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Abstract

The aim of this thesis is the problematic of abdominal aortic aneurysm wall stress
in relation to a different material behavior of intraluminal thrombus, which is in most
cases present in the aneurysmal volume. In this thesis, the influence of neglecting the
patient-specific material properties of the intraluminal thrombus, on the aneurysmal wall
stress, obtained from finite element stress-strain analysis, is investigated. In terms of
solution method selection, a system approach was applied so that the solution method was
selected in order to respect a system of essential variables as much as possible.

The first part of this thesis is focused on a description of the problematic and the
human cardiovascular system with important aspects contributing to development and
growth of the abdominal aortic aneurysm. Next, this part of the thesis includes a
description of the characteristics, risk factors and mechanical properties of abdominal
aortic aneurysm. Additionally, following chapters are devoted to the intraluminal
thrombus in terms of its basic characteristics (anatomy, physiology, pathology), structure
and its influence on processes within the abdominal aneurysm.

The second part of this work is devoted to the accomplishment of the first and
second goal of this thesis, which is analyzing the available literature to obtain mean
population stiffness values of the intraluminal thrombus and conducting biaxial
experimental tests of provided samples of intraluminal thrombus. The experimental
testing was conducted in order to obtain the patient-specific mechanical properties, which
are used as the inputs in the finite element analysis. The experimental testing confirmed
the stiffness negligibility of the intraluminal thrombus’s outer layer, which is mentioned
is several studies, however, the influence of this layer on resulting aneurysmal wall stress
has been to this date not tested.

The dominant part of this thesis is focused on the third goal of this work, which is
a comparison of aneurysmal wall stress obtained from the finite element computation that
included mechanical properties of intraluminal thrombus obtained either from the
literature analysis of experimental testing. This part includes discerption of idealized
geometry model development, which was used to analyze the sensibility of computed
stresses on a number of ILT layers representing different material properties. In order to
obtain this analysis, a macro was created prescribing each element of the intraluminal
thrombus finite element mesh with material properties derived from its distance from the
lumen. Next, this chapter contains description of patient-specific geometry models
development, material models, and boundary conditions selection. In the end of this part,
results of the finite element computations are presented together with their statistical
analysis.

Within the last part of this thesis, discussion of results and conclusions of this thesis
is included. Also, an overview of important aspects entering computational modeling of
abdominal aortic aneurysms is presented.



Key Words: AAA wall stress, finite element method, abdominal aortic
aneurysm, intraluminal thrombus.



Abstrakt

Tato prace se zabyva problematikou napéti ve sténé aneurysmatu abdominalni
aorty ve vztahu k riznému materialovému chovani intraluminalniho trombu. Pfitomnost
intraluminalniho trombu v objemu abdominalniho aneurysmatu je velmi Casta. Byl
zkouman vliv zanedbani patient-specific mechanickych vlastnosti intraluminalniho
trombu pacienta na napéti ve sténé aneurysmatu, ziskanych jako vystup z
konecnoprvkové deformacné-napétové analyzy tohoto aneurysmatu, realizované
variacni metodou-MKP. Pii vybéru metody bylo respektovano systémové pojeti v tom
smyslu, ze metoda feSeni byla vybirana tak, aby co nejvice respektovala systém
podstatnych velicin.

Prvni ¢ast této prace je zamerena na popis fesené problematiky. Déle se tato Cast
vénuje deskripci kardiovaskularni soustavy Clovéka se zaméfenim na podstatné jevy
spojené s aneurysmatem abdominalni aorty, popisu jeho charakteristik, mechanickych
vlastnosti a rizik spojenych s jeho vznikem. Déle se tato prace zabyva zakladnimi
charakteristikami intraluminalniho trombu (anatomie, fyziologie, patologie), jeho
strukturou a vlivem na procesy probihajici v abdominalnim aneurysmatu.

Druha ¢ast je vénovana tfeSeni prvniho a druhého cile této prace, kterym jsou
provedeni reSer$ni studie literatury s ohledem na publikované a bézné pouzivané hodnoty
mechanickych  vlastnosti  intraluminalniho trombu a provedeni dvouosych
experimentalnich zkousek vzorku intraluminalnich trombd. Experimentalni zkousky byly
provedeny za ucelem ziskani pacient-specific mechanicky vlastnosti, které jsou dale
pouzity jako vstupy do konecnoprvkové analyzy. Provedené experimentalni testovani
potvrdilo zanedbatelnost tuhosti vnéjsi ¢asti intraluminalniho trombu, ktera jiz byla
popsana v nékterych studiich, ale jejiz vliv na napéti ve $téné aneurysmatu dosud nebyl
zkouman.

Dominantni cast této prace je zaméfena na feSeni tretiho stanoveného cile, kterym
je srovnani napéti ve stén¢ aneurysmatu, ziskanych konecnoprvkovym vypoctem, pii
pouziti tuhosti intraluminalniho trombu ziskanych z literatury nebo patient-specific
hodnot z provedeného experimentalniho testovani. V této Casti je popsana tvorba
idealizovaného modelu geometrie, na némz byla provedena analyza vlivu poctu
materidloveé odliSnych vrstev intraluminalniho trombu na napéti ve sténé aneurysmatu.
Za ulelem vytvoreni geometrie bylo vytvoreno makro, pfifazujici kazdému elementu
konecnoprvkové sit¢ trombu materialové vlastnosti, podminéné vzdalenosti od krevniho
recCisté. Dale je wuveden popis tvorby pacient-specific modelu geometrie,
konecnoprvkovych siti obou modelti geometrie, modeld materiali a volby okrajovych
podminek. Zavér této Casti je vénovan prezentaci vysledk a jejich statistické analyze.

Posledni casti prace je diskuze vysledka a podstatnych veli¢in vstupujicich do
vypoctového modelovani abdominalnich aneurysmat a zaveér.



Klicova Slova: Napéti ve sténé aneurysmatu, metoda kone¢nych prvkd, aneurysma
abdominalni aorty, intraluminalni trombus.
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1 Introduction

Among men over the age of 60, abdominal aortic aneurysm (AAA) rupture is an
increasingly frequent cause of death, being the 10" most common cause of demise [3,21].
A diagnosed AAA (figure 1) can be repaired by conventional or endovascular procedures
to avoid its rupture. However, surgery is not always possible since the majority of patients
suffering from this disease are people above 60 years of age and repair process can be
associated with mortality rates of 4.0 and 2.9 %, respectively [38]. Therefore, to avoid
unnecessary surgery but also the death by AAA rupture, a reliable criterion indicating a
need for a surgical repair of patient’s AAA is needed [2]. In current practice, a diameter
of 5.0 cm in women and 5.5 in men, or an aneurysm grow rate exceeding 0.5 - 1 cm per
year, is used as an indicator of necessity for intervention, despite the observation that
many AAAs less than 5.5 cm in diameter rupture while others exceeding the critical
geometry values do not [21]. Therefore, a more advanced criterion is clearly necessary to
predict the risk of AAA rupture [21]. In terms of biomechanics, the AAA rupture is an
event when the stress of the degenerated and weakened aortic wall exceeds a local
strength of the tissue resulting in a final stage failure of the material. According to this
fact, the knowledge of the wall stress distribution is critical in connection with AAA
rupture prediction [22].

Figure 1 Schematic view of abdominal aortic aneurysm (left) [28], AAA during
surgery (right) [80].

Additionally, it has been found that intraluminal thrombus (ILT) (see chapter 4),
which is present in most AAAs of a clinically relevant size, may cause hypoxia in the
underlying vessel wall that leads to increased neovascularization and degradation of
extracellular matrix contributing to the vessel wall weakening. Moreover, the part of the
AAA wall that overlays ILT is also thinner, contains a greater number of inflammatory
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cells and undergoes increased smooth muscle cells (SMC) apoptosis which have a great
impact on the changes of mechanical stress in the aneurysm wall [2]. Consequently, the
thickness of the ILT is proportional to the amount of the wall weakening above the ILT,
resulting in increased risk of AAA rupture [3,46]. On the other hand, few studies have
shown that ILT can be viewed as an elastic material protecting the thin vessel wall from
high stress and acting as a buffer, hence decreasing the AAA rupture risk [2,40]. In
addition, the average thickness of an intraluminal thrombus (ILT) in ruptured AAAs is
lower than in non-ruptured [25]. In both cases, ILT itself plays a significant role in the
biomechanics of AAAs, however, due to a great complexity of its structure, the overall
role of the ILT in AAA growth and rupture is not completely discovered [3,25]. Based on
the ILT properties, gender or luminal diameter, the presence of ILT alters both magnitude
and distribution of the stress in AAA wall [2].

Evaluation of the risk of AAA rupture based on wall stress has been suggested to
provide more reliable results [49], however computational models based on an
understanding of all the aspect of AAA structure, including patient-specific geometries,
must be developed in order to improve the dependability of this method [21,59]. By
revealing the uncertainties of finite element method (FEM) analysis without comprising
patient-specific values of ILT properties, this thesis may help in future AAA rupture risk
analysis.

1.1 Description of Problem Situation

As being mentioned, the AAA rupture occurs if the mechanical stress is greater than
a local wall strength. Therefore, in addition to the maximum allowed diameter criterion
another assessing criterion in terms of AAA wall stress data analysis, is needed to predict
the rupture since the maximum diameter assessment provides flawless results [1,2]. In
order to determine the AAA wall stress, some studies neglected the influence of ILT and
did not include ILT in their calculations [47,48]. However, in almost all AAAs, an ILT is
found with dimensions great enough to possibly increase a risk of AAA rupture. The ILT
interacts with the underlying vessel wall and has multiple effects on its mechanical
behavior and properties. By spacing the vessel wall out of the bloodstream, ILT may
cause local hypoxia which could possibly lead to increased neovascularization and other
remodeling effects [36], all contributing to the regional weakening of the vessel wall and
change of its structural composition. Since the ILT has a significant impact on the wall
biomechanics, the ILT signally influences the magnitude and distribution of the resulting
stress inside the aortic wall [3]. Also, as being conducted by evaluation of AAA wall
rupture from a CT data sets, most of the ruptures occur in the parts influenced by ITL [3].
Therefore, not only the mechanical properties of AAA wall but also properties of the ILT
may play a significant role in AAA rupture risk assessment [3]. In a current practice,
mean mechanical properties of ILT, obtained from in vitro measurements on specimens
without a precise description of their position within the ILT body, available in the
literature [3,27,40] are used in AAA wall stress analysis, even though the dispersion of
patient-specific ILT properties compared to the mean data is unknown. Therefore, the
motivation for this thesis was to determine the uncertainties in finite element method
(FEM) AAA wall stress analysis caused by the lack of information about the ILT
properties of a specific patient and thereby contribute to developing a computational
model to assess AAA rupture risk.
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1.2 Problem Formulation

Intraluminal thrombus is a very common part of abdominal aortic aneurysms and it
is a very important aspect in terms of AAA wall stress assessment to be used as a decisive
criterion for rupture [2, 3, 22, 25, 26, 27, 36, 37, 38, 40,41, 42, 44, 45, 50, 54, 55,73,77].
Thus, it is necessary to know the uncertainty in wall stress caused by using mean
mechanical properties and not patient-specific properties, which is the aim of this thesis.

1.3 Goals of this thesis

Based on the problem formulation mentioned above, the goals of this thesis were
formulated by the thesis supervisor as follows:

1) Analyze the available literature and obtain mean population stiffness of the
intraluminal thrombus.

2) Perform experimental tests of provided samples of intraluminal thrombus.

3) Compute and compare wall stresses obtained from FE analysis using either
patient-specific or mean stiffness of intraluminal thrombus.

1.4 Modeling

Importantly, when modeling real objects, numerous assumptions need to be
introduced causing the FE models to represent the biomechanics of the real AAA to some
level of precision. Thus, modeling of any kind is always a certain extent of simplification
of the reality (figure 2). In this thesis, both, an idealized model of geometry together with
5 patient-specific models of geometry, were considered (7.3.1 and 7.4.1).

Figure 2 Comparison of a real part of the ILT (right) [83] with an FE mesh model
(left). Note that these ILT examples does not correspond to each other and were only
randomly chosen for illustrative reasons.

17
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1.4.1 Modeling of structural properties

As described in 2.3 and 4.3, AAA wall and ILT are composed of complex biological
material structures. Importantly, in this thesis, materials of the AAA wall and ILT were
considered as hyperplastic (non-linear), isotropic, incompressible and homogeneous (see
6.3, 7.3.2 and 7.4.2). Consequently, large deformations were considered.

1.4.1.1 Large deformations

In order to describe the behavior of soft tissues, it is necessary to consider a finite
deformation instead of the regular assumption of small deformation that is used for steel
structures. In the mechanics of continuum, to describe the finite deformations, two
approaches are used. A Lagrange approach uses as a reference geometry the unreformed
state while the Euler approach uses the deformed geometry state [82]. The stress and
deformation tensors used mentioned in this thesis are defined below.

Green-Lagrange strain tensor

This tensor respects the Lagrange approach, therefore the finite strains are
referenced to the undeformed geometry with the element rotation being respected, as well
[82].

1| éu., ©Ju % ) 5
E,f.:i ou, +ij+cﬁ/”k% :l(/‘.;—l)
2|ox; Tax, ax,ax,| 2 (1)

Cauchy-Green tensor of deformation

Instead of strain, this definition works with the stretch ratios A, with the principal
coordinates of this tensor being the squares of the stretch ratios in the principal directions.

