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Abstract

Currently, cardiovascular diseases (CVDs) are the leading death cause worldwide. In 2019, an
estimated 17.9 million people died of CVDs, which represents 32% of annual global deaths. On
top of this, it is also a very common cause of disability, reduced quality of life and economical
costs (approximately 372€ per capita in the European Union).

In this work, two patient-specific geometries of the left coronary artery (LCA) were generated
in order to perform hemodynamic simulations using computational fluid dynamics, with the ob-
jective of calculating the value of the Fractional Flow Reserve (FFR). The computed FFR values
obtained were compared with invasively measured FFR obtained by the Vila Nova de Gaia/E-
spinho Hospital Center (CHVNG/E).

The geometry of the patients’ LCA was modeled through computed tomography angiography
images that were provided by the CHVNG/E and scaled by a factor of 2.04 of the cross sectional
area to represent the patients’ geometries under hyperemic conditions of FFR measurement.

In order to properly simulate coronary blood flow, a patient-specific Womersley velocity pro-
file was used as the velocity boundary condition in the inlets. A simplified Phan-Thien/Tanner
rheological model was implemented to model blood’s viscoelastic properties. Furthermore, a
patient-specific five-element Windkessel model was implemented as the pressure boundary con-
dition for the outlets of the models which, to the author’s knowledge, hasn’t been done while
simultaneously using a sSPTT model for blood’s viscoelastic properties. The Windkessel model is
composed of five elements: arterial resistance (R,), arterial microcirculation resistance (Rq micro),
venous resistance (R, + R, micro), arterial compliance (C,) and intra-myocardial compliance (Cjy,).
These elements were estimated in order to produce realistic properties of coronary blood flow.
Since the compliances were estimated in relationship to the patient’s myocardial mass and this
parameter wasn’t made available to the author, a sensibility study of the model with changes in
this parameter was performed.

Two patients were analyzed in this study. Patient 1 has a 40% stenosed region in the proximal
region of the left anterior descending artery and Patient 2 has a 90% stenosis in the medium
third of the same artery. The CHVNG/E reported FFR values measured invasively of 0.93 for
Patient 1 and 0.59 for Patient 2. A lesion is considered to be in need of intervention for values of
FFR <0.75 and hemodynamically irrelevant for values of FFR > 0.8. The models implemented
for both patients produced F F R values of 0.925 for Patient 1, which corresponds to a relative error
of e, = 0.53%, and a value of 0.719 for Patient 2, corresponding to e, = 24%. When changing the
values of the compliances, virtually no change was detected in the FFR values obtained, which
made it clear that the model has very low sensibility to these changes.

From the results obtained, we can see that the model holds up well for arteries with small
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lesions, while it lacks in accuracy for more accentuated stenosed areas, due to a inability to accu-
rately represent the patient’s geometry under hyperemic conditions.

Keywords: Hemodynamic simulation, Fractional Flow Reserve, left coronary artery, Windkessel
model, computational fluid dynamics, stenosis
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“The essence of the independent mind lies
not in what it thinks, but in how it thinks.”
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Chapter 1

Introduction

The heart is a vital organ for a person’s existence. Currently, cardiovascular diseases (CVDs) are
the leading death cause worldwide. In 2019, an estimated 17.9 million people died of CVDs,
which represents 32% of annual global deaths [26]. On top of this, it is also a very common cause
of disability, reduced quality of life and economical costs (approximately 372€ per capita in the
European Union). Their risk factors are nevertheless well reported, the main being tobacco use,
raised blood pressure and high blood cholesterol. [14]

Coronary heart disease (CHD) represents approximately one third to one half of total CVD
cases and is the cause of approximately one third of all deaths in developed countries [16]. Its
origin is routed in the development of coronary atherosclerosis [30], a chronic and progressive
disease which consists on the accumulation of lipids and fibrous elements in medium-sized and
large arteries [10]. This accumulation can lead to a luminal narrowing of the arteries, called steno-
sis, which may lead to reduced blood flow and an imbalance between oxygen supply and demand
in the myocardium. The described imbalance is what characterizes CHD and can eventually lead
to a heart attack. Such dangers to one’s well being leads to a necessity in treatment, consisting
overall in proper medication, lifestyle changes, and revascularization when needed [18].

Since revascularization can lead patients to problematic side effects, it is of utmost importance
that one can determine if a stenosis leads to ischemia and the need of revascularization [13]. When
a patient’s stenosis is large enough, ischemia might be diagnosed by non-invasive methods such
as the analysis of images obtained with computed tomography angiography (CTA) or exercise
electrocardiogram (ECG). For patients with intermediate-grade stenosis, this sort of evaluation
often isn’t able to identify the occurrence of ischemia. In these situations, the standard for the
functional assessment of the severity of a lesion is the fractional flow reserve (FFR), which is the
ratio between maximum myocardial flow in a stenotic artery and the same flow if the artery was
healthy and represents the extent to which myocardial blood flow is limited by the presence of the
stenosis [11] [45].

The current standard procedure to determine the value of FFR consists on inserting a wire in
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the artery where the stenosis is located, while on hyperemic conditions, and measuring the aortic
pressure and the pressure distal to the lesion [12]. In alternative, research has increasingly been
made in the use of computational fluid dynamics (CFD), coupled with CTA, for obtaining FFR
values by solving the governing equations of fluid dynamics for coronary blood flow. These CFD
simulations, apart from the governing equations, need to have a domain of simulation specified
and boundary conditions for each of its boundaries, which will impact the accuracy of the results
obtained [5].

Following promising results from the usage of a three-element Windkessel model, in this work,
a five-element Windkessel model will be applied as the boundary condition for the pressure in
the outlets of pacient-specific left-coronary artery (LCA) models under hyperemic conditions,
during CFD simulations of the blood flow [3]. The results of these simulations will then be used
to determine the FFR values of each patient and compare them to the invasive FFR measured
invasively at the Vila Nova de Gaia/Espinho Hospital Center (CHVNG/E).

1.1 Motivation

With the rising interest in hemodynamic CFD simulations, there have been researchers experi-
menting with different boundary conditions. The five-element Windkessel model as been therefore
studied for application in the outlets of LCA models. Nevertheless, there hasn’t been investigation
combining this boundary condition with the viscoelastic properties of blood.

This work will elaborate on the promising results shown in the usage and implementation of a
five-element Windkessel model for the LCA outlet’s, coupled with a simplyfied Phan-Thien/Tanner
model (sPTT) developed by Pinto et al. [32] to describe blood’s rheology. With the usage of a five-
element Windkessel model, it is expected that the FFR values obtained will gain accuracy, due to
a more accurate representation of the pressure distribution across the LCA [3].

The main motivation of this work is to produce a model that can accurately reproduce the
LCA’s hemodynamics and therefore properly predict the appearance of ischemia. This is an im-
portant contribution to the development of a non-invasive and safe way to obtain the FFR value of

a stenosis, which to the authors knowledge is still not possible.

1.2 Objectives

This dissertation has the main objective of calculating the FFR value of patients’ stenosis, through
the usage of pacient-specific models of their LCA, and compare the results to the FFR obtained
through an invasive method. To meet this goal, the steps that are next described were followed.
First, it was necessary to obtain a 3D model of the patients’ LCA. This was done by recon-
structing the lumen from CTA images and then altering it to be scaled in the hyperemic conditions
in which the FFR was measured, utilizing the software Mimics® to obtain the 3D model from the

CTA images and the software 3-matic® to modify the model into desired conditions.
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The obtained LCA models were then used in ANSYS Fluent® to simulate the coronary blood
flow. In this software, the five-element Windkessel model was implemented and loaded as the
boundary condition for the pressure in the outlets using a user-defined function (UDF). The hemo-
dynamic properties of each patient differ and so did the parameters used in the lumped-parameters
model of the UDF.

The results were then compared to the FFR obtained by medical invasive measurement in
order to better adjust the parameters of the Windkessel model and produce the most accurate

results possible.

1.3 Structure of the dissertation

This dissertation is organized into eight chapters. In chapter 2, the cardiovascular system is re-
viewed. The cardiac cycle is described and general characteristics of blood’s circulation are pre-
sented, as well as the characteristics of atherosclerosis and the standard measurement procedures
for FFR.

In chapter 3, some basic concepts of fluid mechanics are discussed, in order to lay the founda-
tions for the hemodynamic simulations in which this work is based on.

In chapter 4, blood’s rheological behaviour is reviewed and thus its viscoelastic properties are
presented, which helps understand blood flow phenomenon.

In chapter 5, the fundamental principles of modeling coronary blood flow are described. Then,
it is presented how the electrical circuit analogy is utilized to develop lumped-parameters models
that can condense the principal characteristics of blood flow.

In chapter 6, the methodology that this work followed is presented.

In chapter 7, the results obtained are analyzed and discussed, with the review of the FFR values
obtained through the computational method developed and a comparison to the ones obtained
through invasive measurement.

In chapter 8, the main conclusions of this work are outlined, as well as some suggestions for

possible further works on the area being presented.
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Chapter 2

Cardiovascular System

As human beings, we remain alive due to very complex control systems, one of which is the
cardiovascular system. Circulation of blood is considered the transport system that serves the
needs of internal organs of the body of all mammals. The circulation through the various organs
is done through the blood vessels and performs various transport functions, the major substances
transported being oxygen, carbon dioxide and nutrients [25].

Blood leaves the heart and is transported by pressure differential to the capillaries by the
arteries and is then returned to the heart by the veins. Since pressure in the arteries is much higher,
their walls are also much thicker than that of the veins. The capillaries are the smallest blood
vessels and, because of being thin and porous, have the function of exchanging fluid, nutrients,
electrolytes, hormones and other substances between blood and interstitial fluid! [16] [25] [4].

The circulatory system consists of the heart, the lymphatic system (which transports solutes
and fluids that are diffused from the fluid that surrounds the cells back to the blood), the pulmonary

circulation and the systemic circulation.

2.1 The human heart

The heart is a muscular organ located in the middle mediastinum, between the lungs, lying in the
protective torax and resting in the superior surface of the diaphragm. It’s main function is to pump

blood thought the circulatory system [42] [16].

2.1.1 Anatomy

The human heart, represented in figure 2.1, is composed of two ventricles and two atria, separated
by the interatrial septrum, which connect the pulmonary circulation with the systemic circulation.
The atria are located in the upper part of the heart and work as collecting chambers, while the

ventricles are located in the bottom part and are much stronger, having the function of pumping

IFluid found in spaces between the cells
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blood [39]. Surrounding the heart there is a two-layer sac called the pericardium, which protects
and holds the heart in position [16].

Brachiocephalic artery

Left common carotid artery
Aorta

Left subclavian artery
Superior vena cava ) )
Ligamentum arteriosum
Right pulmonary artery
Left pulmonary artery

Pulmonary trunk
¥ Left pulmonary veins

Right pulmonary veins Left atrium
Pulmonary valve Aortic valve
Mitral valve

Right atrium

; ; Tendinous cords
Opening of coronary sinus

. . Left ventricle
Tricuspid valve \
— Papillary muscle

Right ventricle \

§ ~ \/ij —— L Interventricular septum
Inferior vena cava T

Figure 2.1: Heart Anatomy. Adapted from [2]

2.1.2 The Heart as a Pump

In terms of it’s functionality, the heart can be divided into two separate pumps, the right part
which pumps blood through the lungs and the left heart that pumps it through the systemic circu-
lation [16].

Each part is composed of an atrium and a ventricle. The atrium receives blood and proceeds to
deliver it to the corresponding ventricle, serving as a minor pump that initiates blood circulation.
The ventricles, much stronger pumps, serve as the main pumping force, that propel the blood out

of the heart and into each circulation system [16].

* The right atrium receives deoxygenated blood from the superior vena cava, inferior vena

cava and the coronary veins and pumps it into the right ventricle.

* The left atrium receives oxygenated blood from the pulmonary veins and pumps it into the

left ventricle.

* The right ventricle receives blood from the right atrium and pumps it out of the heart into

the pulmonary trunk, initiating the pulmonary circulation.
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* The left ventricle receives blood from the left atrium and pumps it into the aorta, initiating

the systemic circulation [2].

Connecting the ventricles to the atrium are the atrioventricular valves (AVs), which close and
open by the pressure differential between the atrium and respective ventricles, preventing back-
flow in blood circulation. The outlets of the left and right ventricles are home to the aortic and
pulmonary valves, which close when the pressure inside the ventricles is high and open in order

to let the blood be pumped out when the ventricles relax [16] [2].

2.1.3 Cardiac Cycle

The heart works in a cyclic manner, with a repetitive list of actions that occur cyclically from the
beginning of a heartbeat until the beginning of the next. This sequence is called cardiac cycle.
Each cardiac cycle is initialized by an action potential in the sinus node, which is located in the
superior lateral wall of the right atrium, next to the outlet of the superior vena cava [16]. Figure 2.2

represents the evolution of pressure and volume of both atrium and ventricles through the cycle.

