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Abstract

This master’s thesis deals with the interaction between flowing blood and an atherosclerotic carotid
artery using a finite element fluid-structure interaction analysis. In the first part, a summarized
theoretical background is introduced, consisting of cardiovascular system, blood vessels,
corresponding constitutive models, blood rheology, and fluid flow theory. Next, a brief summary of
the current state of computational modeling in this area is provided, mainly focusing on structural and
fluid-structure interaction analyses, and the types of constitutive models used. Experimental part
focuses on the creation of a simplified model of the internal carotid artery with an atherosclerotic
plaque, and a corresponding model of blood in this artery. Both models are afterwards used to perform
a fluid-structure interaction analysis to understand the consequences of a pulsatile blood flow on the
artery wall and atherosclerotic plaque growth; primary characteristics of interest are the first
maximum principal stress on the artery wall and its deformation, wall shear stress and its
corresponding time-averaged value, and oscillatory shear index. All results are compared across
several different analysis types, to assess the differences and impact of a chosen approach. A simplified
parametric study is also performed, to determine the impact of the stenosis percentage on resulting
characteristics. Lastly, results, limitations of this thesis, and possibilities of further research are
discussed.

Keywords

Atherosclerosis, atherosclerotic plaque, internal carotid artery, FSI analysis, finite element method,
computational modeling



RozsSireny abstrakt

PfedloZzend diplomova prace se zabyva interakci proudici krve stepnou obsahujici
ateroskleroticky plat a veli¢inami, které jsou pro posuzovani téchto patologickych déju klicové.

ReSersni Cast této prace nejprve pojedndva o kardiovaskularnim systému jako celku a poté se
podrobnéji zaobird cévami a krvi, které jsou pro tuto praci nejpodstatnéjsi. Je pojedndno o anatomii,
struktufe a detailnéjsim sloZeni tepen, jakoZto i o nemocech, které jsou pro cévy nejvyznacnéjsi. Dale
je v praci uveden Uvod do teorie koneénych deformaci, ktera je zakladem pro tvorbu konstitutivnich
model(, jez tvofi nedilnou soucast vypoctového modelovani lidskych tkani. To je hlavné z toho divodu,
Ze lidské tkané jakoZzto materidl jsou hyperelastické, ¢imZz se vymykaji klasickym inZenyrskym
materialim, a tudiZz neni mozné je popisovat pomoci klasickych inZzenyrskych charakteristik. Prace tedy
po definovani hyperelastického materialu uvadi prehled konstitutivnich modell, které Ize pro popis
tohoto chovani vyuzit. Z divodu rozsahlosti problematiky konstitutivnich model(l uvadi prace pouze
strucny prehled, ktery je pro postup zvoleny v této praci nutny. Déle se resersni ¢ast zabyva principem
vzniku pulzni tlakové viny ze srdce, sloZzenim krve a popisem nenewtonskych kapalin, do kterych krev
spada. Strucné je zde poreferovano o nékterych charakteristikdch, kterymi se krev vyznacuje, jako je
napriklad viskoelasticita, mez kluzu, nebo pseudoplasticita. Dale je také pojednano o rdznych
modelech, kterymi Ize modelovani krve matematicky popsat. V posledni casti teoretické sekce je
stru¢né pojednano o teorii proudéni a o zakladnich zdkonech, které zkoumaji pulza¢ni proudéni.

Nasledujici kapitola pojedndva o sou¢asném stavu vypoctového modelovani tepen s aterosklerotickym
platem. Jelikoz si tato prace dava za cil fesSit tento problém jako interakci tuhé aterosklerotické kréni
tepny s pulzujici krvi, je v této ¢asti kladen ddraz na prace obdobného typu, zejména z hlediska typu
reSené tepny a pouZzité vypoctové metody.

Vypoctova Cast této prace je clenéna do nékolika podsekci. Nejprve je vytvoren idealizovany model
tepny obsahujici ateroskleroticky plat, v souladu s rozméry, které udava literatura; analogicky je také
vytvoren model krve. Oba modely jsou nejprve feseny separatné, primarné z divodu velkych nelinearit
a problém s konvergenci vypoctli. Okrajovymi podminkami strukturalni analyzy jsou povolené radialni
posuvy na koncich modelu, umozZiujici nafukovani, a staticky tlak na vnitfni ploSe modelu, odpovidajici
maximalnimu systolickému tlaku krve. Tepna je modelovana jako izotropni hyperelasticky material,
pomoci konstitutivniho modelu Yeoh, s hodnotami prevzatymi z literatury. Okrajovymi podminkami
fluidni analyzy jsou poté tlakova vina na jedné strané modelu, a hmotnostni pritok krve na strané
druhé. Tyto hodnoty jsou pfevzaty z literatury a predstavuji dva po sobé jdouci srdecni cykly. Z divodu
nestability modell a problémU s konvergenci pfi interakéni analyze obsahuji obé okrajové podminky
jistou formu nabéhu, kterd modelu napomaha v prvotnich fazich vypocta. Chovani krve je simulovano
pomoci modelu Carreau, s hodnotami prevzatymi z literatury. Na obou modelech je také provedena
citlivostni analyza vlivu hustoty konecnoprvkové sité na vysledky, tak aby byly hodnocené veli¢iny co
nejméné ovlivnény nepresné zvolenou siti. Po nastaveni strukturni i fluidni domény jsou oba modely
propojeny a feSeny pomoci fluid-structure interaction (FSI) analyzy; nejprve pomoci jednosmérného a
posléze pomoci obousmérného fesice; vtomto pripadeé jiz tepna neni zatizena statickym tlakem, ale
prebird hodnoty z fluidniho fesice. Dalsi ¢ast prace je vénovana vysledkim, kterymi jsou konkrétné:
prvni hlavni napéti na sténé tepny, celkova deformace tepny, smykové napéti na sténé (WSS) a jeho
zpramérovana hodnota pres jeden srdecni cyklus (TAWSS) a oscilacni index (OSl). Tyto veli¢iny jsou
zvoleny z dlivodu nejvétsi relevance v otazce ristu aterosklerotického platu a ruptury aterosklerotické
tepny. Z dvodu nemalého poctu zjednoduseni, které jsou v praci diskutovany, je misto porovnani



ziskanych veli¢in vi¢i meznim hodnotam, uvedenym v literature, kladen primarni dliraz na porovnani
samostatné strukturdlni/fluidni analyzy sjednostrannou a oboustrannou FSI analyzou, které jsou
vypoctové fadové narocnéjsi. Vysledky ukazuji, Ze rozdily u vSech hledanych veli¢in jsou pfi
strukturalni/fluidni analyze a jednostranné FSI analyze nezanedbatelné oproti oboustranné FSI
analyze, ktera je v praci povazovdana za referencni, jelikoz bere v potaz jak ovlivnéni stény tepny krvi,
tak ovlivnéni krve sténou tepny.

Posledni ¢ast prace diskutuje vliv zmény velikosti aterosklerotického platu na hodnoty a rozloZeni
charakteristickych veli¢in. Ackoliv z divodl komplexnosti Ulohy a ¢asové narocnosti FSI analyz
pravdépodobné nelze ze ziskanych porovndvacich vysledkd vyvozovat plné reprezentativni zavéry
(prdce parametrizuje pouze jednu z rozmérovych veli¢in a pouze v nékolika malo pripadech), dava
parametrickd Cast prace urcitou predstavu o zméné danych hledanych veliéin v zavislosti na ristu
aterosklerotického platu. V zavéru jsou diskutovany vysledky prace, jeji limitace a moznosti dalsiho
vyzkumu v této oblasti.

Klicova slova

Aterosklerdza, ateroskleroticky plat, kréni tepna, FSI analyza, metoda konecnych prvkd, vypoctové
modelovani
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1 Introduction

1.1 Motivation

Heart is one of the most important, if not the most important, organs in the human organism.
Its function is to distribute oxygenated blood throughout the human body which is absolutely crucial
to its proper functioning. In order to do that, a complex system of arteries and veins spreads across
the entire human system, delivering oxygen to every last call that needs it, primarily to create ATP
(adenosine triphosphate - a molecule that carries energy). Any damage to this vascular system poses
a significant threat to our health, which is why understanding vein and arteria related issues is a subject
to research that is beyond necessary.

One of the main risks regarding vascular system function is the build-up of fats, cholesterol, and other
substances in the artery wall, creating a plaque which causes restriction to a proper blood flow. As the
plaque builds up, it is more and more difficult for blood to maintain its flow in the artery, resulting in
increase of generated stresses in the plaque itself. As the plaque grows further, it can either clog the
entire artery or burst and drift off to other parts of the body, eventually getting stuck elsewhere; either
way, it eventually cuts off a certain part of our body from the much-needed oxygen. If the affected
artery happens to supply either the brain or the heart, this cut-off results in either a stroke or a heart
attack, both of which pose a serious health risk.

Computational modeling of vessels with atherosclerotic plague and their interaction with blood is
rather difficult. Vessels and atherosclerotic plagues contain several different layers, each of which
behaves in a different manner. To properly model them, we have to first acquire experimental data
and fit them to some of the known constitutive models. This data is, unfortunately, quite inconsistent,
due to the nature of biological tissue; factors such as age, location within the body, or degree of plaque
calcification have to be considered. Blood, on the other hand, is a fluid consisting of several different
components (the ratio of which also varies), the properties of which change in accordance with
temperature, age, or blood flow rate. Properly combining these two elements requires a lot of
computational power and even then, is highly patient-specific.

1.2 Problem Formulation and Thesis Objectives

Rupture of atherosclerotic plaque in the carotid artery is one of the most common causes for
cerebrovascular accident (CVA, stroke). If we understand all the factors, contributing to the build-up
of atherosclerotic plaques, we can successfully predict them, and maybe even find new possible ways
to prevent them. This is why performing and improving these types of analyses, finding negligible and
high-importance factors, and generalizing result conclusions are today’s goals in this field of research.

Problem formulation, resulting from the previous paragraph, is then: “Creation of an idealized
computational model of a vessel with an atherosclerotic plaque and simulation of the interaction of
flowing blood with this flexible artery tube.”
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After taking all the elements, related to the aforementioned fluid-structure interaction analysis (FSI),
into consideration, the following thesis objectives were determined:

e Research study of the human heart, circulatory system, blood, and vessels with their
material models and diseases

e Brief overview of current approaches in computational modeling of blood flow in the
carotid artery with atheroma

e Creation of a geometry model of an idealized carotid artery with an atherosclerotic plaque

e Simulation of the interaction of flowing blood with a flexible artery tube containing an
atherosclerotic plaque

e Analysis of selected parameters on the influence on arterial stress and deformation

1.3 Substantial Factors and Method Chosen for Solution

In order for the simulation to be realistic, we must first identify the substantial factors which
influence the results of an FSI analysis. All the necessary factors will be described in greater detail
throughout the thesis, this section contains just a simple overview, and was created based on [1]:

Surroundings of the Component

All vessels are located within the human body and are surrounded by other components. For the
purposes of this thesis, though, these will not be considered, and the system will only be represented
by the artery tube and blood.

Geometry and Topology of the Component

For the purposes of this thesis, both geometry and topology of the components will be represented by
a three-dimensional computer-aided model with idealized parameters.

Mates of the Component

Since this is a fluid-structure interaction analysis, blood, deformed due to the pressure and mass flow
applied to it, will interact with the artery wall, and vice versa.

Loads Acting on the Component

Pressure data will be applied on the inlet of the blood model and mass flow data on the outlet, which
will deform it and result in generation of stresses in the artery wall.

Properties of the Component

Since vessels contain multiple layers and their materials are rather complex, all layers will be modelled
using their individual hyperelastic material models with blood being modelled as a non-Newtonian
incompressible fluid.

Method Chosen for Solution

Due to the nature of hyperelastic material models and their interaction nature with non-Newtonian
fluids, this problem cannot be solved analytically. Therefore, Finite Element Method (FEM) and Finite
Volume Method (FVM) will be applied to solve this problem.

12



2 Theoretical Part

2.1 Cardiovascular System

Cardiovascular system consists of the heart and blood vessels, and its main purpose is to
transport oxygen, nutrients, and byproducts of our metabolism throughout the body. When describing
this system, we can distinguish between pulmonary and systemic circulation. Pulmonary circulation is
the transportation of de-oxygenated blood from the heart to the lungs, where it is re-saturated prior
to being dispersed back into the system. Systemic circulation then represents the movement of blood
from the heart through the body to provide the much-needed oxygen and nutrients to wherever
necessary [2]. Both of these systems combined can be seen in Figure 1.

Tissue capillaries

Venules — _— Arterioles
— Aorta

Artery
~—— Pulmonary artery

LUNGS LUNGS

— Pulmonary vein

Artery

Venules — \— Arterioles

Tissue capillaries

Arterial circulation
Venous circulation

Figure 1 - Cardiovascular system [2]

2.1.1 Heart

Heart (myocardium) is a transversely striped muscle organ, and it is the core of our
cardiovascular system. It is stored in a double-membraned sac (pericardium) consisting of a double-
serous (inner) layer and a fibrous (outer) layer, both of them being separated by a subtle layer of
pericardial cavity filled with fluid. The purpose of pericardium is to shield heart against other organs
and allows for fluid movement of sac surfaces during the heart cycle. Heart is divided into two main
parts — left and right, both of which are further separated into atrium and ventricle [3] [4].