A 0 0
c=lo 2 o @
0o 0 X

2. Piola-Kirchhoff stress tensor

The second Piola-Kirchhoff stress tensor uses a modified element force referenced
to the undeformed geometry.

dF,

0i

S =
dx, - dX, 3

Despite, the fact that this tensor does not have a physical interpretation, it is widely
used due to its ability to remain symmetrical even for large deformations. Also, it forms
an energetically conjugate pair with the Green- Lagrange strain tensor.
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1.4.1.2 Hyperelasticity

Generally, soft biological tissues belong among materials that exhibit large finite
reversible deformations. As shown in figure 11, the stress-strain dependence of these
materials is non-linear. These attributes are typical for hyperelastic materials among
which arterial walls belong [52].

Definition of hyperelastic material

A material is called hyperelastic if there is an elastic potential function W which is
a scalar function of strain tensor. The function’s derivative with respect to any strain
components gives a corresponding component of stress. In the equation 4, Sj; represents
a component of the 2. Piola-Kirchhoff stress tensor and Ej; is a component of the Green-
Lagrange strain tensor [52].

ow
Sij = OEjj 4)
The advantage of modeling a soft tissue as hyperelastic is the possibility of the
constative models to prescribe material as totally incompressible.

2 Basic information on human cardiovascular system

To fully understand the problematic of abdominal aortic aneurysm and the risk of
its rupture, introduction to a human cardiovascular system, with a focus on important
aspects in relation to AAA, is necessary.

The human cardiovascular system works mainly as a transportation system
distributing substances to and from cells. The cardiovascular system’s essential
components are the heart, blood and blood vessels. The heart, that can be described as
two serially functioning pumps, is a drive unit pumping the blood, carrying medium of
the substances, through the blood vessel forming two circulation loops. In pulmonary
circulation, the blood is driven through lungs whereas systemic circulation brings the
blood to the rest of the body [4].

More detailed description of the above-mentioned components with a focus on their
relations and contributions to AAA formation and rupture risk evaluation will be the
subject of the following chapters.

2.1 Blood

Since blood is the medium that causes the pressure load on arterial walls as well as
thrombosis, that is associated with ILT formation, the knowledge of its physiology and
behavior is valuable when dealing with aortic wall stresses and ILTs. As mentioned
above, blood is a liquid that serves as a medium for substances transport in the cardio-
vascular system. The blood consists of blood cells (erythrocytes, leukocytes, blood
platelets) suspended in blood plasma. The total volume of a blood in the human body is about
8% of body weight from which 55% corresponds to the blood plasma [4].

2.1.1 Hemorheology

From the physical point of view, blood is a non-Newton fluid which means that its
physical behavior can’t be described by a single coefficient of viscosity (given by ratio
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of shear stress and shear rate) at a certain temperature and that its rheological properties
are derived from shear rate (figure 3), size and geometry of the surrounding vessel [5].
Rheologically, blood can be characterized as a two-phase liquid consisting of the liquid
phase (plasma) and solid phase (cellular elements) [6]. Therefore, the viscosity of blood
is determined by plasma viscosity (approximately 1.8 times more viscous than
water), hematocrit (volume percentage of red blood cells in blood), mechanical properties
of red blood cells (RBCs) and temperature, giving the blood 3 or 4 times higher viscosity
than water [6,11]. The red blood cells (RBCs) are highly deformable and more
importantly have the ability to undergo reversible aggregation. The instantaneous size of
RBCs strongly influences the apparent blood viscosity and is inversely proportional to
the magnitude of shear forces as the particles stick together under low-flow or static
conditions and are being separated when the shear forces grow. Therefore, the value of
blood viscosity depends on existing shear forces which corresponds to the definition of
non-Newton fluids [6].
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Figure 3 Dependence of viscosity on shear rate of a normal blood. As shown in the
diagram, hardened RBCs that are present in the plasma does not contribute to the non-
Newton behavior while RBCs suspended in buffer, a medium that prevents RBCs from

aggregation, show response close to Newton fluids, demonstrating the effects of RBC
behavior on blood fluid mechanics [6].

Moreover, the particular nature of blood causes that the apparent viscosity is not the
only function of RBC concentration (hematocrit) but also depends on vessel diameter.
Studies conducted that the apparent viscosity of blood decreases as the diameter of the
vessel becomes smaller. This behavior applies till the diameter reaches values of 5—7 pm
[7]. If the diameter drops below this boundary value, the apparent viscosity raises greatly
since the size of the blood cells becomes greater than the tube and in order to maintain
the flow of the blood inside the vessel, blood cells must be deformed. This phenomenon
is called Fahraeus-Lindqvist effect [6].
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Also, similarly to the Fahraeus-Lindqvist effect, Fahraeus effect (or plasma
skimming) is another phenomenon describing the of blood flow characteristics. As the
diameter of vessel decreases the average concentration of red blood cell also decreases
lowering the apparent viscosity. To do so, RBCs are not evenly distributed throughout
the cross-section of the vessel. More likely the RBCs will gather in the middle of the cross
section creating low-concentration zones around the vessel wall (figure 4). Consequently,
the RBCs at the central region have a higher velocity due to low shear forces at the center
of the vessel, while RBC poor zones around the vessel wall experience lower velocities.
Thus, hematocrit of blood flow in smaller conduits leading off a vessel with existing
hematocrit radial gradient (figure 4) is lower which corresponds to lower apparent
viscosity [6,7].

Cell-Free Layer
+~ (Plasma)

Red Blood Cells

Figure 4 Blood entering the side branches comes from the RBCs poor zones of the
blood stream caused by the accumulation of red blood cell in the central zone of large
vessels [7].

2.1.2 Hemodynamics

In terms of hemodynamics, it is necessary to distinguish between blood velocity
expressed by the distance over a unit of time (usually cm/s) and blood flow given by a
volume over a unit of time (cm?/s). According to the following formula:

|

)

the velocity of blood (V) is directly proportional to the blood flow (Q) and
indirectly proportional to the tube cross-section (A). The average velocity in any position
of a parallel system of tubes is indirectly proportional to the total cross-section of the
tubes. Therefore, the average blood velocity in the aorta is higher than the velocity in
capillaries with the total cross-section 1000 times greater than the cross-section of the
aorta (Figure 5) [4].
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Figure 5 Dependence of mean blood velocity on the total cross section (TC) of the
vessels [4].

The mean blood velocity in the aorta is 40 cm/s, however, the blood velocity is
dependent on the cardiac cycle phase and ranges from 120cm/s during systole to negative
values during the closing of the aortic valves [4].

In a normal state, blood flow in the vessel is laminar with the central region having
the highest velocity while an infinitely thin layer of blood in contact with the vessel wall
does not move at all. On the other hand, a turbulent flow occurs when the flow velocity
exceeds a critical value or when the laminar flow is interrupted by unusual conditions of
vascular geometry [4]. Another type of flow that can occur under certain conditions is the
vortex flow. While in turbulent flow region the particles are moving randomly, vortex
flow regions consist of slowly moving streamlines that separated from the laminar current
within a vessel and are often moving in a countercurrent direction (figure 6) [12].

Figure 6 Nature of a blood flow in abdominal aorta aneurysm. The presence of
intraluminal thrombus was not considered therefore this figure is only schematic,
suggesting the presence of vortex flow in aortic dilatations contributing to ILT
formation [13].
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The intrusion of aortic geometry by the formation of AAA disrupts the otherwise
laminar nature of blood flow causing the blood to travel in non-laminar stream lowering
the average blood flow velocity inside the aneurysmatic bulge. Possibly, platelets, blood
cells responsible for clot formation, are transported towards the distal aneurysm region.
The combination of high residence times and high shear stresses may contribute to
activation of the thrombus formation mechanism [9].

2.2 Heart

In order to fully understand the nature of loads acting on the arterial walls, breath
knowledge of their sources is necessary. The heart is the drive unit of the human
cardiovascular system that works as a suction and pressure pump that by its rhythmical
function provides a blood circulation and pressure [10]. For the purposes of this thesis,
only basic description of the heart anatomy and physiology is sufficient.

When the blood is passing through the heart it flows through four chambers: right
atrium, left atrium, right ventricle and left ventricle. The atria are the receiving chambers
while ventricles are discharging. Between each atrium and ventricle and at the exit of
each ventricle a valve preventing the blood from reverse motion is located [10].

The heart activity is cyclic. Each cardiac cycle consists of relaxation (diastole) and
contraction of the heart (systole). During diastole, the chambers are gradually filling with
blood so that when the heart contracts during systolic phase, the blood can by squeezed
out of the heart [10]. This process repeats with frequencies ranging from 65/min to
230/min, theoretically even around 400/min. The systolic phase for a frequency of 65/min
lasts 0.3 s while the diastolic phase can last up to 0.6 s. Moreover, the cardiac muscle
possesses a unique ability to shorten the systolic and diastolic phases at higher working
frequencies, when the shortening of the phases is predominantly at the expense of ejection
process [4]. As mentioned above, the heart secures two circulation loops. The systemic
circulation starts at left ventricle leading oxygenated blood through the body and back to
the right atrium from with the blood is entering the pulmonary circulation starting from
the right ventricle, passing through the lungs and terminating the circulation in the left

atrium (figure 7) [10].
—(=

L 4

Left Right
Atrium | Atrium

-

Left Right
Ventricle | Ventricle

' Organs :

Figure 7 Diagram showing systemic and pulmonary circulation.
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2.2.1 Blood Pressure

Together with the cardiac cycle phases, blood pressure is changing over time as
well with normal values around 16 kPa for systolic pressure and around 9 kPa for diastolic
pressure [4]. Among patients of age over 60 years, thus those in increased risk of AAA
development (3.1), the mean systolic pressure has been recorded 16.5 kPa (SD 2.5 kPa)
[11]. The sudden increase of arterial pressure can by caused by exercise or any kind of
stress [4]. Also, in a normal state, blood pressure in systemic circulation is approximately
6 times higher than in pulmonary circulation [20]. Permanently increased arterial
pressure is called hypertension. Moreover, values of arterial pressure depend on
gravitation forces as well. The influence of gravitation on a referential pressure at the
heart level is given by the product of blood density, gravitational acceleration and the
vertical distance between the heart and the certain point on the vessel. When standing, the
difference of pressure is rising by 0.11 kPa per 1cm of vertical distance for vessels below
the heart level assuming normal blood density. For example, the arterial pressure in the
aorta at the iliac bifurcation region with referential pressure (at the heart level) 16.0 kPa
and vertical distance of being around 35 cm is 19.85 kPa under the assumption of normal
blood density [4,39]. However, values of arterial pressure or vertical distances among
certain point are subjected to strong patient diversity [11,39].

During the systolic phase of the arterial cycle, the expelled blood not only drives
the blood flow but also creates a pressure wave which propagates in the vessel wall. For
a young adult person, the wave velocity in the aorta is about 4 m/s while in small arteries
it reaches 16 m/s. The velocity of the wave does not correspond to the blood velocity and
increases with aging as the vessel wall becomes stiffer [4]. For example, in the abdominal
aorta, it has been documented a 1.6-fold increase in pressure wave velocity from 21 to 72
years of age corresponding to velocities of 5.1 and 8.0 m/s respectively [14].The aortic
pressure wave can be decomposed into two parts, the forward traveling wave generated
by the left ventricle contraction and the reflected wave traveling in opposite direction
generated mainly by vascular bifurcations with the iliac bifurcation being assumed as a
dominant reflection source [16,18]. The summation of these two waves is a result of
pressure augmentation and gives the overall pressure load profile on the vessel through
which they propagate [17]. The shape of the pressure waveform depends on the velocities
of the respective waves and their mutual position. Therefore, as mentioned above, since
the arterial stiffening increases the pressure waves velocities, an earlier reflection of the
backward wave occurs causing a change in the waves mutual position. Consequently, due
to the alignment of the waves peaks, the overall systolic peak increases while diastolic
pressure decreases (figure 8) [17].
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Figure 8 The pressure waveform changes due to arterial stiffening. The increase in
pressure wave velocities causes a difference in forward and reflected wave alignment
resulting in the waveform peaks growth [17].

Also, the increased blood pressure pulsatile behavior creates greater stresses
acting on the vessel walls. Thus, with each cardiac cycle, the vessel wall undergoes
increased contractions and expansions leading to a higher stretch of elastin and collagen
fibers inside the vessel wall. This may lead to increased risk of material fatigue,
degradation or other damage as well to AAA development [17,35].

2.3 Blood vessels

Blood vessels form a closed system of elastic tubes of different cross sections that
are responsible for the transport of blood through the body. The vessels can be
divided into five categories: arteries, arterioles, capillaries, venules and veins each
having a unique structure and properties to serve a unique function [10,20]. For the
purposes of this thesis, only a description of abdominal aorta anatomy is relevant.