4 | Systole | Diastole
Contraction Ejection Relaxation Filling
120 ¢
3,
B
I
E ao 2
g Changes in pressure
z
4
a
40 —
4
1 i 1
0} ~ Time
1 I
150 | Q
E
@
£
S Changes in volume
3 4
&0 | O

0

Figure 2.2: Evolution of volume and pressure across the cardiac cycle. Adapted from [1]

This cycle can be divided into two major parts, the systole, where the blood is pumped to the
outside, and the diastole, in which the heart is filled with blood. These two phases can be divided
into two further phases, which makes the cardiac cycle divided into four different actions, the first

two corresponding to the systole and the latter to the diastole [1]:
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* Isovolumetric contraction (1-2 in figure 2.2): the AVs close (all valves are closed) and

ventricular pressure increases while the ventricle’s volume is constant.

» Systolic ejection (2-3 in figure 2.2): the aortic and pulmonary valves open, ventricular

volume decreases as its pressure increases and blood is pumped into the circulatory systems.

* Isovolumetric relaxation (3-4 in figure 2.2): both the aortic and pulmonary valves close and
the pressure in the ventricles decreases without a change in their volume, until it is lower

than artrial pressure which causes the AVs to open.

* Ventricular filling (4-1 in figure 2.2): corresponds to the transport of blood from the atrium
to the ventricles, which is done by the opening of the AVs and is done initially at a high pace
that decreases until the end of the diastole [1] [16].

2.2 Blood circulation

As discussed earlier, blood transport can be divided into two different systems, which are con-
nected by the heart. The vascular network of the human body, through which blood flows, is
represented in figure 2.3.

In the pulmonary circulation, deoxygenated blood leaves the right ventricle through a large
vessel, the pulmonary artery (trunk), which shortly divides itself into two arteries, providing blood
to the right and left lungs [39]. The blood from both arteries is carried to the alveolar capillaries
where the gas exchange occurs, oxygen is added and carbon dioxide is removed. Oxygen is then
carried with the blood back to the heart, entering the left atrium through the pulmonary veins [16].

The systemic circulation is composed of a similar system. Oxygenated blood is pumped from
the left ventricle through the aorta (the largest artery in the human body), which is then divided into
progressively slimmer vessels. Blood is propelled through the vessels until arriving at the capillary
bed, where it will feed oxygen, water, nutrients and other needed substances to the organs’ tissues.
After this, blood is returned to the right atrium by the veins [39][16] [4]. This circuit also includes
the coronary circulation, which will be analyzed in the next section of this work.

2.2.1 Coronary Circulation

The heart is the human organ with the highest consumption of oxygen per tissue mass [33]. To
sustain this elevated need of oxygen as well as of nutrients, the heart has its own delivery system of
blood to the tissue, which is the coronary circulation, represented in figure 2.4 [39]. This system
is composed of two main arteries that branch from the aorta, the left coronary artery (LCA) and the
right coronary (RCA), in which approximately 5% of total blood output from the heart flows, and
that feed the heart with almost all of its blood supply, being that only a residual amount of tissue
receives it from blood inside the heart’s chambers [16] [33] [39]. The LCA supplies mainly the
anterior and left lateral parts of the left ventricle and the RCA supplies most of the right ventricle,

as well as the posterior part of the left ventricle in right-dominant people (80% to 90%). Both
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of the arteries returns most of their blood flow to the right atrium, the LCA through the coronary

sinus and the RCA through the anterior cardiac veins [16].

Capillary bed of lungs where
gas exchange occurs

Pulmonary arteries Pulmonary veins

Aorta and branches
Vena cavae
Left atrium

Left ventricle
Right atrium
Right ventricle Systemic arteries

Systemic veins

W Oxygen poor,
CO,, - rich blood

[l Oxygenrich,
CO, - poor blood

Capillary bed
of all body
tissues where
gas exchange
occurs

Figure 2.3: Circulatory System. Adapted from [15]

2.3 Left Coronary Artery

The LCA is the biggest coronary artery in diameter, with its main initial portion dividing itself
into multiple branches, of which the most important are the left anterior descending artery (LAD)
and the left circumflex artery (LCx) [42] [2].

The LAD is considered the continuation of the initial artery, which descends obliquely to the
front and left in the anterior interventricular sulcus between the right and left ventricles and gives
off several diagonal branches on its course [42]. This artery is a crucial part of the cardiovascular
system, with its disease being associated with high mortality and mobility issues due to it feeding
a large area of myocardium tissue [25]. The grave consequences of LAD disease, specially LAD
infarction®, have even led to it being given the nickname "widow maker" [2].

The LCx has a diameter that is similar to the LAD. It curves to the left in the interventricular

sulcus, developing through the left margin of the heart in the posterior part of the sulcus and ending

Zgroove that separates the heart’s ventricles
3tissue death due to insufficient blood supply
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before the posterior interventricular sulcus. Through its path, the LCx branches into left marginal
arteries [42] [2].

Superior
vena cava Left pulmonary

artery

Left pulmonary

Aorta veins

. ) Left coronary
Right atrium artery (LCA)
Left anterior
descending (LAD)

Right corona
E A (or interventricular)

artery (RCA)

artery
Posterior (Left) circumflex
dtescer;cgrlg artery (Cx)
arter:
v ( ) M1 Left marginal
; . M2 arteries
Right marginal
artery (RMA) D1 Diagonal
D2 branches
Right ventricle Left ventricle

Figure 2.4: Coronary circulation. Adapted from [15]

2.4 Atherosclerosis

Coronary heart disease (CHD) represents approximately one third to one half of total CVD cases
and is the cause of approximately one third of all deaths in developed countries [16]. It is caused by
the development of coronary atherosclerosis [30], a chronic and progressive disease which consists
on the accumulation of lipids and fibrous elements in medium-sized and large arteries [10]. This
accumulation can lead to a luminal narrowing of the arteries, called stenosis, which may lead to
reduced blood flow and an imbalance between oxygen supply and demand in the myocardium.
The objective of this work is to computationally conclude if the artery of a patient has a severe

enough lesion to make it need revascularization.

2.4.1 Fractional Flow Reserve (FFR)

In order to describe the severity of a stenosis, the gold standard for clinical practice is the fractional
flow reserve (FFR). This parameter helps one understand if the artery is in need of revasculariza-
tion or not, being shown to reduce unnecessary interventions and healthcare costs in general, when
compared to the other standard procedures.

Despite this, it is still only used for a very small portion of potentially ill patients, due to
requiring an invasive procedure, which can be hazardous for the patients’ health. Its measuring
process consist of inserting a pressure wire into the coronary vessel, under maximum hyperemia
conditions, and measuring the value of aortic and distal pressures, pgoric and pgigqr- The aortic
pressure is measured at a distance of 10mm from the entrance of the coronary tree, while the distal

pressure is measured at a distance of 20mm from the stenosed region [45].
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A stenosis is considered significant if FFR < 0.75, and is considered to be of negligible effect
if FFR > 0.8. For intermediate values, the clinician is responsible to evaluate if a revascularization
could be beneficial or not.

In order to generalize the use of this method, it is of upmost importance that it is made available
through a non-invasive method that has no implications for the patient’s health. The computational
calculus of FFR is thus a promising alternative that intends to optimize this clinical practice [45]
[12].
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Cardiovascular System



Chapter 3

Hemodynamics

As a fluid, blood’s circulation through the circulatory system abides by the rules of fluid me-
chanics. Flow can be seen as of statistical or continuum nature, depending on if we analyze its
microscopic or macroscopic behaviour [27].

Fluid mechanics is usually concerned with blood’s macroscopic behaviour, averaging the flow
and properties of each cell by groups that surround certain points in space by a small distance,
which are called fluid particles. Though small, this distance is large when compared to the dis-
tance between cells which, combined with the utilization of time scales much larger than that of
molecular vibrations, make it possible to analyse the fluid as a continuum matter[27][41][23].

Thus, we can apply the laws of continuum mechanics to blood flow through the cardiovascular
system’s vessels. The branch of fluid mechanics that studies such flows is hemodynamics, which

will be analyzed in this chapter.

3.1 Properties of the Continuum Fluid

The state of matter can be divided into fluid and solid. The two can be defined by the reaction each
has to a tangential (shear) stress. While a solid can resist shear stress by static deformation, a fluid
is a substance that deforms continuously when a shear stress of any magnitude is applied[23][41].
In order to understand a fluids behaviour, two properties which identification is key are its density

and viscosity.

3.1.1 Density

A fluid’s density, denoted by the Greek symbol rho (p), is defined as its mass per unit of volume

and is usually used to characterize the mass of a fluid [23].

m
P= v (3.1

13
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It is a function of static pressure, temperature and molecular weight [27]. For a category
of fluids called incompressible, p is independent of the pressure, while for compressible ones
a change in pressure can provoke a change in the fluid’s density. To an extent, all fluids are
compressible, but one must evaluate the pressure variations that are present in each situation to

identify if the fluid can be considered incompressible for such values[41][27].

3.1.2 Viscosity

The relationship between the deformation rate of a fluid and the shear stress that was in its origin
is described by its viscosity.

The stress that is applied to an incompressible fluid is represented by a stress tensor, 7', which
can be divided into an isotropic component due to static pressure, —pl, and an anisotropic viscous

stress component that is related to the relative motion of fluid particles, 7 [27]:

T = —pltt (3.2)

where [ is the identity matrix. This tensor can also be presented through matrices, identifying
each component in the Cartesian coordinate system, which is represented in figure 3.1 and will be

utilized throughout this section:

T, T, T 1 00 Toe Ty Tz
I, T,y T,,| = —px|[0 1 O|+|1 T 7Ty (3.3)
T sz I 0 01 Tox Ty Tz

For a fluid with relative motion between particles, one can characterize the rate of strain motion

by the rate-of-strain tensor, D:

D = %[VH (Vu)™] (3.4)

where V is the gradient operator, described by the following vector:

v - <9 9 3) (3.5)

and u is the velocity vector.
In this chapter, we will be analyzing flow of Newtonian fluids, which present the following

relationship between the two tensors described above [27]:

T = 2nD (3.6)
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(z,9,2)

.
8

T

Figure 3.1: Cartesian system of coordinates. Adapted from [41]

where 7 is the dynamic viscosity of the fluid, which only varies with temperature changes,
relating the stress and thee rate of deformation.
The different types of fluids in terms of their viscosity are discussed in the next chapter, where

fluids that don’t follow equation 3.6 are analyzed.

3.2 Governing equations of steady fluid flow

Having a fluid’s parameters been identified, in order to analyze its flow, one must obtain its gov-
erning equations and solve them. There are two ways of analyzing fluid flow, the Eulerian Method
and the Lagrangian Method.

The latter method consists on following individual fluid particles as they flow and identifying
the fluid’s properties in such particles as a function of time. The former, which is the most com-
monly used and the one this work will adopt, consists of analysing specific points in space and the
properties of the fluid particles that flow through them in each instant [23].

All mechanical laws are written for systems, which are portions of mass and therefore consist
of a Lagragian Method of analysing matter. In order to analyze flow through an Eulerian lens, we
must convert the conservation laws that characterize matter movement and apply them to a control
volume [41].

Control volumes are arbitrary portions of space, either static or mobile, with open boundaries
through which we can analyse the flow entering and leaving and make balances to obtain the

changes in properties of the fluid inside the volume. If the control volume used is reduced to an
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infinitesimal element, one can obtain quantities to a point-level and thus, obtain the infinitesimal

or differential conservation equations, which characterize fluid flow in all of its domain [23] [41].

3.2.1 Reynolds Number

The Reynolds Number is, generally speaking, the first parameter one should obtain when studying
a specific flow. It makes use of both fluid’s density and viscosity, being the ratio between the

magnitudes of inertial and viscous forces [41]:

Re = pVL 3.7
n

L is the flow’s characteristic length and V is its average velocity magnitude.

Representing the ratio described above, it follows that for very small Re values, viscous effects
are predominant and inertial effects can be neglected, while the opposite happens for high values
[41][23].

This parameter lets us separate flows into three categories. For very small values of Re, we
have creeping flows. For moderate values, flow is laminar, being characterized by parallel sliding
of adjacent fluid layers without the phenomenon of intermixing. Re values higher than a critical
point, which varies from case to case (for flow through a pipe it is 2100), the flow starts becoming
turbulent, with the formation of eddies that lead to intermixing and an oscillatory chaotic behavior
of fluid motion[41].

