay 

As stated in previous chapters, aside from the importance of the fracture fixation mechanical 

stability, it is essential to respect and maintain the biology of the healing process. Angiogenesis 

is defined as the formation of new blood vessels from existing ones which plays an important 

role in new tissue growth and therefore, is mandatory for a proper bone union to take place 

[27]. In order to evaluate the angiogenic response resulting from the presence of ferrite 

material, a well-established method for determining the angiogenesis response, known as the 

chick chorioallantoic membrane (CAM) assay, was adopted. The CAM assay is based on a highly 

vascularized structure with potential growth [27]. The selection of the CAM assay in determent 

of other classic angiogenesis assays, such as rabbit ear chamber, mouse dorsal skin and air sac, 
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the iris and avascular cornea of the rodent eye and the zebrafish, was based on its simplicity, 

reduced cost, its availability and the high reproducibility rate. Also testing incubated eggs can 

be considered as a threshold system between the in vivo and in vitro model and does not cause 

any ethical and legal standards conflicts [24, 28-30].  

The CAM is an extraembryonic membrane, formed on day 4 of incubation, by fusion of the 

chorion epithelium, derived from the ectoderm, with the allantois, a mesoderm derived-

membrane which primitive blood vessels begin to take shape on day 3 of incubation [28, 31-33]. 

Until 8th day, this newly formed membrane primitive vessels (lacking a complete basal lamina 

and smooth muscles cells), continue to proliferate and differentiate into an extremely rich 

network of arteries and veins from which a delicate and intricate capillary plexus is formed. The 

network of capillaries migrates to occupy an area beneath the chorion and mediate gas 

exchanges with the outer environment, serving as the respiratory organ of the embryo until the 

time of hatching, actively transports sodium and chloride from the allantoic sac and calcium 

from the eggshell into the embryonic vasculature, and forms part of the wall of the allantoic sac, 

which collects excretory products [28, 31, 33, 34]. The rapid capillary proliferation goes until day 

11 and from which the endothelial cell mitotic index declines rapidly and the vascular system 

attains its final arrangement on day 18, just before hatching [28, 31]. CAM’s are cultured either 

in ovo or ex ovo as shell-less culture [32]. The in ovo CAM assay was selected a rapid and reliable 

evaluation method of tissue reaction to ferrite samples. According to Domenico Ribatti [28], 

there is no clear evidence of significant differences between data derived using in ovo or shell-

less culture method. However, a part from the in ovo CAM assay significant accessibility 

limitation and the difficulty in the effects observation and photo documentation [35], this 

method presents a more physiological environment given by the presence of the egg shell which 

also confers an additional protection from temperature variation and any type of environmental 

hazards and reduces the amount of material motion at the CAM, when compared to the ex ovo 

shell-less culture method. 

The in vivo angiogenesis assay procedure adopted followed the protocol described by Fábio 

Costa [36]. Fertilized white chicken eggs (Pintobar, Portugal) were received and incubated at 37 

°C and under 60% constant humidity, as soon as embryogenesis starts. On embryonic day 4, 

post-incubated eggs surface was disinfected with 70% ethanol solution (Agar, Prior Velho, 

Portugal) and the eggs opening procedure was carried on. It started with the adhesion 

minimization of the shell membrane with CAM through withdraw of 2 to 3 ml of albumen with 

a 5-cc syringe inserted at a small hole created at the tip of the eggs (see Figure 5.4(A)). 
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Afterwards, the CAM was dissociated from the egg shell membrane with an 18-gauge needle. 

Further developmental time would result on CAM damage since the membrane tends to stick to 

the shell. Next, 1 ml of isotonic solution (to ensure the drop of the membrane) was injected 

through a small hole created at the top of the egg (see Figure 5.4(B)). To monitor the vessels 

development along the incubation time a square window with approximately 1 cm2 was created 

in the shell surface, using sterilized dissection scissors (see Figure 5.4(C)). Prior to the window 

cutting an adhesive film was applied to prevent spilling of shell particles onto the CAM while 

cutting the window. Before incubation, the window was sealed with a transparent adhesive film 

to prevent dehydration (see Figure 5.4(D)). It was not necessary to cover the puncture sites. 

After 8 days of incubation, the square window was re-opened and 0.5 cm inner diameter sterile 

rings were laid on the CAM for the deposition of the testing samples. The samples for 

implantation in the chorioallantoic membrane were obtained by repeatedly hitting the bulk 

material, so small chips were obtained. The process was repeated in the smaller chips until a 

grain sided sample was produced. Only rounded edged samples were selected for CAM 

implantation. Each egg received a ring where one had a ferrite test sample and the other 

functioned as a control. The eggs were again closed using the same method and were then 

incubated. The overall assay was constituted by 5 experiments were 6 eggs were used in each 

one. 

In ovo analysis, digital images were captured - with Inverted Phase microscopy (TMS model, 

Nikon, Japan) at 0.7x and 1x magnifications and with upper light application - immediately after 

material deposition (0 hour) and on embryonic day 11, i.e. 72 hours after material deposition 

(before which there is only vasodilation and no angiogenesis [37]). As a complementary method, 

ex ovo analysis images of the CAM implant were obtained. This was achieved by fixing the 

embryos and their membrane in ovo through the addition of a small volume of 3.7% 

formaldehyde solution, which makes the membrane stiffer and facilitates the cutting of the 

membrane, and afterwards frozen at 20 °C refrigerator during 10 minutes, so that blood vessels 

would stay unaffected. The CAM surrounding the rings was cut from the egg with aid of forceps 

and small dissection scissor. The harvested CAM was placed in 6-well plates containing 

formaldehyde solution so that the ex ovo images of the CAM implant could be directly obtained 

from the plates. In the ex ovo analysis, images were captured 3 days after material deposition 

with the Inverted Phase microscopy at 0.7x and 1x magnifications. The images obtained from 

both analysis methods (in ovo and ex ovo) were processed using WCIF ImageJ software (Wright 

Cell Imaging Facility, National Institutes of Health, Maryland, USA) to assist the progress of the 

angiogenetic response evaluation through the measurement of the number and diameter of all 
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blood vessels enclosed by the ring and the ones that converge towards the implanted ferrite. 

The blood vessels network was evaluated based on a classification method where the smallest 

vessels are defined as third-order vessels and are denominated as “type III” vessels and where 

only diameters between 30 and 66 μm were considered. When two third-order vessels 

converge, an order two vessel (or “type II”) is formed and only vessels with diameters between 

65 and 110 μm were considered. Likewise, the convergence of second-order vessels forms a 

first-order vessel (or “type I”) and where only diameters between 110 and 240 μm were 

considered. When two unequal order vessels converge, the highest order is retained.  

 

Figure 5.4 - Day 4 CAM assay protocol overview were: (A) albumin removal, (B) CAM dissociation from the egg shell 
membrane, (C) isotonic solution injection and (D) the square window creation for blood vessels development 
monitoring, are represented 

v) Bright field microscopy 

Light-optical microscopy is a more routine used technique for object amplification [38]. Standard 

bright field microscopy was performed with a Video–microscope with zoom XZ (Lan Optics, 

Labolan S. L., Spain) equipped with an image analysis system Gen5 Software (Version 3.0, BioTek, 

Bad Friedrichshall, Germany) at X0.7 to 2 resolution in MTT coloured ferrite samples. 

vi) Scanning electron microscopy (SEM) 

Scanning electron microscopy (SEM) is a well-known technique which allows surface qualitative 

analysis. In this method, a focused electron beam hits a test specimen surface which interaction 

allows several signals, such as secondary electrons, back-scattered electrons (known as BSE) and 

transmitted electrons, to be produced. The final image is dependent on the acquisition of signals 

produced from the electron beam and specimen interaction [39]. The SEM technique has unique 
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features such as: a flexible scalability range where magnification levels from less than 100Χ for 

up to 100000Χ allows image range from the order of 1 mm2 to 1 µm2 or on conductive surfaces 

a ultimate resolution of approximately 2 nm; large depth of field and the capacity of keeping 

simultaneously feature focus at different depths; the long usable working distance (distance of 

the specimen below the objective lens), and the facility in specimen preparation where there is 

no limitation to the use of thin test specimens [38, 40, 41]. 

For SEM observation, the specimens were rinsed with non-sterile PBS (Sigma-Aldrich, Missouri, 

USA), then fixed in 1.5% glutaraldehyde (Sigma-Aldrich, Missouri, USA) in 0.14 M sodium 

cacodylate buffer (pH 7.3) (Sigma-Aldrich, Missouri, USA) and then dehydrated in graded 

alcohols (70% ,80%, 90% and 100%). The specimens were then critical point dried at room 

temperature. Subsequently, the samples were sputter-coated with a 𝐴𝑢/𝑃𝑑 thin film, using a 

Module Sputter Coater (SPI® Supplies, Pennsylvania, USA) equipment. The sputter-coating with 

a conductive material allows the surfaces of isolating materials, which otherwise may lead to 

electrostatic charging upon electron probe exposure, to be analysed using SEM. The prepared 

samples were observed under a high resolution (Schottky) environmental scanning electron 

microscope (FEI Quanta 400 FEG ESEM) equipped with EDS microanalysis capability (EDAX 

Genesis X4M), at an acceleration voltage between 5 and 15 kV. SEM observations were 

performed with the following magnifications: X 250, 2500 and 5000. 

5.1.5. Surface evaluation 

i) Surface topography 

Ferrite samples surface topography was characterized using white light interferometry mapping 

(Bruker Corporation, Massachusetts, USA) equipped with Vision 64 Map software (Version 5.60, 

Bruker Corporation, Massachusetts, USA). The white light interferometry is a 3D-measurement 

technique resulting in absolute height values for the topography of a test object. Since it is based 

on electromagnetic waves of optical frequencies there is no physical contact with the surface 

being measured and therefore it does not represent a risk of surface damage. Another 

advantage of this method is that, as a result of its non-contacting nature must faster 

measurement are made than with contact scanning instruments [42, 43].  Since every surface is 

composed of different classes of irregularities [44], a filter cut-off (λc) was adopted. This filter 

defines where is the intersection between the roughness and waviness [45]. The filter length 

was 0.25 mm and its selection was based on the roughness value and according to ISO 4287 

standard [46]. The white light interferometer had a vertical resolution of 1 mm and a lateral 

resolution in the order of micron. Standard engineering roughness values, namely average 
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surface roughness (𝑅𝑎), root mean square roughness (𝑅𝑞) and mean peak-to-valley roughness 

(𝑅𝑧) (ISO 4287 definitions) were averaged from 12 different scans for each direction (x and y) 

and for a total of three samples per category. For each sample a topographic area of (1.5 x 1.5 

mm)2 was mapped. The surface topography parameters were calculated and three dimensional 

images of the samples were taken. The surface topographic analysis was conducted at the 

Lubricant Analysis Laboratory (translated as Laboratório de Analise de Lubrificantes) in the 

Faculty of Engineering of the University of Porto. 

ii) Energy dispersive X-ray spectroscopy (EDS) 

The ferrite samples surface chemical analysis was achieved through the energy-dispersive X-ray 

spectroscopy (EDS). The EDS is a sensitive non-destructive elemental analysis technique that is 

based on the collection of energy dispersion of characteristics X-rays [47]. The x-rays are 

produced as a result of a collision between an electron of the incident beam and an electron in 

one of the inner shells of an atom and lead to an electron removal (or ionization) leaving an 

empty spot. To return the ionized atom to its ground state, an electron from a higher energy 

outer shell fills the vacant inner shell and, in the process, releases an amount of energy that is 

equal to the potential energy difference between the two shells and which is unique for every 

atomic transition. The X-ray spectrum consists of a series of peaks representative of the type 

and relative amount of each element in the sample. Some element, however, can present more 

than one peak, meaning that a single primary ionization has led to many emissions as a result of 

the atom many shells [47-51]. Contrary to other analytical techniques, EDS has the advantage of 

providing quantitative results in an absolute way. It can be applied to the characterization of 

very thin surface segregations (in low-voltage operation mode), or to the simultaneous 

determination of the composition of surface layers, buried layers or substrates [48, 52]. The EDS 

exam was performed on the prepared samples (previously coated with coated with an 𝐴𝑢/𝑃𝑑 

thin film) using a High resolution (Schottky) Environmental Scanning Electron Microscope 