2.3.1 Abdominal aorta

Transporting the oxygenated blood towards all abdominal and pelvic organs,
abdominal aorta is a direct unpaired continuation of the thoracic aorta. Abdominal aorta
travels through the abdomen on its posterior wall, inferior to the vertebral column
beginning at the level of the last thoracic vertebrae and ending at the iliac bifurcation. The
abdominal aorta has several branches that can be divided into parietal branches (most
often located at the anterior side, supplying surrounding walls) and visceral branches
(supplying organs) that are either paired or unpaired (figure 9) [19].
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= Abdominal Aorta

Figure 9 Diagram of the abdominal aorta with its parietal (5,8), unpaired visceral
(1,2,3), and paired visceral (4,6,9) branches. 1- Coeliac axis, 2- Superior mesenteric
artery, 3-Inferior mesenteric artery, 4- Renal arteries, 5- Lumbar arteries, 6- Testicular
arteries, 7- Common iliac arteries, 8- Medial sacral artery, 9- Middle suprarenal
arteries.

2.3.2 Arterial wall structure

Certain cardiovascular vessel walls are made to withstand their functional demands.
Aorta is an elastic artery adapted for pulsatile loading generated by the heart. It is made
of nerves, smooth muscle, extracellular matrix and another different type of cells each
fulfilling a specific purpose, creating three distinguished layers: tunica externa, tunica
media, and tunica intima. Moreover, due to the great thickness of the artery wall, local
system of blood vessels is necessary to nourish the layers spaced out of the blood stream
and can not be reached by the diffusion of nutrients through the wall [10,19]. The artery
wall with the distinguished layers is shown in figure 10.
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Figure 10 Arterial wall structure [19].
A Tunica intima
1 endothel
2 lamina basalis (serves as attachment for cells)
3 membrana elastic interna
B Tunica media
4 smooth muscle cells
C Tunica externa containing blood vessels (vasa vasorum)
5 membrana elastic externa

6 connective tissue containing small branches

2.3.2.1 Tunica externa

Tunica externa, or Adventitia, is the outer layer of the arterial wall containing sparse
elastin fibers, nerves but mainly fibroblasts producing irregularly oriented type I collagen
[20]. Fibers on the outer surface overlay each other creating a network that interacts with
the connective tissues in the near surroundings forming a flexible attachment of the artery
in space while on the inner side, an elastic layer (membrana elastica externa) separates
the adventitia from the muscle cells of the media layer [19]. Also, the collagen fibers
remain most of the time corrugated as they straighten only in cases when over-distention
of the media layer (smooth muscle cells) occurs protecting the vessel from tearing apart
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[20]. Additionally, in large arteries, small branches, own or from a neighbor artery, are
present providing oxygen and nutrients [20].

2.3.2.2 Tunica media

Tunica media is the most robust out of the three layers. It comprises primarily of
smooth muscle cells (SMCs), that are circumferentially (potentially in low spiral threads)
oriented, embedded inside a spatial network of elastin, collagen (types I, III, V) fibers,
and proteoglycans. Elastin fibers create elastic lamellas separating the media into layers
[19, 20]. Even though the primary purpose of the SMC is synthesizing proteins that are
during maturing forming the elastic network, it also provides the ability of the artery to
remodel its geometry to enhance blood flow regulation [20]. Smooth muscle hypertrophy
(increase in size), hyperplasia (increase in number), apoptosis (cell suicide), and
migration each play essential roles in diseases such as aneurysms [19]. Elastin, on the
other hand, is responsible for absorbing the load created by the pulsatile blood flow
properties allowing the artery to dilate and contract which help to the blood movement
[20]. Thus, a number of elastin fibers and SMCs vary based on the size and location of
the artery with the content of elastin increasing with the artery bulk while decreasing with
the distance from the heart [19,20].

2.3.2.3 Tunica intima

The inner layer of the arterial wall, tunica intima, is made of a monolayer of
endothelial cells attached to the adhesive basal layer which is made of mesh-like type IV
collagen and molecules of fibronectin and laminin having primarily adhesive function
[19,20]. Similarly, to the adventitia-media interface, tunica intima is separated from the
media by a thin elastic layer called membrana elastic interna [19]. The endothelium
creates a smooth non-thrombogenic contact between the blood and the arterial wall.
Moreover, the endothelium serves as a sensitive sensor that based on mechanical and
chemical stimuli affect remodeling, cell replication, protein synthesis or the clotting
process. [20].

2.3.3 Biomechanical properties of aorta

The knowledge of the biomechanical properties of either healthy or diseased arterial
wall is a key feature for proper modeling. In abdominal aorta, arterial pressure is
projected into mechanical wall stress. Thus, from the mechanical point of view, the aorta
can be treated as an inflated tube, since it maintains its volume under deformation [24].
Physiologically, the diameter of a certain part of aorta corresponds to the magnitude of
the arterial pressure that it needs to withstand. The higher the pressure is the thicker is the
aorta as well as the aortic wall. The increased size in the arterial wall is given by a number
of the medial lamellar units (MLU), resulting in a constant overall average load of a single
MLU of 2+ 0.4 N/m [24]. Also, since the aorta becomes stiffer under strain, the same part
of the aorta will be stiffer when loaded with hypertensive pressure than in a normal state
[24].

Due to a high content of water, this composite-like material is nearly incompressible as
well as manifests nonlinear stress-strain behavior (figure 11) as the, in normal state
corrugated, collagen fibers straighten during increasing deformation stiffening the whole
structure. Also, the arterial wall, a soft tissue material, exhibits viscoelastic behavior as
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hysteresis, creep and stress relaxation phenomena can be observed under cyclic loading
[31]. However, in the majority of physiologic and pathophysiologic states, the assumption
of hyperelasticity (for definition see 2.3.3.1) is relevant [20]. In a normal state, arterial
walls are pre-strained in the axial direction and pre-stressed in the circumferential
direction. This is caused by smooth muscle cells maintaining ideal stress-strain conditions
[31,67]. Therefore, samples subducted from the body shorten in the axial direction and
open up when cut in the axial direction as a consequence of the residual stresses [31].
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Figure 11 Human aorta stress-strain curves determined by engineering and true stress
definitions, showing stiffening of the material at higher strains due to collagen fibers
activation [32].

2.3.4 Arterial wall remodeling and aging

As a consequence of an injury or disease, changes in arterial wall structure and
function occur. To some level, remodeling of the arterial wall is a part of natural aging of
the organism, however, early changes of the wall properties may cause disruption of
natural hemodynamics and respective cardiovascular complications. Among the most
common mechanism damaging the arterial wall properties are fibrosis, changes in
vascular collagen and elastin or calcification [17]. In cases of AAA, calcification is
usually present in the external regions of the media layer, inhibiting the aneurysmal
expansion [71]. Very often in the aneurysmal wall, there is a lack of elastin fibers
compared to a healthy wall [20]. It has been found that the number of elastin fibers in
medial lamellas during AAA development decreases to 20% of the normal values
resulting in a destruction of the lamellar structure of the medial layer. As a substitution
collagen fibers are synthesized or recreated from other degraded tissue reacting on the
increases stress stimuli as the wall becomes thinner. The disappearing elastin has a
negative impact on the wall mechanical properties as it is very important for a wall
stability and stiffness especially in lower strains [17,32]. However, the ability of the
vascular SMCs to synthesize extracellular matrix containing elastin fibers is decreasing
as well which has a major impact on arterial wall mechanics [33], since also the collagen
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fibers are perishable. Even though there are associations speeding up collagen
degradation process, it is also just a natural consequence of aging that is nothing more
than a material fatigue caused by cyclic loading of the fibers during each cardiac cycle.
Since higher loads, shorten the elastin fibers lifespan, hypertension can significantly
influence the stretches of the fibers and speed up their degradation, consequently raising
the chances of cardiovascular disease development of any type [17].

3 AAA

Pathological remodeling process of the connective arterial tissues that can not be
reversed lead to a disease called aneurysm [23]. This asymmetrical dilatation most often
develops from aged vessels under the influence of co-morbidities affecting the
mechanical properties of the vessel wall [21]. The remodeling process includes
substituting elastin for collagen and increased collagen cross-linking altering the stiffness
of the vessel wall [23].

Typically, AAA occurs in the infrarenal aorta, located between the renal arteries
and aortoiliac bifurcation (figure 12), which is smaller in diameter (around 2 cm) and has
a thinner wall (around 0.2 cm) than the suprarenal aorta. These geometrical differences
are caused by the fact that 19% of the blood volume is drained out by the renal arteries
decreasing the volumetric blood flow in infrarenal aorta [21]. The aneurysm wall is in
majority of cases dilatating into the anterior or anterior-lateral side due to a support from
the spine on the posterior side [34]. Moreover, the direction of the bulk’s growth is
important due to the formation of contacts with the surroundings when the deformation
of a posteriorly oriented bulk may be significantly restricted by the stiff vertebral column.
Also, according to hemodynamics studies, infrarenal aorta experiences oscillatory shear
stresses due to a momentary reversed blood flow which also makes this region more
sensitive to AAA development [21], as well as the fact that the iliac bifurcation is assumed
to be a dominant reflection source of the pressure wave causing summation of the forward
and backward traveling wave and thus increasing the overall pressure load of the vessel
[16,18].

Renal arteries

Iliac bifurcation

. Abdominal

aortic aneurysm

Figure 11 General location of Abdominal aortic aneurysm between renal arteries
and iliac bifurcation [28].
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3.1 AAA risks

Preventive ultrasound screening can reveal aneurysms in dangerous of rupture and
reduce mortality, however, the screening is available only for a limited group of the
population that is associated with increased AAA rupture risks, raising the importance for
the determination of the risk factors [35]. There are several risk factors increasing the
chances of AAA development. The main risk factors are male gender, age, cigarette
smoking and hypertension, however, atherosclerosis, prior surgery, spinal cord injury or
genetics can contribute to the AAA development as well [21]. While it is observed that
spinal cord injury or prior surgery can disrupt the infrarenal aortic hemodynamics, the
reason of gender importance is unknown, even though men are 6x more likely to develop
AAA than women and women with existing AAA are 3-4 x more likely to experience
AAA rupture [21]. Nevertheless, due to a study containing cohort of more than 3 million
patients, providing a distribution of occurrence of wide range of variables among
population with and without AAA (table 1), despite these risk factors, AAA affect large
fraction of non-smokers (19.8%) and women (20.7%) as well [35].

Screened population
Without AAA | With AAA

Variables (N =3,033,009) (N =23,4486)
Gender
Females 65.07% 20.66%
Males 34.93% 79.34%
Age groups
<h5 20.24% 1.83%
55-59 15.99% 4.87%
60-64 19.19% 13.26%
65-69 16.97% 20.14%
70-74 13.24% 23.48%
Other
Smokers 42 47% 80.22%
Current smokers 10.68% 28.09%
Past smokers 31.79% 52.14%
High blood pressure 65.02% 8151%
Controlled 19.49% 22.86%
Uncontrolled 27.09% 38.61%
High cholesterol 53.89% 68.06%
Coronary artery 6.72% 26 69%
disease
Family history
AAA 2.48% 7.95%
Overweight 66.73% 73.30%

Tablel Occurrence of variables among people with and without developed AAA
giving a summary of certain aspects importance. The data obtained from [35].
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3.2 Mechanical properties of the AAA wall

As being mentioned above, the structure of the aneurysm wall is very different from
the one in a normal state. Therefore, substantial changes in biomechanical properties are
the consequence of the wall remodeling. The material properties report a significant
dependence on the location of the tested specimen. As shown in figure 13, the material
response is different for lateral, posterior, and interior regions as well as for longitudinal
and circumferential direction [34].
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Figure 13 Stress-strain curves for lateral (L), anterior (A), posterior (P) region of
AAA are showing that the stiffness of aneurysm wall decreases from lateral to anterior
to posterior zones. The AV curve represents the average of all samples [34].

To compare the results obtained for the aneurysmal wall with a normal aortic wall,
the changes of internal wall structure causes that the aneurysmal wall manifests overall
stiffer behavior (figure 14) [34]. This is the consequence of straightening collagen fibers
which in a normal state are slack and remain unloaded. Due to the elastin degradation,
the elastin to collagen ratio for the aneurysm wall is smaller than the one of normal wall,
being the cause of the changes in stress-strain material response when the small strains
zone characterized by the load being carried by elastin fibers, while the collagen fibers
are slack, is reduced [33,45]. As a consequence of the wall remodeling, especially a
difference in collagen orientation and crosslinking causes anisotropy of the aortic wall,
which circumferential and longitudinal stiffness at normal state differs, disappear [24].
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Figure 14 Comparison of the AAA wall and normal aortic wall stress-strain
curves in circumferential direction where L, A, and P are lateral, anterior and posterior
samples of the AAA wall respectively while N corresponds to a normal wall response.
The A/L curve is present for comparison with a different study [34].

4 ILT

The variability of AAAs clinical outcomes has been attributed to the presence of
ILT, which can be found in the most of the AAAs (figure 15). The size of ILT can be
anywhere in the range from few millimeters to several centimeters [25]. ILT consists of
activated platelets creating an interconnected fibrin mesh, with various amounts of red
and white entrapped blood cells. The ILT is a complex structure with histology
dependency on time and location within the AAA body [3,25].
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Figure 15 Example of an ILT presence in AAA.