3.2.2 Conservation of mass

The conservation of mass law dictates that the rate of increase of fluid mass within a control
volume is equal to the net influx of fluid across its boundaries. This law is described by the

continuity equation, valid for all fluids:

ap B
g—i—v-(pu) =0 (3.8)

For an incompressible fluid (p = constant), this equation can be simplified into the following:

Viu = 0 (3.9)

3.2.3 Conservation of linear momentum

Similarly to all continuous matter, fluids obey the momentum conservation law, which is more
commonly known as Newton’s Second law. This conservation can also be described as the notion
that the sum of all forces applied to a system or, in this case, a control volume, is equal to the

product of the mass and acceleration of the matter it contains.
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This law is translated into the following equation, which balances gravity, static pressure and

strain forces:

Du

pg—Vp+V.T = pD—t (3.10)
where % is the material derivative of velocity:
Du du du du du
e % 7 == - 3.11
Dt or Ty Ty T, G-10)

When represented in each of its components, one obtains the momentum equations in their

full form, which are valid for any fluid in any general motion.

dp 0Ty 0Ty 0T, ou, du, du, Ju,

pgx*EJr ox + dy + 9. 7t+uxg+uy7y+uz7z (3.12)
dp  dty  dt,  dT, duy, duy duy duy

Por—git o oy T T P G Ty Tyt ) G
dp Ity 9Ty OdTp du; duy dug duy

P& 5, T ox T oy Tz or Tty Ty Ty, ©-19)

3.2.4 Navier-Stokes Equations

A particular case of the momentum equations is when the fluid being analyzed has a Newtonian
viscous behaviour and the flow can be considered isothermic. With these simplifications, one can
obtain the stress tensor as a function of the deformation rate through equation 3.6, since the fluid’s

dynamic viscosity is constant.

To = 2n%’:x (3.15)
Tyy = Tla;;} (3.16)
T, = 21788”;Z (3.17)
T =T = n((zbj_ijtt?ij),Vi#j (3.18)

In result of this, we can substitute the stress tensor components in the momentum equations,

obtaining the widely used Navier-Stokes equations [41]:
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ap <82ux 2%u, &zux>

_dp n n du, Ju, u u,
P&= 55 ax?  dy? 97

at+l/tx8x+1/lyay+uZaZ) (319)
duy duy duy, duy

(atﬂ—MXax'FMy&y"—MzaZ (320)
( Y + uy o +uy Iy +u, Ep (3.21)

ap *uy, J*u, J%u,
Pey= 5y T ( a2 oy T oz >

ap %u. d*u. *u.
pgz_(9z+n<8x2 8y2+812>

3.2.5 Hagen-Poiseuille Flow

The Navier-Stokes equations are second order non-linear partial differential equations. In spite of
this, some solutions for simple flows have been found. One of which, and the one of the most
interest in the analysis of blood flow through the vessels, is the Hagen-Poiseuille flow, represented
in figure 3.2 [41].

Figure 3.2: Hagen-Poiseuille Flow. Adapted from [41]

This is the designation given to a fully developed flow in a circular tube of constant cross sec-
tion, driven by a constant pressure differential and/or gravity. Considering a cylindrical coordinate
system, which simplifies the analysis of flow in circular pipes and is shown in figure 3.3 (the z axys

represents the x axys present in figure 3.2), we can make the following assumptions [41] [27]:

* Steady flow: % =0
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¢ No circumferential variation: g—’g =0;
. du __ (.
* Fully developed flow: ¢ = 0;

* A constant pressure gradient throughout the flow: % = const.

Figure 3.3: Cylindrical coordinate system. Adapted from [41]

The equations of interest in this problem are the continuity equation and the Navier-Stokes
equation in the x axis, which represented in the cylindrical coordinate system have the following
form [27]

1
,

d 1
Eﬁ(ru,)—i—;— u9)+ = 0 (322)

ap 10 [ du, 19%u, J*u;]  [du. du, ug du, du,
sz_a?*"[?a?(fﬁ) 20 T a2 | TP\ T T g T, )OO

The assumptions mentioned above let us simplify the continuity equation into the following

form:

10

which can then lead us to the conclusion that ru, = constant.
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By the no slip boundary condition in the walls of the tube, which states that all velocity com-
ponents are null, we can conclude that for r = D/2, v, is equal to 0, making it necessary that
v, = 0 in all the flow’s domain. Therefore, the fluid only flows in the x direction, what allows us
to obtain the exact solution of equation 3.23 and thus obtain the velocity profile in a tube section

perpendicular to the flow’s direction [41]:

1 d
ulr) = g | g P Ps(D/2) 1) (3.25)
where z is the vertical coordinate present in figure 3.2.
The profile obtained can be seen in figure 3.2, being parabolic with null values in the walls
and a maximum in the center of the tube. Through integration of this equation across the section’s

area, we can then obtain an expression for the flow rate:

4
Q:/ORux(r)dA = n(;/?z){—;(pﬂLng)] (3.26)

If we consider the tube horizontal, we obtain the result of Hagen’s experiment, which gives

the relationship between pressure drop and flow rate through a determined flow length, L [41]:

8NAL
Ap =
P= R

0 (3.27)

One can then rearrange the equation to obtain the flow’s resistance, R:

Aé’ _ n?g?;)‘l _R (3.28)

Although this results are derived from some simplifications that don’t apply to blood circula-
tion, such as the assumption of Newtonian fluid, the tube being rectilinear and horizontal and the
flow steady and fully developed, it is still a good first representation of what happens physically
in left coronary flow. Coronary flow is also propelled by a pressure differential, since the heart
works as a pump and, if the deformation of the arteries walls is neglected, one can consider the
blood vessels as rigid tubes. It is possible to understand that the vessel’s resistance is of upmost
importance when trying to draw conclusions about the evolution of pressure through the arteries,

knowing the conditions of both flow-rate and pressure with which blood leaves the myocardium.

3.3 Governing equations for unsteady flow

Blood flow across the cardiovascular system can only be considered steady in small capillaries

and veins. In large arteries, such as the LCA, it has pulsatory behaviour, which can be described
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as the sum of a mean steady motion with a flutuation of the same order of magnitude [28].

3.3.1 Womersley Number

Although the Reynolds number gives great information about a fluid flow’s properties, it doesn’t
account for the effects of transient phenomenon in unsteady situations. Since the heart pumps
blood in a cycle, blood circulation is transient, with both the flow-rate and pressure varying through
each cardiac cycle.

In order to retrieve information of the oscillatory effects in transient flow, one can use an-
other adimensional parameter, called the Womersley number, Wo, which was developed by J. R.

Womersley to be applied in blood flow [43]:

Wo = R, /pnw (3.29)

R is the artery’s cross section’s radius and @ = 27” is the angular frequency of the cardiac cycle,
with T being its period.

Like the Reynolds number, the Womersley number represents the ratio between inertial and
viscous forces, but instead accounts for the inertia due to oscillatory effects. The higher the Wo
magnitude, the more unsteady effects will affect the flow, while values close to 0 make it closer to
a purely steady scenario [28][29].

The Reynolds number can also be be utilized in transient flow despite this, considering the

mean flow velocity or the amplitude of oscillation as reference.

3.3.2 Sinusoidal Oscillatory flow

We first consider a simple case of a flow similar to the Hagen-Poiseuille horizontal one, with
the same coordinate system, but driven by a sinusoidal oscillatory pressure gradient, instead of a

constant one:

dp

5= = phsin(on) (3.30)

where k is a constant correspondent to the pressure gradient’s amplitude.
Using the same assumptions as for the Hagen-Poiseuille flow, with the exception of steady

flow, it is possible to develop equation 3.23, which is now time dependent, into the following [28]:

du, i B 10 du,
P, + pksin(wt) = U (r 8r> (3.31)

With the same boundary conditions used to solve the Navier-Stokes equation of steady flow,

we can obtain the velocity profile, expressed in terms of Wo [43] [28] [29]:
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Jo (Wor/ 5%
Jo (Woy/=4%)

where Jj is the Bessel function of the first type of order 0, with complex argument, and c.c. is

u(t, r) = 1 2T 4 e, (3.32)
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a complex factor included to ensure the final result is real [28].

The velocity profiles obtained through the oscillation for different Wo values are represented
in figure 3.4 and allow one to better understand the influence that transient effects can have in pipe

flow.

w=1 :: W=35 z % i W

Figure 3.4: Oscillatory flow velocity profiles for various Womersley numbers. Adapted from [28]

Apart from the definition previously given, the Womersley number can also be presented as

following:

Wo = (3.33)

D
VT
where v = g is the kinematic viscosity.

The thickness that the boundary layer of a flow reaches, which is the domain portion where
viscous effects due to interaction with the wall are present, is considered proportional to v/v?, with
t being the time period passed. Since oscillatory flow happens in cycles with the duration of its
period, T, the bottom part of equation 3.34 represents the maximum boundary layer thickness that
an oscillating flow reaches. We can thus arrive at a new definition for the Womersley number,
which is the ratio between the diameter of a flow’s section and the correspondent boundary layer
thickness.

For low Wo values, T has high magnitude and the flow has time to develop, what increases
the thickness of the boundary layer and allows viscous effects to be distributed through most of
the flow’s domain. This makes the velocity profiles obtained very similar to which of the Hagen-

Poiseuille case, since flow is close to fully developed.
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When Wo has high magnitude, the opposite happens. Oscillations have small 7" values and,
thus, the boundary layer lacks time to develop, which makes the viscous effects only affect flow
near the wall and results in much higher velocity gradients in this area, deviating from the smooth

parabolic profiles obtained for steady flow [28].

3.3.3 Pulsatile flow

As mentioned above, blood flow through the vessels is usually pulsatile: unsteady, periodic in
time and with non-zero average velocity. Its pressure gradient is the sum of a mean constant with
a series of sinusoidal oscillations, what makes the previous analysis of sinusoidal oscillatory flow

of the upmost importance [28].

If we consider unidirectional flow in the same conditions and a pressure gradient represented

by the following equation:

13p

pox —k+ Y Uye>™t (3.34)

a solution can be obtained for the velocity profile through the combination of the Hagen-

Poiseuille and sinusoidal oscillatory equations.

It is, thus, possible to conclude that the velocity profiles obtained will be the sum of a parabolic
steady profile, like represented in figure 3.2, plus the particular solutions of sinusoidal flow, such

as the ones represented in figure 3.4 [28].

A representation of the profiles obtained is present in figure 3.5, which contains velocity pro-
files correspondent to a constant mean flow rate and a single sinusoidal oscillation of amplitude
equal to the mean flow, for different Womersley numbers. For low Wo values, the flow is, similarly
to oscilatory sinusoidal flows, a series of parabolic Hagen-Poiseuille profiles. For high Wo values,

the flow starts having recirculation, with inverted flow present in the boundary layer near the wall.

w=1 W=20

Figure 3.5: Pulsatory flow velocity profiles for various Womersley numbers. Adapted from [15]
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Table 3.1 presents standard dimensions and values of both Wo and Re for different types of
cardiovascular vessels [28]. These values help us identify which type of pulsatory flow, from the

ones presented in figure 3.5, might be the most representative of the circulation in each vessel.

Table 3.1: Wo and Re values for different types of vessels

‘U(cm/s) ‘D(cm)‘ Re ‘ Wo ‘

Aorta 100 3 10000 | 20
Middle arteries 30 1 1000 5
Small arteries 5 0.2 30 1
Arterioles 0.1 <0.1 | <05 | <05

The LCA is considered a middle artery, which makes it possible to conclude that the transient
effects will be of importance in the analysis of blood flow through the various vessels, thus needing

special attention in the modeling procedure.



Chapter 4

Hemorheology

As discussed in the previous chapter, the relationship between shear stress and flow rate is one
of the key elements when studying fluids’ flow. This makes rheology, which is the study of the
deformation and flow of matter, a very important component of blood flow analysis [22].

Blood is a complex non-Newtonian fluid that has both viscous and elastic behaviour. This
creates a need for understanding of blood’s composition and its rheological behaviour, this field of

study is known as of hemorheology [17].

4.1 Blood’s composition

Blood is a 2-phase fluid, comprised of cells suspended in a liquid extracellular matrix, blood
plasma. It is generally considered a fluid with the exception of abnormal cases where it can
develop semi-solid behaviour due to the process of clothing. The combination of both blood and

its blood cell producing tissue accounts for more than 10% of a person’s mass[17][4].

4.1.1 Plasma

Plasma is a solution composed of low-molecular-weight-solutes, proteins and water. Its principal

components are the following [4] [17][16]:

* Water: representing around 90% of blood’s mass;

+ Low molecular weight components: Na*, K, Ca’*, HCO3, and C¢H 1,05 (glucose) are

the most important, with its concentrations being regulated by the kidneys and the lungs;

* Proteins: thousands of proteins and peptides are contained in plasma, which include trace
levels of hormones and substantial concentrations of immunoglobulins. The liver synthe-
sizes numerous plasma proteins, of which the most abundant are albumin, fibrinogen and o

and 3 globulins.

25
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Under regular conditions, plasma plays a minimal role in determining blood’s viscosity, how-
ever, under pathological conditions in which plasma proteins increase, specially fibrinogen, plasma

viscosity increases with negative effects for blood flow, specially in microcirculation [17].