(Quanta 400 FEG ESEM) with X-Ray Microanalysis (EDAX Genesis X4M) operating at 15 kV. A 

SUTW-Sapphire detector type with 132.58 resolution and life time of 60 secs (the real time that 

the instrument is available to for the measurements, i.e. without considering the dead time), 

was used. 

iii) Contact angle measurement 

The hydrophilicity of the ferrite samples was determined through the contact angle 

measurement technique. This powerful, but simple method to prone surface properties is based 

on establishing the tangent with the sessile drop profile at the point of contact with the solid 
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surface [53, 54]. Hence, the contact angle is defined as the angle between the substrate surface 

and the tangent line at the point of contact of the liquid droplet with the substrate [53]. The 

surface water contact angle was performed by using a Contact Angle System OCA (DataPhysics 

Instruments, Filderstadt, Germany) at room temperature. A drop of water was placed on the 

surface of the ferrite sample with a 500 μ syringe (Hamilton, Graubünden, Switzerland) at a 

dosing rate and volume of 4.00 μl/s and 4.00 μl. The contact angles were determined through 

image analysis using the SCA software (DataPhysics Instruments, Filderstadt, Germany). For 

each material the average from measurement based on four samples, was obtained. The contact 

angle measurements were conducted at the Science and Technology Park of University of Porto 

(translated as Parque de Ciência e Tecnologia da Universidade do Porto - UPTEC). 

5.1.6. Statistical analysis 

Surface characterizations were performed on two/three samples for each treatment group. For 

cell culture studies, each data presented is from a minimum of three individual cultures. The 

results were expressed as arithmetic means ± standard deviation (±SD) for each group of 

samples. Analysis of the results were carried out using the t-test, with a significant level of 

p<0.05. 

5.2. Results 

5.2.1. 𝒁𝒏 Ferrite samples 

i) Cell adhesion, viability and proliferation (MTT assay) 

Figure 5.5 presents the MTT counts from days 1 and 3 after cell seeding on the irregularly shaped 

𝑍𝑛 ferrite samples.  
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Figure 5.5 - MTT measurements of MG-63 cells cultured on 𝑍𝑛 irregular ferrite samples after 1 and 3 days. The values 
are the mean ± SD and expressed as percentage of positive controls (cell seeding density of 5 X 104 cell/ml) 

As demonstrated in Figure 5.5, in the first day of culture, the number of cells on the 𝑍𝑛 ferrite 

samples was already higher than that present in the control, where cells were not exposed to 

the ferrite material. However, values presented a high standard deviation. From day 1 to day 3 

there was an increase of 17% in the number of cells in the ferrite surfaces in relation to the 

controls and a reduction of the standard deviation.  

ii) Optical microscopy 

Comparative optical microscopy images of the irregularly shaped 𝑍𝑛 ferrite and negative control 

samples, after 72 hours from initial cell seeding, are presented in Figure 5.6. The ferrite materials 

present a poor optical transparency which limits the visualisation of the MG-63 cells at the 

samples surface. However, at the highest optical magnification (x2), dark purple patches could 

still be identified (see Figure 5.6(C)). This coloration resulted from the MTT reduction by viable 

cells. The 𝑍𝑛 ferrite different surfaces, the fractured and non-fractured, are presented in Figure 

5.6(A), on the left and right portion of the edge, respectively. Both surfaces are rough and 

irregular, still the fractured one appears to be slightly more uneven. Although, in the examples 

presented in Figure 5.6(A) and (C), cell adhesion and proliferation appears to be mostly limited 

to the non-fractured site; in the other tested samples (data not presented in this chapter), the 

cells surface preference is not so clear. Also there appears to be no evidence of surface oxidation 

during the material contact with the cell culture complete medium. 
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Figure 5.6 -Ferrite surface topographies after 3-day culture with MG-63 cells obtained from optical microscopy: (A and 
C) Cell adhesion and proliferation on ferrite samples and (B and D) Negative control samples which were not exposed 
to cells. Images magnification of 0.7X and 2X was used in the top and bottom images, respectively. Note the purple 
precipitates present on the seeded samples (A and C), compared to the non-seeded samples (B and D) (cell seeding 
density of 5 X 104 cell/ml) 

iii) SEM 

Figure 5.7 shows the SEM image of the 𝑍𝑛 ferrite non-fractured portion surface.  

 

Figure 5.7 - SEM image of 𝑍𝑛 ferrite non-fractured surface. Images were obtained from secondary electrons. Image 
magnification of 2500X 

Figure 5.7 shows the heterogeneous grainy surface of the 𝑍𝑛 ferrite surface. 
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iv) EDS 

The X-ray spectrum of the 𝑍𝑛 ferrite is present in Figure 5.8. 

 

Figure 5.8 - X-ray spectrum of the 𝑍𝑛 ferrite. The horizontal axis is the energy scale and the vertical axis is the number 
of photons per energy interval. The x-ray identification, element, is indicated in the vicinity of the peaks 

In Figure 5.8 it is possible to visualize the 𝑂, 𝐹𝑒, 𝑍𝑛, 𝑁𝑖 and 𝐶𝑢 peaks. The 𝐴𝑢 and 𝑃𝑑 peaks 

from the ferrite sample coating with an 𝐴𝑢/𝑃𝑑 thin film, can also be identified. By not 

considering the presence of the 𝐴𝑢 and 𝑃𝑑, the elements proportions in the measured location 

was 22.90 wt% 𝑂, 49.42 wt% 𝐹𝑒, 16.55 wt% 𝑍𝑛, 7.35 wt% 𝑁𝑖 and 3.78 wt% 𝐶𝑢. 

v) Contact angle measurement 

Figure 5.9 shows the average measurement of static contact angle of a water droplet on the 

non-fracture surface of 𝑍𝑛 ferrite. 

The average contact angle for the 𝑍𝑛 ferrite surface was 86.1° ± 13.42. Although, the average 

value obtained is an indication of a hydrophilic behaviour the standard deviation also points out 

for the fact that the surface is heterogeneous in terms of its hydrophilicity. 
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Figure 5.9 - Average measurement of static contact angle on 𝑍𝑛 ferrite surface. The image represents a 103.5° contact 
angle 

vi) Hen’s egg test - Chorioallantoic membrane (HET-CAM) assay 

Table 5.1 presents the results obtained on the HET-CAM irritation assay 

Table 5.1 - Scoring scheme for irritation testing with hen’s egg chorioallantoic membrane 

Effect 
 Score 

Time (min) 0.5 2 5 

Hemorrhage  0 0 0 

Coagulation  0 0 0 

Vascular lysis  0 0 0 

 

Table 5.1 demonstrates that there was no evidence of hemorrhage, coagulation or vascular lysis 

on the CAM where the ferrite material samples were placed throughout the 5 minutes’ 

evaluation time. 

vii) Chorioallantoic membrane (CAM) angiogenesis assay 

The influence of the 𝑍𝑛 ferrite on the angiogenesis process was evaluated through the CAM 

assay. A comparative evaluation of the effect of material presence on the formation of blood 

vessels is present in Figure 5.10.  
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Figure 5.10 - Photographs of CAM (A) through in ovo analysis immediately after ferrite sample deposition and (B) after 
11 days of incubation through ex ovo analysis. The arrow indicates the presence of new blood vessels sprouting 
towards the ferrite sample 

By comparing Figure 5.10(B) with (A) it is possible to notice that after 3 days of CAM exposure 

to the ferrite material, there were a few new formed convergence capillary vessels around the 

ferrite sample. For a more quantitative evaluation of the effect of the ferrite material on the 

angiogenesis process, Figure 5.11 presents the total and convergence average number of blood 

vessels at the day of the material implantation and after 3 days of material exposure.  

 

Figure 5.11 - Average number of CAM total blood vessels of type I (grey with diagonal stripes), II (diagonal stripes) and 
III (dark grey with diagonal stripes) and convergence blood vessels of type I (grey), II (white) and III (dark grey) on CAM 
images at day 0 and 3 from 𝑍𝑛 ferrite sample deposition 
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As demonstrated in Figure 5.11, with the exception of type III capillaries, the average number of 

all blood vessels - total and convergence – increased after 72 hours’ exposure to the ferrite 

samples. This is more prominent among the convergence type I blood vessels which registered 

a 2-fold increase in the average number after day 3 from material deposition. The total number 

of CAM type III blood vessels, reduced to half its amount at day 3. The number of type III 

convergence blood vessels also demonstrated a similar behaviour. In general, the number of 

blood vessels is associated with a high standard deviation. Figure 5.12 shows the blood vessels 

average diameter per type at the day of the ferrite sample implantation and after 3 days of 

exposure.  

 

Figure 5.12 - Average blood vessels diameter of type I (dark grey), II (diagonal stripes) and III (grey) calculated from 
CAM images recorded at 0 and 72 hours after 𝑍𝑛 ferrite sample deposition 

From Figure 5.12 it is possible to verify that a 72 hours exposure to the ferrite materials did not 

significantly alter the convergence blood vessels average diameter in each capillaries type. 

5.2.2. 𝒁𝒏 Ferrite vs. Sr-Ca Ferrite 

i) Cell adhesion, viability and proliferation (MTT assay) 

Figure 5.13 displays the MTT counts measured on 𝑍𝑛 and Sr-Ca ferrite samples for days 1 and 3 

after cell seeding. At day 1, although still high, there were less cells attached to the Sr-Ca ferrite 

surfaces, 69.2%, than the amount found in the 𝑍𝑛 ferrite samples, 124.9%.  
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Figure 5.13 - MTT counts on MG-63 cells cultured on 𝑍𝑛 (in grey) and Sr-Ca (diagonal stripes) ferrite samples, 1 and 3 
days. The MTT counts are presented as the mean ± standard deviation and expressed as percentage of positive controls 
(cell seeding density of 5 X 104 cell/ml) 

5.2.3. Sr-Ca Ferrite discs 

i) Cell adhesion, viability and proliferation (Resazurin assay) 

Figure 5.14 presents the results on the resazurin measurement after 1, 3, 7 and 11 days in 

culture, regarding the cells attached to magnetic and demagnetized Sr-Ca ferrite samples. All 

samples used in this experiment were of Sr-Ca ferrite with the same rough surface (see Figure 

5.2(B)) and subjected to medical autoclave sterilization followed by soft mechanical cleaning 

with 70% ethyl alcohol. Hence, no additional treatment besides the demagnetization process 

was adopted which could alter the surface composition and/or topography.  
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Figure 5.14 - Resazurin measurements at 1, 3, 7 and 11 days of MG-63 cells cultured on Sr-Ca ferrite at a demagnetized 
state through different methods: Curie temperature under an oxygen environment (dark grey - Tc+O2), Curie 
temperature under nitrogen environment (diagonal stripes - Tc+N2) and strong external magnetic field with opposite 
polarity (light grey - E). The resazurin counts are presented as the mean ± standard deviation and expressed as 
percentage of control (cell seeding density of 2 X 104 MG-63 cell/ml). The results obtained from resazurin 
measurements on permanent magnetic samples were used as control. (* - Significantly different from control; ** - 
Significantly different from Tc+N2) 

In Figure 5.14, it is possible to verify the low affinity demonstrated by the MG-63 cells to the 

ferrite surface of the samples demagnetized through the Curie temperature under oxygen 

atmosphere when compared to the control magnetic samples. There was also no improvement 

on cell proliferation behavior in relation to the control with the increase of the incubation time. 