4.1 Development of ILT

Following text is based on findings in [25]. Disturbed blood flow in the AAA region
is responsible for a development of vortical structures that most likely play a key role in
creating an environment that allows processes necessary for ILT formation and grow. The
presence of vortices (2.1.2) creates zones of high fluid shear stresses that cause activation
of blood platelets. On the other hand, it has been recorded that the shear stresses measured
close to the aneurysm wall are lower than stresses experienced by healthy endothelium.
This allows for increased adhesive conditions at the aneurysm wall and gathering of the
activated platelets. In the early stages of ILF development, the gathered activated platelets
start to break down fibrinogen into fibrin. Followingly, polymerized fibrin creates a mesh
that contains a small amount of entrapped erythrocytes and leukocyte. As new platelets
are captured from the blood stream and old blood cells captured in the mesh lyse, the
fibrin density of the porous structure increases and becomes unsuitable for new cells
entrapment.

4.2 Types of ILT

Based on the ILT structure and mechanical properties, there are two distinguishable
types. For the first type of ILT gradual transmural changes of structure and strong
connectivity in the radial direction are typical, when on the other hand the second
(discrete) type exhibits layered structure with sharply defined boundaries and weak
mutual connectivity. Consequently, properties of these, typically three, layers are
generally different. It was observed that the structure type of the ILT corresponds to the
process of its formation when a gradual build up results in ILT with a continuous
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transition of structure and properties while discrete and temporary deposition is
characteristic for the creation of heterogeneous layers (figure 16) [25].
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Figure 16 History of patient’s AAA volume (AAA Sac) development with distinct
temporary ILT (AAA Thrombus) deposition between Jun. 2005 and Mar. 2006. It can be
observed that the increase in AAA volume is compensated by the increase of either
thrombus of lumen (AAA Lumen) volume with one being indirectly proportional to the
other [25].

AIl ILT tested in this thesis had distinguishable layers, therefore only the layered
type of ILT will be discussed in the following chapters.

4.3 Layered ILT

As mention above, layered ILT usually consist of three layers: luminal, medial and
abluminal as it refers to their position relative to the aneurysm lumen (figure 17),
however, this characterization does not correspond to the ILT tissue biochemical or
biomechanical properties and not all thrombi consist of all three layers. It was suggested
that there is a need for further classification of ILT since the mechanical and histological
aspects of all three layers evolve with aging as degradation of all layers was recorded with
increasing age. On the other hand, it has been found that unlike most thrombi in the human
body that resolve over time, ILT experience replacement of the fibrin network with
collagen and other processes that may be signs of healing [25].
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Figure 17 Overall and structural images of an ILT consisting of luminal, medial

and abluminal layers. There are entrapped blood cells distinctly visible in the structure

of the luminal layer while the older medial layer is porous. Degraded abluminal layer
with no fibrin mesh organization is shown in the bottom right layer [25].

The nearest layer to the lumen, the luminal layer, is also the youngest and has a red
color due to a high content of entrapped red blood cells which lyse over time making the
adjacent medial layer to be yellow or white. Despite a dense fibrin network, the medial
layer lacks the presence of leukocytes and intact erythrocytes. As the ILT becomes older
its distance from the lumen increases due to new thrombi deposition at the ILT-blood
stream interface. Thus, the ILT changes its structure and properties because of lysis of
erythrocytes, leukocyte apoptosis, and fibrinolysis. In some cases, the most distant from
the blood stream, abluminal, layer appears brown. The abluminal layer may also by
separated from the arterial wall by a thin film of liquid that may be a consequence of full
ILT degradation. Also, as shown in the bottom images of figure 17, aging of ILT is
associated with the fibrin mesh degradation. In the young, luminal layer, the fibrin mesh
is formed by thick primary, and thin secondary fibers of fibrin, creating a well-organized
and finely interconnected mesh. As the ILT becomes older, the secondary fibers disappear
contributing to the mesh degradation as seen in the medial structure. In abluminal layer,
almost no fibrin mesh organization is found. The structural decomposition of ILT layers
is adequate to the different mechanical properties [25].

According to mechanical tests, increased stiffness and strength for the luminal layer
was found compared to the medial and abluminal layers, as the stiffness of the layers from
the lumen to the wall decreases. Also, comparison of axial and circumferential values
indicates material isotropy and nonlinear hyperelastic behavior [25].
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4.4 Effects of ILT on AAA

Thorough AAA wall rupture data analysis revealed that the majority of ruptures is
located in the region covered by the ILT or in its near surroundings [44]. On the other
hand, despite the fact that in comparison with a wall covered with thin thrombus, AAA
wall covered with a thick thrombus has fewer elastin fibers, a higher amount of
inflammation and lower tensile strength, higher average thrombus thickness is reported
for non-ruptured AAAs compared to ruptured AAAs [25]. Therefore, most of the wall
degenerative processes may occur in the wall in contact with the luminal layer while
further deposition and ILT enlargement may have a protectivity role, shielding the wall
from stresses as well as spacing the wall from the biologically active luminal layer [2,25].
Thus, if thin thrombus cause degradation of the AAA wall by excess proteases, the
subsequent wall expansion creates disturbed hemodynamics inducing a new thrombus
deposition making the growth rate of ILT better rupture prediction parameter than
maximum size of the ILT as the growth rate may correspond to amount of the damage
induced in the wall [25].
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Figure 18 Formation of layered ILT by stepwise bulk enlargement and thrombus
filling due to disruption of the blood flow. The initiation of thrombus formation in 3 is
schematic. Pictures 5 - Shoulder and 6 - Apex represent two cross-sectional views at the
AAA shoulder and apex respectively. Notice the luminal layer being in contact with the
wall in AAA shoulder but shield from the wall by the older layer at the apex region
[25].

However, even a thick thrombus with the apex spaced out from the luminal layer
by medial and abluminal layers causes damage to the wall by the biologically active
luminal layers at the aneurysm shoulder regions. The shoulder regions are proximal and
distal zones between the dilated and intact aorta (figure 18). Thus, in these zones, the
developing aneurysm wall remains in direct contact with the fresh luminal layer
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experiencing more thrombus-derived proteases. These shoulder regions may play an
important role in predicting the aneurysm axial expansion into proximal and distal non-
dilated surroundings (neck regions) [25]. On the other hand, since the thrombus tissue
tends to stymie oxygen transport from the bloodstream to the underlying aneurysm wall,
the more ILT tissue occurs between the lumen and the wall the stronger hypoxia of the
wall supervene. As a response of the wall tissue, increased vascularization and
inflammation takes place further contributing to the wall weakening by decreasing the
synthesis of collagen and elastin as well as activating other mechanisms that contribute
to the material degradation [36]. The appearance graphical representation of the above-
mentioned consequences of increased ILT thickness is shown in figure 19.
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Figure 19 Representation of inflammation, neovascularization, and oxygen
saturation dependence on ILT thickness. The oxygen saturation is described by PO;
(*100%). PO> corresponds to partial oxygen pressure. A cohort of 11 patients with AAA
was divided into group I that corresponds to patients with ILT thickness of 4 mm or
greater while group Il represents patients with ILT thickness of 4 mm or less or no ILT
at all. A control sample was obtained from a non-aneurysmal wall [36].

Even though, some papers conclude that the ILT does not significantly reduce the
pressure near the aneurysm wall and therefore does not a reduce the rupture risk [8,37],
as being mentioned previously, many computational studies [25,40,72] on the other hand
support, that ILT presence in AAA provides mechanical protection of the dilatated wall.
However, this protection by pressure shielding strongly depends on the form of
attachment of the outside ILT layer to the aneurysm wall and the variable mechanical
properties of the ILT itself, especially the level of porosity. Since the external layer of the
ILT may be a liquid phase, strongly degraded abluminal layer or in cases of small ILTs
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an active luminal layer, the adhesive interphase between ILT and AAA wall may acquire
a wide range of forms. For instance, it has been suggested that only partial attachment of
the border ILT layer to the AAA wall may create stress concentration and increased wall
stress. Therefore, further testing is needed in order to solve this question [25].

Due to the ILT structure complexity and variability, the overall role in influencing
the AAA rupture with all its aspects remains unsolved and may be a subject for further
investigation. However, since the ILT alters both, the strength of the weakened vessel
wall and the mechanical stress that the wall needs to withstand, understanding the ILT
role in AAA mechanics may contribute to better rupture risk predictability, especially in
cases where the ILT failure occurs prior the AAA wall failure and may be the cause of
the rupture [2,3,25]. The fact that maximal and minimal circumferential stresses at a
pressurized thick-walled tube occur at the inside and outside of the tube wall, respectively,
support this possible scenario [3].

S Existing data of ILT Mechanical Properties

According to studies determining that the in vivo inner circumferential strains of
AAAs during systole can reach 15% [38], it is obvious and has been conducted that ILT
undergoes large deformation in vivo [26]. As being conducted by noninvasive ultrasound
investigations, ILT is incompressible and the majority of computational works to date
consider incompressibility when modeling ILT [3,25,26]. Due to mechanical testing,
isotropy and linear response of ILT material can be considered when modeling [22,25,27]
which is also supported by the results of mechanical testing in 6.3.

Among studies performing mechanical tests of ILT specimens vande Geest et al.
[30] provided data obtained from the uniaxial test of luminal layers when Gasser et al. [3]
performed biaxial tests for all three layers. A comparison of models describing biaxial
tension behavior from both sources is shown in figure 20.

ILT Stress-strain curves comparison
35

Gasser abluminal 2008

\

------- Gaseer medial 2008

\.

====Gasser luminal 2008

N
o

++ mmm/ande Geest 2006

=
w

Engineering stress [kPa]

Y
o

w

0.00 0.02 0.04 0.06 0.08 0.10 0.12 0.14 0.16 0.18 0.20
Engineering strain [-]

Figure 20 Comparison of models describing the stress-strain response of an ILT
tissue. Vande Geest in [30] tested luminal layer and based his model on uniaxial tensile
test while Gasser [3] used biaxial test for all three tested layers of the ILT.
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Assessing the values of the ILT mechanical properties available in the literature, a
big range of experimental results can be observed, increasing the importance of patient-
specific values in a relevant modeling of AAA including the ILT. More importantly, in
most studies [3,22,25,27,38,42], the ILT is defined of having three distinguished layers
(luminal, medial and abluminal). Thus, the tested specimens are referenced to these layers
without any information about their distance from the lumen or aneurysm wall, which
would give more precise information when considering these data as an input for
computational modeling. As being mentioned earlier, the mechanical properties are
gradually decreasing with the distance from the luminal wall and the gradient of
properties across the thickness of the ILT body is also different for each thrombus. It has
been suggested that the magnitude of differences in mechanical properties across one
thrombus is of the same order as the variations among different patients [38]. Thus, it is
difficult to answer the question if the differences in obtained mechanical properties from
available studies are caused by the morphology of tested ILTs or by the fact that these
compared results, in fact, correspond to ILT parts with different distances from the lumen,
therefore having different structure [25,38,42]. Importantly, since till this date there are
no studies that would describe their tested specimens of ILT by the precise distance from
the lumen or AAA wall, the goal of this thesis is to induce data from such samples,
described by precise position within the ILT body, in computational modeling revealing
the uncertainties of FEM AAA wall stress analysis without using patient-specific values
of ILT mechanical properties.

It has been suggested that the AAA wall stresses can by overestimated by 67% [60]
when using material models based on uniaxial tensile test, therefore, ILT stiffness value
introduced by Gasser et al [3], who based his model on biaxial tensile test protocols, were
used in this thesis as a mean population values in AAA wall stresses computations.

6 Mechanical tests of ILT

Samples of ILT from 5 patients were obtained from AAAs surgical repairs (figure
21 shows the orientation of the sample) and stored frozen for several months. A negative
influence of freezing the ILT samples on its mechanical properties has not been found.
[3,38]. Before preparation of the test specimens, the ILT was thawed at room temperature.
Each ILT bulk was sliced into layers of thickness roughly around 3 mm, as illustrated in
figure 22, in order to obtain sheets of ILT tissue with different distances from the lumen
and thus with different structure and mechanical properties [38].
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Figure 21 Schematic view of the harvested samples position with determination of the
sample orientation

According to the condition of each ILT sample, as many sheets were obtained
throughout the ILT thickness as possible. From each sheet, one biaxial sample was
obtained. In some cases, the tissue closest to the lumen was not large enough for a biaxial
specimen to be obtained. More importantly, in all cases, the tissue closest to the AAA
wall (abluminal layer) was unsuitable for testing due to its poor mechanical state. The
summary of the in total 8 biaxial specimens described by their position with respect to
the lumen is shown in table 2. Sample B3 from patient 1 fell apart during the initial stage
of testing due to its poor condition caused by previous surgical and preparation procedures
and therefore, was excluded from the further experimental testing.

Distance Thickness
Patient # Age AAA @ ILT Thickness Bl B2 B3 Bl B2 B3
1 71 76 28.00 9.63 12.71 16.15 3.08 3.44 3098
2 68 49 9.50 - 2.80 - 2.80 351
3 76 55 21.00 000 - 3.59
4 80 58 25.00 4.50 - - 3.46
5 66 = 7.00 - = 3.20

Table 2 Overview of the patient's age, AAA diameter [mm] (data not available for
patient 5), ILT thickness [mm] (refers to the thickness of the harvested sample) and the
biaxial tested specimens (B1-B3). The values indicate the distance [mm] of the
specimen from the lumen. Samples with one side being part of the lumen have values 0
mm.
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6.1 Biaxial testing rig

Testing of specimens was performed by using a biaxial testing rig (figure 22)
consisting of a base desk and four arms enabling movement in two perpendicular
directions. Mounted on two orthogonal ball screws, the arms are made by force gauges,
servo motors and four carriages connected by sets of levers to clamps submerged in a
testing pool allowing for testing samples in physiological saline of specific temperature
(37 £ 0.5°C) preserving the samples in close to in vivo environment to avert biological
degradation. It has been suggested that such an environment has negligible effects on the
ILT elastic properties [3]. The clamps are equipped with sprigs of reduced stiffness.
Above the pool, CCD programmable camera is located measuring displacements of
contrasting points on the tested specimen by a contactless method. To control the
measuring process, computer software is used to set inputs and collect results.

