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ABSTRACT

SIMULATION OF ANEURYSM HEMODYNAMICS TO PREDICT
INTRALUMINAL THROMBUS FORMATION REGION

Ramazanli, Burcu
Doctor of Philosophy, Mechanical Engineering
Supervisor: Prof. Dr. Mehmet Metin Yavuz
Co-Supervisor: Prof. Dr. Cilineyt Sert

December 2022, 149 pages

Intraluminal thrombus (ILT) is a fibrin structure which might affect rupture
characteristics and be observed 80% of abdominal aortic aneurysms (AAA).
Disturbed hemodynamics inside AAA might affect ILT formation, that are generally
quantified by wall shear stress (WSS) parameters in literature. Together with WSS
parameters, vortex structures observed inside arterial systems can also be counted as
indicators of disturbed hemodynamics, and might contribute the generation of ILT.
To understand the effect of disturbed hemodynamics on ILT formation, blood flow
through AAAs can be simulated by using computational methods. In computational
models, setting up inlet boundary conditions (BC) and fluid properties are very
important steps which affect the reliability and accuracy of the hemodynamic
assessment. The aim of this study is understanding the effect of inlet boundary
conditions and rheology model selection on predicting the WSS parameters and
vortex structures, and determining a correlation between those hemodynamic

parameters.



To understand the effect of inlet different BCs on hemodynamic parameters,
Womersley, Parabolic and Plug velocity profiles, with different entrance lengths,
Len: = D,3D and 11D, are examined. Results reveal that Parabolic profile even
with a short entrance length can be utilized instead of complex Womersley profile.
To investigate the effect of inlet flow waveform pattern on rheology model selection,
three waveform patterns, Base, Case 1 and 2, are tested for eight viscous shear
thinning models, along with the viscoelastic Oldroyd-B and Newtonian models.
Newtonian model might obtain different OSI and ECAP distributions from shear-
thinning models even for high mean flow rates, albeit the differences introduced by
elasticity might be negligible. Also, vortex transport mechanism might affect the
rheology model selection. To observe the correlation between WSS parameters and
vortex structures, time-averaged wall shear stress (TAWSS), oscillatory shear index
(OSI), endothelial cell activation potential (ECAP) and relative residence time
(RRT) distributions and contours of time-averaged A.,-criterion, Q-criterion and A,-
criterion are plotted. Regions with high |/1_a|, |Z| and |Q| are correlated with high
TAWSS and low OSI, ECAP and RRT. To conclude, vortex identification methods

have the potential to be utilized to predict ILT accumulation and rupture sites.

Keywords: Intraluminal thrombus formation, Womersley profile, Blood rheology,

Wall shear stress parameters, Vortex identification methods.
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INTRALUMINAL TROMBUS OLUSUM BOLGESINI ONGORMEK iCIN
ANEViZMA HEMODINAMIGIiNiN SIMULASYONU

Ramazanli, Burcu
Doktora, Makina Miihendisligi
Tez Yoneticisi: Prof. Dr. Mehmet Metin Yavuz
Ortak Tez Yoneticisi: Prof. Dr. Clineyt Sert

Aralik 2022, 149 sayfa

Intraluminal trombiis (ILT), abdominal aort anevrizmalarmm (AAA) %80'inde
goriilen ve anevrizma riiptiiriinii tetikleyebilen bir fibrin yapisidir. AAA igindeki
bozulmus hemodinamikler, literatiirde genellikle duvar kesme gerilimi (WSS)
parametreleriyle nicelenir ve ILT olusumunu etkileyebilir. WSS parametreleri ile
birlikte, arteriyel sistemlerde gozlenen vorteks yapilar1 da bozulmus hemodinamigin
gostergeleri olarak sayilabilir ve onlar da ILT olusumuna katkida bulunabilir.
Bozulmus hemodinamigin ILT olusumu {izerindeki etkisini anlamak ig¢in,
hesaplamali yontemler kullanilarak AAA'larin igerisindeki kan akis1 simiile
edilebilir. Hesaplamali modellerde sinir kosullarinin (BC) ve sivi 6zelliklerinin
ayarlanmas1 hemodinamik degerlendirmenin giivenilirligini ve dogrulugunu
etkileyen ¢cok 6nemli adimlardir. Bu calismanin amaci, giris sinir kosullarinin ve
reoloji model se¢ciminin WSS parametrelerini ve vorteks yapilarini tahmin etme
iizerindeki etkisini anlamak ve bu parametre ve yapilar arasinda bir korelasyon

belirlemektir.
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Bu ¢alismada, farkli giris uzunluklarina sahip geometrilere (L,,,; = D, 3D and 11D)
ideallestirilmis simir kosullar1 (Womersley, Parabolik ve Plug) karsilastirilarak
incelenmistir. Sonuglar, karmasik Womersley profili yerine kisa bir giris
uzunlugunda bile Parabolik profilin kullanilabilecegini ortaya koymaktadir. Giris
akis dalga bicimi modelinin reoloji modeli se¢imi lizerindeki etkisini aragtirmak igin,
ii¢ dalga bi¢imi modeli, Temel, Durum 1 ve 2, viskoelastik Oldroyd-B ve Newton
modelleriyle birlikte sekiz viskoz kayma inceltme modeli igin test edilmistir.
Sonuglar, Newtonyen modelin, yiiksek ortalama akis hizlar1 i¢in bile kayma inceltme
modellerinden farkli OSI ve ECAP dagilimlar: elde edebilecegini, ancak esnekligin
getirdigi farklarin ihmal edilebilir diizeyde olabilecegini gostermektedir. Ayrica
girdap tasima mekanizmasi reoloji modeli se¢imini etkileyebilir. WSS parametreleri
ve girdap yapilar1 arasindaki iliskiyi gézlemlemek icin, zaman ortalamali duvar
kesme gerilimi (TAWSS), salinimli kesme indeksi (OSI), endotel hiicre aktivasyon
potansiyeli (ECAP) ve bagil kalma siiresi (RRT) dagilimlar1 zaman ortalamali A,-
kriteri, Q- kriteri and A,- kriteri konturlartyla kiyaslanmustir. Yiiksek |/1_a|, |Z| ve
|Q| olan bolgeler, yiiksek TAWSS ve diisiik OSI, ECAP ve RRT ile iliskilidir. Sonug
olarak, girdap tanimlama yontemleri, ILT olusumunu ve riiptiir bolgelerini tahmin

etmek icin kullanilma potansiyeline sahiptir.

Anahtar Kelimeler: Intraliiminal trombiis olusumu, Womersley profili, Kan reolojisi,

Duvar kesme gerilmesi parametreleri, Girdap tanimlama metotlari.
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CHAPTER 1

INTRODUCTION

Abdominal aortic aneurysm (AAA) is the dilatation of the abdominal aorta beyond
50% of the normal vessel diameter, due to degeneration of the arterial wall
(McGloughlin Timothy and Doyle Barry, 2010). It is reported that 4-8% of men and
0.5-1% of women above 50 years of age bear an AAA and it accounts for
approximately 15,000 deaths per year in the United States alone (Sakalihasan et al.,
2005; Kontopodis et al., 2014). In Figure 1.1, an illustration of AAA is presented.
AAA may result in rupture of the vessel wall, which is a fatal surgical emergency
because of reduced blood flow to vital organs and hematocele (i.e. swelling caused
by blood collecting in a body cavity). Currently, there are two frequently utilized
techniques to treat AAAs, which are open surgical repair and endovascular aneurysm
repair via stenting (EVAR). Although open surgical repair has been used for many
decades as a treatment technique, it is a procedure with 5% elective repair post-
operative mortality and 47% emergency operations post-operative mortality (Hallin
et al.,, 2001). Alternatively, EVAR is a minimally-invasive technique, and it is
becoming more common procedure for AAA, with the potential advantages of
reductions in mortality, morbidity, blood loss, hospital stay, and discomfort.
However, even this approach is subject to post-procedural complications, mostly
caused by the development of endoleaks or to the mechanical failure of the device,

which can occur in 15% to 52% of cases (Vorp David and Geest Jonathan, 2005).



Figure 1.1. Magnetic resonance imaging of an abdominal aortic aneurysm (AAA)

Given these limitations and risks of current repair techniques, it is important to
determine when, during the course of an aneurysm, the risk of rupture justifies repair.
Therefore, predicting the risk of rupture for an aneurysm is critical in the decision of
treatment. It is reported that only 25% of AAAs rupture in a patient’s lifetime
(Darling et al., 1977), and it is also known that smaller aneurysms can also rupture,
for example, in an autopsy study, Darling et al. (1977) show that 13% of the
aneurysms smaller than 5 cm diameter are ruptured. Indeed, there are reports also
showing that aneurysms having diameter larger than 9 cm can remain stable (Vorp,
2007; Moll et al., 2011). Thus, along with AAA size, other factors should also be

considered for rupture risk assessment.



The precise mechanisms leading to AAA rupture remains unclear. From a purely
mechanical point of view, rupture of an AAA occurs when the mechanical stresses
(i.e. internal forces per unit area) acting on the aneurysm exceeds the ability of the
wall tissue to withstand these stresses (i.e. the wall’s failure strength). Together with
variations of the mechanical morphology of wall, effect of dynamics of blood flow,
which is known as blood hemodynamics, is considered as a contributing factor for
growth and rupture mechanism. Wall shear stress (i.e. WSS, the frictional force
exerted by blood flow on the luminal surface) is also thought to play an important
role (Peattie et al., 1996). While the blood flow in normal aorta (diameter within 2-
2.5 cm) is mainly anterograde with high WSS, during AAA, circulatory flows
emerge within the vessel. Hence, flow becomes disturbed with oscillatory
characteristics leading to low WSS (Tanweer et al., 2014). The disturbance of flow
in AAA is believed to contribute to the progression of the disease by activating the
inflammatory markers of the endothelial cells lining the vessel wall which might lead

to degeneration and weakening of the vessel wall (Ryan et al., 2016).

To quantify the disturbance in hemodynamics inside aneurysm sac, wall shear stress
(WSS) parameters such as time-averaged wall shear stress (TAWSS), oscillatory
shear index (OSI), endothelial cell activation potential (ECAP) and relative residence
time (RRT) are used. In literature, a vast number of studies have postulated a
correlation between the WSS parameters and intraluminal thrombus (ILT) formation
(Arzani et al., 2014; Boyd et al., 2016; Les et al., 2010; Kelsey et al., 2016). In terms
of aneurysm growth characteristics, the role of ILT is a controversial issue. From a
biomechanical point of view, it is interpreted as beneficial to prevent rupture due to
its pressure-wave dampening feature (Di Martino and Vorp, 2003). However, in a
clinical study it is reported that ILT is observed near the site of rupture for 80% of
the autopsies (Simdo da Silva et al., 2000), and it can also be seen as a source of
proteolytic activity, local wall thinning, wall weakening, and hypoxia (Swedenborg
and Eriksson, 2006). Different theories exist in literature regarding the relation
between ILT formation and aneurysm hemodynamics. The most well-known

approach is that the low and oscillatory WSS may stimulate the endothelial cells and

3



promote the inflammatory process, causing wall-cell adhesion due to platelet
accumulation, forming ILT (Boyd et al., 2016; Kelsey et al., 2017). Most researchers
agree that the locations with low WSS, high OSI and high ECAP are prone to
thrombus formation and have a higher risk of rupture (Les et al., 2010; Kelsey et al.,
2016). On the other hand, in some studies reporting contradicting results (Arzani et
al., 2014; Singh et al., 2018; Biasetti et al., 2011; Biasetti et al., 2012), it is stated
that low WSS and high OSI regions do not necessarily coincide with thrombus
deposition and atherosclerosis formation. Especially, Arzani et al. (2014) specified
that low OSI with moderate TAWSS values (between 0.2 - 0.3 Pa) are prone to
develop ILT, while very low TAWSS (< 0.1 Pa) with high OSI (> 0.4) prevent
thrombus deposition. In literature, several studies also reported a correlation between
recirculation zones and ILT formation. Arzani et al. (2014) reported that near-wall
recirculation zones contribute to low OSI and enhanced thrombus deposition. Kelsey
et al. (2017) stated that low-velocity recirculation zones are located near the regions
where ILT has formed. They concluded that high residence time, flow stagnation,
vortex structure, and high ECAP all correlate spatially with the regions where ILT
develops. Biasetti et al. (2011; 2012) correlated vortical structures with high WSS
and attributed bursting of the vortical structures to thrombus deposition at low WSS
areas. Therefore, together with WSS parameters, quantifying the vortical structures
may lead to better understanding of their effect on ILT formation and rupture

mechanism of aneurysms.