4.1.2 Cells or formed elements

The cells present in blood can be divided into three classes [4] [17]:

* Red blood cells (RBCs), or erythrocytes: the only cells that normally remain in blood during
their entire lifespan. They are membrane-bound containers of hemoglobin, specialized in
carrying O, and CO, between lungs and tissues. RBCs account for 40 — 50% of total blood
volume and 99% of total blood cells;

* White blood cells (WBCs), or leukocytes: these cells travel for variable time lengths in
blood until they eventually exit the vessels into another tissue or undergo apoptosis. They
consist of granulocytes, monocytes and lymphocites and are part of the immune system, as

residents of connective tissue, protecting the body against infection;

* Platelets, or thrombocytes: cell fragments which prevent blood loss from vessels. While
regularly inactive, when a vessel is ruptured, platelets come in contact with collagen what,
combined with other factors, makes them interact with the fibrin clot that forms the lesion
and help close ruptures. Furthermore, platelets also release factors from their granules that
stimulate fibroblasts and other cells to migrate to the lesion’s area and help repair it. In

terms of overall volume, they have a even smaller value than WBCs.

In terms of blood viscosity, RBCs are the most influential cells in both large vessel flow and mi-
crocirculation. WBCs have negligible effects in blood circulation in larger vessels, however, they
play a major role in blood’s microcirculation, due to its internal content having greater viscosity
and density than that of the erythrocytes and their larger size and increased stiffness. Platelets are
negligible in terms of blood flow behaviour in all vessels due to their much smaller size than both
RBCs and WBCs [17].

4.2 Fluid categories

In terms of its viscosity, a fluid can be divided into different categories. An inviscid fluid as a
negligible viscosity, which makes its value be approximated by 0, while fluids of nonzero viscosity
are called viscous. The latter fluids can be further divided into the following types [22] [23] [41]
[27]:

* Fluids in which the shearing stress is directly proportional to the rate of shearing strain are
called Newtonian Fluids. This makes the fluids’ viscosity a constant for all magnitudes of

shear strain (1] = const.).
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* Cases in which this relationship isn’t proportional are called non-Newtonian, for which the
most common cases are represented in figure 4.1, where the viscosity is dependent on
the second invariant of the rate-of-strain tensor: IIp = 3 ((tr(D))* —tr(D?)), tr() being the
trace operator, that retrieves the summation of a matrix’s principal diagonal’s components.
These fluids can be further divided into Generalized Newtonian fluids (GNFs), which still
abide to equation 3.6 but have varying values of viscosity that depend on the strain rate,
and viscoelastic fluids, which have both viscous and elastic properties. If a fluid’s viscosity
increases with an increase of shear rate, it is categorized as shear thickening, while the

opposite is called shear-thinning.

Shear
stress Bingham plastic
Herschel-Bulkley
Yield Shear thickening
stress

Newtonian

Shear thinning

IIp

Figure 4.1: Behaviour of non-Newtonian fluids. Adapted from [27]

4.3 Generalized Newtonian models

Non-Newtonian fluids’ rheological behaviour is harder to express, which leads to more complex
models than equation 3.6. With this objective, models are developed for each specific fluid, in
order to adjust viscosity functions that are representative of their behaviour.

As discussed above, GNFs don’t have elastic behaviour. They abide by the Newtonian fluid’s
law, with the alteration that its viscosity is dependent on the shear rate, resulting in the generalized

Newtonian fluid constitutive equation [22]:

T = ny 4.1
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where ¥ = 2D is the shear rate.
From this equation, several models have been developed for 1 in order to be adjusted to dif-

ferent fluids. Some of the most prominent are described in the following [22]:

* Power-law model: defines viscosity with a function proportional to some power of the shear

rate:

ny = my~! (4.2)

where m is related to the magnitude of the viscosity and 7 its evolution with shear rate
variation. For values of n > 1, the fluid is shear thickening, while for values of n < 1, the

fluid is shear-thinning. When n = 1, the fluid has constant viscosity and, thus, is Newtonian.

This model leads to simple calculations due to the existence of only two parameters, m and

n, and has proven to be successful in predicting flow rate vs pressure drop measurements.

 Carreau-Yasuda model: this model captures more details of viscosity vs shear rate relation-

ship and is represented by the following function with five parameters:

n—1
a

DN 1y gayg (43)

Mo = M
where 1. is the viscosity value for large 7 values; 1o is similar but for small 7 magnitudes; a
is the exponent and A the time constant of the fluid, which influences are described in figure

4.2; n is similar to the exponent of the power-law model.

logn o Position of break on y
scale is determined by A

Mo ==
/ Slope is determined by n
Curvature here ——

is determined by a

v

Figure 4.2: Viscosity curve predicted by the Carreau-Yasuda model. Adapted from [22]

Both the power-law and the Carreau- Yasuda models have proven success in predicting pressure
vs flow rate measurements, which are the most important in the analysis of blood flow through the

vessels. The latter brings more detail to the viscosity values for intermediate flow rates, while
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having the downside of needing the determination of three more parameters when compared to
the power-law. It has been extensively utilized in blood flow analysis, describing blood’s shear-
thinning behaviour. Nevertheless, it still fails to account for deformation in the fluid due to normal

stresses, a consequence of the negligence of elastic behaviour [32][32].

It is, thus, productive to analyze more complex models which take into account blood’s vis-

coelastic properties.

4.4 Viscoelastic model for blood

Although plasma is essentially a Newtonian fluid, the cells that it transports, specially RBCs, give
it non-Newtonian properties. Furthermore, the deformation of these cells also makes blood have

viscoelastic properties, which need to be taken into account [32] [17].

The most common viscosity models used in hemorheology are that of GNFs. In spite of this,
the importance of taking into account blood’s viscoelasticity properties is well documented in the
literature. The viscoelastic properties can be neglected when a flow is close to steady state, which
is not the case of blood flow, where the transient pumping of the heart and the curves and roughness
of the vessels make the flow change rapidly with time. This is further accentuated in small vessels
and in cases where stenosis are present, further disrupting the flow and making viscoelastic effects
more relevant [32] [22].

This work follows the study realized by Pinto, ef al. (2020), which compared a Newtonian
model, a Carreau-Yasuda model and three different viscoelastic constitutive models, in order to
analyze the differences in results when applied to blood circulation calculus in the right coronary
artery (RCA). The conclusion was that the viscoelastic models were a major improvements of both
the Newtonian and the Carreau-Yasuda, which was expected due to the coronary arteries being of
lower diameter, accentuating viscoelastic effects. Furthermore, the multi-mode simplified Phan-
Thien/Tanner model (sPTT) was the most accurate of all, thus being the one chosen by the author

for LCA blood flow simulation, since its thickness is of similar magnitude as the RCA [32].

4.4.1 Simplified Phan-Thien/Tanner model

To serve as a starting point of reference, the general linear momentum conservation equation is

again presented:

Du
-Vp+V.1 = p— 4.4
pg—Vp+ P oy (4.4)
The sPTT model gives us constitutive equations for the stress tensor’s, 7, Cartesian compo-
nents [36][32]:
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Tij = Tij, T Tij, 4.5)

Tij, — _2nsDij (46)
N

Tij, = Z Tijy (47)
k=1

in which equation 4.5 splits the stress tensor into solvent and elastic contributions. The solvent
one is described by equation 4.6, being caused by viscous stresses. The elastic contribution is
described by the multi mode formulation present in equation 4.7, which, in the case of an sPTT

model, satisfy the following equation:

lkgk ~
(1 + 7”’(%‘]',() Tijy +lkfijk = —21’)@kD,~jk 4.8)
nek
where 7;, are the Cartesian components of the elastic stress tensor’s upper convected derivative
[22]:

~ D7
Tk:D—Ik—(V-u)T-’Ek—Tk-V-u (4.9)

The model has four modes (N = 4), with three coefficients each: Ay, the relaxation time; 7,
the elastic viscosity; &, the extensibility coefficient [32] [8].
For further details about the sPTT model utilized, the reader is referred to [8], where the

model’s development is described.



Chapter 5

Lumped-parameter models for
coronary outflow

When simulating blood flow, it is virtually impossible to directly represent the heart and the over 5
billion blood vessels of the cardiovascular system. Therefore, the simulation of blood flow requires
a 3D model of the most relevant portion of the circulatory system and boundary conditions for all
of the chosen domain’s limits. More specifically, it is necessary that one prescribes conditions for
either flow or pressure in the vessels’ inlets, outlets and walls. From these, the most complex is
the choice of outflow boundary conditions for the outlets, which have a significant influence in the
flow rate and pressure through the 3D model [5].

The most common choice for outflow boundary conditions are prescribed velocity or pressure
values. In this work, this is not practical for a number of reasons, of which the most important is
that the blood flow exiting the branches of the model and the pressure distributions through it are
the intended results of the simulation, which makes previous measurements of pressure or blood

flow in the outlets not compatible with a non invasive calculation of FFR.

Various boundary conditions have been utilized in coronary outflow that don’t require the
specification of either flow rate or pressure. A common one is the resistance boundary condition,
which has negative impact on transient flow modulation, requiring flow rate and pressure waves to
be on phase. Another one consists of using 1D models for the downstream vessels, which need to
be linearised due to the inability to solve non-linear transient equations for the millions of vessels
downstream of the coronary artery. These options lack when modeling the non periodic effects in

blood circulation, such as transitional or turbulent flow [38].

In this work, lumped (0D) parameters models will be utilized as boundary conditions for the

models’ outlets. This way of modelling blood flow will be explored in the present chapter.

31
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5.1 Lumped-parameter models

The relationship between pressure and flow rate in a vascular tree structure of tube segments, such
as the circulatory system, is a very complex problem. It depends on the individual characteristics
of each tube (diameter, length and elasticity), the form of the driving pressure and alterations to
flow in the their junctions.

A way of dealing with this problem is the utilization of lumped-parameter models, which re-
duce the vascular structure to a single tube, having representative properties of the whole network.
By neglecting the spacial variations of the parameters and variables of flow, we can reach a set of
ordinary differential equations that represent the relationship between pressure and flow similarly
to the one observed in the physiological system but without the Herculean task of determining it
through all the coronary vascular branches.

In the particular case of coronary flow, the objective is to find a correlation between pressure
and flow in the inlet of the 3D model and pressure in its outlets, by modulating both the systemic
and capillary circulation downstream of the section. The three most important parameters of
these kind of models are resistance, inductance and capacitance, which modulate the principal
characteristics of blood flow [44][38].

5.1.1 Resistance

Flow can be resisted by a number of factors. Both fluid inertia and wall elasticity can provoke
resistance to the flow, but can also have the effect of aiding it. In a transient periodic flow, they
oscillate between these two effects.

The most important factor of resistance to flow is thus its viscosity, with the viscous tensions
always contributing to the resistance to flow. In this work, we will consider resistance, R, only
as the viscous effects that dissipate energy in flow. Like it was mentioned in chapter 3, viscous
stresses are present in the boundary layer of a flow, through a combination of the no-slip boundary
condition at the wall and the viscous properties of the fluid.

The total viscous resistance to flow can be represented by the following equation, as referenced
in chapter 3 [16] [44]:

Ap Ap
R=—"X & (0=—-—*X 5.1
0 Q=4 (5.1)
and is thus defined as the amount of pressure differential required to produce a given amount

of flow.

Let us now recapture equation 3.28:

_ 3nAL
= TR (5.2)
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which is only applicable to the Hagen-Poiseuille flow. Though it is a simplified flow, not
applicable to blood circulation, we can notice that R is highly dependent on the vessel’s radius,
due to it being inversely proportional to its fourth power.

The mathematical relationship between a vessel’s radius and flow rate in blood circulation was
first proposed by Murray, stating that it was proportional to the vessel’s diameter, D, to a k power
[24]:

Q0 « DFf (5.3)

Since R is inversely proportional to Q, which can be concluded through equation 5.1, we can

then adapt Murray’s law to the resistance to flow:

R o« D* (5.4)

k is an empirical parameter, which was first proposed to have the value of 3.

Murray’s law, in its simplest form, is the manifestation of adaptive mechanisms by which
blood vessels remodel in function of the shear stress magnitude in the surface. In larger vessels,
this value of k is not applicable, with the value of 2.1 being recommended for the LAD and LCx.
This deviation is explained by the fact that Murray’s formulation took coronary circulation tree as
an integrated system rather than looking at each vessel segment individually [21] [24].

Through equation 5.4, we can see that the smaller the vessel’s diameter, the more resistance to
the flow will be present. This effect is slightly attenuated in the LAD and LCx, which will have a
bigger resistance due to the smaller value of k. Due to this, about two thirds of the resistance to
blood flow in the whole systemic circulation is present in the small arterioles.

In order to obtain the resistance to flow in the whole blood circulation, one must combine the
resistances of different vessels to obtain general values. This can be done by combining vessels

arranged in series or in parallel, such as shown in figure 5.1.

Figure 5.1: Vascular resistance. A, in series. B, in parallel. Adapted from [16]
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In the case of vessels in series, we can combine their resistances by summing each individual

values:

Ry = Ri+R; (5.5)

For parallel vessels, the following equation can be applyed:

LA SRS B S §
o Ry Ry

—_— — 5.6
Rtot Rl RZ ( )

We can conclude that for arrangements in series, the addiction of an additional vessels will
increase the resistance. On the contrary, in parallel vessels, the addition of a vessel will decrease
the total resistance, which may seem a bit counter intuitive, but happens due to it being an extra
pathway for blood to flow. Capillaries are smaller than the arterioles, but the latter have the largest
contribution to the resistance, as previously stated, due to the much larger number of capillaries

arranged in parallel, which makes the overall resistance smaller.