At day 1, the samples demagnetized with Curie temperature and under an nitrogen atmosphere 

and demagnetized through the application of a strong external magnetic field of opposite 

polarity showed an increase in the amount of cells attached to the Sr-Ca ferrite surfaces when 

compared to magnetic control samples. Differences of around 40 and 30%, respectively, were 

registered. Over the incubation time, the cells on the surfaces demagnetized with the Curie 

temperature and under a nitrogen atmosphere, showed a proliferation rate considerably similar 

to the amount registered in the control. However, at day 7 and 11 there was an almost 2-fold 

increase in the MG-63 attached to the external magnetic field demagnetized ferrite surfaces as 

a result of cell proliferation, in comparison to that measured on the permanent magnetic control 

surfaces. From all the samples tested and according to the results present in Figure 5.14, MG-63 

cells show a preference to proliferate on Sr-Ca ferrite surfaces which demagnetization was 

achieved through the application of a strong external magnetic field of opposite polarity. 
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The results in Figure 5.15 depict the resazurin counts after 1, 3, 7 and 11 days in culture of MG-

63 cells attached to Sr-Ca ferrite and where the influence of chemical contaminants removal 

through abrasive mechanical cleaning, was considered. All the samples tested in this experiment 

were demagnetized through Curie temperature and under a nitrogen atmosphere. 

 

Figure 5.15 - Resazurin counts at 1, 3, 7 and 11 days of MG-63 cells cultured on Curie temperature and under nitrogen 
environment demagnetized Sr-Ca ferrite samples with additional mechanical cleaning (denoted as “MC”) and without 
the mechanical cleaning (denoted as “No MC”). The resazurin counts are presented as the mean ± standard deviation 
and expressed as percentage of controls (cell seeding density of 2 X 104 MG-63 cell/ml). The results obtained from 
resazurin measurements on permanent magnetic samples were used as control. (* - Significantly different from “No 
MC”) 

From Figure 5.15, it is possible to see, that there was no significant difference on the amount of 

cells adhesion between the surface non-subjected and the one subjected to the abrasive 

mechanical cleaning. However, on the 7th and the 11th day of incubation, an approximately 40 

and 30% increase, respectively, in cell proliferation was registered on the abrasive mechanically 

cleaned surfaces when compared to the surfaces not subjected to this rough cleaning. The hard 

mechanical cleaning of the Sr-Ca ferrite surface appears to increase the MG-63 cells preference 

for Curie temperature and under a nitrogen atmosphere demagnetized ferrite surface.  
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ii) EDS 

The X-ray spectrum of the Sr-Ca ferrite is present in Figure 5.16. 

 

Figure 5.16 -X-ray spectrum of the Sr-Ca ferrite. The horizontal axis is the energy scale and the vertical axis is the 
number of photons per energy interval. The x-ray identification, element, is indicated in the vicinity of the peaks 

In Figure 5.16 it is possible to visualize the 𝑂, 𝐹𝑒, 𝑆𝑟 and 𝐶𝑎 peaks. The 𝐴𝑢 and 𝑃𝑑 peaks from 

the ferrite sample coating with a 𝐴𝑢/𝑃𝑑 thin film, can also be identified. The spectrum also 

showed the existence of 𝐶 on the samples which was associated with the presence of cells. By 

not considering the presence of the 𝐶, 𝐴𝑢 and 𝑃𝑑, the elements proportions in the measured 

location was 23.46 wt% 𝑂, 67.62 wt% 𝐹𝑒, 8.49 wt% 𝑆𝑟 and 0.42 wt% 𝐶𝑎. All the Sr-Ca ferrite 

surfaces, demagnetized and the ones subjected to the hard mechanical cleaning, and with the 

exception of the permanent magnetic samples, were analyzed through EDS and similar X-ray 

spectra were obtained. 

iii) Contact angle measurement 

Figure 5.17 shows the average measurement of static contact angle of a water droplet on the 

surface of Sr-Ca ferrite samples. The average contact angle for the Sr-Ca ferrite surface was 79.5° 

± 7.39 which is an indication of a hydrophilic behaviour. 
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Figure 5.17 - Average measurement of static contact angle on Sr-Ca ferrite surface. The image is a representation of 
a 68.4° contact angle 

iv) SEM 

Figure 5.18 shows the SEM images of the MG-63 cells morphology when cultured for 1 day on 

Sr-Ca ferrite surfaces which were demagnetized under different conditions, namely, under a 

strong external magnetic field of opposite polarity and with a Curie temperature under an 

oxygen atmosphere. It was not possible to analyse the Sr-Ca ferrite in the magnetized state. 

There was also no demagnetized sample in the demagnetized state through Curie temperature 

under a nitrogen atmosphere, available form SEM analysis. 

From Figure 5.18 it is possible to see that the MG-63 cells present a flatten and well spread 

morphology in both surfaces. However, in the Figure 5.18(C)(D) the cells cytoplasmic extensions 

are more prominent. Although, data on SEM images from lower magnifications were not 

presented in this chapter, on the demagnetized Sr-Ca ferrite through a strong external magnetic 

field of opposite polarity it was possible to verify that the disc surface was covered with regularly 

shaped cells. In the case of the demagnetized Sr-Ca ferrite through Curie temperature and under 

an oxygen atmosphere, the cell were unevenly scattered on the surface and clusters were even 

identified. Figure 5.18 SEM images, also allowed to confirm both Sr-Ca ferrite samples similar 

morphological surfaces which are marked by a rough and irregular appearance and contain 

several indentations, craters debris found over the entire surface 
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Figure 5.18 - SEM photographs from 1 day incubation of MG-63 cells cultured on Sr-Ca ferrite demagnetized surface 
through (A,B) strong external magnetic field of opposite polarity and (C,D) Curie temperature and under an oxygen 
atmosphere. Images were obtained from secondary electrons. Two magnifications are shown: 2500X (A,C) and 5000X 
(B,D) 

SEM analysis was also used to evaluate MG-63 cells morphology after 1-day culture on hard 

mechanically cleaned Sr-Ca ferrite surfaces at a demagnetized state from its exposure to the 

Curie temperature under a nitrogen atmosphere (see Figure 5.19). The images in Figure 5.19, 

showed that the MG-63 cells also presented a flattened morphology on the surface altered by 

sandpaper abrasion. From Figure 5.19, the hard mechanically cleaned Sr-Ca ferrite surfaces 

appears to maintain its irregular grainy texture, however, it appears to be less irregular and more 

smother. The microscope view selected was not very revealing on the ferrite surface 

morphology alteration as a consequence of the hard mechanical cleaning procedure. For more 

insight on this subject, a topographic analysis will be developed in the next section. 
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Figure 5.19 - SEM photographs from 1 day incubation of MG-63 cells cultured on Sr-Ca ferrite demagnetized surface 
through Curie temperature and under a nitrogen atmosphere and subjected to abrasive mechanical cleaning. Images 
were obtained from secondary electrons. Two magnifications are showed: 2500X (A) and 5000X (B) 

v) White light interferometry 

Surface interferometry analysis on the magnetic and demagnetized Sr-Ca ferrite samples, 

through the three dimensional topographic images of the samples surface and the calculation 

of the surface topography parameters, are presented in Figure 5.20 and Table 5.2, respectively. 

 

Figure 5.20 -Profilometry 3D images of the Sr-Ca ferrite surfaces as determined from microscope-based white light 
interferometry and where the influence of the de-magnetization process and the absence of it, was evaluated: (A) 
magnetic, (B) de-magnetized through the application of a strong electric field, (C) de-magnetized with Curie 
temperature in an oxygen atmosphere, and (D) ferrite de-magnetized with Curie temperature in a nitrogen 
atmosphere. Images magnification of 0.25X was used for (A) and 0.5X was used for (B), (C) and (D) samples 
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Table 5.2 - Surface roughness parameters measured in two directions (x and y) of the rougher magnetic and 
demagnetized ferrite samples through different methods (strong electric field (E), Curie temperature in an oxygen 
atmosphere (TC+ O2) and Curie temperature in a nitrogen atmosphere (TC+ N2). Data is shown as arithmetic means± 
standard deviation (±SD) and expressed in µm. 𝑅𝑎: average surface roughness, 𝑅𝑞: root mean square roughness, 𝑅𝑧: 

mean peak-to-valley roughness 

Ferrite condition 
Measured 
direction 

Average ± SD (µm) 

𝑅𝑎 𝑅𝑞 𝑅𝑧 

Magnetic 
x 0.90 ± 0.11 1.27 ± 0.22 7.98 ± 1.80 

y 1.15 ± 0.10 1.52 ± 0.17 9.02 ± 1.57 

De-magnetized 

E 
x 0.63 ± 0.06 0.81 ± 0.07 4.36 ± 0.40 

y 0.86 ± 0.04 1.08 ± 0.05 5.34 ± 0.25 

Tc + O2 
x 0.63 ± 0.03 0.80 ± 0.04 4.18 ± 0.12 

y 0.88 ± 0.06 1.06 ± 0.11 5.14 ± 0.39 

Tc + N2 
x 0.58 ± 0.04 0.74 ± 0.03 4.02 ± 0.14 

y 0.85 ± 0.03 1.05 ± 0.01 5.31 ± 0.26 

 

Both magnetized and demagnetized Sr-Ca ferrite discs were not subjected to any treatment 

which could alter the surface topography (e.g. hard mechanical cleaning), hence the results 

obtained can be considered as representative of the material original surface. From Figure 5.20, 

it was possible to verify that all samples present a surface with a striation pattern. With the 

exception of the magnetic sample (Figure 5.20(A)) which displays a larger scale range, all the 

samples present a similar maximum valley deepness and peak highs. This can be confirmed by 

comparing the results obtained in Figure 5.20 with Table 5.2 the surface roughness values. 

Again, the 𝑅𝑎, 𝑅𝑞  and 𝑅𝑧 values, were similar between the demagnetized materials and only 

slight variations were registered. However, when compared to the magnetic samples, higher 

surface roughness values were registered. Table 5.2 also allows to verify that, in all samples - 

magnetic and demagnetized, there is a clear difference between the surface roughness 

parameters values when measured perpendicular and parallel to the lay (meaning the direction 

of the pattern). 