Over several decades, in order to investigate the hemodynamics inside the abdominal
aortic aneurysms, a vast amount of numerical studies is performed (Finol and Amon;
Kelsey et al., 2016; Arzani et al., 2014), and accuracy depending on the boundary
conditions and modeling parameters used in computational models (Salman et al.,
2019). Computational models enable researchers to approximate behavior of blood
hemodynamics under realistic conditions. The models are generated by defining the
conditions on the boundaries and numerically solving governing equations in the
fluid domain. Together with adjusting the problem geomertry, mesh, turbulence

models; setting up boundary conditions (BC) and fluid properties are also very
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important steps which affect the reliability and accuracy of the hemodynamic
assessment. Inlet and outlet boundary conditions are defined considering the
physiological pulsatile flow. Time-dependent inlet flow rate obtained at the
infrarenal section of aorta can be applied considering different velocity profiles. The
most accurate application is utilizing PC-MRI measured patient-specific velocity
profiles as an inlet velocity BC, obtained from the human aorta (Chandra et al., 2013;
Youssefi et al., 2018). However, accessing to complete high quality patient-specific
geometry and inlet profile data is not always possible due to lack of imaging facilities
(Armour et al., 2021). Furthermore, directly measuring in vivo inflow conditions is
still challenging because of the cardiac motion and resolution (Lodi Rizzini et al.,
2020). Indeed, in several studies it is reported that there is no significant difference
between profiles obtained from PC-MRI and artificial ones (Morris et al., 2006; Wei
et al.,, 2019). Therefore, many studies in literature frequently use the idealized
profiles such as Plug (Chen et al., 2020; Drewe et al., 2017), Parabolic (Bit et al.,
2020; Boyd et al., 2016; Li and Kleinstreuer, 2005; Bilgi and Atalik, 2020) and
Womersley (Arzani er al., 2014; San and Staples, 2012).

Plug profile is the uniform velocity at the inlet, while Parabolic profile obtained
from Poiseuille’s equation and therefore they cannot present all the characteristics
generated due to transitional effects. Although Womersley profile is necessary to
present transient effects especially for large a values, applicability and
implementation of Womersley equation as an inlet boundary condition can be
difficult because of the Bessel functions and imaginary numbers that it contains
(Campbell et al., 2012; Impiombato et al., 2021). Therefore, in literature, most of the
studies utilize Plug or Parabolic profiles with long entrance lengths to obtain fully
developed condition, rather than the Womersley profile, which increases the
computation time (Stamatopoulos et al., 2010). Indeed, necessary entrance length to
obtain fully developed conditions is also a controversial issue. In general, researchers
concerned about the inlet velocity boundary conditions and to be on the safe side,
they tend to be extend the size of entrance region to ensure fully developed

conditions (Madhavan and Kemmerling, 2018). In literature, recommended entrance
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length values to reach the fully developed state are significantly large (Durst et al.,
2005; Salman et al., 2019). On the other hand, Hoi et al. (2010) reported that and
entrance length at least three diameters of the artery is sufficient to avoid negligible
errors in hemodynamics of the carotid arteries (Hoi et al., 2010). However, from a
different point of view, Madhavan and Kemmerling (2018) stated that in the actual
human arterial system, obtaining the fully developed hemodynamic conditions is not
realistic due to the orientation of the vasculature, such as the thoracic aorta is located
immediately distal to the heart. Campbell et al. (2012) hypothesized that Womersley
and Parabolic inlet velocity BCs give nearly the same result in carotid bifurcation,
where a = 4.1 and average radius is 3 mm. However, they highlighted that the
results are not applicable for large arteries like aorta, in which « is larger than 10,
and they require further studies. In 2019, Wei et al. (2019) stated that no significant
difference between realistic, Womersley and Parabolic inlet profiles while Plug is

notably different that the others for Fontan hemodynamics.

In addition to boundary conditions, replicating the patient-specific rheological
behavior of the human blood is also a determinant in the accuracy of the
hemodynamic predictions. Blood is a concentrated suspension of various cellular
elements, which are red blood cells (RBCs), white blood cells (WBCs) and
thrombocytes, inside the plasma which is composed of 93% water and 3% particles,
which are organic molecules, electrolytes, proteins and wastes gathered from
organism (Bessonov et al., 2016). The plasma behavior is very similar to a
Newtonian fluid. However, at very low shear rates, non-Newtonian behavior of
blood becomes more apparent. At shear rates less than 100 s, red blood cells
(RBCs) aggregate and form rouleaux, which is rod shaped stacks of individual cells
(Bessonov et al., 2016). Aggregation and disaggregation of rouleaux lead the blood
to exhibit a shear-thinning and elastic behavior (Bessonov et al., 2016; Bilgi and
Atalik, 2020; Bodnar et al., 2011). Abdominal aortic aneurysm (AAA) is the
dilatation of the abdominal aorta beyond 50% of the normal vessel diameter, due to
degeneration of the arterial wall (McGloughlin Timothy and Doyle Barry, 2010).

Abdominal aorta is a large artery where the flow rate is also larger compared to other
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arteries, which leads to a high shear rate distribution. However, inside the aneurysm
sac, there are stagnant and low velocity recirculation regions due to the separation of
bulk flow at diastolic phase (Salman et al., 2019), causing low shear rates at that

Zones.

In literature, a vast amount of studies agrees that non-Newtonian effects diminish
with increasing flow rate (Shibeshi and Collins, 2005; Soulis et al., 2008), because
they generate high shear rate distribution. Skiadopoulos et al. (2008) have reported
that Newtonian approach is satisfactory in high shear and flow rates to estimate AAA
hemodynamics. Also, Fisher et al. (2009) stated that non-Newtonian properties of
blood are more influential during diastole due to lower flow rate. Indeed, there are
various flow waveform patterns available in literature for infrarenal section of the
aorta, which is just upstream part of the abdominal aneurysm. The flow waveform at
that section shows different characteristics from patient to patient. Measured
infrarenal flow waveforms of two different patients during resting condition is
presented in Figure 1.2 (Les et al., 2010). It is obvious that, for resting condition,
especially the peak systolic flow rate value is significantly different for different
patients. Also, diastolic flow rate, which is the flow rate value at the beginning of
the cardiac cycle is equal to zero for most of the patients during resting. However,
for different cardiac conditions, diastolic flow rate might be higher than zero. For
example, according to Les et al. (2010), diastolic flow rate might reach to 100 ml/sec
during exercise condition. Such variations in infrarenal flow waveform pattern might
lead different shear rate distributions through abdominal aortic aneurysms during
systolic and diastolic phases, and might affect the rheology model selection. From
that point of view, it might be useful to observe the behavior of different rheology
models utilized in blood modeling for different inlet flow conditions. The most
common non-Newtonian models that have been considered in the literature for the
shear dependent viscosity of whole human blood are Carreau, Carreau-Yasuda,
Casson, Power, Quemada, Cross, Modified and Simplified Cross models (Cho and

Kensey, 1991).
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Figure 1.2. A comparison of measured physiological infrarenal flow rate during rest

for two different patients (Les et al., 2010)

Although disturbed flow is generally quantified by WSS parameters such as
TAWSS, OSI, ECAP and RRT, in a meta literature analysis study, Saqr et al. (2020)
have reported that WSS parameters solely are not enough to bridge hemodynamics
and aneurysm pathology. In addition to such a scalar-tensor field comparison,
quantifying the vector fields, such as vortex structures, may lead to better
understanding of their effect on ILT formation and rupture mechanism of aneurysms.
In early studies, vorticity magnitude is utilized to define vortices. However, it is not
able to discriminate between the shear motions and vortex cores (Chen et al., 2015).
Therefore, in later studies, different criteria have been postulated to analyze vortex
dominated behavior isolated from the shear motion. Vortex structures can be
quantified by Q-criterion , A-criterion, A,-criterion, and swirling strength (A.;)
criterion (Chen et al., 2015; Epps, 2017). Moreover, due to limitations arising from
low spatial resolution and optical constraints in proximity to the wall, obtaining WSS
parameters using experimental methods is a challenging issue (Bauer et al., 2020).
However, acquiring vortex structures is a very common approach in experimental
studies, and it does not require exact wall data (Deplano et al., 2016). Thus, a

correlation between WSS parameters and vortex structure might be a useful tool



especially for determining ILT formation region using experimental methods, such

as Particle Image Velocimetry (PIV).

1.1 Motivation of the Study

In simulation of exact patient-specific hemodynamics to determining ILT formation
and rupture region inside AAAs, selection of boundary conditions and fluid
properties are very effective. Although Womersley profile is necessary to present
transient effects especially for large a values, applicability and implementation of
Womersley equation as an inlet BC might be difficult because of the Bessel functions
and imaginary numbers that it contains. On the other hand, studies applying
Parabolic and Plug inlet velocity BCs utilize significantly long entrance lengths to
reach fully developed Womersley condition, which might increase the computational
cost. Therefore, it might be significant to observe the differences in hemodynamic
parameters arising from utilization of common inlet BCs, which are Womersley,
Parabolic and Plug, to criticize the necessity of Womersley profile and significantly
long entrance lengths. To the author’s best knowledge, there is a deficiency in
literature to compare the effect of ideal velocity profiles on abdominal aortic
aneurysm hemodynamics, where Womersley number is larger than 10, with different

entrance lengths.

Modeling the patient-specific rheological behavior of the human blood is also crucial
in obtaining the exact ILT formation region because properties of fluid domain
affects hemodynamic predictions significantly. Although blood behaves as
Newtonian fluid for higher shear rates, its viscous shear-thinning and elastic nature
arises for shear rates lower than 100 s’!. Inside the aneurysm sac, low shear rate
regions exist due to flow stagnation, especially at diastolic phase. Moreover,
infrarenal flow waveform pattern, especially peak and diastolic flow rate, differs
from patient to patient. Such variations in infrarenal flow rate might lead different
shear rate distributions through abdominal aorta during systolic and diastolic phases,

and might affect the rheology model predictions. Moreover, the effect of various
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shear thinning models on hemodynamic parameters is studied previously for the
carotid (Razavi et al., 2011; Morbiducci et al., 2011; Lee and Steinman, 2007;
Medienta et al., 2020), thoracic (Karimi et al., 2014; Faraji et al., 2022) and cerebral
(Fisher and Rossmann, 2009) arteries, but a comprehensive comparison of them

together with viscoelastic model in AAA is not available in literature.

Quantifiying disturbed aneurysm hemodynamics by only a scalar-tensor field WSS
parameters might not be enough to understand the reasons of ILT formation.
Moreover, determining the WSS parameters experimentally is a challenge due to
limitations arising from low spatial resolution and optical constraints in proximity to
the wall. Therefore, to better understand the effect of blood flow on ILT formation
and to serve a facility for experimental studies in order to determine ILT region, a
correlation between WSS parameters and vortex identification methods might be
determined. To the authors’ best knowledge, no correlations of these parameters

exist in the literature.

1.2 Aim of the Study

Boundary conditions and fluid properties significantly affect the hemodynamic
predictions inside AAAs, which might mislead the prediction of ILT formation
region. The aim of this study is understanding the effect of inlet boundary conditions
and rheology model selection on predicting the WSS parameters and vortex
structures, which are frequently used hemodynamic parameters to predict ILT
formation, and determining a correlation between those parameters. First of all, to
characterize the differences generated by Plug, Parabolic and Womersley inlet
velocity profiles at different entrance lengths, Lo, = D, 3D, 11D and 50D, axial
velocity profiles, OSI and ECAP distributions and swirling strength contours are
plotted and compared. Secondly, to observe the effect of rheology model selection
on predicting hemodynamic parameters, eight viscous shear-thinning models at three
different infrarenal flow waveforms, which are Base, Case 1 and 2, are tested and

the results are compared with the Newtonian model. Moreover, the effect of elasticity
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of blood is also studied using Oldroyd-B model and compared with Newtonian and
viscous shear-thinning models. WSS parameters together with instantaneous and
time-averaged shear rate and swirling strength contours are plotted and compared.
Finally, to determine the correlation between WSS parameters and vortex
identification methods, numerical experiments are conducted for three different
aneurysm models with bulge radius to aorta radius ratio, Rgz/R = 2.44,3.66
and 4.88. Vortex structures are quantified by Q-criterion , A-criterion, A,-criterion,
and swirling strength (A.;-criterion), and instantaneous WSS distributions and
streamlines are compared with swirling strength contours. Moreover distributions of
WSS parameters are compared with contours of time averaged swirling strength, A,
to identify whether correlations can be established between wall shear stress

parameters and vortex identification methods.

1.3 Structure of the Thesis

This thesis is composed of seven main chapters. Chapter 1 provides introductory
information abdominal aortic aneurysms and summarizes the aim and the motivation

of the current study.

Chapter 2 presents the detailed literature review including the general
hemodynamics for AAAs, and their modeling techniques that are frequently used in

literature.

Chapter 3 explains the mathematical equations, numerical methods and their
validations that are utilized in this study. Also, matrices of numeric experiments are

given in that chapter.

Chapter 4 shows a characterization of the behavior of idealized inlet velocity profiles
at different entrance lengths and Reynolds numbers, while Chapter 5 presents
comparison of shear-thinning and viscoelastic rheology models with Newtonian
model for three different waveform patterns. Also, Chapter 6 examines the possible

correlations between wall shear stress parameters and vortex identification methods.
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Finally, Chapter 7 provides the conclusions throughout the study together with the

possible future work recommendations.
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CHAPTER 2

LITERATURE REVIEW

Computational modeling has been used frequently in recent years to investigate
rupture mechanics for AAA tissue. Comparison of ruptured and electively repaired
AAA cases via FEA, revealed elevated wall stress levels for ruptured tissue (Fillinger
et al., 2002). Several observations on excised tissue suggest that AAA formation is
accompanied by an increase in wall stress as well as a corresponding decrease in wall
strength (Vorp et al., 1996; Raghavan et al., 2000) and rupture point on AAA is
usually coincides with peak wall stress locations (Fillinger et al., 2002). In very few
studies where previous medical images for ruptured AAA tissue were available,
patient-specific FEA could successfully identify known exact future rupture
locations as high wall stress regions (Doyle et al., 2014). The FEA results prove the
potential significant contribution of computational analysis for rupture risk

assessment for AAA.