It is thus possible for us to combine the resistance of each vessel tree by both equations 5.5
and 5.6, and then sum them in order to obtain the whole resistance of the systemic circulation [16]
[44]:

Rsys = Rarteries + Rarterioles + Rcapillaries + Ryenutes + Ryeins (57)

5.1.2 Inductance

Acceleration in a fluid can occur in both space and time. In steady state flows, only spacial
acceleration occurs, which may be caused by a narrowing of flow path or at the entrance of a
vessel. In unsteady flows, a change in the driving pressure provokes the variation of the velocity

in each point with time, instead of just changing in space.

The fluid doesn’t respond immediately to an acceleration, due to its inertia. When the driving
pressure changes to a higher magnitude, the flow rate takes some time to adjust and increase its
value. This lag between pressure and subsequent flow rate changes is a form of resistance to flow

and is called inductance, L.

As R relates the pressure differential necessary to a certain flow rate, L relates the pressure dif-
ferential, Apy, that a certain change in flow rate through time, %, provokes, through the following

equation:

dQ
A = L— 5.8
DL 7 (5.8)
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This relation can be derived from Newton’s second law which, applied to a mass, m, can be

defined by the following equation, with x being its position and F' the driving force:

d*x

If we apply equation 5.9 to a mass of fluid flowing in a tube, we can obtain newton’s equation
for pipe flow. By assuming that viscous effects are not present, we can consider a cylindrical
volume of fluid that moves freely through the tube, as a bolus. Furthermore, the driving force in
the case of pipe flow is a pressure differential applied to the circular faces of the cylinder and we

can apply Newton’s second law by the following equation:

du nd?* du nd> du
V— = Ap/A —— = Ap;—— Ap;, = pl— 1
PV piA = p— 7 pL— = < Apr=p I (5.10)

where p is the fluid’s density, V is the volume of fluid considered, A is the area of the tube’s
section, d is its diameter and u is the velocity.
Since velocity is taken as constant through the whole section, the flow rate can be calculated

simply by the product of velocity and section area:

0 = uA = u"- (5.11)

We can then combine both equations 5.10 and 5.11 to obtain the following:

4pl dq
A — 5.12
i 22 dr (5.12)
When comparing this equation to 5.8, we can arrive at the value for L:
4pl
= 5.13
o (5.13)

We can see that, as happens with R, arteries with lesser diameters will have a bigger inductance,
resulting in more resistance to flow. The higher the inductance, the more resistance to flow there
will be when the flow is accelerated or decelerated.

By combining both resistance with inductance effects, we can arrive at a total pressure dif-
ference, Ap, that is required to overcome both resistances due to inductance, Apy, and viscous

effects, as in discussed previously in section 5.1.1, Apg [44]:

d
Ap = Apr+Apy = RQ+Ld—? (5.14)
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5.1.3 Capacitance

A valuable asset of all blood vessels is their distensibility. This property allows them to accommo-
date the variations of blood output from the heart and average out the resulting pressure pulsations.
The property that analyzes this capability is capacitance, C, which represents the total quantity of
blood that can be stored in a given segment of the circulation for a singular increase in the pressure

differential propelling blood flow [16]:

C = —— (5.15)

We can arrive at another definition for compliance, which is the amount of change in the
pressure differential, Ap, needed to produce a certain change in the volume of a vessel segment,
V.

It is important to note that the compliance of a vessel depends not only on its distensibility but

also on its size, since compliance is the distensibility of a vessel multiplied by its volume.

Capacitance affects the total volume of the vessel, therefore flow rate may vary from its en-
trance to its exit because some flow may be utilized to inflate the vessel and some blood at the exit

may have come from its deflation.

In blood flow, working with the concept of volume isn’t a useful parameter to work with.
Instead, it is much more practical to use the flow rate of blood through the vessels, Q. Since blood
is considered an incompressible fluid for the ciruclatory system, a change in volume can only be
achieved by a certain amount of flow rate that fills the arteries and increases their volume, the
capacitive flow rate, Q.. Considering this flow rate constant, we can get the change in volume that

occurs after a period of time, At:

AV = Q.At (5.16)

We can combine equations 5.15 and 5.16 to obtain the following expression for C:

O.At
C = 5.17
A(Ap) G-17
therefore:
~ _AAp)
O = C A (5.18)

Considering Ap as continuous in time, we can obtain Q. as a function of time as well:
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d(Ap)
dt

(5.19)

We can thus conclude that C describes the proportional relationship between flow rate used
to either inflate the vessel or deflate it and the variation in the pressure differential, with bigger C
values corresponding to bigger magnitudes for Q.. Positive pressure differential variations cause

an inflation of the vessels and thus Q. is positive, while negative values cause the exact opposite.

In order to obtain the full flow rate in the vessel, we can sum the circulatory flow rate (resis-

tive), O, with the capacitive flow rate, Q.:

0 = 0,+0 (5.20)

In blood flow, pressure varies through time in a cyclic manner. A specific case that is useful

to illustrate how flow rate will develop with the changing of Ap is by considering an oscillatory
pressure evolution:

Ap = Apgsinot (5.21)

where Apy is a constant and @ is the angular frequency of the oscillation.

Utilizing this function in equations 5.1 and 5.19, we obtain functions for both O, and Q.:

A
0 = %sinm (5.22)
0. = ApowCcoswt (5.23)

We can thus see that an oscillatory flow produces a resistive flow rate that is independent of
the capacitance and which wave form is in sync with the pressure gradient. On the other hand, it
also produces a capacitive flow which is scaled by the factor wC, and thus increases in magnitude

with higher capacitance values and has similar @ and a phase of 90° in comparison to Ap.

These results bring clarity to the importance of capacitance in oscillatory flow for distensible
systems, which makes very important to the dynamics of coronary circulation. A very important
component that is now revealed is studying the amount of the oscillatory flow that goes into in-
flating and deflating the vessels. The pressure differential driving coronary flow is a mix of both
constant and harmonic parts, like referenced in chapter 3. Since the constant and oscillatory com-
ponents of flow are not separated, the capacitance of the system affects both resistive flow as well

as capacitive flow [44] [16].
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5.1.4 Electrical Analogy

Using the parameters presented, the dynamics of coronary blood flow can be modelled as an elec-
tric circuit. This is only possible through the utilization of the lumped model described previously
that represents the circulation tree using a single tube that is representative of the collective prop-
erties. The electrical analogy has been utilized extensively in modelling coronary flow, due to
electrical circuits being very easy to manipulate and able to be tested experimentally.

Each relevant parameter of blood flow will have an electrical parameter that represents it.
Electric potential or voltage, V, corresponds to the pressure difference, Ap, and electric current,
I, corresponds to the flow rate, Q. The analogy is based on the fact that the relationship between
potential across and current into different electrical components. By utilizing the concepts of resis-

tance, impedance and capacitance built in the previous section, we can arrive at these relationships:

* The relationship between current and voltage across a resistor, R, is analogous to the rela-

tionship between pressure difference and flow rate in a vessel:

Ap = RO (5.24)
V = RI (5.25)

* Voltage and current variation in an inductor, L, have a similar relation as a vessel’s pressure

difference and flow rate variation:

1%

Ap = 5.26

p 7 (5.26)
dl

Vv = L= 5.27
I (5.27)

* The same happens between voltage variation and current in a capacitor and pressure differ-

ence variation and flow rate in a vessel:

& Ap = é/er (5.28)

1
V. = —|Id 5.29
! o

As seen previously, the viscous resistance, R, gives the proportional relationship between flow
rate and pressure difference, however, this is only applicable to steady flow. For oscillatory flow,
there is an added form of resistance due to the presence of inductance and capacitance, which is

called "reactance", S.
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Combining both the resistance and reactance present in a transient flow, such as blood circu-
lation, we arrive at a global parameter that correlates pressure difference, Ap, and flow rate, Q,
representing the total impediment to flow, which is called impedance, Z.

This is a parameter belonging to the complex domain, with R being its real component and S

its imaginary one:

Z = Ap = R+iS (5.30)
0

where i is the unit imaginary number.

This notation offers concise information on the influence of impedance on both the modu-
lus and phase of complex pressure waves, characteristic of transient flow, while maintaining the
simple relationship between pressure and flow rate. Furthermore, the rules for parallel and serial
resistances can also be applied to impedances, making it possible to arrive at a global value for
each model.

All three elements of the electrical model discussed before (R, L and C), can be converted
into a corresponding impedance, which enables us to obtain governing equations in the complex
domain [44]:

Resistance:Z = R (5.31)
Inductance :Z = iwL (5.32)
1
C it C = — 5.33
apacitance “oC ( )

5.2 Windkessel models

Windkessel models are based on the hemodynamic description of the arterial circulation in terms
of its resistance, inductance and capacitance. It was first described by Otto Frank, linking it to the
German designation of an air chamber used in fire engines [34]. This engines turn the sinusoidal
pump pressure generated into constant water stream, likewise, the circulatory system turns the
heart’s transient pressure into constant blood flow through the vessels. This behaviour corresponds
to the Windkessel effect, and is illustrated in figure 5.2 [6].

As figure 5.2 suggests, the elasticity of the arteries as the same function as the air reservoir, the
"Windkessel", in the water pump. By being able to inflate and deflate, the compliance effect dis-
cussed in the previous section, the arteries accumulate blood when inflating and propel it through

the circulation when deflating, achieving a rather constant peripheral blood flow.

5.2.1 Two-element Windkessel model

The most basic Windkessel model makes use of the electrical analogy and consists of a resistance

and a compliance element in parallel.
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Figure 5.2: Windkessel effect. Adapted from [6]

Being the simplest of the Windkessel models, it takes into account the effect of arterial compli-
ance and total peripheral resistance. Like mentioned in section 5.1.1, most of the arterial viscous
resistance will be present in the smaller arteries and arterioles, thus, the resistance element of the
model is the sum of all microcirculation tree vessel’s resistances. On the contrary, the compliant
element is largely obtained by the elasticity of the larger arteries, though being calculated by the

sum of all vessel’s compliance.

In circulation, blood has the option of moving either against the resistance or compliance, that
is, moving forward in circulation or towards inflating the vessels. This is why the resistance and
capacitance are located in parallel in the circuit. If coronary flow was steady, the most simple
model could have just a resistance, relating pressure difference to flow rate, but, as it is a transient

phenomenon, it is necessary to also take into account the effect of capacitance [44] [40] [9].

Two-element — '
Windkessel Capacitor (C) I Resistor (R)

T

Figure 5.3: Two-element Windkessel model. Adapted from [35]

Through this model and utilizing the flow rate equations 5.24 and 5.28, we can obtain the

following differential governing equation [9]:

d(P(t))
R dt

(5.34)

Furthermore, utilizing the rule for parallel impedances, we can obtain the global complex

impedance for the model, Z(w) [44]:
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1 1 R
_— f— _— / P — .
= —+4+ioC & Z = T (5.35)

The pressure waveform can be decomposed into a constant mean value and a series of har-
monic oscillations, such as described in chapter 3. This is also applicable to the impedance, which

will be different for each harmonic:

R
Z, = T iRo.C (5.36)
with w, = 27n and n = 1,2,3,...,N, n being the particular harmonic and N the number of
harmonics of the pressure waveform.

This two element model can predict the decay of aortic pressure during diastole, which is
exponential, but fails to predict the relationship between pressure and flow during the systole.
Through the measurement of input impedances in mammals, it was concluded that for higher
frequencies its modulus tended to a plateau and its phase to 0°, while with this model, we obtain a
modulus tending to 0 and a phase to 90°. This made researchers experiment with the addiction of

more elements to the Windkessel model in order to improve it [40] [44].

5.2.2 Three-element Windkessel model

In the three-element model, we couple the parallel resistor and capacitor with a characteristic
impedance of the aorta in series. This additional parameter links the lumped-parameter models
with the wave travel aspects of the arterial circulation. The two-element model implies that driving
pressure and resistance would be constant over the whole network, which doesn’t happen due to
the fact that it comprises an elastic component that makes vascular resistance and flow vary over

time with pressure.

i
<Empedance (Zc)
Three-element —— .
Windkessel Capacitor (C) I Resistor (R)

T

Figure 5.4: Three-element Windkessel model. Adapted from [16]

This model represents a major improvement on the 2-element one for higher frequencies, since
the latter failed to predict flow behaviour during systole in this area. This makes it a common
outflow boundary condition for coronary hemodynamics, such as represented in figure 5.5 [40]
[351 [9].
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Qo,po
R

| Ry Pd d
—:I—O—IZI—' !
;"‘ll

—— Pra = 0
coronary ﬁl't-(?l'}" —— O

S~ (CA
outlet OQE) )

_‘:—" Pext = O

Figure 5.5: Three-element outflow boundary condition. Adapted from [16]

In this figure, Qp and py are the flow rate and pressure in the outlet of the artery, R, and Ry are,
respectively, the proximal and distal resistances. C,, is the total compliance of downstream arteries
and py is the distal pressure which corresponds to the pressure in the arterioles and capillaries
[19]. It is of notice that the aortic impedance is represented as a resistance due to the fact that it
has the same dimension as a resistor and, although it causes errors on the low frequencies range of
input impedance, this parameter accounts for about 5 to 7% of the peripheral resistance and thus

these errors can be neglected [40].