The surface interferometry analysis of the influence of sandpaper abrasive mechanical cleaning 

on the demagnetized Sr-Ca ferrite samples surface topography was achieved through the 

calculation of the surface topography parameters and the analysis of the three-dimensional 

topographic images of the samples surfaces. These results are presented in Table 5.3 and Figure 

5.21, respectively. All the samples used in this particular experiment were in the demagnetized 

stated in which demagnetization was achieved through the material exposure to the Curie 

temperature and under a nitrogen atmosphere. 
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Figure 5.21 - Surface topographies of the Sr-Ca ferrite surfaces as determined from microscope-based white light 
interferometry and where the influence of the abrasion mechanical cleaning was evaluated: (A) demagnetized Sr-Ca 
ferrite through Curie temperature in a nitrogen atmosphere and not subjected to hard mechanically cleaned surface 
and (B) the same material however subjected to abrasive mechanical cleaning. Images magnification of 0.5X was used 

Table 5.3 - Surface roughness parameters measured in two directions (x and y) of the demagnetized Sr-Ca ferrite 
through Curie temperature in a nitrogen atmosphere (Tc + N2) and the ferrite material in the same conditions however 
subjected to additonal mechanical cleaning (+ MC) surface treatment. Data is shown as arithmetic means± standard 
deviation (±SD) and expressed in µm. 𝑅𝑎: average surface roughness, 𝑅𝑞: root mean square roughness,𝑅𝑧: mean peak-

to-valley roughness 

Ferrite condition Direction 
Average ± SD (µm) 

𝑅𝑎 𝑅𝑞 𝑅𝑧 

Tc + N2 
x 0.58 ± 0.04 0.74 ± 0.03 4.02 ± 0.14 

y 0.85 ± 0.03 1.05 ± 0.01 5.31 ± 0.26 

Tc + N2 + MC 
x 0.25 ± 0.06 0.34 ± 0.10 2.41 ± 0.77 

y 0.25 ± 0.05 0.34 ± 0.08 2.35 ± 0.59 

 

A general analysis of the three dimensional topographic images presented in Figure 5.21(B), 

allows to identify that, oppositely to the samples evaluated in Figure 5.20(A), there appears to 

be no distinct characteristic pattern among these ones. This phenomenon was confirmed by the, 

low or no variation, in the surface roughness parameters values when measured in 

perpendicular directions (x and y) for the demagnetized through Curie temperature in a nitrogen 

atmosphere ferrite samples surface after mechanical cleaning was applied (see Table 5.3). By 

comparing Figure 5.21(A) and (B), it is possible to notice that the maximum peak heights and the 

valleys deepness were both reduced after the ferrite surfaces were subjected to the abrasive 

mechanical cleaning. The data presented in Table 5.3, and which more generally characterize 

the samples surface topographic behavior, corroborate these findings. According to the 

information in Table 5.3, after mechanical cleaning is applied to these samples, not only did 𝑅𝑎 

and 𝑅𝑞 decreased from 0.85 to 0.25 μm and from 1.05 to 0.34 μm, respectively, but the average 

𝑅𝑧 value also decreased from 5.31 to 2.35 μm. Both results indicate a reduction in the surface 

roughness. 
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5.3. Discussion 

The clinical application of a ferrite actuator requires that these materials are non-toxic and 

biocompatible. In this context, the cytocompatibility of two bulk ferromagnetic materials, 𝑍𝑛 

and Sr-Ca ferrite, were evaluated on MG-63 osteoblastic-like cell line.  

The study started with the analysis of the most available material, 𝑍𝑛 ferrite. Considering the 

inaccurate insights on the tested material surface chemical composition, an EDS analysis was 

performed. From the X-ray spectrum it was possible to identify, besides the expected zinc metal 

(𝑍𝑛) compound, the presence of nickel (𝑁𝑖) and copper (𝐶𝑢). Considering the elements 

percentage by weight proportions, the material tested in this chapter is most probably a 

𝑁𝑖0.27𝐶𝑢0.14𝑍𝑛0.6 ferrite compound. According to Huq et al. [55], this is a well-known 

established ferrite chemical composition which is used in various electromagnetic devices due 

to their high resistivity, high permeability and comparatively low magnetic losses. From the MTT 

assay measurements of MG-63 cells cultured (cell seeding density of 5 X 104 cell/ml) on this 

material surface, at day 1, there was already a 25% more cells attached to the material surface 

when compared to the control (which presents the ideal surface for osteoblastic cells). After 3 

days incubation, a 17% increase on cell proliferation, led to 42% more cells in relation to the 

control. In a study developed by Kim et al. [7], the MTT measurements of mouse fibroblast L929 

cells viability in response to 𝑁𝑖0.65𝐶𝑢0.1𝑍𝑛0.35𝐹𝑒1.9𝑂4 ferrite particles, were evaluated to infer 

on this material cytotoxicity for hyperthermia application. After 3 days exposure to the material, 

the cells viability reached between 75 and 80% in relation to the positive control. From the agar 

overlay method results the authors considered material tested to be mildly cytotoxic. The MTT 

assay percentage difference obtained between the studies could be due to the 2-fold higher 

content of the toxic element 𝑁𝑖 in the ferrite compound tested by Kim and his co-workers. Those 

authors also considered that, despite the presence of toxic element in the ferrite composition, 

a percentage viability above 85% would be an indication of the material ability to be used for 

clinical application. Irrespectively of the authors’ prediction, data based solely on the good MTT 

results obtained with 𝑁𝑖0.27𝐶𝑢0.14𝑍𝑛0.6 during the 3 day study period, were not enough to 

confirm the material’s cytocompatibility. However, these results allowed to determine that this 

ferrite material surface is favourable to cell adhesion and proliferation. There could be other 

factors influencing these good results. It was not possible to determine if the surface 

morphology contributed to the cell high affinity for this material, since it was not clear if the cell 

adhesion and proliferation was limited to the ferrite samples fractured or non-fracture area. 

From optical microscopy analysis and more conclusively through SEM analysis it was possible to 

determine that the ferrite material tested presented a heterogeneous and grainy surface. Also, 
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from the optical microscopy images it was possible to conclude that neither the autoclave 

sterilization method, nor the material contact for 3 days with cell culture complete medium led 

to surface alteration (e.g. surface oxidation) which could jeopardize cell adhesion and 

proliferation.  

In order to evaluate the 𝑁𝑖0.27𝐶𝑢0.14𝑍𝑛0.6 ferrite in terms of angiogenic activity, a CAM essay 

was performed. Through this experiment, after 72 hours CAM exposure to ferrite samples there 

was a significantly increase in the number of convergence blood vessels. A general blood vessels 

growth was also verified in the CAM area inside the reference ring. This behaviour was more 

evident among the type I convergence blood vessels which registered a 2-fold increase over the 

study period. This increase was also confirmed by the non-variation of the blood vessels average 

diameter for type, considered. Although, the CAM assay is perceived as an accurate method, its 

technique has the tendency to be overly sensitive and the results analysis is not always 

straightforward [29]. There are two limitations to this assay which may lead to false positive 

assumption on the convergence blood vessels growth. First, since the test materials were placed 

on already formed blood vessels an increased vascular density can be generated due to the 

rearrangement of existing vessels that follows contraction of the membrane. Also the presence 

of a foreign material onto CAM may develop a non-specific inflammatory reaction which can 

also lead to a misled conclusion [37]. It is important to highlight that the probability of 

developing a non-specific inflammatory reaction in the CAM in time-depended. The lymphoid 

cells driven from the yolk and spleen are usually only detectable in the thymus on day 8 and in 

the Fabricius bursa on day 11, hence the host’s immune system is relatively immature during 

CAM early development stages [31]. Considering that although vascular growth at the ferrite 

material site was registered, its increase rate was low and no dense blood vessels network was 

developed. Also, the blood vessels arrangement around the ferrite material appear to be 

distinctive of neoangiogenesis - sprouting vessels with branches and sub branches growing from 

larger existing ones and converging towards the ferrite sample, i.e. in a radial “spoke-wheel” 

arrangement of blood vessels [34]. Hence, it is believed that the capillaries formation was 

neither a result of tissue rearrangement nor non-specific inflammatory reaction. The existence 

of convergence blood vessels towards the ferrite material suggests that this material does not 

have an antiangiogenic effect. However, it also does not appear to enhance the angiogenesis 

process. Hence, it is possible to claim the 𝑁𝑖0.27𝐶𝑢0.14𝑍𝑛0.6 ferrite showed a neutral effect on 

the angiogenesis process, behaving as an inert material. This behaviour also allows to speculate 

that when implanted in the human organism it will most likely not interfere with the 

physiological angiogenesis process at the fracture site. Corroborating with this behaviour were 
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the results obtained in the HET-CAM assay. This assay allowed concluding that the ferrite 

material does not present any irritancy properties since there was no evidence of haemorrhage, 

coagulation or vascular lysis during the study evaluation time.  

The cytocompatibility study developed on the 𝑁𝑖0.27𝐶𝑢0.14𝑍𝑛0.6 ferrite samples demonstrated 

promising results and consequently high expectations were created towards the potential 

biocompatibility of this material. However, in order to ensure assays reproducibility, reliability 

and credibility, some experimentation standards had to be respected (e.g. test material plane 

surface, uniformity size and dimensions to fit the 48-well culture plates). These requirements 

limited the material availability and led to the introduction of a ferrite material with a different 

composition, Sr-Ca ferrite. This also obligated to the development of a new cytocompatibility 

study for this new material.  

Similar to the approach adopted for the 𝑁𝑖0.27𝐶𝑢0.14𝑍𝑛0.6 study, in the hydrophilic surface Sr-

Ca ferrite material, chemical composition was also confirmed through an EDS analysis. The X-ray 

spectrum allowed identification of the presence of strontium (𝑆𝑟) and small portion of calcium 

(𝐶𝑎) on the ferrite composition. In a first approach, in order to understand where the introduced 

material stands in relation to cell viability when compared to the previous one, the MTT assay 

results for the 𝑁𝑖0.27𝐶𝑢0.14𝑍𝑛0.6 ferrite samples were compared to the ones obtained for the 

Sr-Ca ferrite material. At the first day of incubation, there were 38.8% less MG-63 cells attached 

to Sr-Ca ferrite surface than the amount registered in the positive control. After 3 days in 

favourable cell proliferation environmental conditions, there was an increase in 23% of the 

number of viable cells. The average reached around 93% when compared with the optimum 

positive control wells. Although this result was associated with a high standard deviation, the 

mean value was similar to the ones obtained in the studies performed by Lee et al. [56] and Kim 

et al. [7]. In both studies, Sr-ferrite particles showed more than 80% viability in response to 

mouse-fibroblastic L929 cells. According to ISO 10993-5:2009 [57] standards, if the viability is 

reduced below 70% of the blank, the material has cytotoxic potential. It is not possible to infer 

on the Sr-Ca ferrite samples cytocompatibility based on the results obtained from the MTT assay. 

However, the discrepancy registered when compared with the ones obtained with the 

𝑁𝑖0.27𝐶𝑢0.14𝑍𝑛0.6 ferrites samples, obligated further research for better understanding of the 

lower MG-63 cells affinity for this surface.  

One of the factors which greatly determines the cytocompatibility and biocompatibility of ferrite 

materials are the magnetically responsive components [56], which in the case of the latter 

introduced material, are iron, strontium and calcium. As demonstrated in several studies [7, 58], 
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when compared to other ferrites, 𝐹𝑒3𝑂4 has shown to allow high cell viability levels and is 

generally considered a biocompatible magnetic material. In relation to strontium, its similarities 

with calcium normally cause its deposition in bone [59]. This component is even used as 

therapeutic agent in bone disorders (e.g. osteoporosis), where it is claimed to increase 

osteoblastic activity [60]. In an experiment developed by Kirrane et al. [61] the intentional 

ingestion of strontium ferrite magnets resulted in very high urine strontium levels and no acute 

clinical toxicity. Also, large increments of serum strontium are considered to be possible without 

deleterious actions on organs or functions [59]. Based on this information, it is possible to claim 

that most probably none of the Sr-Ca ferrite constituents are responsible for causing 

cytotoxicity. Another factor which may influencing the MTT cells viability results obtained with 

this material and which also distinguishes it from the previously tested 𝑁𝑖0.27𝐶𝑢0.14𝑍𝑛0.6 

ferrites, is that these ferrites have a net magnetization which makes them a permanent magnet, 

i.e. they create a constant magnetic field. According to manufacturer’s data, the Sr-Ca ferrite 

magnets residual induction (the magnetic flux that remains permanent in a magnet) is between 

0.38-0.4 T. To study the influence of this variable on cell adhesion and proliferation, the Sr-Ca 

ferrite samples were demagnetized through the application of three methods: strong external 

magnetic field of opposite polarity, Curie temperature under an oxygen environment and Curie 

temperature under a nitrogen environment. The resazurin assay measurements during the 11 

days’ period study showed reduced MG-63 cell adhesion and proliferation on the surface 

demagnetized through the Curie temperature under oxygen atmosphere. The low cell affinity 

was also confirmed through SEM analysis. The occurrence of surface oxidation was not identified 

on the EDS analysis since there was no increase in the oxygen peak. However, the recognition 

of rust-coloured spots at the samples surface and the results obtained by Masahiro Amemiya 

[62], which demonstrate the occurrence of ferrite surface oxidation then this material is heat-

treated in an oxidizing atmosphere, are both strong statements that justify the low cell viability 

measured in the resazurin assay when compared with the same material in the magnetized 

state. Despite the limitation shown by the demagnetization method through Curie temperature 

in oxygen atmosphere, the other two demagnetizations strategies - strong electric field and 

Curie temperature in oxygen atmosphere - led to an increased in the cell affinity towards the 

ferrite surface. A cell increase of 72 and 32%, respectively, was registered when compared with 

reference magnetic samples, during the 11 days study. The understanding of static magnetic 

field influence on bone cells has been the aim of several studies [63-67]. However, this issue has 

been subject of contradictive theories.  According to Cunha et al. [63] the results from MTT 

assays showed a reduction in MG-63 human osteoblast-like cell proliferation after a 

continuously 7 days’ exposure to a 0.32 T static magnetic field. The authors also verified that the 

http://www.sciencedirect.com/science/article/pii/0022190271806498
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static magnetic field application during 1h/day increased the cell release of osteocalcin, which 

effect was reversed after 7 days. No influence on cellular distribution, morphology or 

cytoskeleton organization was verified. A different opinion was exposed by Chiu et al. [65], who 

studied the effects of a 0.4 T static magnetic field on MG-63 cell lines. This authors claimed that 

this stimulus, when applied during 6 hours, affected osteoblastic maturation by increasing the 

membrane rigidity and reducing the proliferation-promoting effects of growth factors at the 

membrane domain. However, both teams claim a reduction in the proliferation of MG-63 when 

exposed to a static magnetic field. Hence, this justifies the increase in the number of cells when 

the ferrite material was in a demagnetized state. 