Additionally, disturbed hemodynamics through AAA should be characterized for
locations of low WSS and oscillatory flow as potential rupture locations (Les et al.,
2010). Because of geometrical complexities, it is clinically challenging to map
hemodynamics for AAA. Computational fluid dynamics (CFD) simulations can
potentially be used for biomechanical assessment to determine critical hemodynamic
parameters affecting the growth and progression of AAA (Khanafer et al., 2007).
Previous studies show that oscillatory flows (i.e. flow to oscillate forward and
backward) in AAA can cause damage to endothelial cells (ECs), resulting in
inflammation and thrombus and/or calcification formations in the wall (Tanweer et
al., 2014). Therefore, spatial determination of these disturbed flow regions will help
to identify potential rupture locations at very early stages during the course of the

condition.
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Despite the potential benefits, CFD simulations can only investigate the disturbed
AAA hemodynamics in fluid domain without considering wall behavior and FEA
models enable only wall stress analysis in solid domain without blood flow behavior.
However, there are strong interactions between blood flow and AAA wall, which
significantly affects the rupture mechanism. For increased accuracy, the mutual
effects between the blood flow and vessel wall should be considered. Most recent
computational models are based on this approach which is known as fluid-structure
interaction (FSI) modeling (Drewe et al., 2017; Canchi et al., 2018). In this
technique, hemodynamic forces deform the tissue and tissue wall displacements
affect the behavior of blood flow. FSI requires simultaneous and coupled solution of
governing fluid flow and tissue displacement equations. Even though, FSI modeling
is more complex, it is shown that FSI models can predict native AAA tissue behavior
better with increased wall stress results up to 20% compared to FEA models without

fluid flow (Scotti et al., 2008).

As computational methods have widely been used in investigation of hemodynamics
and mechanical behavior of arterial tissue, the experimental techniques are also
utilized in characterization of flow dynamics through abdominal aortic aneurysms.
Both approaches are crucial and complement each other with offering in depth
analysis where the level of its intensity and accuracy depend on the assumptions in
computational models and simplifications in experimental methods. In line with the
aforementioned computational studies, many experimental investigations of the
hemodynamics through AAAs have been conducted in literature, and various
qualitative and quantitative flow measurement techniques have been utilized for that
purpose. A typical experimental set up for the analysis of hemodynamics contains
physiological flow circulatory system including pump, piping, and pressure
compliance, test section that contains artery model (phantoms), blood mimicking
fluid, and flow measurement systems (like particle image velocimetry) to track the
movement of fluid particles to calculate the velocities first, and then WSS levels on
the phantoms. Previously, this approach has been adapted by several researchers to

investigate AAA rupture mechanism (Tanweer et al., 2014; Wang et al., 2016).

14



2.1  Computational investigation of hemodynamics of AAAS

Computational models enable researchers to approximate biomechanical behavior of
tissue stress and blood flow hemodynamics under realistic conditions. The models
are generated by defining the conditions on the boundaries and numerically solving
governing equations in fluid and solid domains. Generation of the problem geometry,
setting up solid and fluid models, coupling the solutions through FSI procedure are
important steps which contribute to enhance the reliability and accuracy of the

biomechanical assessment as will be mentioned in the forthcoming sections.

2.1.1 Geometry of the problem

AAA has unique, patient-specific and complex geometry with a wall thickness
around 1.5 mm (Raghavan et al., 2004) and mostly does not represent an
axisymmetric form. Healthy abdominal aortic diameter is around 2 cm and in case
of dilatation, AAA diameter can expand up to 9 cm. Proximal AAA neck angle, distal
iliac bifurcation angle, heterogenous wall thickness are patient-specific geometric
parameters. Left and right renal arteries, left and right iliac arteries and superior
mesentric artery are the main branching arteries in abdominal aorta. In Figure 2.1,
different patient-specific AAA geometries, branching arteries and disturbed flow in
AAA sac is presented. As seen in the figure, geometry differs significantly from

patient to patient.

Main geometric parameters for a patient-specific AAA are presented in Figure 2.2.
The AAA asymmetry is defined using the relation defined by Vorp et al. (1998). 8
is the parameter of asymmetry defined according to the central axis of undilated
diameter, as shown in Figure 2.2. In Eq. (1), r and R are the radii measured from
center of the undilated portion to the posterior and anterior walls, respectively. In
addition to the maximum aneurysm diameter, tortuosity, curvature, proximal neck
angle, iliac bifurcation angle and complex shape of the aneurysm itself are

influencing factors on the wall stress (Stringfellow et al., 1987; Vorp et al., 1998;
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Hua and Mower, 2001). Up to 80% of AAA rupture are observed on the posterior
wall (Darling et al., 1977), demonstrating the importance of asymmetry and curved
AAA geometry in rupture. Loss of curvature on the posterior wall and AAA
asymmetry are suggested as dominant wall stress increasing factors (Scotti et al.,
2008). Different levels of asymmetry were modeled using idealized geometries with
the same patient-specific inlet velocity boundary conditions asymmetry (Scotti et al.,
2008). For the most asymmetric model with £=0.2 (see Eq. (2.1) for definition of 3),
AAA diameter expanded by 15.2% at the peak systolic pressure. When an
axisymmetric (f=1) AAA model is considered, the diameter expansion is observed
as 12.8%, implying that increasing asymmetry resulted in higher AAA deformation
and therefore higher peak wall stress on the wall. As AAA becomes more
asymmetric, location of peak wall stress shifted from anterior to the posterior wall.
Drewe et al. (2017) performed FSI simulations to investigate the effects of proximal
neck and lateral iliac bifurcation angles considering idealized AAA models. Recent
morphological comparisons showed that AAAs with large iliac bifurcation angle
have a lower rupture risk (Drewe et al., 2017). Proximal neck angle has less impact
on the AAA hemodynamics compared to the iliac bifurcation angle. When the iliac
bifurcation angle increased from 30° to 150°, peak WSS increased more than two-
fold (from 2.91 to 6.19 Pa), peak von Mises wall stress increased about 30% (from
0.186 to 0.243 MPa) and ECAP decreased by 57% (from 11.41 to 7.25). These
results indicated that larger iliac bifurcation angle was more protective of ILT
formation and AAA expansion due to provoking high WSS and low ECAP
conditions (Drewe et al., 2017). However, excessive load on the iliac arteries with
increased bifurcation angle may increase the risk of an iliac artery aneurysm

initiation (Xenos et al., 2010).

r

F=% (2.1)

The maximum AAA diameter is the first indicator for the treatment. For the current
practice, when maximum AAA diameter exceeds 5-6 cm or diameter growth rate is

higher than 1 cm per year, open surgery or endovascular treatment methods are
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performed considering the life expectancy of the patient (Scott et al., 2002; Longo
and Upchurch, 2005; Chandra et al., 2013). Canchi et al. (2018) performed a
comparative FSI study, considering two patient-specific AAAs with maximum
aneurysmal diameters of 3.5 and 7 cm. Maximum principle stresses were determined
as 0.30 and 0.22 MPa for 3.5 and 7 cm AAA diameters, respectively, implying that
size of AAA is not the sole determinant for the rupture risk, and biomechanical
assessment is needed for further identification of the case. Similarly, (Fillinger et al.,
2002; Fillinger et al., 2003) reported that maximum wall stress was 12% more
accurate for predicting rupture compared to using maximum AAA diameter alone as

an indicator.
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Figure 2.1. Six different patient-specific medical images and corresponding

reconstructed AAA geometries ( Les et al., 2010).
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Figure 2.2. Main geometric parameters for a patient-specific AAA geometry.
(Soudah et al., 2013).

2.1.2 Generation of Patient Specific Model Geometry

Magnetic resonance imaging (MRI), three-dimensional ultrasound, computerized
tomography (CT) are the most common medical imaging techniques used to extract
the realistic geometry of AAAs. Here, 2D slices are obtained within one breath-hold
period to prevent artefacts due to the motion of the patient (Wolters et al., 2005). At
present, primary imaging method is CT. However due to its high cost, significant
radiation dose, injection of ionated contrast medium associated with nephrotoxity
and relatively less availability, alternative methods such as three-dimensional (3D)
ultrasound can be used to widespread the biomechanical assessments. Owen et al.
(2016) performed CFD simulations using either CT or 3D ultrasound generated AAA
geometries from same patients and the comparison of two extraction methods
exhibited similar qualitative results in terms of WSS, flow velocity and vorticity.
WSS difference between CT and 3D ultrasound-derived models was within 10% for
locations away from the AAA inlet and outlet. However, around the iliac bifurcation
region at the outlet, 3D ultrasound-derived model led to approximately 1.5 times

increased WSS. The discrepancy is most likely due to the challenges to obtain
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upstream aorta geometry using 3D ultrasound imaging, since ultrasound cannot pass
well through the rib cage due to high acoustic impedance of bones. Also it may
become difficult to image iliac arteries when the distance between skin-to-artery
increases (Owen et al., 2016), limiting utilization of 3D ultrasound modality in AAA

imaging.

After obtaining patient-specific medical images in DICOM (Digital Imaging and
Communications in Medicine) format, 3D AAA models can be reconstructed using
segmentation softwares such as MIMICS (Materialise, Leuven, Belgium), VESSEG
(Carniege Mellon University, Pittsburgh, PA) and ImFusion Suite (ImFusion GmbH,
Munich, Germany). Here, lumen, ILT and AAA wall are segmented separately to
differentiate these zones. After completing the segmentation process, further
geometrical improvement and smoothing are typically necessary to successively
discretize the problem domain into finite elements. Segmented 3D model might
include protrusions and tight internal corners, which requires application of
smoothing algorithms, to prepare a suitable geometry for CFD and FEA simulations.
Autodesk MeshMixer, AngioLab and MeshLab softwares can be used for further
smoothing and mesh optimization processes. For smoothing process, different
algorithms can be applied such as Laplacian (Field, 1988), HC Laplacian (Vollmer
et al.,, 2001) and Taubin’s low pass filter (Taubin, 1995). For the same patient
specific AAA geometry, rates of shrinkage (i.e. percentage of remaining volume
after smoothing) for the smoothed geometries are reported as 98.27%, 99.11% and
99.85% for Laplacian algorithm, HC Laplacian algorithm and Taubin’s low pass
filter, respectively (Owen et al., 2016). HC Laplacian algorithm and Taubin’s low
pass filter are suitable due to their superior quality of smoothed AAA geometry. In

Figure 2.3, the reconstruction procedure of a patient-specific AAA model is given.

It should be noted that in some cases, the reconstructed AAA geometry is obtained
in an already pressurized form during the systolic phase. To better estimate wall
mechanics, AAA geometry may be constructed utilizing clinical images during the
diastolic phase with minimum intraluminal pressure. Alternatively, an already

pressurized state of clinical image-based AAA wall geometry can be modified
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according to a zero-pressure configuration, meaning a virtual contraction is applied
in AAA model until reaching zero-stress on the wall. Otherwise, applied physiologic

boundary conditions would result in underestimated wall stress results (Chandra et
al., 2013).

1. MRA 2. Pathlines 3. Segmentation 4. Lofting 5. Solid Model
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Figure 2.3. Reconstruction procedure for a patient-specific AAA model (Les et al.,

2010).

2.1.3 Boundary Conditions

Inlet and outlet boundary conditions (BC) are defined considering the physiological
pulsatile flow. Commonly, time-varying flow velocity given in Figure 2.4(a) is
defined at the inlet of fluid domain and time-varying intraluminal pressure given in
Figure 2.4(b) is prescribed at the outlet of fluid domain (Scotti et al., 2008). The
incidences of peak flow velocity and peak intraluminal pressure may not be at the
same time in the cardiac cycle. The time lag between these two peaks results in a
phase difference contributing to the generation of recirculating vortex formation. No

slip BC is applied on the wall of fluid domain considering the viscous blood flow.
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Figure 2.4. Waveforms of applied boundary conditions (a) Sample inlet flow velocity
profile. (b) Sample outlet pressure profile (Scotti et al., 2008).

The time-dependent inlet flow rate given in Figure 2.4(a) can be applied considering
different velocity profiles. For the velocity inlet conditions, applying the flow rates
obtained from healthy cases can mislead the results. This is due to the specific
conditions in patients with hypertension or atherosclerosis leading a serious
disturbance in whole body circulation and hemodynamics (Lakatta, 2002). In similar
way, the outflow BC can show a difference depending on the impedance of the distal
parts in the arterial tree (Wolters et al., 2005). Therefore, patient-specific inlet and
outlet BC significantly affect AAA hemodynamics and associated wall stresses.
After determining patient-specific inlet BC, distribution of mass flow rate to the
branches of mesentric, renal and iliac arteries should also be considered, since they
are significantly affecting the mass flow rate at the outlet of AAA model. A one-
dimensional arterial tree model can be used to determine appropriate inflow and

outflow conditions to better reflect the reality for biological relevance (Formaggia et
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al., 2003; Wolters et al., 2005). Les et al. (2010) modeled the effect of branch arteries
at the downstream vasculature using three-element Windkessel model considering
the capacitance, proximal resistance and distal resistance at the downstream. Using
PC-MRI scanning, mean flow rates at supraceliac and infrarenal locations are
measured as 3.51 L/min and 1.31 L/min, respectively. The difference of 2.2 L/min
is distributed to the arterial branches between supraceliac (1 cm above celiac artery)

and infrarenal (1 cm below the most distal renal artery) levels using three-element

Windkessel model (Les et al., 2010).