Atria are parts of the heart where blood enters it from veins, while atrium further ousts it to ventricles.
The walls of atria are thinner than the ones of ventricles, due to lower pressure present in atria.
Ventricles then further disperse blood outside the heart, either to lungs to re-saturate, or to the entire
system to deliver oxygen. Both atria and ventricles are separated by atrioventricular valves that
prevent the backflow of blood [5]. Heart scheme is displayed in Figure 2.
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pulmonary

artery
(to the lungs)

pulmonary

vena cava vein

(from the body) (from the lungs)
left atrium
right atrium
heart valve

heart valve

left ventricle

right ventricle
septum

Figure 2 - Heart scheme [67]

2.1.2 Heart Cycle

Heart cycle is a repetitive heart function that can be simplified to a single contraction of the
heart muscle (systole) and its relaxation (diastole). The result of this process is a certain volume of
oxygenated blood being forced to the systemic circulation and approximately the same volume of de-
oxygenated blood to the pulmonary circulation. During the diastole, atria and ventricles are relaxed
and the atrioventricular valves are open. As an impact of this, oxygen-depleted blood from the body
enters right atrium, and proceeds to right ventricle via atrioventricular valve. At the same time,
oxygenated blood from pulmonary veins enters left atrium, and proceeds to left ventricle via
atrioventricular valve. During the systole, the walls of ventricles contract, atrioventricular valves close,
and both oxygen-depleted and oxygenated blood is forced out of the heart, either to pulmonary veins
to re-oxygenate, or to systemic veins to deliver oxygen [4] [5]. This process is shown in Figure 3.

r

Figure 3 - Heart cycle [67]
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2.1.3 Electrical System of the Heart

Electric impulses which cause the systole and diastole to contract are called the Electrical Heart
System. It is a specialized part of the heart muscle, the cells of which have the ability to create and
propagate impulses, due to special membrane properties of the cells involved, and their resting voltage
and action potential. Without these impulses, the heart would be unable to function, and the blood
flow would cease [5].

The electrical signal starts in the sinoartial node
(SA), which causes atria to contract. As the impulse -
propagates, it reaches the atrioventricular node Mo N
(AV). This node then sends the signal to ventricles,
causing them to contract, and the whole cycle .
repeats. Even though all parts of the heart electrical  Internodal
system have the ability to generate impulses, these
impulses have slower frequency and are usually inameda
suppressed by the main SA signal. Only when the et
main SA node shows any instabilities do these PastE
secondary sources take over to preserve heart Tact
function [4] [5] [6]. Detailed scheme of this system

is shown in Figure 4.

Bachmann's Bundle

Left Bundle Branch

Conduction
Pathways

Right Bundle Branch
Atrioventricular (AV) Node

Figure 4 - Electrical Heart System [68]

2.1.4 Electrocardiography (ECG)

One of the most basic cardiology methods, based on scanning the heart muscle activity, is
electrocardiography. It allows us to find any imperfections in the heart rhythm, ischemic changes, and
other flaws. It is done by attaching several electrodes to the human body and recording individual
heart cycles with them. The outcome of this activity is called Electrocardiogram (also ECG), displayed
in Figure 5 [5].

QRS
Complex

PR Interval

Figure 5 — Electrocardiogram [71]
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2.2 Vessels

Blood vessels represent flexible tubes carrying blood, oxygen, and nutrients throughout the
human body. Their main division is to arteries, veins, venules, and capillaries. All vessels are well
adapted for the physiological purposes they engage in; for example, low-pressure arteries (pulmonary)
have thinner walls then the high-pressure ones, so that the highest possible efficiency is achieved in
every given sub-system [7] [8]. From this point on, this thesis will primarily focus only on arteries.

2.2.1 Arteries

The main function of arteries is to distribute oxygenated blood from the heart to peripheral
parts of the human body. The largest artery, leading from the heart, is called Aorta, and has a radius
of approximately 20mm. As we proceed further from the heart, this artery divides itself into smaller
peripheral arteries which can be as small as 8-10ym (capillaries) [9]. Another dividing aspect of arteries
is their mechanical composition; as a results of the heart physiology, oxygenated blood is leaving it in
the form of a spasmodic flow, meaning that the Aorta first has to transform it into a continuous flow.
Knowing this, we can divide arteries into elastic-type arteries and muscle-type arteries.

o Elastic-type arteries are the arteries closest to the heart. They contain the largest ratio
of elastin, meaning that they can properly react to spasmodic flow with appropriate
stretching and contracting, which helps absorb some of the flow energy and transform
blood into a more continuous flow. Elastic-type arteries can stretch their walls up to
10% [10].

e Muscle-type arteries are arteries further from the heart, typically with a diameter of
0,3-1mm. Their walls mainly consist of smooth muscle and can stretch their walls up
to 2-3% [10].

2.2.2 Artery Wall

When looking at the structural aspect Tunica extema T
. | s v

media

Smooth

of vessels (in this case, arteries), their walls 5
mainly consist of three layers: Tunica intima, :
Tunica media, and Tunica adventitia. This (/7 f,"f" 7/
means that the wall itself is a composite |
material where each of the layers differs both

in individual components and their !
orientation, resulting in an anizotropic
behavior of the wall [8]. Cross section of an
artery is displayed in Figure 6.
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Figure 6 - Artery cross section [69]
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2.2.2.1 Tunica Intima

Tunica intima is the innermost layer of blood vessels. It consists of a monolayer of endothelium
flat cells, below which there is a sub-endothelium layer of sparse connective tissue with possible
elements of smooth muscle. Thin elastic membrane (elastica interna) separates it from tunica media.
It presents a smooth, non-thrombogenic interface between blood and contents of the arterial wall [11]
(9] [8].

2.2.2.2 Tunica Media

Tunica media consists primarily of spiral smooth muscle cells embedded in a plexus of elastin,
collagen, and proteoglycans. The closer an artery is to the heart, the more elastin it contains, making
it more flexible. Elastin also causes media to carry more loads resulting from blood pulses. It is the
thickest layer of the three and is separated from tunica adventitia by another thin elastic membrane
(elastica externa) [11] [8] [12].

2.2.2.3 Tunica Adventitia

The outermost artery layer consisting of fibroblast and circumferentially oriented collagen. It
is thought to serve as a protective sheath that prevents over-distension of media, and it is also where
all vessel nerves and vasa vasorum run. Since this is the last layer, it is in direct contact with the
surrounding tissue [11] [8].

All three layers can be seen in a histological vein cut in Figure 7, with layers from the top being: tunica
intima, tunica media, tunica adventitia.

Figure 7 - Artery histological cut [11]
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2.2.3 Structural Components of the Artery Wall

Structural components described in Chapters 2.2.1. and 2.2.2. have a great impact on the
mechanical properties of such vessels. The components in question are collagen, elastin, and smooth
muscle cells.

2.2.3.1 Collagen

Collagen is the most common protein in the human body. There are more than 20 known types
of collagen, with type | and Ill being the most common in the artery wall. It can be found either in the
form of multi-layer bundles or as single fibers, and is usually initially entangled within the vessel
structure. Young’s modulus of the basic collagen component (fibril) is up to 7 GPa, while a single
collagen fiber (made out of these fibrils) has a Young’s modulus of 1100MPa. However, the ductility of
collagen can only reach 2-4%. Once straightened, collagen fibers carry most of the load resulting from
blood flow in vessels [13] [11].

2.2.3.2 Elastin

Elastic is an elastomeric protein with great ductility (up to 70%) and low stiffness (in contrast
to collagen). When a pulse wave passes through the vessel, elastin properties are used to define the
shape of the stress-strain curve up until the moment when collagen fibers straighten and take over. As
the human body ages, the concentration of elastin in human body decreases, making vessels stiffer.
Axial tensile stress-strain dependency, showing the effect of collagen and elastin, is displayed in Figure
8. Both elastin and collagen are mainly located in tunica media [14] [13].
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Figure 8 - Arterial wall stress-strain dependency [14]
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2.2.3.3 Smooth Muscle Cells

Smooth muscle cells (SMC or VSMC) are what generally fills up the space between collagen
and elastin. Smooth muscle is capable of contracting and relaxing, thus changing arterial wall stiffness;
by 30% in the axial, and 40% in the circumferential direction. The ration of cells throughout the
cardiovascular system also differs; the further from the heart vessels are, the more SMC they contain.
With elastin depredating (as a result of aging), SMC also play a role in vessel calcification [12] [14]. The
distribution of SMC in blood vessels and their shape can be seen in Figure 9.

—Intima

— Media

—Adventitia

Figure 9 - SMC distribution in vessels, and their shape [12] [11]

2.2.4 Carotid Artery

As stated in the chapter Thesis Objectives, we will mainly focus on the carotid artery and its
interaction with blood from now on. Carotid arteries, like all other arteries (except for capillaries)
consist of three tissue layers: tunica intima, tunica media, and tunica adventitia. Common carotid
arteries (CCA) are the major blood vessels in the neck, and they supply blood to the brain, neck, and
face. We distinguish between two carotid arteries: one on each side of the body [15] [16]. As they
progress into the neck, they each branch in bifurcations into two smaller arteries:

e Internal carotid artery (ICA), which supplies blood to the brain
e External carotid artery (ECA), which supplies blood to the face and neck [15]

This thesis will further deal only with an idealized model of
the internal carotid artery (ICA), since it is the one supplying
the brain. Picture of the carotid artery, its bifurcation, and
location within the human body is displayed in Figure 10.

Internal_carotid
artery

r
Common carotid g?tg,[;,d

artery
Carotid artery

Figure 10 - Location of CCA within the body [16]
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2.3 Vascular Diseases

Vascular diseases can be described as conditions which affect the proper functioning of our
vessels. We can distinguish between blood vessels which distribute oxygenated and de-oxygenated
blood throughout the body, and lymph vessels which make a separate system that rids our body of
unwanted cells and liquids. For the purposes of this thesis, we will only further refer to the disorders
of blood vessels. There is a variety of blood vessel related diseases and the following sub-chapters
contain the most significant ones [17].

2.3.1 Aneurysm

Arterial aneurysm is defined as a focal dilation of a blood vessel with respect to the original
artery. An aneurysm as it is, usually poses no imminent threat, and does not show any symptoms. The
most common causes for an aneurysm to appear are high blood pressure, atherosclerosis, deep
wounds, and infections. As the bulge grows, the vessel wall thickens, and the probability of rupture
rises. Should the bulge burst, such events usually lead to life-threatening internal bleeding. The
probability of a rupture is mostly influenced by age, smoking, sex, and even ethnicity. The most
common types of aneurysms are displayed in Figure 11 [18].

Saccular Aneurysm Fusiform Aneurysm

Figure 11 - Typical aneurysm types [74]

2.3.2 Blood Clots

Venous thromboembolism (VTE) stands for the creation of blood clots, and depending on
where such an event occurs, we distinguish between deep vein thrombosis (DVT, clot forms in arms
and legs) and pulmonary embolism (PE, clot breaks loose and travels to the lungs). The formation of a
clot can occur for a number of reasons, with some of the most common being vessel damage
(inflammation, atherosclerosis), pregnancy, long bed rest, certain hormones, and/or high blood
viscosity. When a clot clogs a particular vessel, such an event can be life-threatening, depending on
where that vessel is located [19] [20] [5].
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2.3.3 Varicose Veins

Varicose veins are one of the most common disorders in lower limbs are appears in the form
of widespread baggy veins. Studies show that close to half of the developed countries population
suffers from some form of varicose veins. We distinguish between primary and secondary type. The
main cause of primary varicose veins remains unclear, but factors such as smoking, pregnancy, and age
make for highly contributing factors. As for secondary varicose veins, they are usually the result of
deep vein thrombosis (see previous sub-chapter). Varicose veins can be treated most commonly with
a change in lifestyle, or, in more serious cases, with a surgery [21] [22] [5].

2.3.4 Atherosclerosis

Atherosclerosis is a disease which affects large arteries, and it is the primary cause of a heart
attack and stroke; it is the underlying cause for close to 30% of all recorded deaths in the world [23].

Atherosclerosis is progressive disease defined by the accumulation of lipids and fibrous elements in
large arteries. Damage to the inner artery wall can cause some of the endothelial cells to change their
properties and make a small hole in the wall. Over time, substances like cholesterol, fats, and cellular
waste can accumulate inside this damaged area. The presence of cholesterol initiates inflammatory
response in the surrounding endothelium cells which causes monocytes from the bloodstream to
travel to the damaged area. Thanks to the cholesterol present, such monocytes transform to
macrophages and later to so called foam cells. Together, these foam cells, along with necrotic core,
form a plaque that thickens and hardens over time. In order to reinforce the affected inner arterial
wall, smooth muscle cells group together to form a fibrous cap, preventing the plaque from growing.
Once the plaque is big enough, though, it can burst and release the plaque into the bloodstream where
it can contribute to the formation of a blood clot, preventing blood from flowing and causing a heart
attack or a stroke, depending on the affected area. It can also cause rupture in the artery wall which
leads to internal bleeding [23] [24] [25].