CCD Camera

Base desk

Testing pool

Figure 22 Biaxial testing rig

6.2 Experimental procedure
During the experimental procedure following task were completed:

1. Preparation of the samples from ILT bulk

a. Slicing the ILT into layers and measuring their thickness

b. Punching out of specimens of defined dimensions

c. Creating contrast marks for displacement software processing
2. Test set up

a. Mounting the specimens
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b. Preloading the specimens
c. Applying defined loads
3. Recording of measured load with corresponding displacements and
evaluation of stress-strain curves

6.2.1 Preparation of the samples from ILT bulk

AS being pointed out in the review section, mechanical properties of the ILT depend
on their distance from the bloodstream [25]. Therefore, in order to obtain the gradient of
ILT stiffness from the luminal to the abluminal part, tested ILT bodies were sliced along
their thickness into approximately 3 mm thin slices. Followingly square specimens
(dimensions in 6.2.1.1) for the biaxial tests, were cut out from the slices so that the
circumferential and longitudinal directions remained parallel to their edges and uniquely
labeled. Special pattern blade with derived dimensions was used (figure 23). For the CCD
camera contactless evaluation of displacements, contrast marks, approximately forming
a5 mm x 5 mm square, were drawn on the center of the samples top surface by alcohol-
based ink. Due to the fact that the samples contained a high amount of liquid (by their
nature) and were wet from the physiological saline, the adhesive properties of the ink
were very poor and creating sufficient marks, in order not to decrease the detective
abilities of the camera, was a difficult task. This part of the preparation process has a
room for improvement. In other to preserve the tissue structure, samples were kept in
physiological saline of 37 + 0.5°C temperature. This step has been reported as a crucial
in order to obtain reliable results [3]. Before mounting the specimen in the testing machine
its average thickness, derived from three measurements, was obtained by a drift meter.
When mounting the specimens in the testing machine, special attention was given to the
sample clamping process by clamps with reduced stiffness in order to avoid damaging
the sample and any kind of failure. Importantly, all specimens were kept hydrated in a
physiological saline (0.9% NaCl) of 37°C temperature during the preparation process.
The prepared specimen is shown in figure 24.

Luminal layer

Medial layer

Abluminal layer

Tested
layers

Figure 23 Schematic view of ILT bulk slicing into gradual layers with defined
orientation according to their position within the AAA (figure 21).
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6.2.1.1 Specimens

One type of test specimen was used during the experimental procedure with
dimensions derived from the shape of pattern cutting device shown in figure 24. The
thickness of the specimens was derived from the thickness of the ILT layers which were
roughly around 3mm. Due to an absence of a device which would cut the layers with
precise thickness, maintaining the same thickness across the entire specimen area was
difficult.

Biaxial specimen

‘)

‘ 19.09J:
L~ Ink marks

Figure 24 Dimensions [mm] of tested biaxial specimen

6.2.2 The test set up

The tested specimens were held in the correct position by 4 sets of thoroughly
placed clamps ensuring uniform distribution of the load (figure 25). It was ensured that
the clamps stretch the sample without causing damage due to stress concentrations
induced in the material around its edges. After mounting, the specimen was loaded by a
small force of 0.1 N in order to straighten the sample and then loaded by a constant
displacement rate. Due to the expected linear response of the ILT tissue, the initial small
force was not expected to cause any significant strains. This would not be the case if
testing healthy arterial walls with observed small initial stiffness [32].

Figure 25 Mounting of the ILT biaxial specimen
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6.2.3 Performed tests

Accounting for a general incompressibility of biological tissues due to their high
water content, biaxial tensile testing is the most suitable method for testing soft tissues
allowing for a two-dimensional stress state being the best method to describe their
mechanical properties [29,30]. Summary of performed displacement controlled test
protocols:

1. Equibiaxial tension test (strain in x and y-direction are equal)
2. Proportional tension tests (the amount of strains in x and y directions are
proportional: 1:2; 2:1; 1:5; 5:1)

The tested specimens were elongated at constant displacement rates according to
table 3, small enough so that the test can be described as quasi-static, and the test was
stopped when the deformation reached 15% of the ideal specimen dimension.

Test type equibiax prop 2:1 prop 1:2 prop 5:1 prop 1:5

HLLEELGLNET G 0.333-0.333 0.333 -0.167 0.167-0.333 0.833-0.167 0.167-0.833

Camera frame rate 210 ms 120 ms 120 ms 60 ms 60 ms

Max. elongations x - y 2.7-2.7 3.42-1.71 1.71-3.42 3.75-0.75 0.75-3.75

Table 3 Summary of the performed tests settings including elongation rates (mm/s),
camera frame rates and maximum elongations (mm) in both directions.

6.3 Results

The goal of the mechanical testing was to obtain a range of mechanical properties
of the ILT body across its radial direction. As the test was running, the CCD camera
recorded displacement of the reference points on the specimen. The displacements were
linked to current load values and the obtained data were transferred into Tibixus, a unique
authorized software for experimental testing data assessment, where the following
computations were performed.

Figure 26 CCD camera images of biaxial sample

From the obtained data, stretch ratios (A1, A2) were calculated from the acquired
values of initial (L) and elongated (1;) distances between the marks A;=l/L; (i=1,2) in
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desired directions. The undeformed cross-sectional area (A) of the tested specimen was
determined and used to calculate engineering stresses (S1, S2) from the recorded force (F)
as S; = Fi/A; (i=1,2) by the first Piola-Kirchhoff stress definition. Followingly, stress-
stretch curves (Si-Ai) were obtained for each specimen and test type (figure 27).
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Figure 27 Engineering Stress — strain curves (left) of a biaxial specimen located at the

distance of 16.51 mm from the lumen with corresponding A1, A2 dependence (right). The

figure on the left (stress-strain curves) confirm the isotropic behavior of the ILT tissue

while the figure on the right (A1, A2) proves that the stress-strain curves were obtained
from a proper equiaxial test.

Unlike other biological tissues, a linear dependence of the stress on stretch ratio
can be clearly observed as well as the material isotropy. The hyperelastic material
behavior (see 2.3.3.1), obtained from the 5 biaxial tests, was modeled by 3™ order Ogden
strain energy function under the assumption of incompressibility (equation 6).

o a . (6)

Strain energy function W is given by material parameters up, ap and principal
stretches 4;.3. The principal stretches correspond to stretches in axial directions of a
coordinate system describing the material shear-free deformation state. Followingly,
stress-strain data fitting was carried out by software Hyperfit (license available at BUT,
Czech Republic). A summary of the fitted material parameters is shown in table 4.
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Material parametrs

Patient # Specimen

) a, : o3
1 B1 4976 8.079 18.815 1.000 1.033 1.000 0.96
B2 6.052 6.349 23.771 1.000 1.189 1.000 0.82
) Bl 9.069 3.393 1.000 3.393 1.000 1.000 0.64
B2 4335 6.806 3.920 1.000 5.264 1.000 0.86
3 B1 5.047 5.914 2.560 1.092 1.021 1.000 0.90
4 B1 1.058 5.037 1.017 5.037 1.467 5.037 0.78
5 Bl 4.236 4.882 1.000 1.000 3.906 4.882 0.61

Table 4 Summary of the fitted material parameters up, [kPa], ap [-] carried out by
Hypeffit software. The 3" order Ogden model fitted the data well except two cases
where the uncertainties were caused by the initial load introduced in order to straighten
the tested specimen causing zero strains to correspond to small initial stresses.

Followingly, the obtained patient-specific models were compared to the available data
in the literature (figure 28).
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Figure 28 Comparison of patient-specific and mean models describing equibiaxial
stress-strain response of an ILT tissue. Vande Geest in [30] tested luminal layer and
based his model on a uniaxial tensile test while Gasser [3] used biaxial test for all three
tested layers of the ILT.

Importantly, as seen in figure 28, the experimental testing gave comparable
results to those presented by Gasser et al. [3] and Vande Geest et al. [30] which are the
most frequently cited studies on this topic, since the partial differences are far within the
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range of patient heterogeneity, presented by Gasser et al. [3], as it can be seen in figure
29.
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Figure 29 Variation of the ILT stiffness presented with error bars indicating standard
deviations caused by the patient heterogeneity [3]

To summarize, in literature, there is a lack of relevant ILT values comparison since
different definitions have been used [3]. Therefore, an overall comparison of available
material models and patient-specific models obtained according to previous chapters was
carried out (figure 28). As shown in figure 28 wide range of ILT mechanical properties
can be observed with samples being more distant from the lumen behaving stiffer that the
once closer. This indicates the necessity for patient-specific evaluation of the ILT
properties when aiming for reliable ILT computational modeling. Also, in all cases, the
most distant parts of the ILT bodies (abluminal part) were found unsuitable for testing
due to its poor condition. Therefore, it has ben found that stiffness close to zero value
can be expected for this material.

Among limitations of this mechanical testing belong the uncertainties of the
specimen thickness measurements as it varies throughout the specimen cross-section due
to lack of equipment that would ensure constant specimen thickness when slicing the ILT
body into sheets. The resulting cross-sectional area directly influences the calculated
stresses and thus contributing to the testing inaccuracies. Also, the more samples across
the ILT thickness the more precise ILT material characterization across its radial direction
increasing the following computational modeling reliability. However, in three cases only
one specimen of the patients ILT was available due to either the ILT small size or poor
mechanical state of its tissue.
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7 Computational modeling

The motivation for computational modeling is defining of the uncertainties in AAA
wall stress FEM (Finite Element Method) analysis caused by the lack of information
about the ILT properties of a specific patient, based on a comparison of AAA wall stresses
obtained from FEM analysis under the assumption of using input data from 6 and 7.3.

In terms of computational modeling and the most favorable method in
biomechanics is FEM, current market offers several commercially available software that
uses FEM as a solver method. In this thesis, ANSYS Mechanical APDL 17. was used
(license available at BUT, Czech Republic).

7.1 Computational model

By analyzing available studies in literature (see table 5), based on studies performed
by several researchers [2, 40, 41, 47, 53, 54, 55, 57, 59, 64, 65, 68, 73, 74, 75,77] it is
obvious that a 3D model of geometry is necessary in order to obtain credible results. A
limitation of a 3D patient specific model obtained by any of the available medical imaging
methods is the inability to obtain patient-specific geometry in an unloaded state. Even
though, there is a study attending to compute the unloaded AAA configuration from
available loaded geometry by inverse modeling approach [56,57], in other cases [2, 40,
47, 53, 55, 59], including this thesis, the loaded geometry is treated as unloaded and
loaded again by blood pressure. Despite the fact, that the resulting stress fields are
unrealistic, for the purposes of this thesis are sufficient, since a comparison of stresses
obtained from computational models, both affected by this simplification, will be
evaluated. Another approach to this problematic is the use of idealized hypothetical AAA
geometry model allowing for unloaded state simulations as presented in [55,58,59,76].
Two types of computational models were created in this thesis, a model based on the
idealized hypothetical geometry of AAA including ILT and model based on patient-
specific geometry. These computational models consisted of several partial models, each
described in following chapters. Since the level of precision and accuracy of these partial
models determines the reliability of the derived results, their detailed description is the
purpose of following chapters:

1) Idealized AAA
a) Model of geometry
1.FEM mesh
b) Material models
¢) Boundary conditions
2) Patient-specific AAA
a) Model of geometry
1.FEM mesh

Computations of all models considered large deformations [26,38].
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AAA wall material Wall thickness Homogeneity Stress type

Raghavan et al. (2000) Isotropic Constant Yes Equivalent nane PS5
Raghavan/Vorp 1.9 mm

Wang et al. (2002) Isotropic Constant Yes Equivalent Nonlinear PS
Raghavan/Vorp PS5 Isotropic
Fillinger et al_ {2002} Isotropic Constant Yes Maximum principal none PS5

Raghavan/Vorp 1.9 mm

Venkatasubramaniam Isotropic Constant Yes Equivalent none PS

et al. (2004) Raghavan/Vorp 2 .0mm

Wolters et al. (2005)¥ Isotropic Constant Yes Maximum principal none PS5
Neo-Hooken 2.0mm

Speelman et al. (2007) Isotropic Constant Yes Maximum principal MNonlinear PS
Raghavan/Vorp 1.5mm Isotropic

Lu et al. (2007) Isotropic Constant Yes Equivalent nane PS5

Raghavan/Vorp 1.9 mm

Scotti et al. (2008)* Isotropic Variahle Yes Equivalent nane Idealized
Raghavan/Vorp

Rodriguez et al. (2008) Anisotropic Constant Yes Maximum principal none Idealized
Holzapfel 1.5mm

Speelman et al. (2008) Isotropic Constant Yes Maximum principal none PS5
Hyperelastic 2.0mm

Rissland et al. (2009)* Anisotropic Constant Yes Equivalent Linear PS
Holzapfel 2 .0mm Isotropic

Dorfmann et al. (2010} Isotropic Constant Yes Maximum principal none PS5
Demiray 2.0mm

Polzer et al. (2010) Isotropic Variable Yes Equivalent Linear PS
Raghavan/Vorp Isotropic

Gasser et al. (2010) Isotropic Variahle Yes Variable PS5
Raghavan/Vorp stiffnes

Speelman et al. (2010) Isotropic Constant Yes Maximum principal Linear Idealized
Raghavan/Vorp 2.0mm Isotropic

Table 5 Overview of several of studies performing nonlinear finite element analysis of
AAA with their important aspects. Studies labeled by star include fluid-structure
interaction analysis; PS stands for patient-specific; presented material models are
according to Raghavan et al. [59], Holzapfel et al. [78] and Demiray [79].