The most accurate application is utilizing PC-MRI measured patient-specific
velocity profiles as an inlet velocity BC, obtained from the human aorta (Chandra et
al., 2013; Youssefi et al., 2018). Indeed, in several studies it is reported that there is
no significant difference between profiles obtained from PC-MRI and artificial ones
(Morris et al., 2006; Wei et al., 2019). Therefore, many studies in literature
frequently use the idealized profiles such as Plug (Drewe et al., 2017; Chen et al.,
2020), Parabolic (Bit et al., 2020; Arzani and Shadden, 2015; Li and Kleinstreuer,
2005; Bilgi and Atalik, 2020) and Womersley (Arzani et al., 2014; San and Staples,
2012). Although Womersley profile is required to present transient effects especially
for large Womersley number (o) cases, applicability and implementation of
Womersley equation as an inlet boundary condition can be nontrivial due to the
nature of the Bessel functions involved in the equation (San and Staples, 2012;
Womersley, 1955; Campbell et al., 2012). Therefore, in literature, most of the studies
utilize Plug or Parabolic profile with long entrance lengths to obtain fully developed
condition, rather than using the Womersley profile directly (Madhavan and
Kemmerling, 2018).

Plug profile is the uniform velocity at the inlet, while Parabolic profile obtained
from Poiseuille’s equation and therefore they cannot present all the characteristics
generated due to transitional effects. At 1955, Womersley derived the exact solution
of laminar, incompressible, Newtonian fluid flow through a cylindrical and rigid
blood vessel, in which a pressure gradient, which is periodic function of time, drives

the flow (Womersley, 1955). The well-known non-dimensional parameter used in
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simulating transient and pulsatile blood flow problems is the Womersley number,
a = R\/w/v, where w is the frequency of pulsation and v is the kinematic viscosity.
This non-dimensional number relates the transient inertial forces due to pulsatility to
viscous forces. Womersley number has a strong effect on velocity profile throughout
the arteries. For flows with small Womersley number, a < 1, velocity profile is very
similar to parabolic shape, while for @ > 1, the velocity profiles are no longer
parabolic. For large Womersley number flows, especially for a > 10, transient
inertia forces start to dominate the flow; therefore, velocity profiles resemble plug-
like form with flattened central profile, and flow reversal areas are also observed due
to harmonic contributions coming from transient inertial effects (Womersley, 1955).
In Figure 2.5, velocity profiles in a dog’s femoral artery with & = 6.67 calculated
from Womersley’s function at different times of a pulse cycle are given. As can be
seen, especially at low flow rates, central profile is flattened, and unlike the
Poiseuille flow, flow reversal is frequently observed throughout the pulse cycle. On
the other hand, increasing flow rate at the systolic phase makes the steady flow
component more dominant, which dampens the harmonic fluctuations and decreases
the effects of transient inertial forces due to increasing effect of steady inertial forces.

Therefore, velocity profiles are no longer plug-like, but more parabolic instead.
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Figure 2.5. Womersley velocity profiles in a dog’s femoral artery (Womersley et al.,

1957).

Although Womersley profile is necessary to present transient effects especially for
large a values, applicability and implementation of Womersley equation as an inlet
boundary condition can be difficult because of the Bessel functions and imaginary
numbers that it contains (Campbell et al., 2012; Impiombato et al., 2021). Therefore,
in literature, most of the studies utilize Plug or Parabolic profiles with long entrance
lengths to obtain fully developed condition, rather than the Womersley profile, which
increases the computation time (Stamatopoulos et al., 2010). Indeed, necessary
entrance length to obtain fully developed conditions is also a controversial issue. In
general, researchers concerned about the inlet velocity boundary conditions and to
be on the safe side, they tend to be extend the size of entrance region to ensure fully
developed conditions (Madhavan and Kemmerling, 2018). In literature,
recommended entrance length values to reach the fully developed state are

significantly large (Durst et al., 2005; Salman et al., 2019). On the other hand, Hoi
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et al. (2010) reported that and entrance length at least three diameters of the artery is
sufficient to avoid negligible errors in hemodynamics of the carotid arteries (Hoi et
al., 2010). However, from a different point of view, Madhavan and Kemmerling
(2018) stated that in the actual human arterial system, obtaining the fully developed
hemodynamic conditions is not realistic due to the orientation of the vasculature,
such as the thoracic aorta is located immediately distal to the heart. Campbell et al.
(2012) hypothesized that Womersley and Parabolic inlet velocity BCs give nearly
the same result in carotid bifurcation, where @ = 4.1 and average radius is 3 mm.
However, they highlighted that the results are not applicable for large arteries like
aorta, in which « is larger than 10, and they require further studies. In 2019, Wei et
al. (2019) stated that no significant difference between realistic, Womersley and
Parabolic inlet profiles while Plug is notably different that the others for Fontan

hemodynamics.

For determining patient-specific outlet pressure BC, a catheter can be placed inside
AAA sac, however this invasive procedure is not preferred by clinicians during AAA
repair (Chandra et al., 2013). Alternatively, a noninvasive method can be applied to
obtain patient-specific outlet pressure. van‘t Veer et al. (2008) compared
noninvasive brachial cuff blood pressure measurements with invasive catheter
pressure measurements inside AAA sac. Brachial cuff pressure measurements
resulted in 5% underestimation for systolic phase, and 12% overestimation for
diastolic phase compared to the intraluminal pressure in AAA. Using these
correlations, a patient-specific estimation of fluid outlet pressure can be predicted
noninvasively. On the other hand, in literature, a constant reference pressure of 0 Pa
at the outlet is utilized, which is a frequently utilized approach in literature for
hemodynamic studies (Qiu et al., 2018; Kenjeres and Loor, 2014; Kanaris et al.,
2012; Reza and Arzani, 2019).
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2.1.4 Modeling non-Newtonian fluid viscosity

Computational fluid dynamics (CFD) simulations are performed to numerically
determine the flow variables such as flow velocity, pressure and WSS by modeling
the fluid viscosity. Blood is a concentrated suspension of various cellular elements,
which are red blood cells (RBCs), white blood cells (WBCs) and thrombocytes,
inside the plasma which is composed of 93% water and 3% particles, which are
organic molecules, electrolytes, proteins and wastes gathered from organisms
(Bessonov et al., 2016). The plasma behavior is very similar to a Newtonian fluid.
However, at very low shear rates, non-Newtonian behavior of blood becomes more
apparent (Young, 1979). Through the arterial system, shear rate might reach 1200 s
!, while through small size vessels or regions of stable recirculation and stagnation,
like downstream of a stenosis and inside an abdominal aortic aneurysm, the shear
rate might be significantly small. At shear rates less than 100 s™!, RBCs aggregate
and form rouleaux, which is rod shaped stacks of individual cells (Bessonov et al,
2016). Rouleaux aggregation disperses as the shear rate increases, reducing the
viscosity of blood. The resulting shear-thinning behavior caused by rouleaux
disaggregation in blood plasma is the principal cause of the non-Newtonian behavior
of blood. The shear-thinnig behavior of blood is presented in Figure 2.6. On the other
hand, behavior of RBCs cannot be fully characterized by viscous phenomenon
because they can be regarded as fluid filled elastic cells (Bilgi and Atalik, 2020;
Bodnar et al., 2011). During the aggregation of RBCs at low shear rates, they store
elastic energy, leading an elastic behavior. Albeit the storage capability is no longer
applicable for high shear rates due to disaggregation of rouleaux. Therefore, at low
shear rates, blood exhibits a viscoelastic nature due to RBCs viscous shear-thinning

and elastic properties (Bodnar et al., 2011).
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Figure 2.6. Blood viscosity vs. shear rate. The percentage of hematocrit is in the

range of 33 - 45 (Cho and Kensey, 1991).

Modeling the blood as a Newtonian fluid is a common approach for the AAA flow.
Blood mass density is usually taken as 1.05 g/cm® with a constant dynamic viscosity
(u) of 0.035 Poise (Chandra et al., 2013). Khanafer et al. (2006) compared
Newtonian and non-Newtonian fluid models for the same AAA geometry and stated
that the maximum pressure and maximum WSS differences were 2.53% and 26.7%,
respectively. The higher difference in maximum WSS is due to the effect of near-
wall turbulence which is underestimated by Newtonian models. Karimi et al. (2014)
studied several rheology models which are Cross, Power, Modified and Generalized
Power, Carreau, Carreau-Yasuda and three Casson variants, to investigate the flow
through a patient-specific aorta with bifurcation. According to their results, the
largest WSS deviations from Newtonian model occurs at bifurcation area at diastolic
flow rate, where shear rates are significantly small. Also, they reported that all
rheology models are well-in-line with each other, except the Cross model. Another
patient-specific study for abdominal aorta bifurcation area is conducted by
Skiadopoulos et al. (2017). The differences between instantaneous WSS
distributions and WSS parameters such as OSI and TAWSS are compared for

Newtonian, Casson and Quemada models. They reported that, Casson and Quemada
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models demonstrate good agreement and Newtonian model can be utilized for high
flow and shear rates. In a numerical pipe flow study conducted by Jahangiri et al.
(2018), among many rheology models such as Power, Generalized Power, Carreau,
Carreau-Yasuda, Walburn Schneck and Modified Casson variants, Generalized
Power model give unexpected result, while the others obtain graphically same
velocity profiles. Liepsch et al (2018) performed a numerical study on a patient-
specific intracranial aneurysm by using Bird-Carreau, Casson, Power, Local
Viscosity models and compared the results with Newtonian model. Results
demonstrate that, flow patterns are similar for all models; however, an average 12%
difference between shear-thinning and Newtonian models is observed from monitor
points. It is reported that; Newtonian rheology model might overestimate
atherosclerotic lesion generation due to predicting highly oscillatory WSS patterns.
Medienta et al. (2020) performed a numerical study in a stenosed carotid artery
model. WSS parameters such as OSI and TAWSS obtained by Casson, Carreau,
Quemada, Power and Newtonian models are compared, and 12% difference in OSI
between Newtonian and non-Newtonian models is reported. They concluded that,
Newtonian model can be utilized, but in low TAWSS regions, non-Newtonian
models should be used. Molla and Paul (2012) have performed a numerical study by
using Large Eddy Simulations (LES) to understand the effect of rheology model on
turbulent flows. Carreau, Modified Casson, Cross, Quemada and Power models are
utilized and shear rate and stress values are compared, together with turbulence
parameters such as turbulent kinetic energy (TKE). They reported that, at the
downstream of stenosis, shear-thinning models reduce the TKE and extend the

recirculation zone.

2.15 Important hemodynamic parameters

WSS and OSI are important hemodynamic parameters in turbulent AAA flow. The
increase in maximum aneurysm diameter leads to additional turbulence-induced

stresses, and increased stresses result in increased diameter, which is a self-
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perpetuating mechanism for further dilatation. In a rigid walled CFD simulation,
laminar and turbulent flow models are compared and it is stated that the inclusion of
turbulent effects resulted in 32.5% and 23.6% increased pressure and WSS at the
distal end of AAA, respectively (Khanafer et al., 2007).

Les et al. (2010) investigated patient-specific AAA hemodynamics using high-
resolution CFD simulations (about 8-million mesh elements), hypothesizing that
physical lower limb exercise might decrease the growth rate of AAA, since exercise
resulted in a high amplitude WSS pattern and lowered OSI on AAA wall. Moderate
turbulence was observed in AAA during exercise, while resting conditions led to
mild turbulence. Rest-to-exercise TAWSS changes were found to be statistically
significant. For example, at supraceliac level, TAWSS at rest was 3.6 dyn/cm?, and
it increased to 9.2 dyn/cm? during the exercise. At mid-aneurysm level, TAWSS at
rest was 7.3 dyn/cm?, while at exercise it was 21.7 dyn/cm?. OSI values at rest were
0.28 and 0.27 for supraceliac and mid-aneurysm locations, respectively. These OSI

values decreased to 0.18 and 0.21 during the exercise.

Qiu et al. (2018) performed CFD simulations using three ruptured and one non-
ruptured patient-specific AAA models. The rupture sites were found to be near the
fluid stagnation regions which have nearly zero WSS with high WSS gradients
(WSSG). Helicity (i.e. dot product of the velocity and vorticity) was introduced as a
quantitative measure for rupture risk assessment, since the rupture sites had zero
helicity representing a purely axial or circumferential flow. For three ruptured
AAAs, common iliac arteries had lower WSS compared to non-ruptured AAA. In
the aneurysm sac, rupture sites had WSS lower than 0.1 Pa, and no rupture occurred
at the location with peak pressure or large pressure gradient. In Figure 2.7, the
distribution of WSS and OSI are provided on a patient-specific model. Most
researchers agree that the locations with low WSS, high OSI and high ECAP are
prone to thrombus formation and have a higher risk of rupture (Les et al., 2010;
Kelsey et al., 2016). On the other hand, in some studies reporting controversial
results (Arzani et al., 2014; Mohamied et al., 2015), it is stated that low WSS and
high OSIregions do not coincide with thrombus deposition sites. Therefore, the exact
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effect of these hemodynamic parameters on the rupture mechanism is not yet fully

understood.