2.3.4.1 Lesion Initiation in Greater Detail

Fluid shear stress has a great effect on the endothelial cells (EC). When the blood flow is
uniform and laminar, EC are ellipsoid in shape and aligned in the direction of flow. When the flow is
disturbed and the oscillating shear stress levels are less than 0.4 [Pa - s], EC have polygonal shapes
and no particular orientation; these locations are mainly arterial branching and curvatures. These EC
properties can also develop with hypercholesterolemia (high level of cholesterol in blood). These areas
then show increased permeability to specific molecules, especially low-density lipoprotein cholesterol
(LDL-C), allowing them to migrate into the arterial wall. Once in the vessel wall, LDL undergoes a certain
modification, more precisely oxidation, lipolysis, proteolysis, and other reactions, allowing
macrophages to generate foam cells out of LDL. The initiation process, however, is largely complex and
includes other complex molecules and processes, which will further not be discussed in this thesis [24]
[25] [26].
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2.3.4.2 Atherosclerotic Plaque Structure

As mentioned in the previous sub-chapters, structure of the forming atherosclerotic plague is
rather complex and contains various different elements. For the purposes of the simulation in this
thesis, we will only distinguish between fibrous cap and the lipid core as a whole. The difference
between a healthy artery and one infected with atherosclerotic plaque is displayed in Figure 12.

normal human
artery

artery narrowed by
atherosclerotic
plaque

damaged
endothelium

smooth
muscle cells

fibrous
cap

macrophages

transformed lipids, calcium,

smooth muscle into foam cells cellular debris

Figure 12 - Healthy artery (left) and infected artery (right) [73]

2.3.4.3 Atherosclerosis Treatment

As of today, medications and surgery can be used to reverse or treat atherosclerosis, but there
are also a number of ways to prevent it to a certain level, and also to stop it from getting worse. We
can, for example, reduce cholesterol levels or lower blood pressure with lifestyle changes and certain
medicaments. If atherosclerosis becomes too severe, it can then be treated for example with
angioplasty, endarterectomy, or a bypass. In case of medication, LDL-cholesterol lowering drugs or
blood thinners can be used [27].

2.4 Constitutive Models of Biological Tissues

2.4.1 Finite Strain Theory

When dealing with typical construction materials, we assume that their deformations are
rather low, more specifically up to 1%. Biological tissue, however, as well as a group of other materials
(for example rubber) do not satisfy this criterion and thence cannot be treated similarly. To describe
the behavior of these materials, more general strain tensors have to be introduced, the theory of which
is called Finite Strain Theory. We distinguish between two basic approaches; Lagrangean (used in the
mechanics of solid bodies — independent variable is the undeformed geometry) and Eulerian (used in
fluid mechanics — independent variable is the deformed geometry) [28] [29].
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Figure 13 - Finite Strain Theory, taken from [70]

2.4.1.1 Deformation tensors

Although the number of deformation tensors is larger, this thesis will only describe two of
them: the deformation gradient tensor and the right Cauchy-Green deformation tensor, since they are
necessary for the constitutive models used in this thesis.

2.4.1.1.1 The Deformation Gradient Tensor

This deformation tensor is represented by the symbol F and it expresses the transformation
between current and initial geometry [29]. It consists of proportionate elongations:

0x
Ax = O_X (1)
dy
ly = ﬁ (2)
1= 0z
279z (3)
and is defined as
F.o= axi
U ox; (4)

with individual elements being the aforementioned proportionate elongations. Deformation gradient
tensor in general coordinates can then be written as:
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(0x; Oxq; 0xq]
d0X; 0X, 0X;
Foo|9% 0% 0% (5)
Yo lax, 09X, 0X;3

dx; 0Ox3 0Oxs

0X, 03X, 0Xal

Deformation gradient tensor carries both the information about deformation and translation, which is
why it cannot be used to evaluate strain. By calculating the determinant of this matrix, we can calculate
the third invariant of this tensor as

] = det(F) = 414,45 (6)

which gives us the proportionate volume change of a given element. The deformation gradient tensor
is generally asymmetric which is why two different Cauchy-Green deformation tensors (left and right)
exist [28] [29].

2.4.1.1.2 The Cauchy-Green Deformation Tensor (Right)

This definition also works with proportionate elongations and is directly derived from the
deformation gradient tensor as:

C = FTF d CU = Fkiij (7)

with this tensor’s principal coordinates being the proportionate elongations in principal directions
squared:

2 0 0
c=(0 24 o (8)
0 0 A3

The invariants of this tensor can, in the principal coordinate system, be expressed followingly:

L=y +v5+v;5 (9)
I, = vy +v3vi + vivs (10)
Is = yiyiyi =J? (11)

Here, ] is the third invariant of the deformation gradient tensor. This means that even with the Cauchy-
Green deformation tensor, third invariant expresses the change in volume (it is equal to one when
volume remains constant). Other known deformation tensors are for example Almansi-Hamel, Green-
Lagrange, logarithmic Cauchy, and several others [29] [28].
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2.4.1.1.3 Modified Invariants of the Cauchy-Green Deformation Tensor

Modified (sometimes also reduced) invariants are often used in hyperelastic constitutive
models to describe the shape component of the strain density function, and they are calculated using
modified principal elongations calculated as:

=732, (»p=123) (12)
Modified invariants of the right Cauchy-Green deformation tensor are afterward [28] [29]:
L=KB+B+A=0L ] "3 (13)

L=RB+BE+ BB =1, (14)

2.4.1.2 Stress Tensors

To properly determine the strain energy function, we have to work with mutually equivalent
stress and deformation tensors (these are then called energetically conjugated tensors). This is why
below we introduce several different stress tensors [29].

2.4.1.2.1 Cauchy Stress Tensor

Cauchy stress tensor (also called Euler’s) is defined as true elementary force applied on real
(deformed) element area. It often represents true stresses in a structure, it is energetically conjugated
with the Almansi deformation tensor, and is formally written as [29]:

_dR,
B dxjdxk

(15)

Oj

2.4.1.2.2 1. Piola-Kirchhoff Stress Tensor

I. Piola-Kirchhoff stress tensor (also called Lagrange’s) is defined as true elementary force
applied on the original (undeformed) element area. If often represents engineering stresses, is
energetically conjugated with the Green-Lagrange deformation tensor, and is formally written as [29]:

_dR,
T axdx,

(16)
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2.4.1.2.3 |I. Piola-Kirchhoff Stress Tensor

I. Piola-Kirchhoff stress tensor (also called Kirchhoff’s) is defined as elementary force applied
on the original (undeformed) element area. This force, however, is changed compared to the true force
in same respect as an elementary dimension in the corresponding direction. This dimension is changed
following the formula:

_ axl-

dxl- aXl

dx; (17)

and in the same manner when transforming into an undeformed state:

. = i
Xi = dei' (18)
i

Elementary force is then transformed accordingly as:

0X;
Fy; = —dF;. 19
d 0L axid i ( )

so that the stress is (and in the first principal direction):
X,
e 0x 4 (20)
PTaxidX, Tt dXpdXs

This tensor has no physical meaning but is mainly used because it is symmetrical even for large strains
and it is energetically conjugated with the Green-Lagrange deformation tensor [28] [29].

2.4.2 Hyperelastic Materials

Materials are called hyperelastic if there exists an elastic potential function W (strain energy)
which is a scalar function of a given strain/deformation tensor and whose partial derivative with
respect to a strain component determines the according stress component. This can be expressed for
example as:

aw

=2
Sl} aCij’ (21)

where §;; are components of the Il. Piola-Kirchhoff’s stress tensor, W is strain energy function related
to an undeformed volume, and C;; are components of the right Cauchy-Green deformation tensor [29].
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Hyperelastic materials express large deformations, and they return to their original configuration upon
relief. Typical hyperelastic materials are rubbers, foams, and biological tissues (in computational
modeling). There is a large number of hyperelastic constitutive models, depending on their directional
properties, whether or not they respect inner material structure, whether or not they can be
compressed, whether or not is their behavior elastic, in accordance with their mathematical
formulation, and in accordance with the deformation tensor used [29]. With respect to the goals of
this thesis, we will limit ourselves to isotropic, incompressible models, and next sub-chapter will
describe some of them.

2.4.2.1 Isotropic Hyperelastic Materials

Isotropic models have the same properties in all directions. Even though this creates a certain
inaccuracy, more comprehensive material data are often unavailable, and computations with them are
much more time-consuming.

2.4.2.1.1 Neo-Hooke Model

This model assumes that the final molecule chain location during its deformation follows the
Gauss distribution. Thence it is the first model to respect the structure of materials (even though only
elementary). It defines strain energy as:

1
W =2 NKT(E + 43+ 25 - 3) (22)

where:

e N isthe number of chains in a volume unit (number of particles) [—]
e kisthe Boltzmann’s constant (1.38 - 10723 JK 1)
e T isthermodynamic temperature [K].

By substituting the constants with G (shear modulus) and proportionate elongations with the first
modified Cauchy-Green invariant, we can write this formula as:

W=%(1‘1—3) (23)

This model fails with higher strains which is why more complex models were made based on this one,
to compensate for this deficiency; the most known from these is the Arruda-Boyce model [30].

2.4.2.1.2 Mooney-Rivlin Model

Multi-parameter material model which uses the first two modified invariants of the Cauchy-
Green deformation tensor. The more complicated model we use (2,5,9 material parameters), the more
complex stress-strain curves it can describe [29]. The general model formula is as follows:
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3
W= Z ¢ —3) (I, — 3)) (24)

ij—1

with ¢;; being the aforementioned material parameters and I;, I, being modified invariants of the
Cauchy-Green deformation tensor.

2.4.2.1.3 Arruda-Boyce Model

Compared to all the other isotropic models mentioned in this thesis, Arruda-Boyce model is not
fenomenological, but it comes from the material structure, made of entangled chains of elastomer
macromolecules. When they straighten, the material becomes tougher (deformation strengthening).
A-B model, however, is highly simplified, because the distribution and orientation of these fibers is
mostly random. This model is created by developing an infinite series and if we assume that the
material is incompressible, its strain energy function can be calculated as:

1
10507 (3 -27)+ 1)

W=G|oh -3t (-9 +
B PR 2022 1050
519

—— (I} -
673750/18 (

I} -8
7000,13( ! (25)

243)]

where:

e 1, is the limit elongation of a given chain [- ]
e (isshear modulus [MPa]
e [, is a modified invariant of the Cauchy-Green deformation tensor [-] [29]

2.4.2.1.4 Yeoh Model

Yeoh model originates in the Mooney-Rivlin formulation. Yeoh proved that the increments from
the first invariant are higher than those from the second invariant, which is why he proposed the
following strain energy function:

5
W = Z Cio(I; — 3)" (26)
=1

which can be developed into (only the first 3 members of the series):

W = Cyo(l; = 3) + Cyo(I; —3)* + C30(I; — 3)? (27)

with Cy g, €50, C30 being material parameters [29]. This model is used in this thesis as both, 1, 2, and 3-
parameter constitutive model describing behavior of the internal carotid artery.
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2.5 Blood

Blood is a medium that transports various substances throughout the human body. It is not a
pure liquid, rather than a mixture of red blood cells (erythrocytes), white blood cells (leukocytes),
platelets (thrombocytes), and blood plasma (consisting mostly of water). Average human organism
contains in between 5 and 6 liters of blood. In terms of mechanics, it is a non-Newtonian fluid, and its
flow within the vessels is mostly laminar; its mechanic characteristics will further be discussed in the
following chapters [11]. Individual component representation within blood is displayed in Figure 14.

Plasma Platelets Red blood cells
(about 55%) \ (0,01) (about 41%)

White blood
cells (about 4%): Lymphocyte Basophil ~ Eosinophil Monocyte Neutrophil

Figure 14 - Individual blood components [72]

2.5.1 Blood Components

As stated earlier, we distinguish between 4 main blood components:

e Red blood cells (Erythrocytes)
o Nucleus-free cells which contain hemoglobin, whose primary function is to distribute
oxygen. They are created in bone marrow and their lifespan is about 120 days. They
also make the majority of all blood cells [5].
e White blood cells (Leukocytes)
o We distinguish between several different types, varying both in function, place of
origin, and lifespan. Their general purpose, however, is to defend the organism against
infection, and to provide immunity [5].
e Platelets (Thrombocytes)
o Nucleus-free cells with a lifespan of 8-10 days. Their main purpose is to help in case of
hemostasis (blood being outside of body/vessels) where they adhere to the affected
vessel walls to prevent more blood from leaking [5].
e Blood plasma
o Yellow liquid, 90% of which is made out of water, while the rest is made of several
different proteins, glucose, and lipids. It plays a vital role in keeping the electrolyte
concentration balanced and it protects the human body from infection [5].
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2.5.2 Blood Pressure

As the heart contracts and relaxes, blood is sent to the circulatory system, where it loads
vessels with a certain pressure. We generally distinguish between systolic and diastolic pressure.
Systolic pressure occurs when the heart contracts and pumps oxygen-rich blood into the human body,
while diastolic pressure occurs when the heart muscle relaxes. From this, we can also conclude that
systolic pressure is always higher than diastolic pressure. The referential values of blood pressure are
usually 120/80 mmHg (systolic/diastolic). Blood pressure is normally measured in millimeters of
Mercury [mmH g] with a blood pressure monitor or a sphygnomanometer, but since this unit is rather
difficult to work with and most programs do not support it, we will further convert this unit to [kPa]
using the following conversion [11] [31]:

1mmHg = 0.133kPa

Blood pressure generally changes as blood proceeds further from the heart, because vessels are pliable
and absorb some of it. Since we are dealing with the Internal carotid artery (ICA), we will limit ourselves
to a pressure record displayed in Figure 15, describing one pressure waveform (one heart cycle) in the
common carotid artery [32].
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Figure 15 - Pressure waveform in CCA over 1 second [32]

2.6 Non-Newtonian Fluids

Fluids can generally be classified in two different ways; in accordance with their response to
externally applied pressure or in accordance with their response to shear stress. The first criterion
divides fluids into compressible and incompressible, depending on how the fluid volume element is
dependent on its pressure. While gases are compressible, liquids can generally be looked upon as
incompressible, since their volume does not quite change upon applying pressure. This is why we
further limit ourselves to distinguishing fluids based on their response to shearing [33].
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2.6.1 Classification of Fluids

To be able to properly distinguish between Newtonian and non-Newtonian fluids, we must
first introduce the term viscosity, because this fluid property defines whether or not a given fluid
belongs to a particular category.