Considering that no procedure until now was adopted to assure an accurate chemical 

sterilization of the materials tested, the application of hard mechanical cleaning through 

sandpaper abrasion was adopted. From resazurin assay measurements it was possible to 

determine that the hard mechanical cleaning procedure increased cell proliferation, by a 40 and 

30% at the 7th and the 11th day of incubation, respectively, in relation to the samples which 

were no subjected to this procedure. The EDS analysis showed no variation in chemical 

constitution of the Curie temperature under nitrogen atmosphere demagnetized Sr-Ca ferrite 

surface, before and after the mechanical cleaning procedure, was applied. Hence, the samples 

chemical “contaminants” removal did not appear to be responsible for the increase in cell 

growth.  

Considering that the interface between the material and the surrounding environment plays a 

crucial role in cell adhesion and proliferation [68], the influence in surface morphology and 

topography alteration, were also evaluated. From the material surface morphological SEM 

analyses, it was possible to notice that the abrasively cleaned material presented a reduction in 

the surface irregularity and it also appeared slightly smoother when compared to the samples 

that were not subjected to the aggressive cleaning procedure. However, this variation did not 

appear to lead to any alteration in the MG-63 cell morphology (Figure 5.20 and 5.21, 

respectively). A quantitative surface analysis was achieved from white light interferometry 

topographic results. From the observation of Figure 5.20 and from the variation of the roughness 

parameters between the two measured directions (x and y), it was possible to confirm that all 

demagnetized Sr-Ca ferrites surfaces presented a striation pattern. This most probably resulted 

from the machining process (e.g. tool type, feed rate, machine type) [40]. The application of the 

abrasive mechanical cleaning altered the surface topography through: 1) reduction of the 

surface general roughness (see Figure 5.21 and Table 5.3) and which was characterized by a 
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decrease in the 𝑅𝑎 values (gives a good general description of height variations but it does not 

differentiates between peaks and valleys and it is not sensitive to small changes in the profile 

[44, 69] and which was reduced to a typical value for polished surface, around 0.2 μm [70]) and 

in the 𝑅𝑞 values (more sensitive to peaks and valleys but it does no detect an isolated error or a 

general tendency towards the worsening of a surface [44, 69, 71]) and 2) the removal of the 

surface pattern with the general homogenization of the surface topography, which is not only 

clear from the 3D surface topography image but it is also confirmed by the reduction of the 𝑅𝑧 

value (usually used to verify if a profile has protruding peaks or valleys). It is difficult to compare 

the results attained in this study with the ones obtained in literature, due to the lack of similarity 

between the surfaces considered (e.g. chemical composition, topography and morphology) and 

the methods used to determine the roughness. However, few studies considering titanium 

surfaces were used to help interpret the results obtained. It is generally known that osteoblastic 

cells prefer rougher surfaces [72]. This idea was clearly demonstrated in a studied developed by 

Kunzler et al. [70]. In this study, osteoblastic cells exposed to a roughness gradient 

(representative of the ones found in cell studies) in a single substratum, showed a similar 

osteoblastic attachment on the rough and smooth parts of the gradient, nonetheless the cell 

proliferation was almost two times higher on the rough end when compared to the smooth end 

of the gradients. However, and as stated by Kunzer, osteoblastic cells also tend to respond 

differently to changes in the surface roughness depending on their maturation state. The 

immature osteoblastic-behavioural MG-63 exposed to the Sr-Ca ferrite showed a morphology 

characteristic of their culture in a smooth surface and which according to Boyan et al. [73] in 

such environment flattened configuration is adopted. When cultured in rough surfaces (𝑅𝑎 

between 4 and 7 μm), these cells assume a more cuboidal morphology with cytoplasmic 

extensions. Although, a significantly reduce in the roughness values was generated with the 

sandpaper abrasive cleaning procedure (a minimum 2-fold reduction in all the roughness 

parameters) the range of roughness values obtained in both samples were all characteristic of 

what would be considered a smooth surface. This explains the non-variation of the MG-63 cells 

morphologies between the surfaces. Also the increase in the cell proliferation registered in this 

study is in accordance with the results obtained by Martin et al. [72] where the authors reported 

that the MG-63 cells proliferate better in smother surfaces than in rough ones.  

A better understanding of the ferrite morphology and topography relation to MG-63 cells 

adhesion and proliferation requires a more thorough study in order for proper conclusions on 

ideal cell surface, to be obtained. From this study it was possible to determine that MG-63 cells 

show a significant preference for proliferation on Sr-Ca ferrite surfaces demagnetized through 

http://www.linguee.pt/ingles-portugues/traducao/similarity.html
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the application of a strong external magnetic field of opposite polarity, and that a decrease in 

surface roughness also appears to improve these cells proliferation rate. 

5.4. Conclusions 

The results obtained in the present study show strong evidences of both soft and hard ferrite, 

respectively 𝑁𝑖0.27𝐶𝑢0.14𝑍𝑛0.6 and Sr-Ca ferrite materials, probability of being cytocompatible. 

However, this study is only a first approach in the determination of the materials 

cytocompatibility since time constraints limited the development of the additional essential 

assays (e.g. evaluation of functional parameters, as the alkaline phosphatase activity). It is 

important to highlight that all the ferrite materials tested during this study were originally 

designed for industrial applications (e.g. electronic circuits) and no strategies during their 

production and handling were adopted considering their application for in vivo purposes. Still it 

was interesting to show the high affinity of MG-63 cells for the 𝑁𝑖0.27𝐶𝑢0.14𝑍𝑛0.6 ferrite material 

and how by the removal of the static magnetic field on the Sr-Ca ferrite the cells adhesion and 

proliferation was greatly increased. In relation to the magnetic ferrite material and the nature 

and degree of interaction with osteoblastic-type bone cells, it is a very complicated phenomenon 

[68, 74] and the study performed was not able to completely understand the set of parameters 

which govern the MG-63 cell adhesion and proliferation on the ferrite surfaces, and in which 

way they can be modified in order to improve cell affinity and guarantee material 

cytocompatibility. The path towards these materials full biocompatibility and the permission for 

their in vivo implantation is lengthy and difficult. In order for the ferrite material biocompatibility 

to be declared, it should present the ability to perform with an appropriate host response in a 

specific application, meaning the ferrite should be able to enhance fractured bone healing 

process, without inducing any undesirable local or systemic responses in the eventual host. Such 

property can only be validated with thorough in vivo assessment. 
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CHAPTER 6 
“Healing is a matter of time, but it is sometimes also a matter of opportunity” 

Hippocrates (460 BC -375 BC) 

6. Bone healing enhancement device: 

Concept demonstration model 

The global orthopedic trauma fixation devices market is witnessing a significant growth. In 2014, 

it was worth US$6,1 billion (around 5,4 billion euros [1]) and it is projected to reach US$9,3 

billion (approximately 8,3 billion euros [1]) by 2020, by expanding at a 7.2% CAGR during the 

forecast period [2]. The market growth is also associated with an increased demand in the 

quality of the orthopedic implants. The slow healing process associated with the tibia shaft 

fractures stabilization using intramedullary nail technique presents a substantial burden to 

society and patients (see Chapter 3). Thus, exploring an efficacious and low-cost strategy to 

accelerate fracture healing can have an important impact in the improvement of currently used 

intramedullary nail devices [3]. It is of general acceptance that the healing site mechanical 

environment greatly determines the fracture healing process quality and progress [4]. However, 

only recently the underestimated low-amplitude high-frequency stimulus potential effect on 

bone fracture treatment enhancement has started to be evaluated. As presented in Chapter 1, 

there are numerous reports that demonstrate the positive influence provided by these stimuli. 

The results obtained in those studies provided the theoretical basis for the development of the 

actuator device.  

In this Chapter, a new solution to enhance the fracture healing process is presented. The system 

concept was based on dynamically controlled magnetic fields applied through non-direct 

contact to the actuator which is connected to the bone fracture fixation device inside the 

patients. A time changing magnetic field when applied to a bulk conductive (i.e. low resistivity) 

medium, such as ferrite, results in the production of an electromotive force. These 

electromotive force causes eddy currents
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(also called Foucault currents) to circulate inside the conductor and to generate a magnetic field. 

This magnetic field will, in turn, interact with the original one applied and cause the generation 

of magnetic force, repulsive or attractive. The drive signal needs to alternate the direction of 

current (i.e. an AC signal) and hence the magnetic field, so the permanent magnet oscillates back 

and forth. Also, if a continuously changing field is not applied to the conductor, the force will 

disappear because the eddy currents circulating inside the conductor will be dissipated into heat 

as a result of the conductor internal low resistance [5-8]. Figure 6.1 exemplifies the application 

of the bone healing enhancement device to an intramedullary nail fixation method. As illustrated 

in Figure 6.1, the actuator motions were generated by applying a time-changing magnetic field 

in close proximity to the conductive material. The control electric current used to produce the 

magnetic field through its passage in an open field circular coil was obtained from an amplified 

signal generated by an arbitrary frequency generator. The reduced wavelength produced 

magnetic field generated will not cross the bulk conductive actuator and eddy currents will 

develop at the conductor surface. 

 

Figure 6.1 - Schematic representation of the proposed magnet actuator device linked to an intramedullary nail for 
bone healing enhancement. The implanted actuator is externally activated and controlled by a handheld emitting 
device which electrical current is obtained from a frequency generator amplified signal. Tibia with fibula and 
intramedullary nail image obtained from [9] and fracture image obtained from [10] 
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After the most suitable actuator material was selected (see Chapter 4) and its biocompatibility 

evaluated (see Chapter 5), the importance of securing the intellectual property rights of the 

original idea, required the development of a simple and easy to perceive model which allowed 

for principle demonstration. Although, the model satisfied the purpose to which it was 

developed, time constrains, implied it’s used for theoretical basis study of the actuator device 

performance and to speculate on the potential extent of the idea. As suggested by C. Sujatha 

[11], there are three output parameters on actuator systems which should be considered such 

as the resonance frequency, waveform type and signal level or amplitude control. In this 

chapter, these parameters are studied and used to understand the actuation device system 

components relationship.  