TAWSS (Pa) osl ECAP (/Pa)
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Figure 2.7. TAWSS, OSI and ECAP contour plots on a patient specific AAA model
( Kelsey et al., 2016)).

2.2 Experimental studies on hemodynamics of AAAS

Hemodynamics of the abdominal aortic aneurysms is quite complex primarily due
to the nature of the system involving irregular shape and flexible arteries, three-
dimensional physiological and turbulent flow, and non-Newtonian working fluid of
blood. As computational methods have widely been used in investigation of
hemodynamics and mechanical behavior of arterial tissue, the experimental
techniques are also utilized in characterization of flow dynamics through abdominal
aortic aneurysms. Both approaches are crucial and complement each other with
offering in depth analysis where the level of its intensity and the corresponding
results depend on the assumptions in computational models and simplifications in

experimental methods.
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In that sense, in line with the aforementioned computational studies, many
experimental investigations of the hemodynamics through AAAs have been
conducted in literature, and various qualitative and quantitative flow measurement
techniques have been utilized for that purpose so far. In early studies, qualitative
flow visualization techniques have been widely implemented, in which using
localized injections, the patterns of dye as streaklines were generated (Ku et al.,
1989). This simple method provides insights on overall behavior of flow structure in
the region of interest. In terms of detailed velocity information in the abdominal
aortic aneurysms, non-intrusive and quantitative techniques such as Magnetic
Resonance Imaging (MRI) and Doppler Ultrasound Imaging (DUS) are appropriate
for detailed anatomical analysis by means of tomographic slices are provided. In
MRI based system encoding the flow velocity is obtained by means of the changes
in MR signal phase along a magnetic field gradient (Wang et al., 2016). Moreover,
for experimental studies, laser-based techniques including Laser Doppler
Anemometry (LDA) and Particle Image Velocimetry (PIV) are also implemented for
detailed velocity information. In LDA, pointwise velocity measurements are
performed by means of Doppler effect using two laser beams for each velocity
component. This method has very high spatial and temporal resolutions (~kHz) and
allows to measure reverse flow and turbulent fluctuations, which is quite critical for
understanding the growth and the rupture mechanics of AAAs (Yip and Yu, 2002).
In PIV, two component velocity information on 2-D plane is obtained at relatively
lower temporal resolution (~Hz) using two laser sheets and an advanced camera,
where in stereoscopic PIV three-velocity components are obtained on 2-D plane
using two cameras. This method is quite effective in understanding the key
parameters of disturbed hemodynamics of AAAs since it provides detailed velocity
field information and therefore have widely been used recently (2-D PIV, Deplano
et al., 2013), (Stereo PIV, Chen et al., 2014). For the quantification of three-
dimensional velocity field, PIV offers two recent state of the art versions:
Tomographic PIV and Holographic PIV, which are expected to appear in the studies
of disturbed hemodynamics through AAAs in near future. Tomographic PIV has
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recently been applied to the hemodynamics of intracranial aneurysms (Roloff et al.,

2017), (Roloff et al. 2018).

Experimental studies on blood flow inside AAAs is primarily categorized and
populated in two major groups: the properties of the aorta phantom used and
conditions of the flow. Major consideration for the aorta phantom are elasticity of
arterial wall and geometry of the aorta (change in wall diameter, aneurysm shape,
artery bifurcation, etc.) whereas major considerations in flow conditions, include
flow waveform (steady or physiological), type of working fluid (Newtonian, non-
Newtonian), and pulse rate (exercise or resting). Considering the overall flow
structure in aorta and AAAs, fully developed flow at the entrance of the AAA
expands and creates counter rotating recirculation along with a jet flow at the center,
which are due to the adverse pressure gradient imposed at the aneurysm bulge.
Location and strength of the recirculation vortex primarily depend on the inlet flow
waveform, bulge shape, and elasticity of arterial wall. For the steady inlet flow
condition, which is not realistic, the recirculating vortex is larger in extent in average
and located closer to downstream of the bulge, whereas in physiological flow
condition recirculation region is alternating and moving back and forth due to
periodic flow condition. It is also indicated that the spatial extent, the location, and
the strength of the recirculation vortex are significantly affected by the bulge shape
and the wall rigidity (Yu, 2000) (Egelhoff et al., 1999) (Deplano et al., 2007) (Meyer
etal., 2011).

Therefore, because of the complexities in geometry and flow conditions, the
experimental set up for AAA investigations need to be designed to mimic natural
realistic in-vivo conditions within AAA as close as possible to obtain accurate
results. A typical experimental set up for the analysis of hemodynamics contains
flow circulatory system including pump, piping, and pressure compliance, test
section that contains artery model, blood mimicking fluid, and flow measurement

systems as briefly mentioned previously such as MRI, LDA or PIV.

32



In numerical studies, many researchers have focused on high, low and oscillating
wall shear stress values and the corresponding gradients (WSSG), along with the
pressure fluctuations, and claimed that high and low wall shear stresses and pressure
fluctuations created by flow are related with aneurysm growth and rupture (Khanafer
et al.,, 2007), (Kelsey et al., 2016), (Qiu et al., 2018). In these studies, on
hemodynamics inside AAA, the distal end of aneurysm is reported to be the critical
location for the rupture (Stamatopoulos et al, 2010), (Egelhoff et al., 1999), (Yu,
2000). Considering the experimental studies alone, researchers have generally
reported the results of the hemodynamics in AAA in terms of velocity and vorticity
parameters (Salsac et al., 2006), (Stamatopoulous et al., 2010) obtained using several
vortex identification techniques, such as swirling strength (Deplano et al., 2007).
Swirling strength, A;, is obtained by calculating the imaginary part of the complex
eigenvalue of velocity gradient tensor, which is D = Vu and the idea which is based

on decomposition of that velocity gradient tensor in Cartesian coordinates. The

swirling strength of the vortex is defined by A.;, while Aciz is called as enstrophy,
which is energy of vorticity. Defining vortices in that manner decreases the
background noise; therefore, the vortical structures can easily be identified (Zhou et
al., 1999). In hemodynamic investigations, this phenomenon is critical in eliminating
the regions having vorticity without local spiraling motion like shear layers (Deplano
et al., 2012). Obtaining WSS by post-processing PIV data is quite challenging due
to the reflection problems at the solid-liquid interfaces; i.e., laser light scattering at
the solid-liquid interface creates underestimation in WSS results during post
processing (Stamatopoulos et al., 2010). Chen et al., (2014) claims that more

accurate WSS calculations can be performed using Stereo PIV data.

In most of the experimental studies, rigid axisymmetric models were used to
investigate the hemodynamics in aneurysm bulge (Yu, 2000), (Salsac et al., 2006),
(Stamatopoulos et al., 2010). Deplano et al. (2007), and Meyer et al. (2011) have
tested two aneurysm models one having rigid and the other with compliant walls to
quantify the effect of wall compliance on hemodynamics. The rigid aneurysm was
made of glass while the compliant one was made of molded polyurethane, and both
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had the identical geometry as a simple bulge for comparison purposes. As can be
seen in Figure 2.8, there is a significant difference between the flow fields inside
both of the aneurysms. In rigid model, there is only viscous dissipation, while in
compliant model, viscoelastic dissipation is also observed, which is indicated as
more critical. During the accelerating phase of the cycle, compliant walls absorbs
kinetic energy in the potential energy form, leading the walls become expanded.
While the flow is decelerating, this stored kinetic energy retracts the walls. This
expansion and retraction contribute the progression of vortices at the distal end of
aneurysm during the deceleration phase. The flow rates are higher in deceleration
phase for the compliant wall than the rigid wall, which is leading to vortex shedding
and consequently causing more interaction with the walls of aneurysm model. In
Figure 2.8, generation of the vortex shedding is also presented. They conclude that
increasing wall compliance causes collision of vortices with the walls, increasing
both the local pressures and wall stresses especially at the distal end (Deplano et al.,

2007), (Meyer et al., 2011).

For mimicking the shear stress and shear strain rate relation of blood, Deplano et al.
(2014) have used Xanthane Gum dissolved in aqueous solutions of glycerol, a shear
thinning fluid, where they report that shear thinning fluid model imposes higher
shear stress values throughout the aneurysm bulge than Newtonian model. They
conclude that the rheology of working fluid affects the hemodynamics inside
aneurysm model, and should be taken into account for more realistic
experimentation. On the other hand, in another study which is performed on a curved
artery model with again a shear thinning fluid, mixture of fluids like Xanthane Gum,
glycerin, water and sodium iodide (Najjari et al., 2016). The results are very similar
to the studies for curved arteries with Newtonian fluids, concluding that for large
arteries with large flow rates, rheology of the blood does not affect the flow structure.
However, at that point it is important to note that, they have utilized comparatively
high sodium iodide concentration in their mixture than required to resolve the
refractive index problems, leading that their working fluid is less viscoelastic than

the blood.
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Figure 2.8. Temporal evolution of the swirling strength A.; at different time instants

in a. the rigid model and the compliant model in horizontal plane, and b. the

compliant model at horizontal and vertical planes (Deplano et al., 2016)
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CHAPTER 3

METHODOLOGY

3.1 Numerical Simulation Details

3.1.1 Effect of Inlet Velocity Profile and Entrance Length Study

The idealized axisymmetric abdominal aortic aneurysm models used in this study
are given in Figure 3.1. Geometries are two dimensional axisymmetric, and created
based on those used in Stamatopoulos et. al’s study (2010). Inlet and exit parts are
straight and cylindrical, while the aneurysm bulge is elliptical with a major radius of
0.034 m. The artery and bulge radii are, R = 9 mm and Rz = 22 mm. The lengths
of the bulge and exit part are Ly = 62 mm and L,, = 206 mm, while entrance
lengths, L, are different. As presented in Figure 3.1b, entrance lengths are equal
to Ly = D, 3D, 11D and 50D, from top to bottom and left to right, respectively. At
the inlet of the models with L., = D,3D and 11D, all the velocity profiles,
Womersley, Parabolic and Plug, are applied. To compare the results obtained with
three different entrance lengths and velocity profiles, a Base condition is generated
with the model having an entrance length L,,,; = 50D with only Plug velocity profile
at the inlet. The Base condition is checked to ensure the fully developed condition at
each time steps before entering the aneurysm sac. In Table 3.1, the models with
applied inlet velocity profiles are also presented. The vessel and bulge dimensions
of all models are consistent with realistic arteries and aneurysms (Brewster et al,
2003). Actually, the idealization of aneurysm bulge rather than utilizing patient-
specific geometry may fail to simulate exact aneurysm hemodynamics. However, an
idealized axisymmetric geometry is sufficient for a comparative parametric study to
characterize the behavior of a vast number of rheology models at different inlet flow

waveform patterns, which is actually independent of geometric details.
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In the current study, simulations are performed at two mean Reynolds numbers,
Re,, = U,,D/v = 340 and 1160, based on the mean flow velocity, where U, =
0.065 and 0.22 m/s are the time averaged velocities over one period and v = 3.14 X

107> m/s? is the kinematic viscosity. The period of all waveform patterns is the

same and equal to T =1 s, yielding a Womersley number of ¢ = 0.5D\/w/v =

12.14, where D is the artery diameter, w is the frequency and equals to 2 /T.

Figure 3.1. Sectional views of flow domains for aneurysm models, which is out of

scale. Flow is from left to right.

Table 3.1. Aneurysm models with respect to entrance lengths and applied inlet

velocity profiles.
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The waveform pattern for two flows are adapted from the study of Finol and Amon
(2001) and the same as presented in Figure 3.2a; however, diastolic flow rate for
Re,, = 1160 is higher. The reason of using two waveform patterns is investigating
the effect of increasing mean flow rate on applicability of Parabolic and Plug inlet
velocity boundary conditions, rather than Womersley profile. In Figure 3.2b,
Womersley profiles obtained by corresponding waveforms at specified time instants
are demonstrated. As can be seen from figure, with increasing flow rate, profiles
obtained by Womersley formula are very similar to Parabolic form. Cardiac cycle is
divided into six phases, which are early/mid/late systole and diastole. Location of
each phase in the cardiac cycle is shown in Figure 3.2a, while time ranges for these
phases are presented in Table 3.2. In literature, generally a physiological flow rate is
utilized at the inlet as the inlet boundary condition. However, several studies apply
a physiological pressure pattern at the inlet, instead of flow rate (Les et al., 2010;

Joly et al., 2018; Fonken et al., 2021).
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Figure 3.2. a. Physiological inlet flow rate waveforms for Re,, = 340 and 1160,
from left to right, respectively b. Womersley velocity profiles for those waveforms

at selected time instants (Finol and Amon, 2001)
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Table 3.2. Phases of cardiac cycle with period T = 1 sec.