Through this model, we can arrive at the following governing equations for blood flow, utiliz-

ing the same principles as for the 2-element model [9] [19]:

dpa = Pa Qo
—_ = = 5.37
dt Cu.Ry Ca ( )
po = pat+RyQo (5.38)

The overall predicted wave forms through this model are close to measured ones and the global
aspects of input impedance and pressure are well described by it. However, it generally overesti-
mates arterial compliance, underestimates aortic characteristic impedance and produces significant
errors at low frequency levels. Furthermore, the measured impedance has two maximums and a
discrete minimum, while the one obtained with this model shows neither of these, as can be seen
in figure 5.6:

We can see that for high frequencies, the three-element model produces very good results,
however, it still has errors for the lower frequencies, which makes it possible to add elements to
the model in order to improve it [40] [35] [37].

5.2.3 Five-element Windkessel model

By looking at figure 5.6, we can see that a four-element Windkessel model improves on the three-
element one, but still doesn’t translate the practical measurement’s secondary maximum and dis-

crete minimum of impedance in the various harmonics. In order to account for this and better
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Figure 5.6: Impedance curves with different Windkessel models. Adapted from [40]

approximate reality, a five-element Windkessel model can be used for the outlet boundary condi-
tion in coronary flow, such as the one present in figure 5.7.

In this model: Ry, R, Ramicro and Ry picro Tepresent the resistance of the arterial, venous
and both arterial and venous capillary levels. C, and C;, are its arterial and intramyocardical
compliances and p,, p, and p;,, correspond to the arterial, venous and intramyocardical pressures,

respectively [37] [19].

Qo,po
Ra p a ml(‘T‘O U T"/l/("l (e} + R
coronary artery —— Cim DPra =
outlet 925
Pext =0  — —

Figure 5.7: Five-element outflow boundary condition. Adapted from [19]

The governing equations of flow that we derive from this model are the following:

Po = PatR.Qo (5.39)
dpa Qo Pa — Dv
_ Qo 5.40
dt Ca CaRa,micro ( :
d dp; 1 —
pv _ dpim 1 <pa [ > (5.41)
dt dt Cim Ra,micro Rv,micro + Rv

JonaSova and Vimmr (2021) conducted a study with different outlet models, including the
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three-element and five-element Windkessel models here presented, as well as two more detailed

ones, which are presented in figure 5.8:

(A) Qo.po (C) Qo.po

\ By op R \ Ra  p, Ramiro 5 RumicretRe
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coronary artery coronary artery

outlet AL outlet 9%
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coronary artery ¢
outlet 90 @

coronary artery
3 (CA)
outlet eiﬂln

Figure 5.8: Different lumped-parameter models for coronary outflow. Adapted from [19]

Both the five-element model here presented and the more complex ones were able to represent
hemodynamics as a whole in accordance to the physiological expectations, such as the delayed
diastolic blood filling in coronary circulation, which the model with three-elements isn’t able to
accomplish. Furthermore, the five-element model obtained more adequate flow rate and shear
stress results in comparison to the ones with more parameters. This, coupled with the reduced
amount of parameters to estimate, made it the most promising of all and was thus utilized in this

work. For more details in this analysis, the reader is encouraged to read [19].



Chapter 6

Methodology

The use of coronary computed tomography angiography (CTA) allows us to obtained image of the
patients’ vessels. These images can then be used to obtain patient-specific geometric models of
coronary arteries. It is then possible to run hemodynamic simulations using computational fluid
dynamics (CFD), which, with the increase in computational capacity, has led to an increase in
research in the field.

In this chapter, the whole process used to run the hemodynamic simulations, from the CTA
images and patients’ data that were made available to the author, is presented: the geometry re-
construction of each patient’s artery; the physiological alterations under hyperemic conditions; the
implementation of the five-element Windkessel model; the mesh convergence study used to iden-
tify the most optimal one to use in the simulations; the numerical methods used in the calculations.

It is of previous note that the deformation of the vessels’ walls was not taken into account, since
the increase in computational cost this would provoke is too big for an insignificant improvement
on the model [20].

6.1 Data of the patients in study

In this study, two patients were analyzed with stenosed LCAs and different degrees of lesion,
which will be further referred to as Patient 1 and Patient 2. Patient 1 is a 63-year-old male and has
a 40% stenosis located in the proximal region of the LAD. Patient 2 is a 58-year-old female with
a 90% stenosis in the central third of the LAD. The CTA images and invasive measurements were
obtained through collaboration with the Vila Nova de Gaia/Espinho Hospital Center (CHVNG/E).

The patients who participated in this study gave informed consent and this research was ap-
proved by the local institutional ethics committee.

To conduct this investigation, the author was given measurements of the patients’ heart rate,
systolic blood pressure (SBP), dyastolic blood pressure (DBP) and FFR. It is of note that both
SBP and DBP were measured invasively and non-invasively, with the former being done under

45



46 Methodology

hyperemic conditions and the latter in a state of rest. Furthermore, two measures of both SBP and
DBP were realized invasively and three non-invasively for Patient 1, while for Patient 2 only one

was made. The results of these measurements are present in table 6.1:

Table 6.1: Patients data

\ Patient 1 Patient 2

Gender Male Female
Age 63 58
Heart rate [bpm] 59 65
SBP;, [mmHg] | 142/148 102
SBP,m|mmHg] | 118/125/133 | 135
DBP;,,, [mmHg| 84/83 62
DBP,j [mmH g| 81/88/85 67
Stenosis 40% 90%
FFR 0.93 0.58

6.2 Hyperemic physiological behaviour

The measurement of the FFR of each patient was realized in the maximum hyperemia condition,
through the intravenous administration of 140ug/kg/min of adenosine, as discussed previously in
chapter 2. This procedure will make changes in both vessel size and cardiac blood output, which

need to be taken into account in the model for coronary circulation [45] [32] [7]:

* Mean arterial pressure decreases: MAPyy, = MAP, .y — 6mmHg
* Hear rate increases: BPM},y, = BPM o5 +24bpm
¢ The vasodilation decreases the overall viscous resistance 2”_—”’; =0.24

* Blood flow output to the LCA from the heart increases: % =44

6.3 Geometry model of the LCA

In order to utilize CFD in determining FFR, it is necessary to obtain a reconstruction of the artery
that can be used for the calculation. In order to to this, the author made use of the CTA images

given and, through available software, obtained a model that represents the LCA of each patient.

6.3.1 Geometry reconstruction in resting conditions

The CTA images of each patient were made available by the CHVNG/E in DICOM format.
Through this images, the LCA was firstly reconstructed using the Mimics® software, which pro-

vides a semi-automatic method of reconstructing the lumen of the LCA.
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By loading the DICOM images into the program, it presents the heart in three views (axial,
coronary and sagittal), from which a series of notable points where selected: a starting one corre-
sponding to the aorta and ending points which represent the outlets of the LCA’s branches. With
the selected points, the software automatically generates a 3D model of the selected domain of the

LCA. The geometries obtained for both patients are present in figure 6.1.

‘(‘\

Figure 6.1: LCA lumen models obtained with Mimics® for Patient 1 (left) and Patient 2 (right)

As can be observed, the models obtained are quite rough and don’t have proper inlet and
outlets, which need to be a plane sections in order to properly define boundary inflow and outflow
conditions. In order to make alterations to the model that solve the mentioned problems, the
software 3-matic® was utilized.

The geometry obtained in Mimics® was exported to 3-matic®. First, the surface was smoothed
utilizing the Smoothing tool and later the Local Smoothing one, in the rougher areas which still
needed further smoothing. After this, the trim tool was used in order to define the model’s bound-
aries, obtaining the plane sections that correspond to the inlet and the outlets. Furthermore, the
inlet of the model was centered with the Cartesian referential, using the Sketch tool to create a
point in its center and translating it to the origin of the axis, which besides this translation makes
the inlet plane have the direction of the z coordinate of the referential.

After these steps, the models for the LCA geometries were obtained under resting conditions,

which are represented in figure 6.2.

6.3.2 Geometry reconstruction under maximum hyperemia

When in maximum hyperemic conditions, the vessels will dilate, which makes it necessary that
the model is adapted for such conditions. This makes it necessary to estimate the increase of the

cross-sectional area [45].
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Figure 6.2: LCA lumen models obtained with 3-matic® for Patient 1 (left) and Patient 2 (right)

As seen in 6.2, under hyperemic conditions there is a defined decrease in viscous resistance.
Thus, if we define a proportional relationship between sectional area and resistance, we can get

the wanted alterations.

Let us consider the Hagen-Poiseuille flow’s function for R:

8NAL
TR*

R 6.1)
Assuming that, as in this case, R for coronary circulation is inversely proportional to the fourth
power of of the vessel’s diameter, we can obtain the increase in cross-sectional area under maxi-

mum hyperemia:

Riyp _ # — 024 & It _ Y024 (6.2)
Ryest r hyp Thyp

Considering the cross-sectional area approximately circular, we can now arrive at the ratio
between resting and hyperemic areas, since the area of a circle is given as a function of its radius
by A = nr*:

A 2 A 1
rest rgest _ \/(m = Qhyp = ——— =204 (6.3)
A hyp rhyp A rest O . 24

Thus, it is necessary to scale the whole LCA model by 2.04 in its cross-sectional area, in order
to faithfully represent the geometry under maximum hyperemia.

With this objective, the models presented in figure 6.2 were exported to the Mimics® software,
so that a centerline was created utilizing the Fit Centerline command. This auxiliary is necessary
because of the Sectional Area function of Mimics®, which retrieves the area of cross-sections
perpendicular to the centerline created and thus to blood flow, making it possible to access each

cross-sectional area of the LCA in all of the domain.
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In 3-matic®, a centerline was also created, utilizing the Create Center Line command. Mak-
ing use of it, several sketches were created in each branch, defined by a point belonging to the
centerline, with it also being their normal. In each of the sketch’s position, the cross-sectional area
was measured in Mimics®, in manually selected approximately similar positions.

With the cross-sectional areas calculated, it is possible to arrive at the corresponding values
for maximum hyperemic conditions, through the scaling factor mentioned. Considering the cross-
section of each branch approximately circular, a circle was drawn in each sketch with the respectful
measured area scaled by 2.04. Each circle was defined by its center being located in the centerline
and a radius obtained from the equation of a circle’s area: r = %.

Utilizing the Sweep-loft command in 3-matic®, it is possible to obtain the surfaces which
correspond to the dilated vessels. Such is done by defining a Start profile, End profile and Inter-
mediate profiles, which correspond to the drawn circles in each vessel and a Sweep path which
was selected to be the centerline. Having these sufaces created, in order to represent the joints
of multiple branches, the Loft tool was utilized, with the definition of a Start profile and an End
profile which correspond to the circles located at the boundaries of the surfaces created.

Though the reconstruction of the geometry is completed with these steps, the model isn’t yet fit
to be utilized in ANSYS®. In order to do that, first the 3-matic® Fix wizard was utilized, in order
to solve any problems with the model, such as bad contours or overlapping triangles. After that, the
geometry was exported to as an IGES file and imported into SpaceClaim®, which allows for the
automatic preparation of the model by running the commands in the Repair column, stitching the
model’s different faces and solving problems related to Split edges, Extra Edges, Missing Faces
and Duplicates, having an individual command for each one mentioned.

Finally, the model was exported as Parasolid text file and imported into Solidworks®, due to
this format being easily read by the latter software. This operation was performed so that the file
could then be exported from Solidworks® in the ACIS format, which is ideal to be utilized in
ANSYS Fluent®.

After this process was completed for both cases, it was possible to obtain the models of the two
patients’ lumen with the vasodilation provoked under maximum hyperemia, which are presented
in figure 6.3.

For a more detailed analysis of the reconstruction process, the reader is directed to [3], which
utilized the same method.

It is of note that this process is highly manual and thus leads to some loss of geometrical
information, which is further increased in arteries with more acute lesions. Nevertheless, with
the means available, it still provides us with models that possess the main characteristics of the

arteries, with a big importance being put into the stenosed region.

6.4 Rheological model for blood’s viscosity

As discussed in 4.4.1, blood’s viscosity was be modeled by a viscoelastic sSPTT model [32]. Fur-

thermore, it is considered to be incompressible, having constant density throughout the coronary
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Figure 6.3: LCA lumen models under maximum hyperemic conditions for Patient 1 (left) and
Patient 2 (right)

circulation: p = 1060[kg/m?].
The equations of the sPTT model were presented in section in 4.4.1 and the values that best fit

blood behaviour for the model’s coefficients were adjusted through experimentation by Deano et

al. [8] and are presented in table 6.2, being the ones used in this work.