7.2 Neglected parameters

Due to excessive complexity or negligible impact on the wall stress, several
parameters were not included in the analysis:

e Variation in temperature of the human body
e (Qravitational forces acting on the AAA structure
e Residual stresses
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Axial pretension of artery in vivo

Calcification was not included

Shear stress acting on a vessel wall caused by the blood stream

Near surrounding of the AAA (organs, vertebral column, vessels) that may

preclude free deformation on the AAA body.

The AAA and ILT are modeled as single-phase solid bodies

Permeability of the AAA wall and ITL

The ILT was considered without fissures

The layered composition of the aortic wall (intima, media, adventive) was

neglected and the wall was modeled as a homogeneous material

e Distribution of elastic fibers directions causing anisotropy in the non-
aneurysmal parts of the AAA wall

e Dynamic nature of this problem is neglected

A detailed discussion of the neglected parameters and their influence on AAA is
provided in chapter 9.

7.3 Idealized AAA

In this thesis, an idealized geometry of AAA has been used for determination of
FEM mesh convergence and results sensibility to different ILT material topologies, both
explained in greater detail below.

7.3.1 Idealized model of geometry

For the purposes explained earlier, a hypothetical idealized geometrical model was
created. First, a solid volume model was designed using 3D CAD modeling software
Autodesk Inventor 2014 (student license) so that the model imitates the existing
appearance of AAAs. As discussed in chapter 3, the AAA bulge usually appears at the
anterior side due to the vertebral column limiting the posterior expansion, resulting in
nonsymmetrical AAA shape [34,59]. The mid-section diameter was considered to be 5.5
cm, thus at the limit of the geometrical AAA rupture risk criterion. With the geometry,
being 12 cm long in the axial direction, tapering, the diameter at both ends decreased to
2 cm [21,54]. The thickness of the wall was considered to be constant at 0.2cm and the
cross section was kept circular throughout the length [21]. Followingly, idealized ILT
geometry was created filling the AAA bulge so that the lumen remains cylindrical. Both
models are shown in figure 30.
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@20 mm

@

1

ILT

Figure 30 Hypothetical idealized geometry model of AAA including ILT.

7.3.1.1 Idealized geometry FEM mesh

The FEM mesh discretizing the ILT and AAA geometries was carried out
separately. The AAA wall was meshed with linear structural solid element SOLID185
(3D 8-node) creating a pure hexahedral FE mesh. Hexahedral elements are suitable for
modeling soft biological tissues and provide a great ratio of accuracy and computational
efficiency [2]. On the other hand, due to an advanced geometry complexity of the patient-
specific ILT structure, a quadratic tetrahedral element SOLID285 (3D 4-node) was used
to create FE mesh of both, the idealized geometry model and patient-specific geometry
model, so that the FE mesh attributes of the two geometry models match and the findings
from idealized geometry analysis can be implemented in the patient-specific analysis. The
idealized geometry FE mesh is shown in figure 31. In order to avoid a mistake in
calculated stresses, caused by discretization, larger than 5%, which is a generally
recognized mistake of the FEM, a mesh convergence study was carried out comparing
maximal 1. principal stress value in the aneurysm wall and local peak stress on the inner
side of the AAA wall apex region (figure 31). Consequently, FE mesh formed by two
elements across the AAA wall thickness with a global size of 3 mm was selected to be
used for the patient-specific AAA structure geometry model since lowering the global
element size to 1.5 mm or introducing more elements across the wall resulted in maximal
stress differences of 2.14% and significantly larger computational times.

52




Institute of Solid Mechanics, Mechatronics and Biomechanics

Apex region

Figure 31 Finite element mesh of the idealized geometry model of AAA with ILT

7.3.2 Material models

In order to evaluate stresses in the AAA wall, implementation of suitable finite
strain constitutive models is necessary [59]. The purpose of introducing constitutive
modeling is a prediction of a certain material mechanical response under a specified
loading state. Therefore, to determine the necessary form and material constants,
experimentations including all relevant deformations must by performed [29]. For the
purposes of the idealized geometry, mean ILT properties values and material models were
used (5). Material model of the AAA wall will be discussed in the following chapter.

7.3.2.1 AAA wall material model

According to the findings in 2.3.3 and 3, AAA wall was considered as a non-linear
hyperplastic isotropic material that undergoes large deformations, therefore, a linear
material model that has been used in some studies [47, 48] is not suitable for covering all
material responses [59]. Also, according to chapter 2.3.4, it is obvious that AAA
constitutive behavior is different from the one of the normal abdominal aorta, indicating
the need for a constitutive model particularly suited for AAA [59]. In current practice, the
most frequently used constitutive model for AAA wall was introduced by Raghavan et
al. [59] who used Yeoh type material model (equation 8) to describe a material response
derived from uniaxial tensile tests data of AAA wall tissue performed in vitro [2]. The
Raghavan-Vorp constitutive model is then expressed by strain energy according to
equation 7.

n

W:Zcio(]1*3)i (7)

=1

W= Cm(jl _3)+ Czo(jl _3)2 ®
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In equation 8, material constants c;9 = 174kPa, c20 = 1881kPa and I, I> are the first
and second invariants of the Cauchy-Green tensor of deformation. As being described in
(2.3.3.1) a certain stress component can be obtained as a derivative of the strain energy
function W with respect to the corresponding strain component. A stress-strain curve
representing the Raghavan-Vorp model is shown in figure 32. Despite fact that this model
has only two parameters, describes mean population data reliably [59]. A limitation of
this model is given by the fact that it has been developed on uniaxial tensile tests data,
however, generally, the AAA wall undergoes biaxial stress state [2,29,30].
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Figure 32 Equiaxial stress-strain curve given by Raghavan-Vorp material model

Raghavan-Vorp material model can be described as a 2" order Yeah type material
model which is implemented in Ansys Mechanical APDL 17, as well as Ogden material model
that was used to fit the ILT experimental data by Gasser et al. [3] in chapter 5 or the
experimental data in 6.3.

7.3.2.2 Material topology sensitivity study

After the mesh convergence study, the second purpose of developing an idealized
hypothetical geometry model of AAA structure was to determine the sensitivity of
resulting wall stress on ILT material topology. In other words, it was mentioned earlier
(4.3) that the mechanical properties of the ILT are changing with the radial distance from
the lumen [3,25]. In most studies [3,22,25,27,38,42] the ILT is considered to consist of
three homogenous layers that are described by single values of stiffness or strength.
However, considering that these values decrease as the ILT becomes older and more
spaced out from the lumen, the change of mechanical properties may be in reality rather
smooth and not stepwise as in the case of three homogeneous layers (luminal, medial,
abluminal). Therefore, hypothetically, the more ILT layers, described by different
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material properties, the smoother transition of the overall ILT material properties from
the lumen to the AAA wall. Thus, the material topology sensitivity study carried out on
the idealized geometry was performed, testing the influence of the described phenomena
on resulting AAA wall stress.

In order to obtain the ILT layered structure, a macro file, containing cycle
prescribing each element of the ILT FE mesh with material properties based on the
element’s distance from the lumen, was created. Followingly ILT described by 3, 6 and
9 layers of material, with each layer being defined by its minimal and maximal distance
from the lumen, were created as shown in figure 33.
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Figure 33 Overview of three different material topologies of the ILT geometry model.
Each color represents different material properties.

Followingly, the distribution of material properties was assigned for each ILT
layer according to figure 34. For the 3, 6 and 9 layers, mean stiffness values for luminal
(62.88 kPa) and medial (47.52 kPa) layers from Gasser et al. [3] where used. As described
in 6.3 the abluminal layer was found to have negligible stiffness. Therefore, from
numerical reasons, the stiffness of the layer closest to the AAA wall was considered to be
extremely low (1 kPa). Additionally, in the case of 6 and 9 layers, these three stiffness
values were evenly distributed among the additional layers in order to better represent the
hypothetical smooth curve (figure 34 — purple).
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Figure 34 Distribution of material properties for 3, 6, 9 layers and values introduced by
Gasser et al. [3] Purple dashed line represents the hypothetical smooth transition of the
properties across the ILT thickness. Note that the smooth curve is only illustrative. To
compare, the yellow dashed straight line represents mean abluminal stiffness according
to Gasser et al. [3], which was not considered.

Similarly to the above-discussed mesh convergence, maximum 1. Principal stress
in the AAA wall and local peak stress in the apex region was compared for each material
topology. As it is listed in table 6, the percentage differences in resulting stresses are
below 5% (mistake of the FEM), therefore the influence of refining the stepwise
distribution of material characteristics across the ILT radial direction was found to be
negligible. Consequently, this finding was implemented in the real patient-specific
geometry stress-strain analysis (7.4).

Apex wall stress

Max. wall stress

# of layers Value [kPa] Difference from previous Value [kPa] Difference from previous
3 252 - 136 -
6 255 1.21% 133 2.03%
9 255 0.22% 135 1.55%

Table 6 Summary of wall stresses sensitivity on different material topologies. The
difference percentages were in all cases standardized to the sets of stresses
corresponding to models of more layers.

7.3.3 Boundary conditions

In vivo, the AAA wall is loaded by the blood flow that is changing over time
according to the heart activity making a determination of the blood flow loading effect a
difficult task. Moreover, since the load is transmitted from liquid medium to a solid body,
a fluid-structure interaction problem should be solved, as in [58,75,77], in order to
determine the real blood flow loading effects on a certain AAA wall. On the other hand,
others suggest that the influence of blood flow on in terms of loading the AAA structure
is negligible and steady activation is fully acceptable [40,81], therefore, loading by a static
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pressure was considered in this study. Anyway, this contradiction is a possible subject of
further investigation. Also, an ideal model of boundary conditions would include loading
by dynamic pressure, however, due to the problem complexity, the solution of the stress-
strain analysis is considered to by quasi-static, which agrees with the assumptions of most
studies [2,41,47,53,55,57,65,73,76]. To test the worst possible scenario for AAA rupture
the computational model was loaded under the assumption of static load conditions by a
systolic pressure of 20 kPa (2.2.1). The modeled ILT was considered not shielding the
AAA wall from blood pressure [2,8,37]. Consequently, the loading pressure was applied
in a normal direction to an inner surface of the AAA wall, simulating the above-
mentioned assumptions (figure 35-B). Additionally, no loads were applied to the outer
AAA surface since possible contacts with any of the abdominal organs or spine were not
considered, as in [2, 40, 41, 47, 53, 54, 55, 57, 59, 60, 62, 63, 64, 65, 68, 73, 74, 75,77].

The model was fixed at both ends. In other words, all displacements were prescribed
zero for all nodes of the proximal and distal cross-section of the AAA model (figure 35-
B). This condition does not fully simulate the real conditions since the end regions are
unable to expand in radial direction under the loaded state, however, at the end regions
high stresses are not expected, therefore this zones can be excluded from the results
analysis, which might be also the reason why this approach is common in the literature
[2,40,41,47,55,57,59,60,62,63,64]. Due to the fact that the AAA wall and ILT
geometrical models were created separately, their mutual interface had to by prescribed.
This interface was modeled under the assumption of the ILT’s perfect attachment to the
AAA wall [8,40,55,62]. Therefore, the mutual movement between the ILT outer and
AAA wall inner surface was prevented by applying a bonded contact (figure 35-A).

B) Maximum diameter cross-section

A) Contact region

Figure 35 Schematic summary of the prescribed boundary conditions.
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7.4 Patient-specific AAA

For reasons described in 7.1, 3D patient-specific computational models were used
for FEM analysis to compute and compare wall stresses using either patient-specific or
mean stiffness of intraluminal thrombus, as specified in 1.3. To do so, 5 geometry models
created from CT datasets of 5 patients, obtained prior a surgical repair, were used.
Mechanical tests of ILTs harvested from these 5 patients were conducted (chapter 6) to
obtain patient-specific material properties. Consequently, 5 pairs of computational
models based on the 5 patient-specific geometries were created. Each of the geometry
pairs consisted of two identical computational models, prescribed with different material
models based on either mean (5) or the patient-specific (6.3) material properties.
Therefore, these pairs of computational models based on one geometry models and two
different material models will be later referenced as a geometry couples. For all 10
computational models, constitutive representation of materials and model of boundary
conditions was identical to those used for the idealized geometry studies (7.3.2; 7.3.4).