Number Phase Time
interval
1 Late Diastole 0-0.18
2 Early Systole 0.18—-0.3
3 Mid Systole 03-0.4
4 Late Systole 04-0.5
5 Early Diastole 0.5-0.76
6 Mid Diastole 0.76 - 1

At the inlet, Womersley, Parabolic and Plug profiles are specified according to the
waveform which is considered to be physiologic. Plug profile is actually the uniform
velocity at the inlet, while Parabolic and Womersley velocity profiles are defined by

Eqn. (1) and (2), respectively

u(r,t) = f—é?@ _ (%)2> (3.1)
w00~ 5(1-)
N
Cn
1
9 2 ()
TR? 1—ﬁ
i2a,/o (lzan)
Jo(ang3/?)|
B Ojg?aﬁ;/Z)) e G2

where a is Womersley number, w is frequency, J, and J; are the Bessel function of

the first kind of order zero and first, respectively (Womersley, 1955). Q is the
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physiologic flow rate, which is presented in Figure 3.2. To obtain Womersley profile,

it is necessary to write the flow rate, Q(t), in the harmonic form as in Eqn. (3.3)

Q) = ) Crene® (3.3)

where N is the total number of harmonic coefficients. A Fourier series decomposition
of the flow waveform should be performed to obtain Fourier coefficients, C,. For
that purpose, Fast Fourier Transform (FFT) method is be applied to the available
flow rate data, as presented in Figure 3.2a. C, and C,’s are the Finite Fourier
Transform (FFT) coefficients of that flow rate, while the term n = 0 corresponds to
a steady pressure gradient. Therefore, in Eqn. (3.2), the first term on the right hand
side of the equation is equal to steady Poiseuille equation (Womersley, 1955), while
the second term is obtained from harmonic contribution. Detailed derivation of
Womersley profile, Matlab code and its application to OpenFOAM is explained in
Appendix A in detail.

The wall boundaries are taken as rigid and no-slip boundary condition is applied,
elastic effects of walls are neglected. Excluding the compliance effect with utilizing
the walls as rigid is quite common (Arzani et al., 2014; Finol and Amon, 2001).
Moreover, walls are not moving during cardiac cycle, i.e.; the artery is taken as
stationary. Reference pressure at the outlet is set to zero, which is a frequently
utilized approach in literature for hemodynamic studies (Qiu et al., 2018; Reza and
Arzani, 2019). Flow is considered to be laminar (Scotti et al., 2018) due to Reynolds
number is not sufficient to reach turbulent conditions even at peak systolic phase,
Repeak = 2000. In general, blood has non-Newtonian characteristics where the
viscosity decreases with increased shear rate. However, at shear rates higher than
100 s™1, blood shows Newtonian characteristics, and for large arteries, such as the
one used in this study, it can be assumed as Newtonian (Reza and Arzani, 2019) with

a kinematic viscosity of 3.45 X 10~¢ m? /s, and density of 1000 kg/m3.
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Numerical simulations are conducted by using OpenFOAM version 8
(openfoam.org). The governing equations are discretized using second order implicit
discretization in time and second order central discretization in space. pimpleFoam
solver is selected because of enabling automatic control of the time step to achieve a
given maximum Courant number (C,,4,) for each case. To select an appropriate C,;, 5
that can provide accurate solutions, five different Courant numbers, which are C =
0.25,0.5,1, 2,and 4 were tested, and higher Courant numbers are failed to provide
stable solutions. For all Courant numbers, the same velocity profile was obtained,
meaning that solutions until C,,,, = 4 give accurate results for the current study.
However, C,,,, Was taken as 1 to be on the safe side. 30 iterations are performed at
each time step, and the solution is considered to be converged when residuals for
axial velocity component and pressure are less than 107*. To ensure the

convergence, calculations are repeated for six cardiac cycles.

To select a suitable mesh, a mesh independence study is performed using four
structured meshes created, as shown in Fig. 3.3. Figure 3.4a shows axial velocity
profiles at the mid-plane of the aneurysm and swirling strength, A.; contours obtained
by using these meshes at the peak systole and early diastole. In Figure 3.4b, OSI and
ECAP distributions obtained by those meshes are provided. As from those figures,
the axial velocity profiles are identical and swirling strength contours are very similar
for the Mesh 3 and 4. Albeit OSI and ECAP distributions are very sensitive to the
mesh selection, Mesh 3 and 4 obtain very similar OSI and ECAP distribution.
Therefore, Mesh 3 is evaluated to be suitable and used to perform the simulations in

the present study.
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Figure 3.3. Four meshes generated for mesh independency check
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3.1.2 Effect of Infrarenal Flow Waveform Pattern on Rheology Model
Selection and AAA Hemodynamics Study

The idealized abdominal aortic aneurysm (AAA) model used in this study is given
in Fig. 3.5a. Geometry is two-dimensional, axisymmetric, and created based on those
used in Stamatopoulos et. al’s study (Stamatopoulos et al., 2010). Inlet and exit parts
are straight and cylindrical, while the aneurysm bulge is elliptical with a major radius
0f 0.034 m. The lengths of the entrance part, bulge and exit part are L,,,; = 935 mm,
Lgp = 62 mm and L,, = 206 mm.The artery and bulge radii are, R = 9 mm and
R =22 mm. The vessel and bulge dimensions are consistent with realistic
abdominal artery and aneurysm (Les et al., 2010; Brewster et al., 2003). Actually,
the idealization of aneurysm bulge rather than utilizing patient-specific geometry
may fail to simulate exact aneurysm hemodynamics. However, an idealized
axisymmetric geometry is sufficient for a comparative parametric study to
characterize the behavior of a vast number of rheology models at different inlet flow

waveform patterns, which is actually independent of geometric details.

To investigate the effect of flow waveform on hemodynamics and rheology model
selection, three different patterns named as Base, Case 1 and 2, shown in Figure 3.5b
are considered. The Base waveform, suggested by Finol and Amon (2001), starts
from zero diastolic flow rate and reaches 42 ml/sec peak systolic flow rate. For the
Case 1, diastolic flow rate is kept the same with Base case but peak systolic flow rate
is increased, while for Case 2 the amplitude of peak systole is the same with Base,
with increased diastolic flow rate. Therefore, the effect of increasing peak systolic
flow rate and diastolic flow rate is checked using Case 1 and 2, respectively. The
period of all waveform patterns is the same and equal to T =1 s, yielding a
Womersley number of a = O.5D\/a)—/v = 12.14, where D is the artery diameter, w
is the frequency and equals to 27t /T, and v = 3.45 X 107 m?/s, v is the kinematic
viscosity of the Newtonian model. The mean Reynolds numbers for the waveforms
are Re,, = U,,D/v = 120,250 and 1160, where U, = 0.02,0.04 and 0.22 m/s

are the time averaged velocities over one period for Base Case 1 and 2, respectively.
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Unsteady plug flow is specified at the inlet, and through a number of preliminary
runs, the entrance length is selected as 50 times the vessel diameter, which is
sufficiently long to have fully developed condition at the bulge inlet (Madhavan and
Kemmerling, 2018). A constant reference pressure of 0 Pa is specified at the outlet,
which is a frequently utilized approach in literature for hemodynamic studies (Reza
and Arzani, 2019). Through the preliminary runs, it is made sure that the length of
the exit part is long enough such that the disturbance created by the bulge dies out
before the flow reaches the outlet, enabling the use of constant pressure outlet
condition. Wall boundaries are taken as rigid with no-slip boundary condition
applied. Excluding the compliance effect with utilizing the walls as rigid is quite

common (Finol and Amon, 2001; Arzani and Shadden, 2015).

In this study, eight non-Newtonian models, which are Carreau, Carreau-Yasuda,
Casson, Quemada, Power, Cross, Simplified and Modified Cross, with details given
in Table 3.3, are used. For Power model, different constants are available in literature
for the same hematocrit. In the current study, Power-1 (Shibeshi and Collins, 2005)
and Power-2 (Cho and Kensey, 1991) are tested by using two frequently used
constants. In Table 3.3, u is the viscosity, uy and p are the asymptotic viscosity
values at zero and infinite shear rates, A is the relaxation time constant, K is the flow
consistency index and n is the power law index (Bessonov et al., 2016; Shibeshi and
Collins, 2005; Cho and Kensey, 1991). For Newtonian approach, the kinematic
viscosity and density of the blood are taken as 3.45 X 107® m?/s, and density of
the blood for all models is taken as 1000 kg/m3 (Bessonov et al., 2016).
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Figure 3.5. a. 2D axisymmetric flow domain, b. Physiological inlet flow rate

waveform patterns, Base (Finol and Amon, 2001), Case 1 and 2

To account for the elastic nature of blood, the stress tensor in linear momentum
equation can be decomposed into viscous and elastic parts as T = 75 + 7,. The
viscous part of Oldroyd-B model is Newtonian (Bodnar et al., 2011), 73 =
2us(Vu + vul).

The elastic part satisfies following constitutive equation

07, r r
Te +11(E+u-VTe—Te-Vu—Vu "L'e)= pe(Vu + Vu') (3.4)

where (1, is the elastic viscosity coefficient, and A, is the relaxation time (Leuprecht
and Perktold, 2001). For blood, y, = 0.0004 Pa - s and 4; = 0.06 s (Leuprecht and
Perktold, 2001).

Numerical simulations are conducted by using the open source software OpenFOAM

(openfoam.org). Flow is considered to be laminar (Scotti et al., 2008) due to
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Reynolds number is not sufficient to reach turbulent conditions even at peak systolic
phase, Repeax = 2000. The governing equations are discretized using second order
implicit discretization in time and second order central discretization in space.
Among the incompressible flow solvers available in OpenFOAM, shear-thinning
and Newtonian model solutions are obtained by using the pimpleFoam solver. In
OpenFOAM version 8, only Carreau, Casson, Cross and Power models are available
and frequently used and validated in literature (Javidi and Hrymak, 2015; Juster et
al., 2014; Maazioui et al., 2021; Zheng et al., 2019). The Carreau-Yasuda, Quemada,
Modified and Simplified Cross models are added in the current study. For the
Oldroyd-B model simulation, the viscoelasticFluidFoam solver, which is only
available in foam-extend version of OpenFOAM, is utilized. Several validation
studies of this implementation can be found in literature (Habla et al., 2014; Favero

et al., 2010; Guranov et al., 2013).

Maximum number of iterations performed at each time step is taken as 10, and the
solutions are considered to be converged when residuals for axial velocity
component and pressure are less than 10™#. Time step for all simulations is selected
as 1075 sec, and to ensure that the time periodic state is reached, calculations are
repeated for 6 cardiac cycles for shear-thinning and Newtonian models. However,
examining the monitor points, 12 cardiac cycles are used to reach the time periodic
state for Oldroyd-B model. To select a suitable mesh, a mesh independence study is
performed using four structured meshes given in Fig. 3.6. Figure 3.7a shows axial
velocity profiles at the mid-plane of the aneurysm and swirling strength, A.; contours
obtained by using these meshes at the peak systole and early diastole. In Figure 3.7b,
OSI and ECAP distributions obtained are provided. The axial velocity profiles are
identical and swirling strength contours are very similar for meshes 3 and 4. Albeit
OSI and ECAP distributions are very sensitive to the mesh selection, Mesh 3 and 4
provided very similar OSI and ECAP distributions. Therefore, Mesh 3 is evaluated

to be suitable and used to perform the simulations in the present study.
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Table 3.3. Selected shear-thinning rheology models (Bessonov et al., 2016; Shibeshi

and Collins, 2005; Cho and Kensey, 1991, Quemada, 1978) — continued in next page

Carreau

Carreau-

Yasuda

Quemada

Casson

Ho — Ueo

tu()/) — U

= (L + @) vr2

= (1+ () HDre
Ho — Hoo

1 Ko + Ko

Ve = ko + e

Uo = 0.056 Pa-s
U = 0.00345 Pa - s
A =3313s

n = 0.3568

Uo = 0.056 Pa-s
U = 0.00345 Pa - s

A =1902s
n =0.22
a =125

ur = 0.0012 Pa - s
Ko, = 4.65

K, =184

Ye =223 s71

¢ =04

ko = 0.05 dyne/cm?
k, = 0.04 dyne/cm?
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Cross

Simplified

Cross

Modified

Cross

Power

Po— Hoo 1+ (my)"

.u(]./)_uoo: 1
Ko — Ho  1+my

HG) = Mo _ 1

Ho— Hoo (14 (mpy)™)e

u@) =Ky"

Uo = 0.056 Pa-s
U = 0.00345 Pa - s
m = 1.007 s

n = 1.028

Uo = 0.103 Pa s
U = 0.005Pa-s

m=28s

Uo = 0.056 Pa-s
U = 0.00345 Pa - s

m = 3.736s
n = 2.406
a = 0.254

K =0.017 Pa - s™

n =0.708

(Shibeshi and Collins, 2005)
or

K = 0.035 Pa - s™

n=20.6

(Cho and Kensey, 1991)
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Figure 3.6. Four meshes used for the mesh independence check
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3.1.3 Correlation between vortex identification methods and wall shear

stress parameters study

The idealized abdominal aortic aneurysm (AAA) models used in this study are given
in Fig. 3.8a. Geometries are two-dimensional, axisymmetric, and created based on
those used in Stamatopoulos et. al’s study (2010). Inlet and exit parts are straight and
cylindrical, while the aneurysm bulge is elliptical with a major radius of 0.034 m.
The lengths of the entrance part, L.,,; = 935 mm, the bulge, Ly = 62 mm, and the
exit part, L., = 206 mm, as well as the artery radius, R = 9 mm, are the same for
all models, while the bulge radius, Rp, varies. As shown in Fig. 3.8a, three different
bulge radius to aorta radius ratios, Rz /R = 2.44, 3.66 and 4.88, which are referred
as Model 1, 2 and 3, respectively, are considered. The vessel and bulge dimensions
are consistent with realistic abdominal arteries and aneurysms (Les et al., 2010;

Brewster et al., 2003).