General force dF applied on general surface dS has a tangential force component dF; which
introduces shear stress. Using the Newton’s law, we can calculate this shear stress on the wall of an
elementary prism of height dn as:

dF; dv

o e— — Y, 28
T =N = (28)

With Z—Z being shear rate [s~1], T being shear stress [Pa], and n being Newtonian viscosity [Pa - 5]
[33] [34].

2.6.1.1 Newtonian and Non-Newtonian Fluids

Newtonian fluids can be described as fluids, whose constant of proportionality n [Pa - s]
(called Newtonian viscosity) is independent on shear rate (y,x) and shear stress (,,), and depends
only on the material, its temperature, and pressure [33].

Non-Newtonian fluids are, on the other hand, defined as fluids with Newtonian viscosity being a
function of shear stress and/or shear rate. This group contains emulsions, mixtures of solids and
liquids, paints, and many other substances, with blood being one of them. The difference between
Newtonian and non-Newtonian fluids can most easily be seen using a rheogram; a graph of shear stress
and shear rate dependency [34] [33]. This rheogram is displayed in Figure 16.
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Figure 16 - Fluid rheogram [33]
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2.6.2 Blood Rheology

Blood is a complex pseudoplastic non-Newtonian fluid exhibiting viscoelastic behavior, yield
stress, and thixotropy (which are all explained later). These properties affect both the functioning of
blood and the stresses generated within vessel walls. Blood properties are highly dependent on its flow
rate. If it is low, red blood cells form into aggregations which increases blood viscosity. And similarly,
if it is high, these aggregations are broken up and viscosity decreases [35] [36]. This dependency can
be seen in Figure 17, also considering hematocrit levels (ratio of the volume of red blood cells to the
total blood volume).

Increasing hematoerit

Viscosity

A\

Shear Rate

Figure 17 - Human blood viscosity as a function of shear rate [35]

2.6.2.1 Viscoelasticity

Viscoelasticity is a characteristic of materials which exhibit both viscous and elastic behavior,
and is defined as the ability of a fluid to accumulate and release energy. Blood is viscoelastic due to
the deformability of red blood cells and their ability to create 3D structures (aggregations — Rouleax).
It is also influenced by the hyperelastic characteristics of vessel walls. Since blood aggregations are
mostly demonstrated at low shear rates, viscoelasticity is mainly pronounced at these regimes of low
deformation. Viscoelastic effects are also highly influenced (if not started) by the pulsatile nature of
blood flow [35] [37].

Viscoelastic behavior is defined using the Deborah number. This number is expressed as the ratio of
time constant A, (relaxation time) and characteristic time t. during which is material deformed.
Relaxation time can also be defined as the ratio of viscosity n to Young’s modulus E:

Ar
D=L, Ay =1 (29)

tc

Using this number, we can calculate what kind of behavior will a given material exhibit. If D, < 1,
material will be viscous, and by contrast, if D, > 1, material will be elastic. If D,~1, fluid (which is the
case of blood) will exhibit viscoelastic behavior, which has to be accounted for in numerical simulations
[38].
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2.6.2.2 Yield stress

Yield stress is the limit stress needed for the blood to start flowing, below which blood acts like
a solid. This behavior has a significant impact on the coagulability of blood which can help with healing
wounds. It, however, can also contribute to the creation of blood clots (thrombosis) which can pose
some serious health risks. Yield stress influence can be neglected in large arteries, since the blood in
there flows at higher rates, but it has a significant influence in capillaries where the blood flow rate is
much lower [35] [36] [39]. This behavior is displayed in Figure 18.
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Figure 18 - Shear stress-shear rate blood dependency. Adjusted from [36]

2.6.2.3 Pseudoplasticity

Pseudoplastic (more specifically yield-pseudoplastic, here also called shear thinning) blood
behavior can be seen in Figure 16 and Figure 18. To describe this behavior in more detail, such a fluid
evinces decrease in viscosity with increasing value of shear stress. As mentioned in subchapter 2.6.2.1,
once shear stress increases, red blood cell aggregations split up and consequently decrease blood
viscoelasticity [35].

2.6.2.4 Thixotropy

Thixotropy is a time-dependent shear thinning material property. It is a characteristic of some
pseudoplastic materials, and it is characterized by large viscosity for initial values of shear stress which,
however, then decreases over time. It is a transient attribute which can have a long-term effect on the
circulatory system, mainly due to the pulsative nature of blood flow. It is also more distinct with lower
shear rates and it is dependent on blood composition [36] [40].
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2.6.2.5 Material Models of Blood

When dealing with large arteries and high shear rates, it is believed that blood generally acts
almost like a Newtonian fluid, and that non-Newtonian properties are only applicable with small
arteries. Nevertheless, some physiological and pathological situations cause the non-Newtonian blood
properties to have greater influence, which is why these properties are taken into consideration when
building the blood material model. Available applicable blood material models are displayed in Figure
19 and the model used in this thesis is Carreau-Yasuda, described in the next subchapter [41] [36].

Model Equation | Non-Newtonlan Properties
Carrean-Yasuda | g = ., + —FEs shear thinning
[l4(A0
Classon T2 U";,-Jl.u FoTatt yield stross
Power law T = k4" shear thinning
Cross B= o+ i ]‘.‘.j, . shear thinning
Herschel-Bulkley | 7 = k4" + 7, shear thinning, vield stross
Oldrovd-B T4+ 0T =y (-}' - )&z-}') viscoelasticity
pr————

ket 0/ .
Cuemada = jip (1 IU—"%H) shear thinning

2Lt 77
Yeleswarapu Ji= flag = (g = Hag) l";'IIIA'_._)"'" shear thinning
Bingham T=k%47 vield stress
y . ¥ P P T L -
Eyring-Powell =l + W shear thinning

Ree-Evring r = Tesinh ' I’\”T) shear thinning

Figure 19 - Non-Newtonian fluid models [35]

2.6.2.5.1 Carreau-Yasuda Model

The general formulation of the Carreau-Yasuda model is:
, et 30
NG = Moo + (o = 110 * [1+ ()] @ (30)

where:

® 1) is the viscosity in high shear [Pa - s]
e 1) is the viscosity in low shear [Pa - s]
e ]isatime constant [s]

e nisaweightindex (Power Law index)
e yisshearrate [s7!]

e qaisanexponent [-]

This model complies with the condition of variable viscosity and is used mainly because of the
availability of experimental data. Specific values are discussed further in this thesis [36] [42].
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2.7 Fluid Flow Theory

2.7.1 Laminar and Turbulent Flow

Fluid flow is generally divided into laminar and turbulent. While we generally understand the
nature of both, this transient behavior is still an open research area, and the mechanics are yet to be
fully described [43].

Laminar flow is defined as a flow with particles moving in layers, while these particles do not move
across the cross section. Turbulent flow is defined as a flow where these particles, apart from moving
forward, also move in between different layers, thus creating a turbulence [34]. The basic criterion in
determining whether a flow is laminar or turbulent (for blood, in our case) in the Reynolds number,
which can be calculated as:

:vS-D-p
n

Re (31)

where:
e v is flow speed [?]
e D isdiameter [m]
e pisdensity [%]
e 7 is dynamic viscosity [Pa - s]
e Reis Reynolds number [-]
The critical value of Re varies throughout different sources, but it is always somewhere around Re;, =

2200 + 2300. If the Re value is below this threshold, flow will be laminar. If Re is above this critical
value, flow will be turbulent. Both of these flows are displayed in Figure 20 [34].
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Figure 20 - Laminar and turbulent flow [75]
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The only place where the flow is turbulent within the human body is the proximal part of the upward
abdominal aorta. The nature of blood flow withing the human body is otherwise laminar, which is why
we will further limit ourselves to laminar flow [36].

2.7.2 Poiseuille’s Law

When dealing with laminar flow, Poiseuille’s law can be used to determine the stationary part
of the pulsatile blood flow. This law defines the relationship between pressure drop and fluid flow in a
rigid tube (we have to assume stationary laminar flow and invariable viscosity). It also proves that the
laminar flow rate of an incompressible fluid along a pipe is proportional to the fourth power of the
pipe’s radius [36]. The formula is then as follows:

APt

] (32)

where:

. . m3
e (Qisvolumetric flow |—
N

e AP isthe decrease in pressure over the tube length [Pa]
e 7 is dynamic viscosity [Pa - s]

e 1;isthe tube radius [m]

e [isthe tube length [m] [36]

2.7.3 Womersley Velocity Profile

As mentioned in the previous subchapter, Poiseuille’s law only works for stationary flow. Since
blood flow is not stationary but rather pulsatory, this law cannot be applied. This oscillatory flow was
analyzed by Womersley (1955) for a laminar flow of an incompressible Newtonian fluid with a single
frequency sinusoidal pressure gradient. Since this theory is based on sinusoidal shapes, Fourier
analysis has to be applied when applying this theorem to hematocrit [44] [45]. Womersley then
formulated formulas for velocity and flow profiles as:

3
AP 1 lo(“'y'iz) .
v(r,t) = Re T e 1————=F et (33)
o | (e d)
3
T['TiZ'AP 2]1<a-i2) ot
Q(t) = Re iwpl 1-—= (e’ (34)
a-if-]()(a-i?)
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where:

e Rel...] is the real part of a complex function

e iisimaginary unit [-]

e 1;isartery radius [m]

e yisdistance from the center [m]

o ATP is pressure gradient [%]

e pisblood density [%]

e Jyisafirst kind Bessel function of the order zero
e ], is afirst kind Bessel function of the order one

e ® = 2xf is angular velocity dependent on the pulsatory frequency (60beats/min = 1Hz)
e (isthe Womersley parameter

Womersley parameter is used to express the relative importance of inertial effects in comparison to
viscous flow and can be calculated as:

a?="—" (35)

with 1 being dynamic viscosity [Pa - s]. The effects of several different Womersley numbers are
displayed in Figure 21. As a approaches zero, flow shows a time varying parabolic velocity profile with
pressure gradient and velocity in phase. Lower values of a also mean that the dominant element are
viscous forces. This is why velocity profiles become parabolic and thus similar to the Poiseuille’s
formulations, meaning that with small blood vessels, theory of pulsatory flow does not have to be
considered. As a increases (higher frequencies or larger diameters), the effects of viscosity are
confined to a layer close to the wall (called the Stokes layer) while the profile in the middle is flat [44].
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Figure 21 - velocity profiles for different Womersley numbers. Taken from [44]
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2.8 Current State of Knowledge with Atherosclerotic Plague
Computational Modeling

This chapter gives a brief overview of the current state of computational modeling of the carotid
artery with an atherosclerotic plagque. We will limit this overview to the following analysis types:

e  Fully coupled fluid-structure interface analysis (FSI)
e  One-way fluid-structure interface analysis (FSI)
e Structural analysis (pressure load applied on the artery wall)

Yuan Huang, et. al. [46] compare the resulting mechanical stresses in a carotid artery with an
atherosclerotic plaque for a 2D structure-only, 3D structure-only, one-way, and fully coupled fluid-
structure interaction analyses. They analyze 8 human carotid atherosclerotic plaques based on
geometry reconstructed from in vivo computerized tomography and multi-sequence magnetic
resonance images. The results show that the differences between structure-only and fully coupled FSI
analyses produce small yet statistically significant stress differences, when the slices around
bifurcation are excluded. They show that 2D structure-only models tend to slightly overestimate the
stresses, compared to a fully coupled FSI analysis, while the other analyses provide comparable values.
The material model used for these simulations is a modified Mooney-Rivlin formulation (hyperelastic,
isotropic, incompressible) for the vessel, while blood is modelled as laminar, Newtonian, viscous, and
incompressible. If, however, the investigated area is around the bifurcation, 2D model highly
overestimates the stresses, see Figure 22.