Table 6.2: Parameters of the sPTT model

[ Mode(k) | 1, (Pa-s) | A(s) | &) |

1 0.05 7 0.2
2 0.001 0.4 0.5
3 0.001 0.04 | 0.5
4 0.0016 | 0.006 | 0.5
5 (solvent) 0.0012 0 0

This model was implemented through an UDF in ANSYS Fluent®, as was developed by Pinto

et al. [32] and coupled with the solver as blood’s viscosity.

6.5 Inlet velocity boundary condition

As discussed in 3.3.3, blood circulation is a transient pulsatile flow. Thus, a womersley profile for
the velocity at the model’s inlet was applied, which is represented by equation 3.34.

In order to obtain the velocity profile, it is necessary to first obtain the Womersley number,
which equation is again presented:

[p®
Wo = — 6.4
0 r n (6.4)

The inlet radius, r, corresponds to inlet’s circular profile radius under hyperemic conditions,

which was previously defined for each patient.
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In order to calculate the angular frequency, o, it is necessary to take into account the increase
in heart rate under maximum hyperemia. After it is taken into account, we can obtain it through

the following equation:

ZﬂHRhyp
= —" 6.5
%0 (6.5)

with o being calculated in rad/s.

Though blood’s viscosity is not constant, being given by the sPTT model previously presented,
to calculate Wo we will stipulate its value to be a constant in the inlet: n = 0.00345[Pa - s].

The values of Wo obtained for each patient, as well as the values used to calculate it, are

presented in table 6.3.

Table 6.3: Parameters for calculating Wo

] \ Patient 1 | Patient 2

r(mm) 3.396 3.002
p(kg/m>) | 1060 1060
n(Pa-s) | 0.00345 | 0.00345
BPM,y; 59 65
BPMyy, 83 89
) 8.692 9.320
| Wo | 5549 5.080

In order to obtain the time dependent velocity profile, an expansion using Fourier series was
done in Matlab® by Pinho et al. [31]. The profile obtained was implemented in a UDF and
coupled with the solver of ANSYS Fluent®, in order to be used as a boundary condition for the
velocity in the inlet of each model.

The average velocity at the inlet through a cardiac cycle of Patient2 is represented in figure
6.4, for reference, since for Patient 1 the waveform is similar, just with different magnitude. It is
of note that in the x axys an adimentional time is utilized, t* =¢/T. This is done so that the two
profiles can be made more similar, since the cardiac cycle has a different duration for each patient,

due to the different heart rates:

60
HRhyp

T =

(6.6)
which will lead to a value of 0.72[s] for Patient 1 and 0.67]s] for Patient 2.

6.6 Outlets pressure boundary condition

As the boundary condition in the outlets of the models, the five-element lumped-parameter model

was utilized, as mentioned in 5.2.3. The governing equations of this model are presented again, as
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Velocity [m/s]

Adimentional time- t*

Figure 6.4: Womersley velocity profile of Patient2

a point of reference:

po = Pa+tR.Qo (6.7)
d _

Pa _ Qo PPy 6.8)
dt Ca CaRa,micro
dpy _ dpim L <pa —Pv + Pv > (6.9)
dt dt Ci Ra,micm Rv,micm +Rv

These equations can be further combined to reduce the system to two governing equations,

now not dependent of p,:

d(pO_RaQO) _ %_pO_RaQO_pv (6.10)
dt Ca CaRa,micro
dp, _ dpim + 1 <pO_RaQO_Pv + Pv ) 6.11)
dt dt Cim Ra7micro Rvmicro + Rv

This model was implemented in a UDF, in order to be used in ANSYS Fluent®. To do this,
the equations need to be discretized using a second-order implicit method, which is described as

follows, with ¢ being an arbitrary variable:

@ _ 3¢i+1_4¢i+¢i71
dt 2At

6.12)

where i indicates the time-step of the calculation, with ¢**! being the value of the variable in
the next time step and ¢'~! the same value in the previous time step. At represents the chosen
duration for each time-step of the calculation.

Applying this formulation to the differential governing equations, we can develop them and
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obtain the following result:

. i i—1 i+1 i i—1 +1
3C 1 i+1 i+1 _4P6+P6 30,7 —404+0, i+1 p,,,
<2 AT ,,m,m> Py =@y —Ca—gy — tRG A +3 Q0 g,
i— 1 .
3Cn + 1 + 1 pl+l — C 3p1ml 4plm+p;'ml _ 74pm+p£ﬂl 1) I+ _ &Ql‘f’l + _ Pour
2 At Rm Rv,micm+Rv m m 2At 2At Rm Rm 0 Rv,micm+Rv

The UDF cannot solve this system of equations, since it reads and compiles one line of code at
a time, not being able to join both equations and find a result. Thus, this system must be developed
in order to update the value of pg in each iteration, which corresponds to the average pressure in
the outlet. The following equations were inserted in an UDF in order to implement the model in
ANSYS Fluent®:

d QI-H 4Qi_|_Qi—l
d% - 2At° 0 (6.13)
dp; 3pin! —4pl, + phy'
3C 1 1
aux = — 4 —4— (6.15)

2At Rm Rvmicm + Rv

—4ph + pit 3¢, 1 1
i+1 t+1 0 0 a
= R, dg— —X——— _——— 6.16
Po < R, )Q ( o 201 \2a "Ry " awnyz) G190
i+1 0 v v 1+1 out
_ 4G (dpyy— —2Pr Py Q _ Pou ) (6.17)
Py aux < Rm " Pim 2At Rv,micro +Rv

where aux is an auxiliary variable used to simplify the equations.

6.6.1 Patient-specific lumped parameters

As stated before, this model can only produce results in determining FFR if its parameters are well
adjusted to each specific patient.

The intra myocardical pressure can be considered to be approximately equal to the pressure in
the left ventricle, which is represented in figure 6.5.

This pressure was estimated as being 0 in the dyastole and equal to the aortic pressure, which
is the pressure at the inlet of the model, during systole, neglecting the increasing and decreasing

pressure in transition between these two phases of the cardiac cycle:

0,  038<L<06l

Dinlet, Otherwise
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Figure 6.5: Aortic, atrial and left ventricular pressure

with p;,e being calculated with ANSYS Fluent® through the same UDF for each iteration as
the average pressure in the surface.
The total resistance to flow, which involves both the arterial and venous circulation, was de-

termined by the average pressure divided by the average flow rate in the inlet:

MAP
Rtotal = (619)
Qavg
1
MAP = DBP+ [3(HR-0.0012)] (SBP — DBP) (6.20)

where MAP is the mean arterial pressure, SBP and DBP are the diastolic and systolic pressures
that were measured and HR is the heart rate. Q,,¢ was determined as the average of the Womersley
velocity profile imposed as the boundary condition in the inlet, for each patient.

The values of R, and the parameters utilized to calculate them for each patient are present
in table 6.4.

Table 6.4: Parameters for calculating Wo

] \ Patient 1 | Patient 2

Oavg 3.396 3.002
SBP 145 102
DBP 83.5 62
HR 0.983 1.083
MAP 104 75

| Riorar | 10.2x10° | 7.36 x 10°

As we can see, R is inversely proportional to the flow rate. We can thus assign a value of R for

each outlet as a fraction of the total value, in terms of its area:
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A;

1
R = RzmalNiA
=144

6.21)

where i is the number indicating the outlet in question and N is the number of outlets of the

model.

The resistance in the venous circulation can be obtained through the same principle, consider-

ing an average pressure in the venous vessels of 20mmH g:

A4
Ry, i+Rymicro; = 20-133.32—1"— (6.22)

i=14%

where 133.32 is used to convert the venous pressure to Pascal.

The arterial resistance can be calculated through the following equation:

pci
R, = P& 6.23
: A, (6.23)
¢ = 2z (kyekRi 4 k) (6.24)
1 3p

where p = 1060 [kg/m3] is blood’s density, ¢; is the pulse wave velocity, R; is the radius of

the outlet and the k constants are given as follows:

ki = 2-10" [g%s Tem™!] (6.25)
ky = —22.53[cm™'] (6.26)
ks = 8.65-10°[g%s 'em™] (6.27)

Having both the total and venous and systemic arterial resistances been calculated, the arterial

microcirculation resistance can be obtained simply through difference between these values:

Ra.,micm,i = Rtotal,i - (Rv,i +Rv,micr0,i) - Ra,i (628)

we then obtain the components of the circulatory resistance for each outlet of the models,

which are represented in table 6.5 an 6.6, for Patients 1 and 2, respectively.

Both arterial and intra-myocardical capacitances were prescribed to have physiological mean-

ing as a function of the patients myocardial mass:
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Table 6.5: Resistances- Patient 1

Area x 10°[m?] \ (Ry =+ Ry micro) % 1074 [Pa‘s/m3] ‘ R, x 1078 [Pa‘s/m3] ‘ Ramicro % 1010 [Pa's/m3] ‘

2.97 4.13 1.58 1.47
16.60 0.74 0.28 8.29
4.99 2.46 0.94 2.48
2.80 4.37 1.67 1.38
2.38 5.15 1.97 1.17
0.58 21.24 8.11 0.21
3.36 3.65 1.39 1.66
0.85 14.43 5.51 0.37
2.29 5.35 2.04 1.12
9.17 1.34 0.51 4.57
C, = 0.013 [ml-mmHg '100g,:,] (6.29)
Cin = 0.254[ml-mmHg '100g,,,] (6.30)

since access to the patient’s myocardial mass wasn’t made available, an average value of 100[g]
was prescribed. In order to see if a wrong assumption of this value would produce misleading
results, an analysis of the model sensitivity to such variations was done, with simulations being
done for values of myocardial mass of 60[g|, 100[g] and 140[g].

Finally, intramyocardical pressure, p;,,was set to SmmH g, which makes all the parameters

estimated for each patient [7].

6.7 FFR quantification

As stated in the introduction to this work, the current standard practice utilized to determine the

FFR of a patient is the measurement of the aortic and distal pressures in relationship to the lesion.

FFR = Pdistal (631)

Paortic

These measurements are in good practice realized at distances of 10mm and 20mm of the
coronary tree inlet and the stenosis location, respectively.

In order to obtain this values, during blood flow simulation, two planes were created for each
patient in ANSYS Fluent®, corresponding to the aortic and distal locations. These planes were
defined using the centerlines that were created in 3-matic®, corresponding to their direction. Fur-
thermore, the aortic plane was considered to be the entrance pf the model, distancing 2.5mm from
the inlet, while the distal plane distances 20mm upstream from the lesion, in the LAD. The aor-

tic plane location was estimated, since the inlet of our model is at an unknown distance of the



6.7 FFR quantification 57

Table 6.6: Resistances- Patient 2

| Area x 10[m?| | (R + Ry micro) X 1074 [Pa-s/mﬂ | R, x 1078 [Pa-s/mﬂ | Ramicro % 1010 [Pa-s/mﬂ |

14.1 0.80 0.19 6.33
5.02 2.25 0.54 2.25
2.55 4.41 1.06 1.14
4.44 2.54 0.61 1.99
3.49 3.23 0.78 1.56
1.76 6.39 1.53 0.78
4.61 2.44 0.59 2.07
6.3 1.79 0.43 2.83

coronary tree’s entrance, but it should provide a good estimation since blood flow until the first

branches is pretty stable. The resulting planes are present in figure 6.6.

Figure 6.6: Aortic and distal planes for Patient 1 (left) and Patient 2 (right)

Having defined both planes, ANSYS Fluent® is able to calculate the average relative total
pressure in both of them for each time step of calculation. This is done by the quotient of the
sum of the pressure in all cell faces that are located in the planes, multiplied by their area, and
the total area of the vessel’s section in each plane. It is then possible to obtain the average distal
and aortic pressures through each cycle, by using the trapezoid rule, which gives a second-order

approximation of the value of an integral:

1 /T At
Pas = 7 /0 pdi = L (po+2p1+ o+ 201+ ) (6.32)

where At is the calculation time-step, which was defined as 0.005s and n = % is the number

of values obtained.
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6.8 Mesh selection

In CFD, the quality of the results obtained is highly dependent on the quality of the mesh that
is applied. A course mesh leads to inaccurate calculus, jeopardizing the results obtained while
meshes that are unnecessarily fine lead to very large computational times without need.

The models’ meshes were created wth the ANSYS Meshing™ tool. The Thetrahedrons
method was chosen, with the options of patch independent mesh and no refinement being chosen,
making the mesh uniform across the model. The maximum size of the elements is the parameter
that must be analyzed in order to obtain the most optimal mesh for each model.

In order to balance both these factors, an analysis of successive finer meshes was done, having
the average pressure in the distal plane during one cardiac cycle been utilized to determine the
degree of convergence in the calculation. Furthermore, the parameter Skewness, which is utilized
to evaluate mesh quality in ANSYS®, was obtained. This parameter must always be smaller than
0.95, in order to obtain stable and convergent calculus.