Unsteady plug flow is specified at the inlet, and through a number of preliminary
runs, the entrance length is selected as 50 times the vessel diameter, which is
sufficiently long to have fully developed condition at the bulge inlet (Madhavan and
Kemmerling, 2018). A constant reference pressure of 0 Pa is specified at the outlet,
which is a frequently utilized approach in literature for hemodynamic studies (Qiu
et al., 2018; Reza and Arzani, 2019). Through the preliminary runs, it is made sure
that the length of the exit part is long enough such that the disturbance created by the
bulge dies out before the flow reaches the outlet, enabling the use of constant
pressure outlet condition. Wall boundaries are taken as rigid with no-slip boundary
condition applied. Excluding the compliance effect with utilizing the walls as rigid
is quite common (Arzani et al.; Les et al., 2010; Kelsey et al., 2016; Biasetti et al.,
2011; Biasetti et al., 2012; Finol and Amon, 2001).

54



Rg/R = 2.44
ﬁﬁ_\—\ Model 1

Rg/R = 3.66
Model 2

Rg/R = 4.88

Model 3

107

=]
N -

(s3]
T

Flow Rate (m>/s)
=Y (8]
(V¥)

w
=
un
)]

[§%]

0.2 0.4 0.6 0.8 1
t(s)

o

Figure 3.8. a. 2D axisymmetric flow domains for aneurysm models with three
different bulge radii, b. Physiological inlet flow rate waveform (Finol and Amon,

2001)
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The physiological inlet waveform (Finol and Amon, 2001) used in the simulations
is given in Fig.3.8b. It has a period of T = 1 s, yielding a Womersley number of a =
O.SD\/a)—/v = 12.14, where D is the artery diameter, w is the frequency and equals
to 2t /T, and v is the kinematic viscosity. The mean Reynolds number is Re,, =
U,D/v = 670, where U,, = 0.13 m/s is the time averaged velocity over one period.
The cardiac cycle is divided into six phases, which are early/mid/late systole and
diastole, as shown in Table 3.2. Representative time instances for each phase are
numbered from 1 to 6 in Fig. 3.8b, and the results corresponding to them will be

given in the Results section.

In general, blood has non-Newtonian characteristics where the viscosity decreases
with increased shear rate. However, at shear rates higher than 100 s~1, blood shows
Newtonian characteristics, and for large arteries, such as the one used in this study,
it can be assumed as Newtonian with a kinematic viscosity of 3.45 X 107 m?/s,

and density of 1000 kg/m3.

Numerical simulations are conducted by using the open source software OpenFOAM
(openfoam.org). Flow is considered to be laminar (Scotti et al., 2008) due to the peak
Reynolds number, Repeax = 1500, not exceeding the threshold value (2000-2300)
for transition to turbulence in pipe flow. The governing equations are discretized
using second order implicit discretization in time and second order central
discretization in space. Among the incompressible flow solvers available in
OpenFOAM, pimpleFoam is preferred because it enables automatic control of the
time step size based on a user selected maximum Courant number (Cy,4, ). To select
the necessary C,,,, that provides accurate solutions, four different values,
0.25,0.5,1, 2, and 4, are tested, with higher values failing to provide stable solutions.
All tested C,,,4, values resulted in practically identical solutions and C,,,, 1s set to 1
in the actual simulations. Maximum number of iterations performed at each time step
is taken as 30, and the solutions are considered to be converged when residuals for
axial velocity component and pressure are less than 107*. To ensure that the time

periodic state is reached, calculations are repeated for six cardiac cycles. To select a
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suitable mesh, a mesh independence study is performed using four structured meshes
created for Model 1, as shown in Fig. 3.9. Figure 3.10 shows axial velocity profiles
at the mid-plane of the aneurysm and swirling strength, A.; contours obtained by
using these meshes at the peak systole and early diastole. As seen, the axial velocity
profiles are identical and swirling strength contours are very similar for the 3™ and
the 4" meshes, and therefore Mesh 3 is evaluated to be suitable and used to perform

the simulations in the present study.

Mesh 2
9000 cells

Mesh 1
2100 cells ¢ |

Mesh 4
144000 cells

Figure 3.9. Four meshes used for the mesh independence check
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3.2 WSS Parameters and Vortex Identification Techniques

In literature, researchers utilize several physical phenomena to predict aneurysm
development, thrombosis formation and rupture. Generally, wall shear stress (WSS)
distribution and different WSS descriptors are used for this purpose. TAWSS
descriptor evaluates the total shear stress exerted on the wall throughout a cardiac
cycle and OSI highlights zones where WSS shows directional changes over the
cardiac cycle (Pinto and Campos, 2016). Mathematical definitions of these

descriptors are given below.

1 T
TAWSS = Tf |7,,|dt (3.5)
0
1,71
|Tf0 detl
0SI=05|1—-7——— (3.6)
TfO |Tw|dt
ECAP = 051 3.7
~ TAWSS (37)
1
RRT = (3.8)

(1—-2-0SI)-TAWSS
where T and 7, are the cardiac cycle period and the wall shear stress, respectively.

In literature, different vortex identification methods are used to quantify vortex
dominant flows such as vortex rings. The most well-known methods include Q-
criterion, A-criterion, A,-criterion and A.;-criterion (Epps, 2017), which are briefly
discussed here. A-criterion and A.;-criterion are called as velocity gradient based
vortex identification criteria, which use discriminant of characteristic equation and
imaginary part of the complex eigenvalue, respectively, while A,-criterion utilizes
local pressure minimum to define a vortex. On the other hand, Q-criterion compares
the rotation rate with the strain rate (Epps, 2017). For 2D axisymmetric flows, Q-
criterion, A;-criterion and A,-criterion can be written in the following form (Chen et

al., 2015)
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Vortex structures are studied extensively in fluid mechanics because in many cases
they provide important insight about the flow field. Inside the aneurysm sac, there is
a vortex ring that evolves throughout the cardiac cycle. Temporal evolution of vortex
structure through cardiac cycle for Model 1, 2 and 3 are presented in Appendix B.
Detailed derivation of those vortex identification methods is available in Appendix

C.

3.3  Validation of Numerical Model and 2D/3D Model Comparison

Stamatopoulos et al. (2010) have performed an experimental and numerical study in
axisymmetric bulges similar to the ones used in the current study with a steady inlet
flow. In Fig. 3.11a, axial velocity profiles obtained by Stamatopoulos et al. (2010)
are compared with those obtained in the current study with a steady inlet flow. The
match in the profiles is considered to be satisfactory. Ohtaroglu (2020) performed
experiments with physiological, unsteady inlets using Stamatopoulos et al.’s (2010)
geometry. Figure 3.11c compares the streamlines obtained in those experiments with

the current simulation results at four different time instants of the physiological
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cycle. Progression of focus points in streamlines which are the indication of vortex
core movement shows good agreement. Considering both the spatial and the
temporal evolution during the cycle, the model predictions are considered to be
satisfactory. In addition, simulations are performed to ensure the validity of 2D
axisymmetric simplification by comparing results with those of 3D simulations. This
simplification aims to decrease the computation time and is justified by performing
a sample 3D simulation to see whether there are any 3D effects altering the overall
flow structure inside the aneurysm bulge. Considering the velocity profiles plotted
at the mid plane of the bulge as demonstrated in Fig. 3.11b, 2D axisymmetric and

3D results turn out to be almost identical.
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CHAPTER 4

EFFECT OF INLET VELOCITY PROFILE AND ENTRANCE LENGTH
ON ABDOMINAL AORTIC ANEURYSM HEMODYNAMICS

Simulating the exact hemodynamics throughout abdominal aortic aneurysms (AAA)
depends on the assumptions done during the numerical solution. Transient effects of
physiological flow are well described by Womersley profile, though its application
can be difficult due to the Bessel functions and imaginary numbers that it contains.
Conversely, in literature, studies utilizing Plug or Parabolic profiles as inlet
boundary condition generally require large entrance lengths to obtain Womersley
profile characteristics. In the current chapter, the differences arising between those
idealized boundary conditions, Womersley, Parabolic and Plug, with different
entrance lengths, L.,; = D,3D and 11D, are examined by comparing the results
with a Base condition, which is a solution obtained with ensured fully-developed
flow before entering the aneurysm sac at two mean Reynolds numbers, Re,, =

340 and 1160.

4.1 Results

In Figure 4.1, time-averaged axial velocity profiles obtained with Womersley,
Parabolic and Plug inlet velocity profiles at different entrance lengths for mean
Reynolds number, Re,, = 340, are presented and compared with the Base condition.
The profiles are plotted at proximal, mid, distal and exit sections of the models,
where x/Lg = 0.25,0.5,0.75 and 1. At each section, results obtained with different
inlet conditions at different entrance lengths, L.,,; = D, 3D, and 11D, are plotted. For

each sections and entrance lengths, the time-averaged axial velocity profiles for
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Womersley is the same with the Base case. For Parabolic and Plug, the general
pattern of time-averaged axial velocity profiles are also very close to Womersley and
Base condition for L,,; = 11D. However, for L,,; = D and 3D, the shape of time-
averaged velocity profiles and maximum velocity values that they obtained are very
different than the Base condition. In addition, the backflow region, which is an
important characteristics of the aneurysm hemodynamics, is obtained inside the
bulge by the Womersley and the Base case for all L,,,; values. Especially for Lg,; =

D, Plug and Parabolic fail to have an accurate backflow region at those sections.

Figure 4.2 shows the time-averaged axial velocity profiles for Re,, = 1160 in the
same orientation with the Figure 4.1. For this waveform, similar with the previous
case, time-averaged axial velocity profiles for Womersley are nearly identical with
the Base condition for all entrance lengths. Different from the results for Re,, =
340, Parabolic also obtain nearly the same velocity profile with Womersley and the
Base condition for each sections and entrance lengths, even for L,,,, = D, for Re,,, =
1160. On the other hand, Plug fails to obtain a similar maximum velocity and the
backflow region with the Base case for both L,,, = D and 3D. For L,,; = 11D,
although the maximum velocity value is different, it can capture backflow region. In
addition, time-averaged axial velocity profiles for Womersley and Parabolic
demonstrate a parabolic pattern, while Plug has a velocity profile with a flat central
part, implying that even L,,; = 11D is not sufficient for Plug profile to achieve fully
developed condition for Re,, = 1160. For Re,, = 340, general pattern obtained by
Plug is very similar with the Womersley and Base condition, while for Re,,, = 1160,

velocity profiles of Parabolic are nearly the same with them, even with L,,; = D.
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Figure 4.1. Comparison of time-averaged axial velocity profiles obtained by

different inlet velocity profiles and entrance lengths for Re,,, = 340
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In Figure 4.3 and 4.4, oscillatory shear index (OSI) and endothelial cell activation
potential (ECAP) distributions obtained with Womersley, Parabolic and Plug inlet
velocity profiles at different entrance lengths throughout the aneurysm sac are
plotted and compared with the Base case. For Re,, = 340 and L,,,; = 11D, OSI and
ECAP distributions for all inlet velocity profiles are the same with Base condition.
For L.,; = D and 3D, Womersley gives the same OSI and ECAP distributions with
Base condition. Although the maximum velocity values obtained by Parabolic at
each section inside the aneurysm are very different for L,,, = 3D, OSI and ECAP
distributions of Parabolic are very similar with Base condition because their
backflow regions are similar, which affects the WSS parameters considerably.
Similarly, for L,,; = D, in which backflow region of Parabolic and Plug are
completely different than Base condition, WSS parameters are also very different.
For Re,, = 1160, Parabolic and Womersley obtain nearly the same OSI and ECAP
distributions with the Base case for L,,; = 3D and 11D. Although their results are
very similar with each other for L,,; = D, a deviation from Base condition is
observed. Plug fails to provide an accurate OSI and ECAP distribution for Re,,, =

1160, even with a longer entrance length, L,,; = 11D.

In Figure 4.5, for Re,, = 1160, instantaneous wall shear stress distributions and
contours of swirl strength, A.;, are presented for late systole and early diastole
phases, t = 0.49 and 0.73 sec, through aneurysm bulge. Top part of the figure shows
the results for L,,,; = 3D, while the mid part is for L,,; = 11D. For the top and mid
parts, contours of swirl strength for Womersley, Parabolic and Plug inlet velocity
profiles are located, under the instantaneous WSS distributions, from top to bottom,
respectively. Contours of 4.; and streamline patterns of Base condition are located
at the bottom part of the figure to compare the results obtained with idealized inlet
velocity profiles. From the contours of A.; for the Base case, at the late systole, t =
0.49 sec, the primary vortex structure is translated to distal end, and a new vortex is
originated from the primary vortex structure, which might be labeled as second

primary vortex structure.
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Figure 4.2. Comparison of time-averaged axial velocity profiles obtained by

different inlet velocity profiles and entrance lengths for Re,,, = 1160
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Figure 4.3. Comparison of OSI distributions obtained by different inlet velocity
profiles and entrance lengths for Re,, = 340 and 1160, from left to right,

respectively

The primary and second primary vortex structures are enclosed by a closed
streamline pattern, but they have different vortex cores. At the early diastole, t=0.73
sec, the primary vortex structure still stays the distal end of the bulge, but its intensity
decreases due to viscous diffusion. An additional secondary vortex is generated and
located between those two vortex cores, which is very near to the wall and with a

smaller swirl strength magnitude than the primary vortex.
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Figure 4.4. Comparison of ECAP distributions obtained by different inlet velocity
profiles and entrance lengths for Re,, = 340 and 1160, from left to right,

respectively

At each time instant, the contours of swirl strength and instantaneous WSS
distributions obtained by Womersley and Parabolic inlet velocity profiles with
Lene = 11D are identical with the Base condition. The vortical structures obtained
by Plug are also similar in terms of location of cores of primary vortex structure and
general swirl strength pattern, but the intensity of the contours is significantly
different especially in late systolic and early diastolic phases, for t = 0.49 and 0.73
sec. Also, WSS distributions obtained by Plug case are different than the others at
the specified time instants, which is in accordance with swirl strength patterns. For
Len: = 3D, Womersley obtains nearly the same A.; patterns and WSS distributions

with the Base case. Although WSS patterns of Parabolic are also the same with them,
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there is a negligible discrepancy of intensity of swirl strength contours for t = 0.49
and 0.73 sec. On the other hand, Plug obtains completely different results with
Lent = 3D, which is convenient with the differences observed in time-averaged axial

velocity profiles and OSI and ECAP distributions for that inlet condition.