Figure 22 - Comparison of plaque wall stress on a transverse slice. Stress-P1 predicted by 3D fully coupled FSI
(a), 2D structure-only (b), 3D one-way FSI (c) and 3D structure-only (d) models. Units are in kPa. Taken from [46]

Jianmin Yuan, et. al. [47] use a 3D FSI analysis to assess the impact of material property validation
in predicting maximum principal stresses. Since there are some limitations to the data retrieved from
in vivo, there is a need to assess whether variability in tissue material property measures (more
specifically of media, fibrous cap, and lipid) impacts the overall calculation of the critical mechanical
conditions within an atherosclerotic plaque. Samples were collected from 21 symptomatic patients,
cut into rings along the axial direction and specific plaque parts were further isolated. These samples
were then tested to assess their stress-strain curves. Author’s conclusion is that these stress-strain
curves vary widely with some of them being stiffer than others. This data is then subject to a fully
coupled FSI analysis, using the Mooney-Rivlin hyperelastic model and Newtonian, viscous, and
incompressible blood, to compare the resulting stresses for all possible data combinations. 3D
geometry from this study is displayed in Figure 23.
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Figure 23 - 3D geometry of the idealized plague model composed of fibrous cap, lipid and
intraplaque hemorrhage. Taken from [47]

César Alegre-Martinez, et. al. [48] use a fully coupled FSI analysis to assess the impact of several
parameters on the axial distribution of plaque stress in the carotid artery. The parameters in question
are lipid core stiffness, lipid core length, and fibrous cap stiffness. The solid material model used in this
study is non-linear hyperelastic, more specifically model Neo-Hookean, and blood is modelled as a
steady flow of a Newtonian, incompressible fluid. Some of the results obtained in this study are
displayed in Figure 24.
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Figure 24 - Influence of the lipid core length on the axial distribution of
radial displacements. Taken from [48]

Danny Bluestein, et. al. [49] study the influence of microcalcifications in the lipid core on
vulnerable plague mechanics using FSI analysis. The purpose of this study is to show whether the role
of calcification in atherosclerotic plaque is beneficial or whether it has deleterious effects on plaque
vulnerability. Solid is modelled using the Mooney-Rivlin hyperelastic model and fluid is assumed to be
a Newtonian fluid. Modelled cases show higher stress peaks in models containing calcification.
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Hao Gao, et. al. [50] perform a fully coupled FSI analysis on a patient specific CCA model obtained
using a high-resolution multispectral MRI. Due to the rupture of this artery, as a cause of a transient
ischaemic attack (TIA), these obtained are then reconstructed to comprehensively describe original
geometry. The arterial wall is assumed to be isotropic, incompressible, and is described using 5-
parameter Mooney-Rivlin formulation. Blood is then considered an incompressible, Newtonian fluid.
Reconstructed geometry of the subject is displayed in Figure 25.

Figure 25 - reconstructed geometry of the subject with an indicated rupture site. Taken from [50]

Hao Gao and Quan Long [51] study the effects of lipid core volume and fibrous cap thickness on
the stress distribution in carotid arterial plaques. The use a 3D model reconstructed from histology
sections, which is then subject to a one-way FSI analysis with varying lipid volume and fibrous cap
thickness. Solid is modelled as isotropic and incompressible, using the 5-parameter Mooney-Rivlin
formulation, while blood is modelled as an incompressible, Newtonian fluid. Some of the studied cases
are shown in Figure 26.
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Figure 26 - schematic reconstruction of different study cases. Taken from [51]
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Hao Gao, et. al. [52] use multi-contract MRI to obtain 4 different patient-specific models of CCA
with differently shaped atherosclerotic plaques, upon which an FSI analysis in performed. The main
characteristic of interest in this study is wall shear stress (WSS) which is one of the factors evaluated
when assessing rupture risk possibility. Solid is modelled as isotropic and incompressible, using the 5-
parameter Mooney-Rivlin formulation, while blood is modelled as isotropic, Newtonian fluid.
Geometry reconstructions of used models are displayed in Figure 27.
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Figure 27 - geometry reconstruction of CCA for 4 patients. Taken from [52]

Joseph R. Leach, et. al. [53] perform an FSI analysis on a CCA plaque model obtained from
multidetector computed tomography angiography (MDCTA). It is a patient specific study of an elderly
man, aiming to predict stress distribution on a pre-rupture imaging. Solid in modelled as isotropic and
incompressible, using the 5-parameter Mooney-Rivlin formulation, while blood is modelled as an
incompressible, Newtonian fluid. Model representation is displayed in Figure 28.

Lumen Lumen + Lipids Lumen + Lumen +
Fibrous Plaque Vessel Wall

Figure 28 - Bounding surface of key vessel components. Taken from [53]

Ondfej Lisicky, et. al. [54] perform a 3D structural analysis of the carotid artery (CCA) bifurcation
with an atherosclerotic plaque. The aim of this study is to determine the effect of stiffness of several
different structure components (lipid core, vessel wall, fibrous cap) on the resulting peak plaque and
peak cap stresses. The model for this study is a patient-specific and obtained via magnetic resonance
imaging (MRI). The materials are modelled as isotropic and hyperelastic, using the Yeoh model of
different orders, with media being modelled separately as a fiber-reinforced anisotropic layer. The
results of this study show that stiffness of different vessel-wall layers has a significant impact on the
resulting stresses.
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3 Simulation

3.1 Solid Model

3.1.1 Idealized Geometry Model

Since this thesis deals with an idealized geometry, rather than with patient-specific geometry,
some referential values have to be established for this model. If we take a look at the vessel wall itself,
it has three layers, all of which vary in thickness, depending on several different factors, including for
example age and sex. This is why values from [54] and [55] were considered suitable for this thesis. As
far as the diameter of the artery, thesis was inspired by the values from [56]. As for the plaque itself,
referential dimensions were evaluated based on [57] .

After determining all the necessary dimensions, the model itself was created in Design Modeler, which
is a proprietary software from Ansys Inc. It is divided into two parts; one consisting of intima, fibrous
cap, and lipid core, and the other consisting of media and adventitia. Model is displayed in Figure 29,
with dimensions listed in Table 1.
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Figure 29 - Initial geometry
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Table 1 - Solid model dimensions

Part Symbol Units Value
Intima thickness Tin [mm] 1.12
Media thickness Tmed [mm] 0.25
Adventitia thickness Tadv [mm] 0.25
Fibrous cap thickness W. [mm] 0.2
Lipid core thickness (max) Tiip [mm] 1.8
Radius of lipid core edges Rc [mm] 0.2
Radius of lumen without stenosis Rium [mm] 2.5
Radius of fibrous cap shoulder Rtc [mm] 0.2
Artery length Lart [mm] 55
Plaque length Lol [mm] 25
Length of increasing/decreasing part Linc/Ldec [mm] 17/8
Stenosis - [%] 50

3.1.2 Material Model

As mentioned in chapter 2.4, biological materials do not behave ordinarily which is why we
have to work with special material models when dealing with them. For this thesis, artery is modelled
as isotropic, incompressible, and hyperelastic, using the Yeoh model, following the formula:

W = Cyo(I; = 3) + Coo(; — 3)* + C3(I; — 3)3. (36)

Specific material parameters for individual artery components are then taken from [54] and are shown
in Table 2. Material parameters were obtained using a cyclic, quasi-static extension-inflation tests at
different axial stretches, and are performed on preconditioned tube specimens [58] [59].

Table 2 - Material data for solid model

Tissue Type Material constants [kPa]
Intima + fibrous cap isotropic €10 = 50 €0 = 20 -
Media isotropic c19 = 122.3 C0=0 c39 = 337.7
Adventitia isotropic ci10 = 88.7 Cy0=0 c30 = 45301.4
Lipid core isotropic €190 =5 - -

This table shows that intima and fibrous cap use the same material model. This is dependent on the
material model used and is also patient-specific. Additionally, since FSI analysis is a transient analysis,
density has to be assigned to all layers, so that the mass matrix can be formed. The value used is p =
1120kg/m3. Proportional damping is also applied, with the values being: Mass —
Matrix Damping multiplier = 100 and k — Matrix Damping multiplier = 0.0001.
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3.1.3 Mechanical Setup

After the model and material data are created, structural analysis setup can be initiated. The
connection of individual components is displayed in Figure 30.
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Figure 30 - Workbench layout for structural analysis

Solid model is divided into two parts — one consisting of intima, fibrous cap, and lipid core, and
the other consisting of media and adventitia. These two parts are then connected using the bonded
contact, as per [54]. Due to the nature of arteries, both ends are then allowed only to move in the
radial direction (x direction in a cylindrical coordinate system), as displayed in Figure 31. To achieve
better visibility, solid models are further mostly displayed in a plane cut.

Figure 31 - Boundary conditions of the solid model

Prior to proceeding with the FSI analysis, convergence of the solid (as well as fluid, discussed later)
model has to be achieved. This is why a structural analysis with a constant pressure applied to all inner
surfaces is performed. Proceeding to FSI analysis, this boundary condition will be changed to a Fluid-
Structure Interface condition. The value of pressure is chosen as approx. the highest value present in
ICA measurement displayed in Figure 15, which will further be used in the FSI analysis, and its value is:

p = 15000 Pa
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Another alternative to creating a cylindrical coordinate system and assigning both ends with allowed
radial displacement is a cylindrical support used on the entire outer wall of the artery (assigning radial
displacement to the entire outer surface). Both options were analyzed and provided no significant
differences, but the first option resulted in more realistic deformed shape. This is why the first option
is used throughout this thesis. Cylindrical support setup is displayed in Figure 32.

Figure 32 - Cylindrical support

One more boundary condition to be considered is axial pretension. This boundary condition is omitted,
as it makes the model highly unstable and difficult to converge. Also, axial pretension generally
decreases with age and atherosclerosis is typical with older people. Some analyses of this type also
require an elastic support to be assigned, mainly to increase stiffness and to help with initial
convergence problems. This boundary condition is also omitted in this thesis. Since we are working
with nonlinear hyperelastic materials, large deformations have to be turned on in analysis settings.

Solid is meshed in the proprietary Ansys Workbench Mechanical environment. Element type used for
this model is the quadratic hexahedral element SOLID186. This element is a higher-order 3D solid
element that exhibits quadratic displacement behavior. It is defined by 20 nodes, each of which has
three degrees of freedom [60]. Due to the complexity of the model, it also consists of a few tetrahedral
SOLID187 elements. Both element types are displayed in Figure 33.

Figure 33 - SOLID186 (left) and SOLID187 (right) elements [60]

3.1.4 Result Independence on Mesh

To achieve sufficient mesh density in the model, result independence on mesh check is
performed on 3 different models, with finer mesh being focused mainly on stress-concentration
regions. Mesh count and resulting maximal principal stresses are displayed in Table 3. Comparison of
results and critical areas is then displayed in Figure 34.
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Table 3 - Structural mesh comparison

Model Element count | Maximum principal stress [MPa] | Difference to previous [%)]
Coarse mesh 31503 0.0663 -
Finer mesh 43 073 0.0698 53
Finest mesh 55 356 0.0724 3.7

0.066309 Max
0.057344
0.048379
0.033414
0.030449
0.021483
0.012518
0.0035532
-0.0054118 '
-0.014377 Min 5

0.06984 Max
0.060662
0051434
0.042305
0.033127
0023343
0.014771
0.0055928
-0.0035854
-0.012764 Min

0,072397 Max
0,062935
0,053472
0,04401
0,034547
0,025085
0,015623
0,0061602
-0,0033021
-0,012765 Min

Figure 34 — Obtained maximum principal stress. From top to bottom: coarse mesh, finer mesh, finest mesh. Results are in [MPa].

Since the differences between maximum principal stresses and critical locations are below 5% for the
last two mesh densities, mesh was not further refined, and the last mesh is further used throughout
all additional solid models. Default mesh sizes are then: 0.5mm for media and adventitia, 0,35mm for
fibrous tissue and lipid core, and 0.1mm at the ends of the plaque, mainly due to convergence issues.

Media and adventitia are then meshed using the Sweep method, whereas lipid core, intima, and
fibrous cap are meshed using the Hex Dominant method.
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3.2 Fluid Model

This chapter describes the process of performing an isolated fluid analysis. However, the
subsequent FSI analysis has some specific requirements to run successfully. As these requirements
take part mostly in the fluent setup, they are also described in this chapter.

3.2.1 |dealized Geometry Model

Analogically to solid, fluid model is created in the Ansys proprietary Design Modeler
environment. Once solid part was created, full fluid cylinder was simply subtracted from it and its final
representation is displayed in Figure 35.

Figure 35 - blood geometry model for a 50% stenosis

3.2.2 Fluid Meshing in ICEM CFD

Meshing of the fluid model is performed in the ICEM CFD software. Even though Ansys Fluent
also disposes with a meshing environment, ICEM CFD provides with better capabilities regarding
element types and inflation options, which are both crucial parameters for this analysis. After
importing the model, parts INLET, OUTLET, and WALL are created, along with a body BLOOD, so that
these components could be further referenced in analysis setup. Imported model, along with the
created components, is displayed in Figure 36.