7.4.1 Patient-specific model of geometry

For the purposes of this thesis, 5 geometrical models of AAA including ILT were
provided by the supervisor of this thesis Ing. Stanislav Polzer, Ph.D. in a form of 3D
triangular mesh in STL format. The geometries were reconstructed from the 5 patient-
specific CT data sets. These raw data needed to undergo image segmentation process
where all materials that are not the subject of interest are excluded. The segmentation
process is based on threshold value assessing material density. After the segmentation
process is finished, an STL file is created and can be further processed in CAD or CAM
software. Overview of the five geometry models is shown in the top row of figure 36.
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Patient #
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Figure 36 Comparison of the raw triangular meshes (top row) and final hexahedral
dominant FE meshes (bottom row) for patients 1-5. The geometry 2 was obtained
without an iliac bifurcation.

7.4.1.1 Patient-specific geometry FE mesh

FE mesh was created under the assumptions described in 7.3.1.1. However, in the
case of patient-specific AAA wall geometry model, for obtaining a reasonable hexahedral
FE mesh, a specialized software for FE mesh creation, ICEM CFD 17 (BUT, Czech
Republic) was used.

The creation of the AAA wall FE mesh was a stepwise process (figure 37), where
each step represents a potential threat of creating geometrical inaccuracies. First, a raw
triangular mesh of the AAA outer surface was selected and smoothened by excluding all
sharp corners or penetrating elements caused by reconstruction inaccuracies (figure 37-
A). These sharp elements would cause stress concentrations and consequently unreliable
conclusions. Secondly, the triangular mesh was transferred into a geometrical surface
(figure 37-B) so that the surface can be meshed again by hexahedral shell elements (figure
37-C). Finally, the shell elements were extruded inside the AAA volume in the normal
direction to the element surface creating 3D hexahedral dominated FE mesh comprising
of two elements across the AAA wall thickness and global element size of 3 mm, as
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determined in 7.3.1.1 (figure 37-D), creating AAA wall of constant thickness of 2 mm
[21]. Final AAA wall FE meshes are shown in figure 36-bottom.

A B C D

Figure 37 Overview of the AAA wall hexahedral dominated FE mesh stepwise creation
process. Raw triangular mesh (A) was transferred to a surface (B), meshed with
hexahedral shells (C) and extruded (D).

Next, as discussed in 7.3.1.1, the pure tetrahedral mesh was created for each ILT
geometry. Similar process as in the case of AAA wall meshes was used, when the surfaces
were meshed directly by the 3D tetrahedral elements. The ILF FE mesh for each patient-
specific thrombus geometry is shown in figure 38.

Patient #

Figure 38 Tetrahedral FE meshes for patient-specific ILT geometries.
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7.4.2 Material models

As a result of 7.3.3 for patient-specific ILTs topology described by three material
types across its thickness was considered. In the case of mean ILT stiffness, values
introduced by Gasser et al. [3] for luminal, media and abluminal were used. On the other
hand, in the case of patient-specific approach, the layer in contact with AAA wall was
considered to have a negligible stiffness (6.3) while the other two layers were given the
material properties derived from the tested samples (table 2). However, for patients 3,4,
and 5 only one sample was tested. Therefore, to ensure the gradually decreasing nature
of the material properties across the ILT thickness, an additional material model,
representing material properties between the negligible-stiffness outer layer and
mechanically tested inner layer, need to be determined. To do so, from the Ogden type
constitutive models used to describe the inner ILT layer (6.3) a shear modulus (G) was
calculated according to equation 9.

1 &
G_Ezap'#P )

p=l

In 6.3, to describe the measured ILT properties, 3™ order Ogden model was used,

therefore N = 3 and &, U are the model material parameters listed in table 4. Since the
stiffness of the outer layer was negligible, to obtain a symmetrical stepwise change of the
material properties, the middle layer was given a half stiffness of the inner layer.
Consequently, a constitutive model describing the hyperplastic, isotropic behavior [25]
of the ILT tissues was selected. In this case, Neo-Hook material model was used due to a
transparency of its material parameters. Since the material was considered incompressible
[3,25,26], the strain energy of the Neo-Hook model is given by equation 10.

G-
w=2(1,-3)
2 (10)
In equation 10, W is the strain energy function, G is the shear modulus and /; corresponds
to the modified first invariant of the right Cauchy-Green tensor of deformation.

Similarly, the negligible-stiffness outer ILT layer was modeled using the Neo-
Hook material assumption. Due to numerical reasons, the stiffness of the degraded tissue
was set equal to 1 kPa, which corresponds to G = 0.333 kPa, since for incompressible
material G = E /3. Comparison of the Neo-Hook and Ogden material models describing
ILT properties of patients 3, 4 and 5 is shown in figure 39.
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Figure 39 Comparison of the Neo-Hook and Ogden equibiaxial stress-strain response,
representing the three ILT layers material behavior for patients 3, 4 and 5. Note the
outer negligible-stiffness layers plotted in red.

After determination of the material properties, the thickness of each ILT material
layer needed to by defined. Since, in cases of mean stiffness values, no thickness
determination of the three layers (luminal, medial, abluminal) exists, the layers were
evenly divided across the ILT thickness. In the case of patient-specific approach, the
thickness of each layer derived from the positions of tested specimens and their
thicknesses (table 2). Even though for patients 1 and 4 specimen B1 was not located at
the lumen, the material parameters from the lumen to specimen B1 were assumed
constant. Additionally, for patients 3, 4 and five, since the values of the additional layer
were derived from calculations, instead of testing specimens with a location within the
ILT, the remaining two layer were split evenly across the remaining tissue. Schematic
summary of the ILT material topologies for all 5 patients is shown in figure 40 and an
example of the geometry model with patient-specific and mean distribution of material
layers is shown in figure 41.
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Figure 40 Comparison of material distribution [mm] for mean and patient-specific (PS)
ILT models. Layers corresponding to the tested specimens and negligible-stiffness
layers are labeled. Note that since some of the tested samples were not harvested from
the maximum ILT region, distances of the specimen’s position were proportionally
recalculated.

Patient 5 MEAN Patient 5 PS

Medi

Abluminal
Luminal

Figure 41 Differences between the material distribution of the patient-specific
(PS) and mean approach.
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8 Results

FEM stress-strain analysis of 10 computational models based on 5 patient-specific
geometry and two material models, was performed. The purpose of this chapter is the
result overview. Since the motivation for the FEM stress-strain analysis was
determination and comparison of stresses in the AAA wall, these stresses were the only
subjects of focus.

As it was mentioned in the section derived to the model of boundary conditions
(7.3.3), during CT imaging, instant values of pressure are not recorded causing the
obtained geometry to be in an unknown stress-strain state. Consequently, loading the
structure be the systolic pressure is a certain simplification. However, this is often used
in the literature [2,41,47,53,55,57,65,73,76] and it is also considered acceptable for the
purposes of this thesis, which is a determination of uncertainties, caused by using mean
values of ILT stiffness.

For evaluating maximum stresses in AAA, many studies use equivalent stress
[2,53,54,60,63,65,66] which is generally used for metal materials analysis with excessive
shear stresses [21]. However, it was suggested [43,61,64] that failure of AAA tissue is
caused by maximal normal stresses with the main normal direction for AAAs being the
circumferential direction [47]. Also, due to the unknown initial stress-strain state,
comparison of the resulting stresses with limit values is not determinative. Thus, in this
thesis, for evaluation of the stress states in AAA wall, the first principal stress was
selected [45,47,55,62,64,73,75,76]. Additionally, even though the ILT played a main role
in the computational model, stresses in the ILT model were not investigated since the
stress in the aneurysmal wall is the principal feature determining possible AAA rupture.

First, before evaluation of magnitudes and distribution of stress in the 10
computational models, statistical comparison of the whole stress fields was conducted in
order to determine their statistically significant difference. Consequently, two data sets
were created, one containing stress values from all nodes of the PS computational model
and one from the mean values computational model. Since these data were considered of
unknown distribution, a non-parametric Mann-Whitney U test was performed. According
to the Mann-Whitney test, in order to reject the null hypothesis, the minimum of the
calculated U-values (Uy, Uz) needs to be equal or less than the critical U-value (Ucic). The
data are summarized in table 7.

Null hypothesis (Hp): Stresses from PS and mean data computational models are the same.
Alternative hypothesis: Stresses from PS and mean data computational models are the different.

Patient # p value U, [x10°] U,[x10°] U.. [x10°]
1 <0.01 194.0 97.5 144.0 H, rejected
2 <0.01 38.5 43.7 40.2 Hy rejected
3 <0.01 56.8 71.6 62.9 H, rejected
4 <0.01 28.6 60.5 43,5 H, rejected
5 <0.01 43.4 45.5 43.5 Hg rejected

Table 7 Summary of the Mann-Whitney U test calculations
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As confirmed by the Mann-Whitney U test conducted at a significance level of
0.01, the stress fields among the geometry couples report the statistically significant
difference. Therefore, this states the difference in material models changes the wall stress
distribution.

Next, the results are presented in form of stress fields, displayed by 3D contour
plots of the first principal wall stress for each AAA structure (figures 42 and 43), and bar
charts, representing the maximum stresses in the AAA walls of each computational model
(figure 44), allowing the comparison of wall stresses within the same geometry model
couples. Additionally, in order to evaluate the maximum deviation of the two approaches,
nodes with the biggest differences of stresses were located and the values are summarized
in figure 46.

Mean values Patient-specific values

L EEEEEEESSSS———
-113 68 243 431
-22 159 340 521 703

Figure 42 The influence of using mean ILT stiffness values against patient-specific
values. Stress fields (1. Principal stress [kPa]) for patient 1.
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Mean values Patient-specific values

I EEEESSEES Ie— |
-81 73 227 382 536

-38 150 305 459 614

Figure 43 The influence of using mean ILT stiffness values against patient-specific
values. Stress fields (1. Principal stress [kPa]) for patients 2, 3, 4 and 5.
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Figures 42 and 43 manifest that different material models of ILT result in variable
differences in AAA wall stress fields since in the case of patient 4 significantly different
stress fields can be observed while in other cases the changes are rather negligible. The
percentual difference of the peak wall stresses for all five geometry couples has a mean
value of 6% and ranges from 0.2% (patient 5) to 16.1% (patient4). A detailed comparison
of the peak wall stresses within the geometry couples together with the maximal ILT
thickness for each patient is shown in figure 44.

800
700
600
500
400
300
200

100

Peak wall Cauchy stress [kPa]

Eent 1 Patient 2 Patient 3 Patient 4 Patient 5

= PS 703 281 454 305 613

B MEAN 678 275 420 263 614
Max. ILT [mm)] 28 18 21 293 31

Figure 44. Peak wall Cauchy stresses compared to maximal ILT thickness for patients
1-5.

The resulting maximum stresses were statistically analyzed by using the non-
parametric Man-Whitney U test for data with unknown distribution. The null hypothesis
stating that the maximum stresses obtained from both approaches are the same has been
rejected on the level of significance of p=0.67. Therefore, the differences in maximum
stresses induced by the different ILT material models are not statistically significant and
additional modeling would need to be performed in order to increase the size of the
evaluated data and prove that the patient-specific approach alters the maximum AAA wall
stresses on a statistically significant level.

However, a single stress value may not give a comprehensive comparison of the
two different computational approaches, therefore a more advanced evaluation is
provided. In order to further investigate the influence of different material models, whole
stress fields were compared on a node-by-node basis and plotted in form of histograms.
For all five geometry couples, at each node, stresses obtained from the analysis using
patient-specific model and model with mean stiffness values, were compared. The stress
differences at each node were divided into magnitude based groups. Followingly, a
histogram was plotted revealing the group's appearance frequencies (figure 45).
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Figure 45 Node-by-node comparison of the result obtained from mean values of ILT
properties and patient-specific values, plotted in form of histogram for all 5 patients.
Red column indicates zero difference between stresses compared. Columns with positive
values of differences represent nodes where the stresses computed with the mean values
of stiffness were underestimated according to the patient-specific approach.

In figure 45, a sharp distribution around the 0 kPa differences indicates a certain
level of coherency among models of the tested couples. On the other hand, in cases of
patients 1 and 4, a wide and flat part of the distributions represent zones with low
coherence zones on the two approaches. However, in all cases, the majority of values is
located to the right from zero value (indicating the same stresses in corresponding nodes),
which shows that in all cases using mean data for ILT description underestimates the
resulting stresses in the AAA wall. According to the node-by-node comparison, the
biggest difference among the stress fields can be observed in the case of patient 1 with
the average nodal stress difference of 33 kPa.

Additionally, nodes with the biggest differences of stresses were located. These
nodes represent the biggest deviation of the two approaches and are their quantitative
comparison is provided in figure 46.
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Figure 46. Peak wall Cauchy stresses differences for patients 1-5.