6.1. Materials and methods 

The concept demonstration model was developed mostly based on materials available in the 

Technological Testing Laboratory with the exception of the electric apparatus components 

which were purchased. This model includes three examples for concept demonstration. 

However, only the one closer to the tibia and implant system case, model 2, was used for 

parameter study. Figure 6.2 shows a generalized block diagram of the test set-up used in the 

concept demonstration model. All models comprise an electrical power supply, an oscilloscope 

(model 33120A, Hewlett-Packard, California, USA) for signal generator, an amplifier for power 

amplification, a ferromagnetic core inductive transducer and a ferrite magnet linked to a central 

elongated body (which mechanical properties varies between models) and which, in turn, is 

connected from its extremities by 4 mm diameter stainless steel pins to a transparent acrylic 

tube that functions as a support structure (see Figure 6.3).  

 

Figure 6.2 - Block diagram of the general constitutive components in the concept demonstration models 

In model 1 (see Figure 6.3(1)) for the vibration to be visually perceived upon the application of 

the magnetic field, a ferromagnetic stripe with 10 mm width and 300 mm length was used.  

In model 2 (see Figure 6.3(2)), which was used for the parameters testing and which more closely 

resembles the bone-implant system, a soft ferrite actuator (IMA, Barcelona, Spain) with inner 

and outer diameter of 9 and 19 mm, respectively and 30 mm length was fixed with cyanoacrylate 

adhesive (FORTE® Plus, Loctite®, Düsseldorf, Germany) to the exterior wall of a cannulated 

intramedullary nail with 9 mm diameter per 345 mm length made of AISI 316L ASTM F318 

http://www.linguee.pt/ingles-portugues/traducao/width.html
https://en.wikipedia.org/wiki/D%C3%BCsseldorf
https://en.wikipedia.org/wiki/Germany
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stainless steel (model SU-209-345, citieffe® S.r.l., Bologna, Italy) and which was provided by 

Artur Salgado S.A. The actuator was positioned at mid distance in the intramedullary nail straight 

portion. The intramedullary nail - “pin”-tube assembly resembles the intramedullary nail-screw-

bone arrangement.  

In model 3 (see Figure 6.3(3)), in replacement of the intramedullary nail and to increase the 

vibration effect, an 8 mm diameter polymeric rod was used. A same size and composition ferrite 

actuator was fixed with cyanoacrylate adhesive to the polymeric rod.  

 

Figure 6.3 - Schematic representation of the (C) concept model developed for 'proof of concept' demonstration purpose 
and the set-up system used for the frequency measurements based in the model 2. The system electronical apparatus 
comprises: (A) laser Doppler vibrometer optical sensor head, (B) oscilloscope, (D) amplifier, (E) laser Doppler 
vibrometer controller and (F) laser Doppler vibrometer signal analyser unit 

The model 2 test set-up was used to measure the intramedullary nail-actuator system resonance 

frequencies. For the frequencies to be determined considering the system free-free body 

conditions, the intramedullary nail extremities rigid pin fixation was replaced by a sponge-like 

material which guarantees the system positioning and at the same time allows its motion as a 

free body (i.e. not considering the influence of the overall set-up system). The actuator motion 

was generated by the application of a time-changing magnetic field, in close proximity to a 

conductive material which, in turn, was generated from the passage of the dynamic electric 

current in the open field circular coil. The resonance frequency was determined from the 

application of a physiological drive signal frequency between 10 and 200 Hz and with increments 

of 10 Hz. A rectangular waveform vibration in nature was applied. The ferromagnetic core 

inductive transducer was constituted by a neodymium-iron-boron conductive core - where the 
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high magnetic permeability of these materials will increase the magnetic field - associated with 

an open field circular copper wire coil. To avoid variation of the distance considered for the 

application of the magnetic field, the ferromagnetic core inductive transducer was fixed to the 

acrylic set-up. The ferrite actuator displacement in real-time was measured through the use of 

a single-point laser Doppler vibrometer system. This system comprises an optical sensor head 

(model OFV-303, Polytec Ltd., Hertfordshire, UK), a controller (model OFV-3001, Polytec Ltd., 

Hertfordshire, UK) which provides power for the measuring head and the signal analyser unit 

(model 2035, Polytec Ltd., Hertfordshire, UK) that processes the vibration signal and displays the 

results obtained. The single-point laser Doppler vibrometer system data acquisition method was 

previously described in Chapter 3. 

6.2. Results and discussion 

The concept model for principle demonstration purpose was used as a study-base for a better 

understanding of the actuator behaviour, the variables involved and their relation. The actuator 

performance is controlled by the applied magnetic field. Consequently, the AC drive signals and 

therefore, the magnetic field applied can be controlled by manipulating the frequency, its 

amplitude, shape and wavelength. The relation between the drive signal frequency and the 

actuator performance is not straightforward. As stated previously in Chapter 4, each system has 

a resonant frequency to which the input signal should operate in order to maximize the actuator 

energy absorbed, to magnify the actuator vibration and reduce the power required. The shifting 

of the input signal frequency away from the system resonant frequencies, cause the actuator 

vibration performance to be reduced significantly. Based on the previously described method, 

the intramedullary nail and actuator system in free-free body condition resonance frequencies 

were determined and the values obtained were between 28-30 and 39-46 Hz. The 

intramedullary nail and actuator system resonance frequencies, fall within the physiological 

ones. However, it is important to highlight that the actuator resonance frequency changes 

according to its dynamic constraints at the end boundary [12]. Differently from the frequency 

parameter, the driven signal amplitude has a linear relation to the actuator performance. Thus, 

the higher the amplitude the greater the actuator vibration output, for a given frequency. Hence, 

the strength of the eddy currents increases with the strength of the magnetic field [5-8]. Another 

magnetic field parameter is its time derivative. As stated previously, in order for the conductive 

actuator to oscillate back and forth, a pulsating (time-varying) magnetic field had to be applied 

[13]. For this effect to be increased, a rectangular waveform was considered. It is known that 

the size of the conductive actuator and its distance to the magnetic field also influences the final 

actuator performance. Although these parameters were not directly tested, it is known that the 



Bone healing enhancement device 

 

254 
 

distance between the magnetic field generator and the conductive material will depend on the 

intensity of the magnetic field [14]. Also, the density of the currents induced in the conductor 

will be directly proportional to the conductive material thickness and the reduce wavelength of 

the magnetic field will intentionally not cross the actuator and will cause the development of 

eddy currents on the ferrite conductor surface [5-8]. 

The principle demonstration concept model was also used to extrapolate on the bone 

enhancement actuator device features potentials and its comparison with competitive existing 

devices. Although, in this chapter, the actuator characteristics were considered in a general 

manner, based on the device functioning concept, it is possible to claim that the actuator can 

actually generate an almost unlimited range of interfragmentary mechanical stimuli, which can 

vary in the type of motion created, magnitude, frequency (or rate) type and intensity, duration 

and timing of initiation. The bone healing enhancement device actuation power supply and 

control is achieved by the magnetic field stimulus. The magnetic field can penetrate all tissues 

including epidermis, dermis, subcutaneous tissues as well as tendons, muscles and also bone, 

which allows it to be remotely supplied and this feature presents an additional advantage over 

the conventional wired actuators in terms of operating life but also in relation to safety. 

Contrarily to the controversy associated with the effect of static magnetic field influence on 

bone cells (see Chapter 5), in vitro experiments on low frequencies (up to 300 Hz) varying 

magnetic fields have demonstrated beneficial effects on osteogenic tissue, angiogenesis 

stimulation, osteogenic precursor proliferation, in the transport of Ca2+ in promoting bone 

formation and in the inflammatory response [15-18]. However, the cells reaction depends on 

cells line, field parameters and time of exposition [19, 20]. The actuator functioning will depend 

on the momentarily application of the magnetic field, meaning, that an external magnetic field 

generator device (e.g. magnetic field handheld emitting apparatus) must be present every time 

the mechanical stimulus is needed [13, 21, 22]. This feature also allows the stimulus to be 

applied to the fracture site during patient rest periods - when there is no load applied to the 

fixation devices - and the stimulus generation is not limited to patient motion periods and does 

not require patient motion. Hence, if a portable magnetic field generator device is to be 

considered, patients will be able to develop their everyday tasks without interference. Another 

important feature of the bone healing enhancement device actuator is that the physicians have 

total control of the stimulus applied allowing them to define patient-specify and healing-stage 

specific therapeutic protocols based on the progression of the fracture healing. The monitoring 

of the magnetic field is possible, for example information on the magnetic field strength 

generated can be obtained through Hall Effect sensor. This simple magnetic sensor is based on 

http://www.linguee.pt/ingles-portugues/traducao/monitoring+system.html
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the Hall Effect where a magnetic field placed perpendicular/right angle to a hall transducer 

(conductive material such as copper) which carries a current flow, will force the charge carriers 

to one side of the hall transducer. This will cause excess concentration of charges to one side 

and depletion on the other, which will give rise to an electric field across the transducer and 

consequently voltage that can be measured across the plate. An equilibrium develops when the 

magnetic force pushing the charge carriers aside is balanced out by the electric force trying to 

push them back towards the middle. Hence, the voltage is proportional to the current flowing 

in the conductor (known parameter) and the magnetic flux density [23-25]. In terms of the bone 

enhancement actuator device range of application by considering that the actuator will be 

associated with the intramedullary nail fixation method, its range of application can be 

considered the same as that of the fixation device which it is associated with. Hence, this 

strategy takes advantage of the fracture site mechanical stimulus already generated from the 

orthopedic trauma fixation devices alone and provides additional stimulus which is considered 

safe, do not interfere negatively in the biological process of bone healing and do not represent 

any risk for the stabilization method. Although, in the principle demonstration concept model a 

tube ferrite actuator was fixed to the exterior wall of a intramedullary nail, the wide range of 

ferromagnetic actuators sizes and dimensions, allow their incorporation into different sites in 

the tight design of the intramedullary nail (e.g. it can be placed along the intramedullary nail 

cannulated interior after the fixation device is correctly positioned in the bone medullary canal), 

and still allow the development of vibration at significant forces to be applied. Hence, this bone 

healing enhancement device also allows the fixation device’s implantation procedures and 

correspondent surgical instrumentation to be maintained, as well as the duration of the fixation 

device implantation procedure and stipulated remaining time for intramedullary nail inside the 

patient’s body. This characteristic will avoid an additional time consuming learning phase and 

will help the physicians to feel more comfortable and confident in using this device. The 

previously mentioned device characteristic guarantees the additional advantage to this 

invention when compared to other in development or commercially stablished interfragmentary 

motion generation devices [26-30]. 

6.3. Conclusion 

In this chapter, an actuator for bone healing enhancement through mechanical stimulus was 

proposed considering the use of intramedullary nail fixation system. The bioimplantable 

actuator was required to possess a set of skills to realize the ambitious goal of enhancing the 

bone fracture healing process in a way that it satisfies the medical community expectations and 

still tries to keep up with the next generation of intramedullary nails. The proposed technique is 
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simple and requires minimal equipment. The system comprises a ferromagnetic actuator 

coupled to the fixation device and controlled through a magnetic field. The flexibility of the 

invention allows its performance to be customize in order to keep up with and adapt to the 

optimum mechanical healing stimulus concept evolution and therefore to properly enhance the 

healing process. Besides all the mentioned advantages, there is still a need for a prototype 

development and in vivo experimentation in order to solidify all the statements presented in 

this chapter. The developed study will hopefully also draw attention to the range of biomedical 

applications of ferromagnetic materials and their potential, as well as the need for more studies 

to consolidate their use. 
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CHAPTER 7 
“The purpose of science is to develop, without prejudice or preconception of any kind a 

knowledge of the fact, the laws, and the processes of nature” 
Robert A. Millikan 

7. General conclusion and future work 

As stated by Alton Ochsner in Thoughts on the Human Body,  “When we arrive on this earth we 

are endowed with the most perfect, the most efficient, and the best constructed machine ever 

devised - our body”, still similar to any other engine and independently of the quality of the 

materials used, accidental damage sometimes occur. In these occurrences, such as bone 

fractures cases, the engineer’s role is to develop the tools that can allow the system recovery in 

the minimum necessary time and aiming to a full restoration of its functions.  