QOUTLET WAL BLOCD (body) IMLET

Figure 36 - Fluid model in ICEM CFD with individual components

Before fluid mesh can be computed, model has to be divided into blocks, since the geometry is too
complex to be meshed automatically. These blocks have the shape of deformed rectangles and have
to be created in a manner, so that they roughly represent the initial geometry. After they are created,
their edges are internally connected to the geometry and mesh is afterwards created as a projection
of elements from these rectangles to a given geometry subregion. This block o-grid is displayed in
Figure 37.
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Figure 37 - o-grid blocks in ICEM CFD

Once blocking is finished, meshing process can be initialized. Individual block edges are assigned a
certain number of nodes, with edges, going from the blood surface inwards, also being assigned an
inflation parameter of 1.2, with the first layer being approx. 1/100 of the diameter. This is used so that
high changes in gradient can be captured in fluid analysis. The number of inflation elements used in
this analysis was chosen as 6. Element type used for this model is the quadratic hexahedral element
and the total number of elements is approx. 85 000. Initial computed mesh in the entire model and in
two perpendicular planes is displayed in Figure 38.

i
LTI AL AL A LAY t'"'h““ﬁ'ﬂ““h +

il
T IIIIHIIHIIIIIHNIIIIIHIJI\IHIII\IHIJIIIHHIJIIIHHIIIII hh
i I AT
TR 'l'nllllllll‘u'l'l'.lllllll'lli :H‘ili'iHHHm'im”nmmmw" T
il

I
[T H
J!H i! I!!I'l!!lflllfllw UJIJIJIJIJ!M:ililll.lllll!l'll'!iil'mm I!HJllJ'UI.IJJJ'HHHHI'HI'I’HH.'I"

T
HHHH

NN EEAn

I
I I

T T

I [

I

1

i
AT T

Figure 38 - Fluid mesh obtained from ICEM CFD, from different perspectives. From top to bottom: whole body, section cut of
the whole body, closeup on the section cut, cross section
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3.2.3 Fluent Setup

After meshing is completed, ICEM CFD system component is then copied into Setup of the Fluid
Flow component. In here, boundary conditions and solver methods can be applied. The connection of
individual components in displayed in Figure 39.
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Figure 39 - Workbench layout for fluid analysis

Boundary conditions of the fluent analysis are represented by two waveforms, taken from [32], and
represent blood mass flow and blood pressure. After several iterations, it was decided to assign
pressure to the INLET part and mass flow to the OUTLET part, mainly because of better convergence.
Used waveforms are displayed in Figure 40. Presented flow rate waveforms describe both IC (internal
carotid) and EC (external carotid); this thesis further only uses the IC waveform.
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Figure 40 - Flow and pressure waveforms in the Carotid artery. Taken from [32]

In order to obtain the specific values of both characteristics, these waveforms were first imported to
WebPlotDigitizer (WPD), which is a freeware software used to digitize data from pictures [61]. After an
image is imported, we adjust the X-Y axes, so that the program knows the range of each coordinate.
After that, a mask is created over a given curve, density of data points is specified, and the program
calculates the coordinates of each point. This dataset can then be downloaded as a .CSV file to further
work with. Example of this process for the pressure wavelength, along with digitization specifics, is
displayed in Figure 41. This figure also shows that the time step chosen for this analysis is At = 0.01s.
This value is the result an iterative process, considering the representative value of obtained data and
the computational power available. Smaller time step would improve the quality of the results but is
not feasible with the hardware used, specified later in this thesis.
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Figure 41 - Data digitization in WebPlotDigitizer

When focusing on pressure, data in Figure 40 is in [mmHg], meaning we have to convert it to a unit
suitable for a fluid analysis in Ansys, which is [kPa]. As mentioned in subchapter 2.5.2, this conversion
formulais:

1mmHg = 0.133kPa

and is applied on all datapoints obtained from WPD. Concerning flow rate, data in Figure 40 is in [ml/s]
and applied mass flow has to be in [kg/s]. To convert this unit, we have to multiply flow rate by 107°
to get to [m3/s] and then multiply this by blood density to get to [kg/s]. Since the density of blood is
p = 1060 kg/m3 [36], the final conversion formula is:

1[ml/s] = 107°-1060[kg/s]

It has been observed that the number of waveforms entering the FSI analysis can generally impact the
resulting values. This is why we use two consecutive waveforms for both, pressure, and mass flow, to
enter fluid analysis. Using even more time periods would be ideal (some studies even use more than 3
periods), but this thesis is limited by the computational power available, and more than two periods
would pose a significant increase in the time needed to perform these analyses; more on this issue in
the following subchapters.

As mentioned earlier, pressure waveform is used on the INLET surface of blood. The exact dataset is
displayed in Figure 42. We can see that in the first second, pressure is steadily increasing from the
initial value of 10~8kPa. This is because had the analysis started at a higher value, it would lead to
serious disruptions in the solid domain during the FSI analysis, causing the calculation to fail. The
transition from manually assigned values to the data obtained from literature is highlighted with a red

line at t = 1s. The value of initial pressure has to generally be very low, and is most commonly zero or
very close to zero.
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Figure 42 — Inlet pressure boundary condition

T ~ — T
/ _\\ AY
“.
' i\
\\
Y
\\__ NG -
. .
4 e
/
/ 7
.f.
/
/
/
/
I
.f.
/
/
/
/
/
£ -
/
/
/
/
/
'
L ! L L
0.5 1 1.5 2 2.5
time [s]

High increase of pressure in the first second of FSI analysis causes the artery to expand rapidly in its
diameter. If not prevented, this expansion would induce a suction in other parts of the artery. To
counter this effect, a suitable sufficient initial value of mass flow has to be assigned before applying
the dataset obtained from literature. The value of initial mass flow is highly case-specific and has to be
obtained as a result of an iterative process. The value used in this thesis is m = 0.0406kg/s for the
first 0.3s of the analysis. After this time, the value steadily decreases to meet the mass flow waveform
at t = 1s. The final mass flow dataset is displayed in Figure 43.
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Figure 43 — Outlet mass flow boundary condition

Apart from assigning pressure (inlet) and mass flow (outlet) boundary conditions, blood surface is set
as a Stationary Wall with a No Slip condition. During FSI analysis, this surface is assigned as a System

Coupling zone for data transfer.
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As far as solution method for the fluid analysis is concerned, used formulations are most often a result
of an iterative process. Higher order formulations can generally increase the precision of results but
can also highly disturb convergence. The scheme used for most of the analyses in this thesis is displayed
in Figure 44. Apart from the formulations displayed below, calculations are run using the Second Order
Implicit Transient Formulation. All calculations are initialized using Hybrid Initialization and the analysis

type is set as Transient.

Scheme
Coupled -

Spatial Discretization

Gradient

Least Squares Cell Based -
Pressure

Second Order -
Marmentum

First Crder Upwind -

Figure 44 - Fluent solution methods

3.2.4 Material Model

Blood is modelled as a laminar, non-Newtonian, incompressible fluid. As mentioned in chapter
2.6.2.5, material model of blood used in this thesis is the Carreau-Yasuda model, more specifically one
of its versions, the Bird-Carreau model, along with a specified blood density. This model differs from
the original with the value of power law index being set as a = 2. The general Carreau-Yasuda model

formula can then be written as:

n
N1 =Moo + (10 = Meo) - [1+ (A)?] 2
Specific values of this model were then taken from [62] and shown in Table 4.

Table 4 - Carreau-Yasuda model parameters

(37)

Variable Unit Value
Neo [Pa - s] 0.0035
Mo [Pa-s] 0.056

A [s] 3.313
n [— 0.3568
p [kg - m™3] 1060
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3.2.5 Result Independence on Mesh

Analogically to the solid model, result independence on mesh check is performed in order to
eliminate inaccuracies as a result of poor mesh quality. 3 different fluent analyses are calculated with
3 different mesh densities and a chosen variable is observed to find out how much do the result differ.
Individual mesh counts are displayed in Table 5. Figure 45 shows the 3 different calculated cases and
Figure 46 the location in which the velocity profiles were compared.

Table 5 - Fluid mesh comparison

Case Elements over diameter Elements in total
1 21 approx. 65 000
2 27 approx. 85 000
3 42 approx. 130 000

Figure 45 - Mesh size comparison; case 1-3 from left to right

Figure 46 - Location of compared values for convergence study, shown as an orange line, the location of which is about
half a millimeter above the narrowest point of the stenosis and parallel to highlighted surfaces

As displayed in Figure 47, the difference in velocity profiles in a given location (see Figure 46) is
negligible (below 5%). For the purposes of this thesis, the number of elements over diameter is
hereinafter set as 27.
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Figure 47 - Velocity profile comparison of different mesh densities in a specified location

3.3 Fluid-Structure Interaction Analysis

Chapters 3.1 and 3.2 discuss two isolated objects — solid and fluid model. They are solved using
different computational methods (Finite Element Method [FEM] in solid versus Finite Volume Method
[FVM] in fluid) and do not influence each other in any way. If, however, we truly want to understand
the impact of a pulsatory blood pulse on the arterial wall, a different kind of approach has to be used;
a method which connects the fluid solver (Computational Fluid Dynamics [CFD]) with the structural
solver. The method in question is called Fluid-Structure Interaction (FSI) analysis.

We can generally distinguish between three FSI types:

e Rigid body FSl analysis —we assume no deformations in the solid domain (rigid bodies).
This analysis can be done for fixed rigid bodies; no data transfer is needed.

e One-way FSI analysis — resulting forces in the fluid domain are used as a boundary
condition for structural analysis. This approach assumes very small deformations in the
structure, so that it does not influence the fluid flow.

e Fully coupled FSI analysis — as the solid domain deforms (result of loading by the forces
from the fluid domain), these deformations are sent back to the fluid domain and
cause it to deform and reshape as well; suitable for large structural deformations [60].

We further limit ourselves to the last 2 types. While theoretically more precise, fully coupled FSI
analysis often requires much more computational power and is not always feasible. This is why this
thesis aims do to both, one-way and fully coupled analysis, to try and assess the pros and cons of both.

If we take a look at FSI in greater detail, we can also distinguish between explicit and implicit approach.
Dissimilarly to explicit/implicit FEM algorithm, the difference in these two FSI approaches is in how
important the dependency of solid and fluid is. If the dependency is significant, which is our case,
implicit approach is used, which presumes that domains and their data transfer might not converge
during one iteration, and thus solves them iteratively [63]. This algorithm is also the one embedded
into Ansys Workbench.
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Figure 48 - Workbench layout for FSI analysis

Figure 48 shows the connections for all necessary component systems participating in FSI analysis.
Once we connect both Transient Structural and Fluid Flow (Fluent) to System Coupling, and update
both of the setups (this process transfers all the necessary information into the System Coupling setup),
we can proceed into the setup of the FSI analysis itself. Here, we define End Time and Time Step of the
simulation. It is crucial that the end time value corresponds with the value assigned in Transient
Structural component, and that the time step value corresponds with the value assigned in Fluid Flow
(Fluent) component; otherwise, simulation will not run correctly. In our analysis, these values are:
End Time = 2.961s and Time Step = 0.01s. We also create two data transfers; from Fluent to
Mechanical and vice versa. In case of a one-way FSI analysis, data transfer from Mechanical to Fluent
is suppressed and coupling only occurs from WALL (fluid surface) to Fluid-Structure Interface (inner
artery wall). One additional alteration is in the Coupling Engine; as this particular analysis is highly
unstable, we use the 1.0 version of this engine, which allows us to first calculate Fluent and then
Mechanical, so as to help with convergence issues during the initial time steps. Maximum Iterations

value is set to 10.

3.3.1 Fully Coupled Analysis Setup

As mentioned in the previous chapter, data transfer from solid to fluid is suppressed during one-

way FSI analysis. If we therefore want to run a fully coupled simulation, we have to unsuppress this
transfer. Since the deformation of solid now directly influences fluid, Dynamic Mesh has to be enabled

in the fluid setup, so that it can reshape appropriately.
The method chosen for reshaping in this thesis is Smoothing. For large deformations, this method is

usually used alongside Remeshing. Remeshing, however, is not supported for hexahedron elements
used in this thesis for the fluid domain which is why it is omitted [60]. Method is then applied to the

INLET and OUTLET part of blood, both also assigned with the Deforming type.
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Smoothing method moves interior nodes to absorb the motion of a moving and/or deforming
boundary. This means that the number of nodes and their connectivity does not change throughout
the simulation. It is available both in 2D and 3D, and offers three different smoothing sub-methods:
Spring smoothing, Diffusion smoothing, and Linearly elastic solid smoothing. This thesis is using
Diffusion smoothing. Defined parameters of Dynamic Mesh are displayed in Figure 49.

Diffusion Function | Boundary Distance v
Diffugion Parameter |2

4MG Stabilization | CG =

4 b

Mapimurm Mumber of Iterations | 50

Relative Convergence Tolerance |1e-10

LR

Yerbosity | 1

Figure 49 - Dynamic mesh setup

Specific values shown in Figure 49 are the result of an iterative process and cannot be applied
generally. The most case-specific parameter is probably the Diffusion parameter which tells the solver
how should the elements close to the wall deform; value of 2 specifies that the elements closest to the
wall should be preserved and displacements should be diffused out to the far-field mesh [60].

Another parameter adjusted in Dynamic Mesh setup is Solution Stabilization. This coefficient-based
value helps prevent criterion values from oscillating, so that the analysis converges better. The range
of specifiable values spreads from 0.01 to 100000 and can be necessary to alter for every slight
adjustment in the model. For the referential analysis, this coefficient was iteratively tuned to achieve
convergence of solutions and to ensure that the behavior is not overdamped. Finally, value of 0.1 was
found to be suitable, and is applied on Inlet, Outlet, and Wall components.