The model produces an anomaly in the beginning of the first cardiac cycle, due to the initial-
ization of the parameters. Thus, all calculations will be done for the second cardiac cycle, the
mesh analysis being one of them.

The parameters of each mesh are present in tables 6.7 and 6.8, as well as the maximum and

average Skewness.

Table 6.7: Meshes parameters- Patient 1

Max. element size

Nr. of elements

Max Skewness

Avg. Skewness

Mesh 1 6.7 x 1074 126568 0.754 0.154
Mesh 2 53x 1074 255996 0.867 0.136
Mesh 3 422 %1074 507641 0.6840 0.125
Table 6.8: Meshes parameters- Patient 2
Max. element size | Nr. of elements | Max Skewness | Avg. Skewness
Mesh 1 6.7 x 1074 74013 0.880 0.168
Mesh 2 53x107% 149715 0.879 0.150
Mesh 3 4.22x 1074 295555 0.881 0.147

In order to analyze the degree of convergence in the results, the Richards Interpolation method

was utilized. Considering p,,, as the average pressure in the distal plane and 1 and 2 as referring
to a coarser and finer mesh, by having the results of p,,, calculated with mesh 1 and 2, we can

estimate its real value through the following equation, considering a second order solution:

P1— P2

Pavg (6.33)

(6.34)
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with p; and p, being the pressure values obtained with meshes 1 and 2 and & represents the
cell size of the meshes.
We can thus obtain the approximate real value of p,,,, by using the two finer meshes consid-

ered and calculate the relative error that each mesh produces in relationship:

e, = Pas”Pi 459 (6.35)

Pavg

where i is the mesh in analysis.

With this procedure, we obtain the following value for the approximation of pgye

hy
= — 6.36
r= (6.36)
Py = S5 (6.37)

The results for each mesh in terms of relative error are presented in table 6.9, from which we
can see that mesh 3 improves the result of mesh 2 for a very small margin, for both patients, which
isn’t worth the increment in computational time. Mesh 2 was thus utilized in this work for all

blood flow simulations.

Table 6.9: Meshes parameters- Patient 2

| e/[%] | Mesh1 | Mesh2 | Mesh 3

Patient 1 | 4.010 1.345 0.350
Patient 2 | 3.427 1.078 0.277

6.9 Calculation methods

In order to solve the governing equations, the SIMPLE algorithm was utilized. In the time formu-
lation for the resolution of the pressure and flow fields, as well as for the five-element Windkessel
model boundary condition in the outlets, a second order implicit scheme was used. As for the
scalars introduced by the use of the viscoelastic non-Newtonian sPTT model for blood, a second
order upwind discretization scheme was used.

The time step chosen was of 0.005s, Ar = 0.005s, with 20 iterations per time step. The results
for the hemodynamic simulations were saved every 0.02s, apart from the pressure in the aortic
and distal planes and the outlets, which were saved every time-step. The convergence criteria for
the continuity and momentum equations, as well as for the scalars of the sPTT model, was of
11075,
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Chapter 7

Results and discussion

In this chapter, the FFR values obtained through hemodynamic simulations of coronary flow for
both patients 1 and 2 are compared to the values obtained invasively. The geometric model of the
patient’s LCA, under maximum hyperemia, are analyzed for the three different scenarios of the

tuning of the lumped parameters of the five-element Windkessel model.

The model’s sensitivity is also studied when it comes to the compliance, which is dependent
on the patients’ myocardial mass, and the duration of the systole. Both these characteristics are
studied by the change in their value for Patient 2, in order to find the influence they have in FFR

calculus.

Apart from the FFR calculus, the pressure and velocity fields across the model are analyzed,
as well as the average pressure in the outlets, in order to make a viable conclusion about the

parameters that were used.

7.1 Velocity fields

In this section, the velocity wave forms for both patients, which were obtained through the Ansys
tool CFD Post®, are presented. By analyzing figure 6.4, we can see that the velocity fields have a
maximum and a minimum, which correspond to t* = £ = 0.79 and 1* = & = 0.425. The velocity
waveforms of both patients in these instants of the cardiac cycle are presented in figures 7.1 and
7.2.
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Figure 7.1: Velocity fields of Patient 1 for the minimum (left) and maximum (right) average ve-
locities

Figure 7.2: Velocity fields of Patient 2 for the minimum (left) and maximum (right) average ve-
locities

We can identify clearly that areas with a thinner section have higher velocity magnitudes,
which is expected due to the increase in dynamic pressure. Although there is a velocity reduction
due to friction losses, this is the most predominant factor, with velocity being higher downstream

rather than in the inlet due to the vessels getting progressively thinner.

7.2 Pressure fields

In order to better understand the development of coronary blood flow, the pressure fields across the
models are represented in this section. The results are gathered in the same instant of the cardiac

and through the same software as the velocity fields, and are present in figures 7.3 and 7.4.
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Figure 7.3: Pressure fields of Patient 1 for the minimum (left) and maximum (right) average
velocities

Figure 7.4: Pressure fields of Patient 2 for the minimum (left) and maximum (right) average
velocities

In these models, we can very distinctly see the effect of the stenosis, since the branches that
have been formed before its locations manage to maintain a higher pressure value than those
which are affected by it. We can also see that for Patient 2, since the stenosis is way more acute,
the pressure reduction that is provoked by it is much bigger than that of Patient 1. Furthermore,
opposite to what happens with velocity, in the thinner vessels the pressure tends to be smaller, due
to larger predominance of viscous stresses.

It is important to note that CFD Post® takes stagnation pressure into consideration, and thus
doesn’t take dynamic pressure into account. This is well noted due to the fact that pressure is much
lower in the stenosed region and increases in the downstream area, due to the progressive decrease

in velocity after the acceleration due to the thinner sections of the vessels.

7.3 Pressure waves in the models’ outlets

In this section, the waveforms representing the evolution of the average pressure through a cardiac

cycle in each of the models’ outlets are represented in figures 7.5 and 7.6.
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Figure 7.6: Pressure waveforms of Patient 2 for outlets: a) 1; b) 2; ¢) 3; d) 4; e)5; f) 6; g)7; h) 8

7.4 Computed Fractional Flow Reserve values obtained

The FFR was obtained for both patients, as the ratio between distal and aortic pressures, with the
average relative total pressure being used. The average pressure waveforms for both patients in
these two sections is presented in figure 7.7. It is of note that these were the profiles obtained
considering 100g of feeding myocardial mass, with the sensitivity of the models to this parameter

being discussed later.
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Figure 7.7: Pressure waveforms of Patient 1 (left) and Patient 2(right) in the distal and aortic
planes

It is immediately noticeable the much larger decrease in pressure for Patient 2, which was ex-
pected due to the much more accentuated lesion and the smaller FFR value obtained invasively. We
can also identify that the waveforms have a lag between them, which is caused by the propagation

of the pressure pulse from the inlet into the branches of the coronary tree.

In table 7.1, the FFR values obtained for each patient are presented, as well as the ones obtained
through the invasive method, for comparison. The relative error of the computed calculation is also

present, which was calculated through the following equation:

o ‘FFmeputed — FFRinyasive

e[ %] x 100 (7.1)
FFRinvasive
Table 7.1: FFR values obtained
] \ Patient 1 | Patient 2
Invasive FFR 0.93 0.58
Computed FFR 0.925 0.719
er[%] 0.53 24

Firstly, we can identify that the lesion of Patient 1 is determined to be not significant with both
methods, while the opposite is true for Patient 2, since the threshold for a lesion to be considered
in need of revascularization is FFR = 0.75. Furthermore, we can see that the computed value
obtained for Patient 1 is very similar to the invasive FFR obtained, with a negligible error, which
indicates that the model used described the hemodynamics of the patient’s LCA almost perfectly.
In the case of patient 2, the relative error e, = 24% indicates that the model couldn’t predict the
magnitude of pressure losses in flow from the aortic to the distal plane which, although in these
case the model predicts the need for intervention in the artery, could be troublesome for cases with
FFR values closer to 0.75.
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In order to establish the model’s sensibility to a variation in the Compliance, the FFR was
computed for different values of myocardial mass, since it will depend on it proportionally. The

values obtained are presented in table 7.2.

Table 7.2: FFR computed values for different myocardial masses

] Miyo8] \ Patient 1 | Patient 2
100 0.9250 0.7190
140 0.9257 0.7192
60 0.9254 0.7188

We can see that the model is virtually unaffected by these changes and thus, the estimation of

100g for the myocardial mass can be used as a good reference.
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Chapter 8

Conclusions

In this work, two patient-specific geometry of the left coronary artery (LCA) were generated in
order to perform hemodynamic simulations using computational fluid dynamics (CFD), with the
objective of calculating the value of the Fractional Flow Reserve (FFR). This parameter is con-
sidered the gold standard in assessing the severity of a lesion due to stenosis and the possible
need for revascularization. The computed FFR values obtained were compared with the inva-
sively measured FFR obtained by the Vila Nova de Gaia/Espinho Hospital Center (CHVNG/E)
for two patients with different levels of stenosis, in order to assess how accurate the model is when
compared to invasive measuring methods.

The geometry of the patients’ LCA was modeled through computed tomography angiography
images (CTA) that were provided by the CHVNG/E. Through the use of the softwares Mimics®
and 3-matic®, the geometry under resting conditions was reconstructed and delimited from the
CTA images and then scaled by a factor of 2.04 of the cross sectional area to represent the patients’
geometries in hyperemic conditions.

In order to properly simulate coronary blood flow, the geometry was loaded into ANSYS®
and a mesh was created for each patient utilizing Ansys Meshing™ tool. A patient-specific Wom-
ersley velocity profile was used as the velocity boundary condition in the inlets. A simplified
Phan-Thien/Tanner rheological model was implemented to model blood’s viscoelastic properties.
Furthermore, a patient-specific five-element Windkessel model was implemented as the pressure
boundary condition for the outlets of the models, with all these models being developed as user
defined functions (UDF) and implemented in Ansys Fluent®.

The Windkessel model is composed of five elements: arterial resistance (R,), arterial mi-
crocirculation resistance (R micro), venous resistance (R, + R, nicro), arterial compliance (C,) and
intra-myocardial compliance (C;,). These elements were estimated in order to produce realistic
properties of coronary blood flow. The arterial resistance was obtained by approximating the pulse
wave velocity and the venous resistance was estimated by considering an average venous pressure

of 20mmH g. The compliances of the model were considered as depending on the myocardial mass
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of each patient, with an average value of 100g being considered. In order to evaluate the error that
this consideration for the compliances could provoke, an analysis of the alterations on the models
produced by considering mass values of 60g and 140g was conducted.

Patient 1 has a 40% stenosed region in the proximal region of the left anterior descending artery
(LAD) and Patient2 has a 90% stenosis in the medium third of the LAD. The first is considered
as an intermediate lesion, while the latter is a severe one. The CHVNG/E reported FFR values
measured invasively of 0.93 for Patient 1and 0.59 for Patient 2. A lesion is considered to be in need
of intervention for values of F FR < 0.75 and hemodynamically irrelevant for values of FFR > 0.8.
The models implemented for both patients produced FFR values of 0.925 for Patient 1, which
corresponds to a relative error of e, = 0.53%, and a value of 0.719 for Patient 2, corresponding
to e, = 24%. When changing the values of the compliances, as described before, virtually no
change was detected in the FFR values obtained, which made it clear that the model has very low
sensibility to these changes and thus the assumption of 100g of feeding myocardial mass can be
utilized.

From the results obtained, we can see that the model holds up very well for arteries with small
lesions, while it lacks in accuracy for more accentuated stenosed areas. In the author’s opinion,
this is due to the inability to correctly represent the geometry of the stenosed arteries when more
acute lesions occur, under hyperemic conditions. Since the process of scaling the model is very
manual, loss in details regarding the patient geometry are present and will be much more relevant
for higher stenosis values, which clearly produces inaccurate results when obtaining the computed
FFR values.

The model accurately predicted a necessity of revascularization for Patient 2 and the absence
of hemodinamycally relevant stenosis for Patientl. Despite this, if the stenosis was closer to the

threshold 0.75% value, the diagnostic produced could lead to erroneous conclusions.

8.1 Further Works

The developed Windkessel model shows promising results in modelling coronary blood flow. In
order for it to be applied more generally for clinical practice, a development is needed in the com-
putational reconstruction of the vessels’ lumen, since it is held back by the inability to represent
the geometry of the stenosed artery under hyperemic conditions in more detailed. This proccess is
still highly manual and research in making this procces more automatic and precise would be the
biggest improvement in the computed calculus of FFR.

Furthermore, a statistic study could be developed for many patient-specific cases in order to
further study the boundaries that the model has in determining the need for revascularization of
a patient, since only two cases were studied and none of them corresponded to an FFR value
measured invasively that was close to the limit value of 0.75 for a lesion to be considered relevant.
If, in the future, the model can be tested in more than 30 patients and the results are a good
representation of the FFR values obtained through invasive measurements, it could start being

used in clinical practice, reducing health risks for the patient.
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