The level of complexity and multidisciplinarity involved in the bone fracture healing process is 

entirely differently from man-constructed machines intelligible organization. Furthermore, its 

relation to the intramedullary nail fixation method, issue addressed in this PhD, required, 

besides a literature review, a complementary study with mechanical experimentation and finite 

element simulation, in order to gain a better sensibility on this subject. In this study, the 

contribution of the bone-intramedullary nail system stability and - more important - its 

dependence on the mechanical properties of the fixation method and on the fracture site 

mechanical environment during the post-operative period, was demonstrated. In addition, the 

urgent need for a profound understanding of the relation between the fracture recovery biology 

and the biomechanical stimulus at the fracture site, was highlighted. This knowledge will be 

determinant in the development of improved and more reliable fixation technology methods. 

In this PhD thesis, a new approach to enhance the bone fracture healing process was presented. 

This innovative idea is easy to apply and can be considered a low-cost strategy to accelerate and 

improve the quality of fracture healing. Hence, the project goals were successfully achieved, 

since the invention reflects the clinician's needs and respects the human body biology. However, 

the actuator device was developed based on studies claiming the potential of micromotion 

combined with different frequencies as mechanical stimulus capable of enhancing bone-healing, 

and there is no practical demonstration of the clinical impact of the developed device. The 

challenge of adapting a concept to an already existing designed structure, such as the

http://www.ncbi.nlm.nih.gov/pubmed/?term=Ochsner%20A%5Bauth%5D
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 intramedullary nail, restricted the progress to the development of a conceptal demonstration 

model. This model allows for demonstrating the main principles, as well as its uniqueness and 

utility. Thus, future work will focus on the evolution of the actuator device from the laboratory 

bench stage to a final reliable product with reproducible results in vivo in a tightly controlled 

environment. This path, however, is very demanding, and requires a set of stages such as the 

development of a prototype for in vitro testing and biomechanical analysis followed by in vivo 

testing in small and/or large animals, which could hardly be encompassed in any PhD program. 

A description of the work developed during the PhD for the preparation of future work is 

presented in Appendix C. Forthcoming work will be oriented towards an investigation on the 

market potential, to identify potential risk associated with the device and to develop designs 

conforming to user needs and intended use. 

Overall, this project has proposed a novel method to physiologically align bone with a 

considerable level of precision between the in vitro and in silico study. Also, strong evidences 

pointing towards the selected ferromagnetic materials cytocompatibility not only positively 

supports their use as actuator in the developed device but also suggests the potential range of 

application of these materials in the biomedical field. Hopefully, the knowledge gained in this 

study and the developed actuator device will in the future help to obtain a better understanding 

of the biomechanics of bone healing, and as stated by Bob Peterhans (President of Zimmer 

trauma company) the ultimate surgeons goals to have access to options which ensure the best 

possible fixation for all patient types could be achieved. 
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CHAPTER 8 
8. Appendix 

A 
The intramedullary nail implantation in the SawBones composite tibia was performed by 

Professor Miguel Marta, an experienced orthopedic surgeon from the Centro Hospitalar de São 

João. The intramedullary nail and screws as well as full tool set for a realistic implantation 

procedure to be adopted (instruments are specific for a given nail), followed the ACCU-Nail 

technical procedure from the L.A. Medicals instrumentation company (Albergaria-a-Velha, 

Portugal). The fixator and respective instrumentation was provided by Artur Salgado S.A.. The 

proceeding was developed in the Laboratório de Ensaios Tecnológicos (translated as Technology 

Testing Laboratory) at the Mechanical Engineering Department of the Faculty of Engineering of 

the University of Porto. 

After the tibia was correctly positioned and fixed in a bench vice, the preparation procedure for 

the implant insertion was initiated. It started with the opening of the “cortex” to access the 

medullary canal through the alternately use of a curved entry site awl (model M507412) and a 

6.35-mm-diameter drill, as can be seen in Figure 8.1.(A) and 8.1.(B), respectively. The entry point 

was on the central line, directly anterior to the articulating surface, between the tibial medial 

and lateral condyle. According to the manufacture this entry site causes less stress to the 

proximal tibia and reduces the probability of nail posterior penetration during its implantation. 

To accommodate the larger proximal portion of the intramedullary nail, 60 mm of the proximal 

metaphysis was reamed with a 12.7 mm in diameter drill. After the nail entry site was enlarged, 

a 2.8 mm in diameter per 800 mm length ball-tip guide wire (model M502724) was passed 

down the medullary canal until it was visible from the opposite end of the tibia. This allowed 

the initiation of the medullary canal reaming, in sequential steps by increments of 0.5 mm up 

to a diameter of 10 mm using the flexible intramedullary reamer (see Figure 8.1.(C)). The ball-

tip guide wire was replaced by a 2.8 mm in diameter per 800 mm length guide wire with no 

ball-tip (model M502744), so it could later be removed through the inserted cannulated 

intramedullary nail. Prior to its insertion in the bone, the intramedullary nail was attached to 

a combined system: distal aiming device (model M507416)  
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fixed to the insertion handle (model M507400). The distal aiming device will allow the distal 

screws to be placement without image intensification. Since the success in the drilling for distal 

locking screws relied on the alignment between the nail distal screw holes and the distal aiming 

device, these points were visually lined up and only afterwards the intramedullary nail attached 

to the insertion handle was inserted through the guide wire into the medullary canal. The nail 

insertion was performed manually through axial movements to avoid its rotational and 

consequently misalignment with the distal aiming device (see Figure 8.1.(D.1)). The fixation 

implant used was a 9 mm in diameter per 345 mm length, cannulated AISI 316L ASTM F318 

stainless steel intramedullary nail (model M596222 AB0366 T). After the intramedullary nail was 

correctly inserted the guide wire was remove and the nail was first locked distally than 

proximally. The assembly protection sleeve (model M507421) accommodating the drill guide 

sleeves, where the 8 mm in diameter is placed inside the 10 mm in diameter one (model 

M507420 and M507418, respectively), was inserted in the holes of the aiming device for drilling 

guidance to be assured. A 4.0 mm drill (model NBODB) was used for all the 4.8 mm in diameter 

locking screws (model M 596248) at the proximal and distal portions of the tibia. The length of 

the screw varied to ensure bicortical penetration. The screws length was determined with the 

use of the depth gauge (model M507414). The screws were inserted with a 3.5 mm hexagonal 

driver (model M507422) until they were engaged far in the tibia “cortex”. For best comparability 

with the finite element model, the nails were locked with two screws distally and two proximally. 

The upper and lower distal locking screws were placed from lateral direction, as demonstrated 

in Figure 8.1.(D.2.) For the proximal screws to be placed the distal aiming device was removed 

and the insertion handle was used for drilling correct position identification. The two proximal 

locking screws were placed perpendicular to each other from the anterior-medial and the 

anterior-lateral direction. See Figure 8.1.(E). After the static locked intramedullary nail was 

correctly implanted and the insertion handle removed, a fracture at the center of the tibial mid-

shaft was created. Around 182 mm upwards from the tibial platform, two transverse 

osteotomies were performed with an oscillating saw (Dremel® Multi-Max™, Wisconsin, USA), 

creating an 11 mm osteotomy gap, as illustrated in Figure 8.1.(F). 

To finalize the proceeding and for future reference, a two plane (frontal and lateral) full length 

x-rays of the bone-implant construct was taken. The x-ray image is presented in Figure 8.2. 

https://en.wikipedia.org/wiki/Racine,_Wisconsin
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Figure 8.1 - Photographic registers from the intramedullary nail implantation process 
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Figure 8.2 - X-ray from the tibia composite with the intramedullary nail implanted from the (A) frontal and 
(B) medial view 

A B 
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B 
Table 8.1 - Properties of some different types of actuators. The two test samples are highlighted in dark grey 

Design Company Product reference 

Dimensions (mm) 

Maximum 
voltage (V) 

Free stroke (µm) 
Blocking force 

(N) 
Resonant frequency 

(kHz) Length Width Height 

B
e

n
d

e
r-

ty
p

e 

Face® International 
Corporation 

PAB-4010 40 10 0.55 100 500 0.8 - 

Piezomechanik 
GmbH 

BM/ML 60/50/450 50 14 1 60 450 0.5 200 

BM 300/50/800 51 5 0.7 100 800 0.3 150 

BM 70/25/200 M 25 7.5 0.4 70 200 0.15 300 

PiezoDrive BA4510 45 10 0.5 100 30 2 170 

Johnson Matthey 
Piezo Products 

1 50 7.2 0.8 230 2000 0.45 - 

2 50 2.1 0.9 230 2000 0.15 - 

3 47.4 1.9 0.8 230 2200 0.18 - 

4 47.4 1.5 0.8 230 1800 0.1 - 

5 47 5.9 0.8 230 2800 0.5 - 

6 36 2.1 0.67 230 1400 0.15 - 

7 32.5 1.9 0.7 230 1400 0.18 - 

8 25 7.2 0.48 24 50 0.05 - 

Noliac 

CMBP 01 21 7.8 0.7 200 195 1.20 - 

CMBP 02 21 7.8 1.25 200 120 3.70 - 

CMBP 03 21 7.8 1.8 200 85 5.50 - 

CMBP 04 32 7.8 0.7 200 475 0.75 - 

CMBP 05 32 7.8 1.25 200 345 2.25 - 

CMBP 06 32 7.8 1.8 200 210 4.30 - 

CMBP 07 50 7.8 0.7 200 1270 0.40 - 
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CMBP 08 50 7.8 1.25 200 850 1.60 - 

PI Ceramic 
Piezotechnology 

PL112.10 17.8 9.6 0.65 60 12000 2.0 - 

PL122.10 25.0 9.6 0.56 60 22000 1.1 - 

PL127.10 31.0 9.6 0.56 60 27000 1.0 - 

PL128.10 35.5 6.3 0.75 60 28000 0.5 - 

PL140.10 45.0 11.0 0.6 60 40000 0.5 - 

Sh
e

ar
-t

yp
e

 

PI Ceramic 
Piezotechnology 

P-141.10 12 10 10 250 10 300 100 

P-141.05 7.5 10 10 250 5 200 163 

P-111.05 7.5 3 3 250 5 20 153 

P-121.05 7.5 5 5 250 5 40 153 

P-151.10 12 16 16 250 10 300 100 

P
la

te
 

Noliac 

CMAP 01 3 3 2 60 2.2 360 - 

CMAP 02 5 5 2 60 2.6 1000 - 

CMAP 03 3 3 3 150 4.4 360 - 

CMAP 04 5 5 3 150 4.8 1000 - 

CMAP 05 7 7 2 150 3.1 1960 - 

CMAP 06 3 3 2 200 2.9 360 - 

CMAP 07 5 5 2 200 3.1 1000 - 

CMAP 08 7 7 2 200 3.2 1960 - 

CMAP 09 10 10 2 200 3.2 4000 - 

CMAP 10 3 3 2 200 1.8 290 - 

CMAP 11 5 5 2 200 2.0 800 - 

St
ac

k 

Piezomechanik 
GmbH 

PSt 150/2x3/5 5 2 3 -30/+150 6.5/5 300 150 

PSt 150/2x3/7 9 2 3 -30/+150 13/9 300 100 

PSt 150/3.5x3.5/7 9 3.5 3.5 -30/+152 13/9 800 100 

PCh 50/5x5/2 2 5 5 50 >3/>2 1500 >500 

NEC/TOKIN AE0203D04 5 2 3 150 4.6 200 261 

PiezoDrive SA030305 5 3 3 150 5.6 330 - 

http://www.mmech.com/tokin-actuators/nec-tokin-resin-coated/nec-ae0203d04f
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C 
The in vitro biomechanical analysis by using animal cadaveric bones can provide essential 

information as a preliminary risk study and will allow to adjust the design to animal 

experimentation conforms and needs. This step will also allow infering on the implant potential 

for bone regeneration. However, the truly assessment of its bone regenerative capabilities, and 

the immune response associated with implantation, will require in vivo experimentation in 

animal models [13, 14]. Few details relating future work have been addressed during the PhD 

study period, namely, the selection of the type of animal model for the pilot study, the 

preparation of the animal model cadaveric bone for the implant prototype adjustments and for 

biomechanical analysis as well as the elaboration of the permission requirements from local 

ethical review committee animal experimentation approval.  