3.4 Results

Before we proceed to the analysis of results, we must first define what particular characteristics
and at which time step we want to evaluate and compare. If we take a look at the artery wall, we can
compare maximum generated stresses and corresponding critical locations, as well as total
deformation of the wall; all these in a structural, one-way FSI, and fully coupled FSI analysis. In case of
blood, we will mainly focus on wall shear stress (WSS), time-averaged wall shear stress (TAWSS), and
oscillatory shear index (OSl). All these characteristics are further defined in corresponding subchapters.

Apart from TAWSS and OSl, all variables are calculated individually for all time steps. Analyses in this
thesis contain almost three hundred time steps, which is why we must define the most critical time
point to evaluate the results; this point of interest will be the systolic pressure peak (see Figure 42).
Since we are calculating two cardiac cycles, we must also distinguish between the two periods and the
critical value of these two. For this comparison, we use the resulting maximum principal stress in the
artery wall obtained from a one-way FSI analysis. This comparison is used as referential and is
afterwards used for all the other results. Obtained stress results are displayed in Table 6.

56



Table 6 - Maximum principal stresses for both cardiac cycles

Cardiac cycle Maximum principal stress [kPa] Time [s] Difference [%]
1. 57.90 1.17 1.46
2. 58.76 2.17 -

Maximum principal stress was found at 2.17s (second cardiac cycle). Comparing this value to the first
cycle (1.17s), we see a difference of 1.46%. Since the difference is insignificant, we can assume that
the number of cardiac cycles used in this thesis is sufficient. Second cardiac cycle is also therefore used
for all other relevant characteristics. Corresponding results are displayed in Figure 50.
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0

0,0

0,018856
0,011047
0,0032371
-0,0045725
-0,012382 Min
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0042514
0,034%32
0,027065
0,019147
0011224
0,0033014
-0,0046213
-0,012544 Min

Figure 50 — Maximum principal stress comparison: 1.17s (top), 2.17s (bottom). Results are in [MPa].

The following subchapters contain the results and comparisons of all evaluated characteristics for
individual analysis types.

3.4.1 Maximum Principal Stress

One of the risks connected to atherosclerosis is the possibility of a rupture in the artery wall.
This is why we evaluate and compare maximum principal stresses and corresponding critical locations,
and try to determine whether a simple structural analysis is sufficient for this type of prediction.
Comparison of maximum principal stresses for structural, one-way FSI, and fully coupled FSI analysis is
displayed in Figure 51, with the corresponding results displayed in Table 7. These, and all the following,
results are displayed in a plane cut for better visibility. Results obtained from the other half of the
model are almost identical to the ones displayed.
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Figure 51 - Maximum principal stress comparison. From top to bottom: structural analysis, one-way FSI analysis, fully
coupled FSI analysis. Results are in [MPal].

Table 7 - Maximum principal stresses for different analysis types

Analysis type Maximum principal stress [kPa] Difference [%]
Structural 72.4 15.5
One-way FSI 58.8 -6.2
Fully coupled FSI 62.7 -

If we assume that a fully coupled FSI analysis provides the most precise results and use it as referential,
we can see that a simple structural analysis with a constant applied pressure overestimates the
maximum principal stress by 15.5%, while a one-way FSI analysis, on the other hand, underestimates
this value by 6.2%. As far as the critical location is concerned, all analyses predict the same result.
Critical stress values are often considered as those higher than 300kPa which means that none of
these cases should be critical for a rupture risk [54]. However, as this thesis contains multiple
simplifications, discussed later, rupture risk is not the main criterion observed, rather than the
difference between different analyses itself.

3.4.2 Total Deformation

As discussed in subchapter 3.1.3, ends of the artery wall are allowed to move only in the radial
direction. This means that the model should be able to inflate and deflate correspondingly to the
applied pressure. Maximal deformation is then expected to occur in the narrowest part of stenosis, as
the lipid core present is highly compliant. Comparison of total deformations for individual analyses is
displayed in Figure 52, with the corresponding results displayed in Table 8.
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Figure 52 - Maximum structural deformation comparison. From top to bottom: structural analysis, one-way FSI analysis,
fully coupled FSI analysis. Results are in [mm].

Table 8 - Total deformation for different analysis types

Analysis type Total deformation [mm] Difference [%]
Structural 0.46 6.9
One-way FSI 0.44 2.3
Fully coupled FSI 0.43 -

Again, fully coupled FSI analysis is used as referential, for it bears the highest complexity. Although the
difference in results is lower than with maximum principal stress (2.3% for one-way FSI and 6.9% for
structural analysis), we observe a difference in the critical area in a fully coupled FSI analysis compared
to the rest. During a fully coupled FSI analysis, fluid mesh is dynamic, rather than static or non-existent
with the rest of the analyses, and is reshaped accordingly to the displacement values obtained from a
corresponding data transfer which will most likely influence the nature of blood flow. This is why such
difference can be observed. To verify that the majority of displacement occurs only in the radial
direction, we also evaluate radial deformation (X axis in the cylindrical coordinate system displayed
below). This displacement for a fully coupled FSI analysis is displayed in Figure 53.
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Figure 53 - Radial displacement from a fully coupled FSI analysis. Results are in [mm].
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3.4.3 Wall Shear Stress

Wall shear stress is the drag exerted by flowing blood on the vessel wall and it is mainly
dependent on the flow speed in a given area. As far as atherosclerosis is concerned, this characteristic
is used to predict the initialization and subsequent growth of the atherosclerotic plaque. If the WSS
value is in the long term lower than 0.4Pa, it leads to a disruption in the endothelial layer, allowing
substances like cholesterol, fats, and cellular waste to accumulate there [64] [65].

In we want to calculate WSS, the following formula applies:

|WSS| = |Tll' ' Tij| (38)

where 7;; is the viscous stress tensor [Pa] and n; is the surface normal vector [—] [65]. Comparison
of WSS in range up to 0.4Pa for different analysis types for a given time step (systolic pressure in the
second period) is displayed in Figure 54.
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Figure 54 - WSS comparison for different analysis types. From top to bottom: fluid flow analysis, one-way FSI
analysis, fully coupled FSI analysis. Results are in [Pal].

If we look at the comparison above, we can see that the results obtained from fluid flow and one-way
FSl analyses are close to, if not, identical. We can assume that the reason for this is that during both of
these analyses, fluid mesh remains consistent and does not change in any way, nor is it influenced by
the solid structure in any way. During a fully coupled FSI analysis, however, fluid mesh is dynamic, and
changes correspondingly to how the structural mesh is deformed. This is why results obtained from a
fully coupled FSI analysis are the most realistic. As far as critical values are concerned, this
phenomenon is further discussed when comparing TAWSS values, since we are more interested in the
long term values, rather than the WSS values from a certain time point. Only one side of the model is
displayed for all of the results, because the other side shows identical values.
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3.4.4 Time-Averaged Wall Shear Stress

Previous subchapter specifies that as far as wall shear stress is concerned, we are more
interested in a time-averaged value of this characteristic, rather than the immediate value. This is why
we also calculate time-averaged wall shear stress (TAWSS). It represents the magnitude of WSS vector
averaged over a certain time period, and can be calculated as:

T

1
TAWSS = 7] |WSS|dt (39)
0

where T is the cardiac cycle period [65].

Although newer versions of Ansys are capable of calculating this characteristic using the Data Sampling
option in Fluent (starting from version 19.1., to be specific), this option does not allow us to calculate
oscillatory shear index (OSI), discussed in the following subchapter. Since we have to extract data from
Fluent to calculate this characteristic either way, both TAWSS and OSI are calculated separately in
Matlab, using data extraction. To briefly describe this process, WSS values for all points in the model
are extracted for all time steps during the second period of the cardiac cycle. These values are then
imported to Matlab and used to calculate both, TAWSS and OSlI, using the formulas defined in this
thesis. Lastly, these results are then imported to Ansys proprietary CFD Post software for display.
Obtained results of TAWSS for all compared analysis types in range up to 0.4Pa are displayed in Figure
56.
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Figure 56 - TAWSS comparison for different analysis types. From top to bottom: fluid flow analysis, one-way FSI analysis,
fully coupled FSI analysis. Results are in [Pa].
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Figure 55 - TAWSS with global range. Results are in [Pa].
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We also include a picture of obtained TAWSS with global range scaling, displayed in Figure 55. It
demonstrates how wall shear stress gradually decreases and reaches its minimum right after the
atherosclerotic plaque. Similarly to the results displayed in Figure 54, TAWSS values in Figure 56 are
again identical for fluid flow and one-way FSI analyses. Although the results from these two analyses
show some resemblance to a fully coupled FSI analysis, the differences are significant, and only a fully
coupled FSI analysis should therefore be used when predicting critical TAWSS locations. Since the
colormap used is set to display results from 0 to 0.4Pa, we can clearly observe critical areas in our
model. These are most likely to accumulate foreign substances and allow the atherosclerotic plaque
to grow further. As TAWSS is a characteristic that is averaged over several time steps, a comparison of
WSS for three different pressure values, and TAWSS from a fully coupled FSI analysis, in range up to
0.4Pa, is also included. This comparison is displayed in Figure 57.
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Figure 57 - Comparison of WSS and TAWSS. From top to bottom: WSS for systolic pressure, WSS for diastolic pressure, WSS
for a given pressure between systolic and diastolic, TAWSS. Results are in [Pa].

3.4.5 Oscillatory Shear index

Oscillatory shear index (OSl) is a scalar variable that is used to evaluate the oscillatory nature
of vascular flows. It can be calculated as:

. |y wssat|

—_— (40)
J; Iwss|de

051—1
2

and it is a non-dimensional variable. OSI varies between 0 and 0.5, with 0 characterizing regions of
unidirectional flow and 0.5 characterizing fully oscillatory flow regions [65]. When calculating this
variable, corresponding data is processed in the same manner as TAWSS. Obtained results for all
analysis types in range up to 0.5 are displayed in Figure 58.

62



H 5.000e-01

3.750e-01
2.500e-01
| 1.250e-01

0.000e+00

Figure 58 - OSI comparison for different analysis types. From top to bottom: fluid flow analysis, one-way FSI analysis, fully
coupled FSI analysis. Results are in [-].

As seen with WSS and TAWSS, fluid flow and one-way FSI analysis provide us with identical results,
while the differences between these and a fully coupled FSI analysis are again significant. By definition,
higher OSI values can be seen in areas with oscillating WSS values. They are also often accompanied
by low TAWSS values, and together they serve as indicators for atherosclerotic plaque growth [66].

3.4.6 Additional Evaluated Characteristics

On top of the aforementioned variables, pressure maps and velocity vectors are also evaluated
for a fully coupled analysis. We evaluate these so as to understand the nature of pressure and velocity
distribution throughout the artery. Since the used boundary conditions are not stationary, we evaluate
the highest and lowest peaks of the applied pressure boundary condition (systolic and diastolic
pressure). Resulting pressure maps on the artery wall are displayed in Figure 59, and velocity vectors
for three plane cuts, along with the corresponding velocity streamlines, are displayed in Figure 60.
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Figure 59 - Pressure profiles on the artery wall. From top: systolic pressure, diastolic pressure. Results are in [Pa].
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Figure 60 - Velocity vector profiles for three plane cuts — before, in, and after an atherosclerotic plaque, with corresponding
velocity streamlines. From top to bottom: systolic phase (first two), diastolic phase (last two). Results are in [m/s].

3.5 Model Parametrization

Due to complexity of the analysis chosen for this thesis, only 2 additional models are created.
The parameter chosen for alteration is the maximum lipid core thickness (and corresponding stenosis
percentage), with all the remaining parameters, mentioned in subchapter 3.1.1, remaining the same.
Different cases are displayed in Table 9.

Table 9 - Model parametrization

Case Max. lipid core thickness [mm] Stenosis [%]
1 (referential) 2.3 50
2 13 30
3 2.8 60

The process for both cases is analogical to the referential. Mesh, boundary conditions, and analysis
setups are aiming to be as close to the referential model as possible, so that all three cases are
comparable. Due to the model complexity, however, several changes have to made in order to
converge both parametric cases. Since hyperelastic materials are rather compliant, mesh density has
to be slightly altered for the structural analysis to converge. Global mesh parameters are, nevertheless,
mostly the same to those mentioned in subchapters 3.1.4 and 3.2.5. Resulting mesh count for all cases
is displayed in Table 10.
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Table 10 - Number of elements for all cases

Case Structural mesh count Fluid mesh count
1 =55 000 =85 000
2 =65 000 =85 000
3 =70 000 =70 000

Another difference is in boundary conditions present in the fluid flow analysis. Although we are still
calculating two cardiac cycles (see Figure 40), adjustments have to be made in the first second of the
Mass Flow boundary condition. As mentioned in subchapter 3.2.3, the first second of this boundary
condition is primarily used to achieve convergence in the initial time steps and its starting value is
highly case-specific. After several iterations, the following starting values were obtained for Case 2,
respectively Case 3: m = 0.0206kg/s and m = 0.0106kg/s. Pressure boundary condition remains
the same as in Case 1. Both adjusted boundary conditions are displayed in Figure 61.

Figure 61 - Mass flow boundary condition. From left to right: Case 2, Case 3.

3.5.1 Comparison of Cases

This subchapter compares the resulting values of maximum principal stress, total deformation,
TAWSS, and OSI for all three calculated cases. Though all analysis types (structural/fluid, one-way FSl,
and fully coupled FSI analysis) were calculated, only the comparison of a fully coupled analysis is
included, as it is the most realistic one and used as referential in this thesis.
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3.5.1.1 Maximum Principal Stress and Total Deformation

Maximum principal stress obtained for all calculated cases are displayed in Figure 62 with the
corresponding values shown in Table 11.