As it can be observed in figure 46, in all cases, at the locations where the both
approaches differ the most, computing the AAA wall stress using the mean population
ILT material model cause underestimation of the stresses from 18 kPa (patient 2) up to
104 kPa in the case of patient 1. This difference in local stress can play a significant role
in AAA rupture risk evaluation since local peak wall stresses are compared with local
wall strength [2]. Statistically, it was analyzed by Wilcoxon signed rank test to confirm
whether median of observed stresses which differ most between PS and mean analyses
are statistically different as well. The median of the PS stresses from Figure 46 is 210kPa,
which was confirmed to be statistically greater than median of stress from mean analyses
153kPa. (p=0.03) Therefore, according to this fact, the findings that the PS ILT
mechanical properties, including negligibility of the outer layer increase local stresses,
can be considered as generally valid. On the other hand, by looking at the specific
locations of the nodes with maximum stress differences, except the fact that in all cases
the nodes were located in the regions influenced by the presence of the ILT tissue, no
significant correlation can be observed as the nodes seem to be rather randomly
distributed across the AAA bulk (figure 47).

69



M. HFic¢isté Effect of the mechanical properties of ILT on wall stress of AAA

Figure 47 Locations of the node reporting the largest underestimations of stresses when
calculating with mean ILT material properties. Scales describing the contour plots are
identical to those in figures 40 and 41 respectively for each patient number, however for
the purpose of this figure are not important.

For further statistical evaluation of the data obtained by comparing stresses in
every node, basic statistical parameters for each of the 5 datasets were calculated and are
listed in table 8.

Mean Modus Median Standart deviation

Patient #

[kPa] [kPa] [kPa] [kPa]
1 33 0 35 26
2 5 5 5 3
3 9 2 6 9
4 32 3 36 23
5 2 0 0 4

Table 8 Statistical parameters of stress differences data sets for patients 1-5.
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9 Discussion

In this thesis, the influence of using patient-specified ILT mechanical properties in
comparison with mean population mechanical properties was tested. To do so, ILT
samples from 5 patients were obtained together with corresponding patient-specific
geometries of the whole AAA structures. AAA wall geometry models were meshed with
3D hexahedral elements while tetrahedral elements were used to discretize the model of
ILT, equipped either with the mean population material characteristics or characteristics
obtained from mechanical testing of the 5 ILT samples. Therefore, in total 10
computational models based on 5 different geometries were created. Within the same
geometry couples, each computational model was prescribed with one of the two material
characteristics. Moreover, not only the patient-specific mechanical properties of the ILT
tissue but also a distribution of the ILT material layers across the ILT thickness was
optimized according to a biaxial mechanical testing performed in this thesis (figure 40).
Even though, there are studies that use a single stress value based characteristics to
compare the AAA wall stress-strain states [40, 47, 53, 54, 59], in this thesis, to extend the
basic comparison of the maximal principal wall stresses among the same geometry
couples, the whole stress fields were compared on node-to-node basis, representing a
more complex comparison of the two approaches. Moreover, due to an existing stress
gradient across the AAA wall thickness most probably caused by neglecting of residual
forces, the importance of the node-by-node comparison raises [60]. In addition, the
statistical significance of the obtained results was tested.

According to the result section (see chapter 8), using mean population values of the
ILT properties when computing AAA wall stresses, globally alters the AAA wall stress
fields on a statistically significant level. The computational model, prescribed with mean
data ILT properties, underestimated the resulting maximum wall stresses in all cases,
however, only in cases of patient 3 and 4 the percentual difference, was above the 5%
value (8.1% and 16% respectively) which was previously considered as negligible.
Moreover, nodes experiencing the biggest stress differences of the two approaches were
analyzed. In these nodes, the stresses, that were computed under the assumptions of mean
ILT values, were in average lower by 38.8% and ranging from 11.8% up to 75% for
patients 2 and 4 respectively. A stress underestimation like this can play a significant role
when calculating the AAA risk factors since local wall stress is compared with the AAA
wall strength as used in some approaches for rupture risk assessment of AAA [41].
Additionally, the stress fields were globally compared on a node-by-node basis to
demonstrate that the difference in stress derived from the different material definition was
not a local phenomenon. In this case, the performed Wilcoxon non-parametric test
confirmed a statistical significance between both approaches for the maximum stress
differences. Therefore, it has been found that the ILT PS properties including the
negligible outer ILT layer, alters the resulting AAA wall stress field on a statistically
significant level affecting mainly the local stresses. Consequently, this analysis can be
considered general as long as it includes all typical shapes of the AAA. Thus, it is
suggested to extend this study to more cases anyway.

The findings of this thesis cannot be easily compared with the finding of other
studies since to this date no studies have tested the influence of negligible stiffness of the
ILT outer layer even though, a high level of degradation, making the mechanical testing
of the outer layer impossible, has been suggested by Wang et al. [22] and Vande Geest et
al. [27]. Also, it is necessary to mention that the biaxial mechanical testing of the ILT
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tissue (chapter 6) provided data similar to those presented by Gasser et al. [3] or Vande
Geest et al. [30] as compared in figure 28. Therefore, it can be concluded that performed
mechanical testing most likely did not include any systemic error and provided results are
realistic. Consequently, the majority of the stress differences described in the result
section (chapter 8) can by assigned to the influence of ILT’s outer layer negligible
stiffness.

9.1 Limitations

It is necessary to mention that there are several limitations and potential inaccuracies
under which the results have been obtained.

9.1.1 AAA geometry

First, when reconstructing patient-specific geometries, every part of this difficult
multi-step process induces some level of geometrical inaccuracies in the model, since the
imagining methods scanning properties are limited by the size of voxel and quality of
segmentation is highly dependent on the operator experience. Above that, calcifications
that may be present in AAA walls were not considered. It was suggested, that the
calcifications cause stress peak zones by increasing the stress by 22% [73]. This
phenomenon can be included in the geometry models during segmentation since it is
visible on CT scans, however, calcifications are, by most researchers, not included in their
analysis due to its strong dependence on constitutive information, which determines the
reliability of modeling [41]. In this thesis, ILTs were assumed to be crack-free, however,
it has been previously suggested by Polzer et al. [2] that ILT fissures can elevate the
resulting stresses in the AAA wall by 30%. Also, even though the thickness of the AAA
wall changes as the aneurysm grows, due to an advanced complexity, in this thesis, the
wall was modeled as of uniform thickness, noting the fact that the wall stress increases as
the wall thickness decreases.

9.1.2 Boundary conditions

The surroundings of abdominal aorta consist of the vertebral column, running along
the aortic posterior side, and soft tissue components of the abdominal cavity. Therefore,
in terms of stiffness, the surroundings of AAA are strongly non-homogenous. In reality,
it is likely to happen that the AAA expansion is limited by a component of the abdominal
cavity introducing external loads to the AAA wall. Despite the fact that, modeling of this
aspect would be possible by restricting deformation at a certain region, due to lack of
information, this external boundary conditions were neglected similarly as in the most
available studies [2, 40, 41, 47, 53, 54, 55, 57, 59, 60, 62, 63, 64, 65, 68, 73, 74, 75,77].

9.1.3 Structural properties

In terms of experimental testing conducted in this thesis, a greater number of biaxial
specimens for each ILT would allow to better describe the ILTs properties across its
thickness, since in 3 cases only one biaxial specimen was obtained due to the sample’s
unsuitable geometry or poor structure. Also, a lack of equipment, that would allow precise
slicing of the ILT sample into layers with uniform thickness, which is difficult due to the
non-homogenous composition of the tissue, induced uncertainties in engineering stress
calculations, derived from the specimen’s cross-section. Additionally, the data obtained
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from mechanical testing were fitted with constitutive material models with a limited
precision. Moreover, as mentioned earlier, ILT tissue is rather porous structure.
Therefore, implementing the poroelastic material model in FEM analysis would better
simulate physiological conditions. However, according to Polzer et al. [8], who used the
poroelastic material model of ILT for FE analysis of AAA, the decrease of pressure
caused by the shielding properties of the ILT is small and suggested that in term of AAA
wall stress distribution, the poroelastic nature of the ILT can be neglected. Therefore, in
this thesis, the non-shielding properties of the ILT has been accounted for by applying
the loading pressure directly to the AAA inner wall but homogenous single-phase
material for modeling ILT tissue has been used. Also, the material was considered
hyperelastic since, in most of physiologic and pathophysiologic states, the assumption of
hyperelasticity is relevant [20]. Additionally, according to [24], anisotropic properties of
the normal aorta that are caused by the orientation of collagen fibers, disappear with the
aneurysmal disease. This assumption has been accepted for the whole AAA wall, despite
the non-aneurysmal end parts of the AAA geometry models.

Mechanical properties of human arteries are temperature dependent. With increased
temperature, the aortic tissue seems to become more compliant [70]. This was respected
only by performing the biaxial testing in the temperature controlled bath. Again, this
approach is consistent with available literature [2, 40, 41, 47, 53, 54, 55, 57, 59, 60, 62,
63, 64, 65, 68, 73, 74, 75,77].

9.1.4 Residual stresses, pre-stressing, and pulsatile pressure

Moreover, as being mentioned above, neglecting the residual stresses in AAA wall
is most likely responsible for non-realistic stress gradient across the AAA wall, however,
determination of residual stresses for a complex geometry structure such as AAA, is a
difficult task, therefore in most studies, residual stresses remain unknown and are
generally neglected [2,40,59,60,62,68]. Similarly, since the arterial pre-strain decreases
with age [69], for the population in danger of AAA development this value is insignificant
and has been neglected in this thesis. Additionally, as discussed in 7.1, geometry obtained
from CT scans were treated as unloaded, accepting the consequences of globally
increased stresses. Ideally, a computational model of AAA would induce a fluid-structure
interaction, would be loaded by a dynamic load corresponding to the pulsatile nature of
blood pressure, and would incorporate the viscoelastic properties (creep, stress relaxation
and hysteresis) of the ILT and AAA wall. Above that, according to Scotti et al. [58],
performing a fluid-structure analysis instead of loading the AAA wall with static pressure
increases maximum wall stress by 20%. On the other hand, others suggest that the
influence of blood flow on in terms of loading the AAA structure is negligible and steady
activation is fully acceptable [40,81]. Therefore, this contradiction is a possible subject
of further investigation.

9.1.5 Dynamics

Even though the load was applied under static conditions, worst possible scenario
was simulated by loading the structure by systolic pressure. When including fatigue in
rupture risk calculations, it has been suggested to lower the static ILT and AAA wall
strengths to 40% and 50%, respectively [3,41].

Despite the assumptions and simplification that has been made, it is unlikely to
assume that more complex modeling of the AAA structure would have resulted in
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different findings since the conclusions of this thesis are based on computational models
comparisons which were all calculated under the same assumptions. Above that, it has
been suggested by Gasser et al. [41] and Polzer et al. [2] that including a patient-specific
model of geometry, that has been used in this thesis, is the most crucial part of the
structural analysis.
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10 Conclusion

In this thesis, the uncertainties of finite element stress-train analysis of the
abdominal aortic aneurysm, caused by neglecting patient-specific material properties of
the ILT tissue, were analyzed. To do so, two types of geometry models were created.
First, an idealized geometry model was developed to conduct a finite element mesh
convergence study. Also, there is a gradient of material properties across the ILT stiffness
which is modeled by materially different layers to create an onion-like structure.
Therefore, in this thesis, a study determining the AAA wall stress dependence on the
number of ILT materially different layers was conducted on the idealized geometry using
a macro which prescribed each element of the ILT FE mesh with material properties based
on the element’s distance from the lumen.

Followingly, 5 patient-specific geometries reconstructed from CT scans prior the
AAA elective repairs were used. The geometries of AAA walls were meshed with
hexagonal elements using the ICEM CFD software. Then, in order to determine the
patient-specific material properties of the ILT structure, biaxial experimental testing
was conducted, examining ILT samples harvested from the five elective repairs to match
the patient-specific mechanical properties with the corresponding geometries. The
experimental testing gave comparable results to those presented by Gasser et al. [3] and
Vande Geest et al. [30] which are the most frequently cited studies on this topic.
Importantly, the experimental testing confirmed the stiffness negligibility of the
intraluminal thrombus’s outer layer, which is mentioned is several studies [22,27],
however, the influence of this layer on resulting aneurysmal wall stress has been to this
date not tested.

Therefore, in this thesis, the close to zero stiffness of the ILT outer layer was
included in the material modeling. In terms of material modeling, both, the ILT and AAA
wall were modeled with hyperelastic constitutive material models. The results have been
presented in form contour plots, peak stresses comparisons and histograms, comparing
the stress fields on a node-by-node basis and allowing to determine the probability density
function for each geometry couple that has been compared.

The result has been statistically analyzed by using the non-parametric tests which
confirmed that the ILT patient specific material properties with considering the outer
layer as of zero-like stiffness alter the resulting AAA wall stress fields on a statistically
significant level.

In conclusion, this study highlighted the importance of using mechanically
negligible ILT outer layer in order to obtain more realistic wall stresses.
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11List of used abbreviations and symbols

AAA
Ci

Cio, C20, Up, Op
CcCD

Ejt
FE
FEM
G
ILT
I, I, I3
MLU
PS
RBC
Si

Sij
SMC
u;

w

Xi

Xi

Ax, Ay, Az

aortic abdominal aneurysm
Cauchy-Green deformation tensor
material parameters
charged-coupled device

computer topography
Green-Lagrange strain tensor

finite element

finite element method

shear modulus

intraluminal thrombus
Cauchy-Green deformation tensor invariants
medial lamellar unit

patient-specific

red blood cell

engineering stress

second Piola-Kirchhoff stress tensor
smooth muscle cell

displacement

strain energy

coordinates in initial undeformed state
coordinates in final deformed state

stretch ratios
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