Biomechanical analysis in vitro 

Animal model selection 

Besides the challenge it represents, a careful election of the animal model and specie, is essential 

for an efficient research to be conducted [15, 16]. A proper selection may also minimize the 

number of variables in the experiment and the number of animals needed. This choice is based 

on the objectives of the research and/or the hypotheses to be tested, availability, regulatory 

requirements and ensured analogy with human [17, 18]. In the orthopedic implant trauma 

research field, there is an increased preference in the use of larger animals in detriment of small 

ones (e.g. small rodents). The larger animals’ asset in new implants and biomechanical stability 

studies is based on the fact that: 1) they present a bone metabolism and postoperative behavior 

similar to humans (e.g. propensity for immediate weight-bearing), 2) the larger bone size of 

these animals facilitate the intramedullary nails implantation procedure, 3) mechanical testing 

is also easier when compared to rodents and 4) the larger animals weight more closely 

resembles the one in humans. Therefore, it is easier to extrapolate conclusions based on the 

results obtained in large animals compared to rodents with regard to human’s orthopedic 

implant cases [19, 20]. Although, there is no ideal animal bone model to be used for orthopedic 

studies [18], from all the large animal models available, the sheep has been used in a number of 

previous studies [21-34] were intramedullary tibial nail was tested in vivo and provided the basis 

for comparison with human cases (see Table 8.1). According to literature [12, 19, 20, 35], the 

advantage in the use of sheep models are the high availability, easy housing and handling in the 

experimental set-up, low cost and acceptance to society as a research animal. The extrapolation 

of results from sheep experiment to human patients requires caution and it is important to be 
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aware of the differences between the specimens [28]. In terms of anatomy, as stated by 

Osterhoff et al. [35] the stifle joint was very similar to that of the human knee joint. Also the 

ovine stifle can be considered as a human knee scaled down by one third. In terms of the peak 

mechanical forces acting on this joint, according to the study developed by Taylor et al. [12], it 

was determined an average axial tibial-femoral contact forces of 2.12 BW, an averaged 0.7 BW 

shear loads from the anterior to posterior direction and only small medial to lateral forces. 

Through a in vivo, ex vivo and finite simulation study, Duda et al. [36] determined even lower 

axial and shear knee contact forces for the merino sheep’s. The loading determined in these 

studies is somewhat lower than that seen in the human knee (see sub-chapter 2.1.). The 

difference in force magnitude between the specimens is most probably due to the human’s 

plantigrade bipedal and sheep unguligrade quadrupedal nature. The higher ratio of shear to axial 

loading in the sheep was explained by its higher knee flexion angles – of over 50 degrees – 

compared to the human case where the lower limb remains relatively straight during loaded gait 

(although up to approximately 40 degrees during swing phase). There are also differences in the 

tibia geometry between sheep and humans which should be taking in consideration when 

intramedullary implants are to be tested [12]. As described by Osterhoff et al. [35], one of the 

difference is in the proximal end of the ovine tibia which as an upside down triangular 

pyramided-like shape in contrary to the human tibia proximal end which quickly tapers into a 

shaft short below the plateau. Also the ovine tibial inner diameter is lower which leads to a 

cortical index 1.4 times higher than in the humans. The sheep tibia plateau and the proximal 

tibial shaft are also characterized by a remarkable thick cortical bone. One of the main 

drawbacks of using sheep for this type of studies are the high amount of bone ingrowth when 

compared to humans and their age-dependent bone remodeling [37]. Considering that the 

sheep stifle has similar geometric proportions to the human knee and that although there is no 

direct comparison of load-bearing patterns in sheep with humans, the similar body weight with 

humans makes it adequate to apply the same instrumentation as that used in humans. 

Additionally, the sheep also has a bone healing rate which approximates the human one. Hence, 

the sheep appears to be a suitable model for the evaluation the potential in bone fractures 

enhancement conferred by the device developed during this PhD [18, 19, 38]. 
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Table 8.2 - Few parameters adopted in the studies where sheep was used for the evaluation of intramedullary nail fixation device. OD – outer diameter, L- length 

1Bending technique

Intramedullary Nail 
OD 

(mm) 
L 

(mm) 
Alterations In vivo models Age 

Weight 
(Kg) 

Procedure 
Duration 
(weeks) 

Fracture healing 
Simulation model 

Reference 

- - - - Sheep - 33-40 
Reamed vs 

non-reamed 
12 Fracture1 [21] 

AO unreamed tibial rod 
(Synthes) 

7 - Custom-made 
Female Columbia 

sheep 
Juvenile 33-38 

Reamed (8.5 
mm) vs non-

reamed 
12 Fracture1 [22] 

- - - - Sheep - 33-40 
Reamed vs 

non-reamed 
12 Fracture1 [23] 

- - - - Sheep - 40-50 - - 
Transverse 
osteotomy 

[24] 

- - - - Sheep - 33-40 
Reamed vs 

non-reamed 
12 Fracture1 [25] 

- - - - Sheep - 30-47 Reamed - 
Transverse 
osteotomy 

[26] 

Non-reaming 
commercially available 
titanium nail (Synthes) 

9 - Shortened 
Merino-mix sheep 
(hind limb femur) 

2-3 - Non-reamed 9 
Transverse 
osteotomy 

(3 mm) 
[39] 

Seidel (Stryker) humeral 
nail 

8 - - 
Scottish Blackface 

sheep 
21 35-50 Reamed 5 hours Fracture1 [40] 

New design test 8 185 - 
Mature female 

sheep 
- 70-76 Non-reamed 12 

Transverse 
osteotomy 

[29] 

AO/ASIF nail 9.5/7.5 - - 
Swiss mountain 

sheep 
- - 

Reamed vs 
RIA 

- Fracture1 [30] 

Standard TriGen META 
Nail (Smith & Nephew) 

10 180 - cross Suffolk 2-3 90 Reamed 24 
Transverse 
osteotomy 

(1 mm) 
[31] 

Solid nail (UHN, Synthes) 7.5 190 Shortened 
Swiss mountain 

sheep 
5 65-70 

Reamed (+1.5 
mm) vs non-

reamed 
10 Fracture1 [32] 

Engineered by MORE 
Medical Solutions 

(Rostock, Germany) 
8 200 Custom-made 

German black 
sheep 

- 69 
Minimal 

reaming (8 
mm) 

10 
Transverse 
osteotomy 
(0.7 mm) 

[33] 
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Sheep cadaveric bones preparation 

Considering the above mentioned geometric differences and based on the information 

presented in Table 8.2 the intramedullary nail designs used in humans appear to be suitable for 

implantation in sheep models if the length of the nails is adjusted to fit the sheep tibia. Also the 

nail diameter should be selected taking in consideration the narrower medullary canal of the 

animals. If the available nails diameters are not suitable for implantation it is possible to proceed 

to the enlargement of the medullary canal. However, the reaming procedure should always be 

avoided. For the intramedullary nails proper adjustment to take place it is necessary to have 

sheep cadaveric bone available. Hence, during this PhD, sheep bone samples were prepared 

from cadaveric specimens. There are several methods used in bone preparation, including, 

enzymatic maceration (e.g. trypsin, prepsin, or papain), insect consumption, boiling in water and 

also the used of techniques to fasten the removal of the attached soft tissues through the use 

of chemicals [41-43]. From the available bone cleaning procedures, the method suggested by 

Onwuama et al. [42] was adopted since it was classified as reduce time consuming, reduce 

released of odor and at the same time caused reduce bone damaging effect. By considering this 

method sheep bone tibiae preparation involve bone cleaning by soft tissue removal followed by 

bone bleaching.  

Material and methods 

Two tibiae from one 7 years old euthanized Merino sheep, kindly provided by the Department 

of Veterinary Medicine at the University of Évora, were dissected and the maximum amount of 

soft tissue removed. The partially cleaned bones were immersed in a plastic bucket containing 

3% solution of sodium hydroxide (pallets, 97%, Sigma-Aldrich, Missouri, USA) in distilled water. 

To avoid bone crack development, reduce chemical concentration and time exposure, as well as 

temperature, was adopted. The tibiae where checked every 60 minutes to avoid bones digestion 

by sodium hydroxide. After the adhering tissue and periosteum was released, the bones were 

washed in distilled water and dried at room temperature. Since bones after-cleaning presented 

a creamy appearance, there was no need to adopt a whitening technique (e.g. bleaching 

hydrogen peroxide).  

The intramedullary nail adjustment procedure was studied using a finite element model. This 

process started with a 3D scan (ATOS Triple Scan from GOM, Braunschweig, Germany) of a 

realistic computational external surface from one of the cleaned cadaveric Merino sheep tibia. 

The data obtained was imported into SolidWorks (Dassualt Systèmes, Concord, MA, USA) using 

stereolithography file format. SolidWorks software was used for surface preparation (e.g. 
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topographic cleanup of surface) and solid model construction. The bone existing microstructure 

was ignored and was treated as a continuum. 

Conclusion 

The two cleaned cadaveric tibiae are suitable to be used as the final assessment of the 

intramedullary nail adaptation. However, before any physical alteration is made the 

adjustments can be planed and evaluated though computer simulation.  

The national ethical committee, the Portuguese National Authority for Animal Health (Direcção-

Geral de Alimentação e Veterinária - DGAV), demanded an extensive experimentation of the 

new device through finite element simulation, cadaveric or in vitro testing before the animal 

studies are carried out. Hence, the remaining sheep cadaveric bone samples provided by 

Department of Veterinary Medicine at the University of Évora will be used for future 

intramedullary nail-cadaveric bone system biomechanical experimentations prior to in vivo 

animal study. However, such type of bone samples will be subjected to different cleaning 

procedure to avoid alteration of the bone mechanical properties. 

In vivo study 

The use of in vivo animal models is an essential step in concept validation of the new 

intramedullary nail implant before clinical test in humans are made. However, as stated by 

Russel and Burch [44], when carrying out animal studies the principles of the three R’s; 

Reduction, Refinement and Replacement must be applied. This concept involves the reduction 

of the total number of laboratory animals required to achieve a valid statistically significant 

result, the experiment should be refinement (or altered) to reduce animal suffering, and there 

should be a replacement of animal experimentation with alternative techniques that minimize 

the animal suffering and sacrifice [14, 16, 20]. Hence, the in vivo experiments using laboratory 

animals should be: optimally planned, experimentally well-designed, carefully equipment 

selected, efficiently executed, correctly analyzed and interpreted and clearly presented to 

guarantee scientifically reliable results and excessive use of animal as stated by the principles of 

the three R’s, prevent waste of time, efforts and founding [18, 45]. The detailed planning of the 

in vivo merino sheep study was considered out-of-the-scope of the PhD project work, however 

the collaboration of experienced veterinary physicians with their in this experiments along with 

the material supply from Artur Salgado S.A., will greatly contribute for the quality of the 

experiment planning. 
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