0.061997 Max
0N

2,004008
0.012337 Min

Figure 62 - Maximum principal stress from a fully coupled FSI analysis. From top to bottom: 30%, 50%, 60% stenosis. Results
are in [MPal].

Table 11 - Maximum principal stresses for all cases

Stenosis Maximum principal stress [kPa] Difference [%]
30% 62.00 -1.3
50% 62.74 0.1
60% 62.69 -

We can see that the results obtained from all three calculated cases are close to identical, with the
critical stress locations slightly varying, meaning that the stenosis percentage should play almost no
role in maximal generated stresses, contradicting previous research in this area, for example [57]. We
could assume that as the atherosclerotic plaque grows, the entire plague geometry changes
correspondingly (for example the fibrous cap radius). As the model in this thesis is already highly
idealized and the only parameter altered is the maximum lipid core height (and corresponding stenosis
percentage), we can assume that one of the reasons for this result set and the accompanying
conclusions is precisely this oversimplification. Also, although a couple of mesh densities were
compared, it was only for one case and in a certain range; refining mesh even more could improve
these results, but would pose a significant increase in the computational power needed to perform FSI
analyses, making it unfeasible for the computer available. Overall, to properly evaluate the impact of
a growing atherosclerotic plaque on the generated stresses, further calculations and what-if analyses
would have to be performed.
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Figure 63 contains the resulting total deformation for all three analyzed cases, with specific values
displayed in Table 12.

0.42851 Max

010317

0.06525 Min

AT Max

Figure 63 - Total deformation from a fully coupled FSI analysis. From top to bottom: 30%, 50%, 60% stenosis. Results are in
[mm].

Table 12 - Total deformation for all cases

Stenosis Maximum deformation [mm] Difference [%]
30% 0.435 -7.45
50% 0.429 -8.73
60% 0.47 -

Similarly to maximum principal stress, all three cases resulted in conformable deformation values. The
only difference is that in case of a 50% stenosis, maximal deformation did not occur in the lipid core,
rather than in the artery wall, located approximately in the same area. Though we would expect all
cases to have maximum deformation in nearly the same location (in the lipid core, as it is the most
pliant), this characteristic appears to be case-specific. Once again, more similar analyses would have
to be performed to validate this result, but are not a part of this thesis, due to high time consumption.

3.5.1.2 Time-Averaged Wall Shear Stress and Oscillatory Index

As stated earlier, both TAWSS and OSI are some of the main indicators of atherosclerotic
plaque growth, and are the most common characteristics evaluated in this area of interest. This is why
a comparison of these characteristics for all calculated cases in range up to 0.4 Pafor TAWSS and in
range up to 0.5for OSl is included, see Figure 64 and Figure 65.
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Figure 64 - TAWSS from a fully coupled FSI analysis. From top to bottom: 30%, 50%, 60% stenosis. Results are in [Pal].
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Figure 65 - OSI from a fully coupled FSI analysis. From top to bottom: 30%, 50%, 60% stenosis. Results are in [-].

Results displayed above show that both, low TAWSS values and values close to 0.5 for OSI, are always
located after the atherosclerotic plaque, and that both characteristics always have some resemblance
within one calculated case. As far as OSl is concerned, the bigger the plaque is, the further from it can
high OSl values be seen. This relates to the fact that larger narrowing of the artery results in increased
velocity of blood flow further from the plaque. Figure 60 displays vortexes which are forming after the
plague and are common during the diastolic cardiac phase; this phenomenon is also likely related to
higher OSI regions. We can also see that in case of a 60% stenosis, highest OSl values are present nearly
at the end of the model (OUTLET part) which suggests that an increase in length of this after-plaque
region would be suitable to properly evaluate the development of this characteristic.
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3.6 Computational Times and Used Software

This chapter gives a brief overview of how computationally demanding the analyses performed in
this thesis are (processor and RAM memory are the two crucial PC components). FSI analyses are
generally highly computationally demanding, even more with all the nonlinearities presented in this
thesis. Therefore, two different computers were consequently used for calculations, as the first one
provided was only sufficient for structural, fluid, and one-way FSI analysis, and failed when calculating
fully coupled FSI analysis. Values in table Table 13, solved on a second computer, are highlighted with
a star symbol. The parameters of used computers then were:

e AMD Ryzen 5100X Quad-Core Processor (3.50GHz), 16 GB RAM, NVIDIA GeForce GTX 1050 Ti
e Intel Core i7-5820 Six-Core Processor (3.30GHz), 64 GB RAM, NVIDIA GeForce GTX 260

Below is a table of the computational times needed to perform discussed analyses.

Table 13 - Computation times for all analyses

Computational time [h]
Analysis Type Casel Case 2 Case 3
Structural Analysis 1.5 1.5 2
Fluid Analysis 1 1 1.5
One-way FSI Analysis 125 130 150
Fully coupled FSI Analysis 70* 80* 105*

Below is also listed all the software used for this thesis:

e Ansys — FEM software, used for all simulations in this thesis

e Matlab — programming platform designed for engineering purposes, used for the
calculations of TAWSS and OSI

e Excel — data analysis software, used for data extraction regarding TAWSS and OSI
e  Word — word processor, used for the text of this thesis

e Photoshop — raster graphics editor developed by Adobe Inc., used for image processing
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3.7 Discussion

This chapter discusses the results obtained in this thesis, their limitations, and possible
improvements for further research in this area.

Firstly, a model of artery with an atherosclerotic plaque is created, following the dimensions from
literature, along with a corresponding model of blood. Solid is modelled as isotropic and
incompressible, using the Yeoh constitutive model, and blood is modelled as a non-Newtonian,
incompressible fluid, using the Carreau-Yasuda model. All material data are taken from literature.
Artery is allowed to move only radially, using a cylindrical coordinate system, and assigning both ends
with a displacement boundary condition. Boundary conditions of blood are a pressure waveform on
inlet, and a mass flow waveform on outlet, with the data taken from literature; both fluid model ends
are assigned with two consecutive cardiac cycles (200 time steps in 2 seconds). Values in the first
second of both boundary conditions are assigned manually to help with initial convergence problems
during an FSI analysis. Models are initially separately subject to a structural (with static pressure
applied on the inner wall), respectively fluid analysis, to achieve convergence, prior to entering a
coupled FSI analysis. Resultindependence on mesh is checked on both models for three different cases
and the best suitable mesh density is used.

A part of this thesis focuses on the comparison of a structural/fluid analysis and one-way FSI analysis
to a more computationally demanding fully coupled FSI analysis. The characteristics of interest are
maximum principal stress on the artery wall, total deformation of the artery wall, time-averaged wall
shear stress, and oscillatory index. When analyzing maximum principal stress, we see that structural
analysis overestimates the value obtained by a fully coupled FSI analysis by 15.5%, whereas one-way
FSI analysis underestimates it by 6.2%. This shows that the pulsatile nature of blood flow has a
significant influence on the stresses generated on the artery wall. Though differences in total
deformation are not as substantial (6.9%, respectively 2.3%), locations of maximal deformation can
also vary for different analysis types. When comparing TAWSS and OSlI, both fluid and one-way FSI
analysis show the same results, which are significantly different compared to the ones obtained from
a fully coupled FSI analysis. This shows that the deformation of artery wall and consequent
deformation of blood both play a vital role in what the resulting critical areas look like.

Another part deals with model parametrization, as for one, the geometry of an atherosclerotic plaque
evolves over time, and is highly patient-specific. Due to high complexity of FSI analyses, only three
cases are dealt with in this thesis, and the only altered parameter is maximum thickness of the lipid
core. All analyzed cases are only compared for a fully coupled FSI analysis, as it is the most complex
analysis type used in this thesis. Comparison of maximum principal stress on the artery wall shows no
significant difference in value and only a slight difference in critical location, contradicting previous
research in this area. As the atherosclerotic plaque grows, maximum thickness of the lipid core is most
likely not the only parameter that is changing during this process, which is why several other
parameters should be included in this parametrization to properly assess the impact of plaque growth
on the generated stresses. Also, even though a result independence on mesh is checked in this thesis,
the final mesh could further be refined to find expected differences. However, every slight refinement
of the mesh adds to the time needed to perform coupled analyses, thus making it highly time
consuming to perform more precise simulations. Two out of the three analyzed cases show highest
deformation in the lipid core region, as it is the most compliant part of the artery. One of the cases,
however, shows highest deformations deformation in the artery wall, approximately in the narrowest
section of the artery model. This suggests that the geometry also has an impact on how deformations
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are distributed. In case of TAWSS and OSI, all cases display critical locations right after the
atherosclerotic plague, making this area the most critical for further plaque growth. As the stenosis
percentage increases, highest OSI values are present further downstream from the plaque, as a result
of greater blood vortexes forming after the plaque and higher blood velocity further from the plaque.
Slight increase of the artery length in this region would be suitable, as highest OSI values for a 60%
stenosis are already located at the very end of the model, making them possibly affected by boundary
conditions.

The approach used in this thesis has numerous limitations. Firstly, we are working with idealized
geometry, rather than with patient-specific models. Although all dimensions are based on literature,
real arteries and atherosclerotic plaques are not symmetrical and uniform, meaning that the results
ought to vary for more realistic geometries. The material model used in this thesis is isotropic and
incompressible. Several papers, discussed in this thesis, model the media layer as anisotropic, since it
contains the most collagen and elastin fibers in different orientations, which are primarily responsible
for the mechanical properties of arteria. This thesis neglects this anizotropic behavior. Also, material
data vary across different sources and are often presented in a certain range, depending for example
on the level of calcification in the lipid core. This thesis uses only one set of these data with the specific
values being chosen mostly in a way so that we would achieve convergence. We can therefore expect
adjustments in this area to have an impact on the overall artery behavior. Another limitation is the
number of cardiac cycles used as boundary conditions for the FSI analysis. Although the difference of
maximum principal stresses between the two cycles used is only 1.46%, we cannot be sure that
increasing this number would not alter the results in a different manner, for example regarding TAWSS
or OSI. Another limitation to be considered is the nature of FSI analyses themselves. Working with FSI
analysis data files is generally difficult, since for one, they take several days to finish, and they also take
up a lot of space; the total allocated memory for storing the data for this thesis exceeded 300GB,
making it highly time consuming to transfer and post process the results. This is why more analyzed
cases are not introduced in this thesis.

All the aforementioned limitations serve as a guideline for future improvements of this model. This
thesis merely gives an idea of how complex such simulations are, how much can certain analyses be
simplified to obtain representative results, and what are the impacts of altering a specific parameter
in the geometry.
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Conclusion

The purpose of this thesis was to simulate the interaction of a pulsatory blood flow with a
flexible artery tube containing an atherosclerotic plaque. This research area bears great importance,
as if we can realistically simulate all the processes related to atherosclerosis and other cardiovascular
diseases, we can successfully predict these conditions and most likely even prevent them.

In the first chapter, a research study is conducted, consisting of an introduction to the cardiovascular
system, blood vessels, associated diseases, and constitutive modelling of biological tissues, blood, its
rheology, and function within the body, classification of fluids, and a brief introduction to fluid flow
theory. Then, an overview of the current state of computational modelling of atherosclerotic arteria is
presented, focused on FSI analyses of the carotid artery. Experimental part focuses on the creation of
a simplified model of the internal carotid artery containing an atherosclerotic plague and a
corresponding model of blood. Artery is modelled as isotropic and incompressible, using the Yeoh
model. Blood is modelled as a non-Newtonian, incompressible fluid, using the Carreau-Yasuda
formulation. Both of these models are then subject to several analysis types, starting from a
structural/fluid analysis, proceeding to one-way FSI analysis, and finally to a fully coupled FSI analysis,
which considers both, pulsatory nature of blood flow and hyperelastic behavior of the artery wall.
Model is also later subject to a simplified parametrization with the altered parameter being maximum
thickness of the lipid core and the corresponding stenosis percentage.

Results show that structural analysis with constant applied pressure overestimates the results
obtained from a fully coupled FSI analysis, whereas one-way FSI analysis underestimate these results,
which suggests that pulsatory nature of blood flow has to be accounted for when comparing resulting
stresses on the artery wall. Critical TAWSS and OSlI locations are for all cases located right after the
atherosclerotic plagque and correspond with expected behavior. Critical areas, however, differ for a
fully coupled FSI analysis compared to the rest. This suggests that only a fully coupled FSI analysis can
properly predict these locations. Increase in stenosis percentage shows no significant difference in
generated maximum principal stresses on the artery wall, which can primarily be explained by an
excessive simplification of the model. This increase, however, results in differences in TAWSS and OSl.

This thesis gives an introduction to how such analyses can be performed, what are the limitations of
the models used, and how can the models be improved in the future. FSI analyses are generally highly
computationally demanding, but as the computational power available increases, we will gradually be
able to perform more complex simulations and thus more realistic predictions.
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List of Symbols

Symbol Definition Unit
dx,0y,0z | Elementary deformed elements [m]
0X,0Y,0Z | Elementary undeformed elements [m]

Axy.z Proportionate elongations [-]
F;; Deformation tensor [—]
Ji Third invariant of the deformation tensor [—]
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