WSS distributions at different time instants have a correlation with vortex structure
movement and swirl strength magnitude, which is also observed by Biasetti et al.
(2011). As can be seen in Figure 4.5, there is a WSS peak around the primary vortex
structure which is near to the wall at each time instants. With increasing the intensity
and magnitude of A.; of the near-wall vortex structure, the magnitude of WSS peak
also increases. This phenomenon can also be observed in the WSS distribution and
Aci contour of Plug at t = 0.49 sec with L,,; = 3D. For that time instant, primary
vortex structure with a large |[A.;| of the Plug case is not located in proximity of the
wall at the distal area, and its WSS distribution shows a very small peak at that
region. Moreover, at t = 0.73 sec, primary vortex structure of Plug is not dissipated
as much as Base condition, and it shows a high swirl strength intensity and WSS
magnitude in the distal area, for L., = 3D. Despite the correlation between the
primary vortex structure and WSS magnitude, second primary vortex structure has
no effect on WSS distribution due to large distance between the vortex and aneurysm
wall. However, at t = 0.73 sec, the secondary vortex structure is observed. It has an
effect on WSS distribution since it is located in close proximity to the wall. Because
the swirling strength magnitude is smaller for the secondary vortex structure, its

effect on WSS distribution is also small.
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Figure 4.5. Comparison of instantaneous WSS distributions, contours of swirling

strength and streamline patterns for Re,, = 1160
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4.2 Discussion

In the current study, the effect of inlet velocity profiles, which are Womersley,
Parabolic and Plug, on predicting the hemodynamics by using different entrance
lengths is discussed at two different Re,, using the same physiologic flow waveform
pattern. Results are compared with the Base condition, which has a very long
entrance length with a uniform flow at the inlet to ensure the flow entering the
aneurysm sac is fully developed. According to the comparisons of time-averaged
axial velocity profiles at different sections inside the sac, OSI and ECAP
distributions, instantaneous WSS distributions and swirl strength contours,
Womersley and Parabolic profiles give the same results with Base condition, even
with a very small entrance length, L.,; = 3D. However, for Re,, = 1160, even
Womersley profile could not achieve the same OSI and ECAP distributions with the
Base case with L., = D. With increasing Reynolds number, entrance length
requirement of Womersley profile becomes nearly the same with Parabolic profile.
Therefore, especially for high mean Reynolds numbers, utilization of Womersley
profile might not be necessary. Therefore, rather than applying complex Womersley
formulation, utilization of Parabolic profile for high mean Reynolds numbers with
an entrance length at least L,,,; = 3D might be appropriate. On the other hand, Plug
profile cannot obtain similar results with Base condition even L,,; = 11D for high
mean Reynolds number, Re,, = 1160, but for R,,, = 340, using an entrance length

Lene = 11D with Plug profile can yield the same results with Base condition.
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CHAPTER 5

EFFECT OF INFRARENAL FLOW WAVEFORM PATTERN ON
RHEOLOGY MODEL SELECTION AND ABDOMINAL AORTIC
ANEURYSM HEMODYNAMICS

Although blood behaves as a Newtonian fluid for high shear rates (y > 100 s™1),
stagnant and low velocity recirculation regions with very small shear rates present
inside the aneurysm sac due to the separation of bulk flow at diastolic phase. Also,
infrarenal flow waveform pattern, especially peak systolic and diastolic flow rates,
demonstrates significant differences from patient to patient, which might affect the
y distribution through the aneurysm sac. To investigate the effect of infrarenal flow
waveform on rheology model selection, three waveform patterns, Base, Case 1 and
2, having different peak systolic and diastolic flow rate values are tested. Wall shear
stress (WSS) parameters such as time-averaged wall shear stress (TAWSS),
oscillatory shear index (OSI), endothelial cell activation potential (ECAP), relative
residence time (RRT) and swirling strength (A.;) contours are obtained by viscous
shear thinning models such as Carreau, Carreau-Yasuda, Cross, Casson, Power,
Quemada, Modified and Simplified Cross, and viscoelastic Oldroyd-B are compared

with Newtonian model.

5.1 Results

Temporal evolution of vortex structures for all Base, Case 1 and 2 waveform
patterns, obtained by using Carreau model, are presented in Figures 5.1, 5.2 and 5.3,
respectively. For all waveforms, a primary vortex is generated due to acceleration of
bulk flow during early systole, and it separates from the inlet of the bulge at t = 0.3
sec, which is the peak systole, and transported to downstream by means of advection.
Indeed, the acceleration and advection of bulk flow are the primary phenomena that
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differ with the characteristics of the flow waveform. For the Base waveform,
acceleration is small compared to Case 1, resulting only a weaker primary vortex
with small |A;|. Also, advective effects are not dominant due to low bulk flow rate.
Therefore, primary vortex dissipates before it reaches the central part of the bulge
due to diffusive effects. The largest acceleration is obtained by the Case 1, and during
early systole, larger acceleration generates stronger vortex with large |A.;| compared
to Base and Case 2. This primary vortex maintains itself as a strong identity, with a
very small dissipation, until the end of the cardiac cycle. Because the mean flow rate
of Case 1 is larger than Base, throughout the cardiac cycle, the primary vortex is
transported to downstream by means of advection and it reaches the distal region at
t =1 sec. On the other hand, advection is more dominant for Case 2 due to its larger
mean flow rate. Therefore, transportation of vortex to distal region is completed until
the end of the systolic phase, t = 0.5 sec. Throughout the diastolic phase, vortex is
placed at the distal zone and it is dissipated by means of viscous effects until the end
of the cycle, while primary vortex for Case 1 case maintains its identity. On the other
hand, viscous diffusion is more dominant in Base waveform pattern because low
acceleration generates a weak primary vortex with a low |A.;|, and advective effects
are not sufficient to transport it even until the central area due to small mean flow

rate.

Figure 5.4 shows contours of time-averaged swirling strength, A,,, and streamlines
together with variations of WSS parameters for three waveform patterns, Base, Case
1 and 2. According to 4., contours and streamlines, only primary vortex pattern,
located at the proximal region of the bulge, is generated for the Base flow waveform.
For the Case 1 and 2, second primary and secondary vortices are also generated. For
the Case 1 and 2, primary vortex is located at the distal region with a larger
magnitude of A, compared to the Base case. For Case 1, second primary and
secondary vortices are located at the proximal and central regions, respectively.
However, for Case 2, they are both located at the distal zone, with vortices present

at the proximal part, which is exact opposite of the Base case.
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Figure 5.1. Comparison of swirl strength contours for Base
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Figure 5.2. Comparison of swirl strength contours for Case 1
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Figure 5.3. Comparison of swirl strength contours for Case 2
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Figure 5.4. Comparison of time-averaged swirl strength contours, streamline patterns
and the variation of WSS measures on the aneurysm wall, for the waveform patterns,

Base, Case 1 and 2

Behavior of vortex structures significantly affects the WSS parameters, as can be

observed from Fig. 5.4. TAWSS is very high around the vortices, especially near-
wall large |)L_Cl| zones, where OSI, ECAP and RRT are low. The magnitude of ECAP

and RRT reaches zero at the regions where the primary vortex is located, having high



|/1_a| for all waveforms. However, ECAP and RRT especially increases at the highly
stagnant regions. ECAP,,,, and RRT,,,, for Base are 3 times larger than that of Case

1 with low stagnancy.

To investigate the effect of flow waveform on the behavior of rheology models,
instantaneous WSS distributions, swirling strength and shear rate contours are
plotted in Fig. 5.5. Mid diastolic phase (t = 0.73 sec) is selected because in literature,
it is reported that the most significant deviations between Newtonian and shear
thinning models are observed at diastolic phase due to low flow rate. From the
contours of shear rate, y, it is obvious that for most of the regions inside the bulge,
ly| is small for Case 1, while |y| > 50 s~ around the primary vortex. Newtonian
model overestimates the WSS peak, y distribution and vortex patterns, compared to
shear thinning models. WSS distributions, patterns of A.; contours and their locations
are very similar for Casson and Quemada models, which is well-in-line with the
findings of Skiadopoulos et el. (2017). Carreau and Power models predict very
similar A.; patterns and WSS distributions, which is compatible with findings of
Shibeshi and Collins (2005). Although they are not demonstrated, in preliminary
studies, the Carreau-Yasuda, Cross, Modified and Simplified Cross models are also
tested. Results obtained by Carreau-Yasuda, Cross and Modified Cross are the same
with Carreau and Power-1, while Simplified Cross obtain very similar hemodynamic
parameters with Casson and Quemada for each flow waveform patterns. For the Case
2, |yl > 50s7! is obtained near the distal region and at the centerline of the
aneurysm, while it is near to zero at the near-wall proximal and central regions. At
the regions with high shear rate, contours of A,; and WSS distribution obtained by
shear-thinning models are converged to Newtonian case. Therefore, even |y| =

50 s~ might be sufficient to utilize Newtonian assumption.
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Figure 5.5.Comparison of WSS distributions, swirl strength and shear rate contours

of Newtonian and selected shear-thinning rheology models for the Case 1 and 2

80



Figure 5.6 shows contours of time-averaged swirling strength, A,,, and streamlines
together with contours of time-averaged shear rate, y. For the Base case, |y| is
smaller than 10 s~ throughout the bulge. Newtonian model overestimates the vortex
structures. For Base model with low shear rates, none of the shear-thinning models
predict the second primary vortex. Non-Newtonian behavior in low shear zones
minimizes the extend of recirculation, as reported by Soulis et al. (2008). For the
Case 1 and 2, |y| throughout the bulge is larger and all rheology models can predict
primary, second primary and secondary vortices, despite the Power-2 model. For
Case 2, |y| for distal region and in proximity to the centerline or artery is larger than
70 s71, and the predictions of all shear-thinning models are more similar to the
Newtonian. On the other hand, for Case 1, |[y| > 70 s™! region is smaller than Case
2, and Newtonian model significantly overestimates each vortex structure, it obtains
even a tertiary vortex. Predictions of Quemada and Casson models resemble the
Newtonian, but vortex predictions of Carreau and Power models are more

conservative.

However, estimation of WSS parameters with different rheology models
demonstrate an unexpected pattern. In Figure 5.7, OSI and ECAP distributions
obtained by different rheology models for the waveforms Base, Case 1 and 2 are
presented. Even high flow rates like the Case 1 and 2, Newtonian model presents
overestimated OSI and ECAP distributions. OSI and ECAP distributions obtained
by Casson and Quemada are nearly the same with each other, and closer to
Newtonian pattern at each flow waveform. On the other hand, OSI and ECAP
estimations of Carreau and Power-1 model are very similar, while Power-2 model is
significantly conservative and fails to obtain OSI and ECAP patterns especially

around secondary vortex.
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Figure 5.7. Comparison of OSI and ECAP distribution on the aneurysm wall of

selected rheology models the waveform patterns, Base, Case 1 and 2

In Figure 5.8a, swirling strength contours and streamline patterns for the Base
waveform are presented for Newtonian, Viscoelastic, Quemada and Carreau models
at mid-diastolic phase, t = 0.73 sec. Diastolic phase of Base model is selected because
Oldroyd-B model could not provide a stable solution for high Reynolds numbers
(Elhanafy et al., 2019; Leuprecht and Perktold, 2001). Also, elastic nature of blood
is dominant at low shear rates (2011). Viscous part of the viscoelastic Oldroyd-B
model is Newtonian, not shear-thinning. Therefore, the only reason for the difference
between Newtonian and Viscoelastic results is the elastic effects. Viscoelastic model
predicts a smaller primary vortex, which is closer to the inlet region of aneurysm

bulge, compared to others. Due to conservative nature of Carreau model, it only
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obtains primary vortex. Second primary vortex is observed from the streamlines and
contours of A, of Newtonian, Viscoelastic and Quemada models, but at different
locations. Second primary vortex obtained by Newtonian model is located near to
distal region, while it is located at the central zone for Viscoelastic and Quemada
models. In Figure 5.8b, time-averaged swirl strength contours, A, and streamline
patterns of those rheology models for Base waveform is presented. Despite the mid-
diastolic phase, location of time-averaged vortex cores and 1, distribution obtained
by Newtonian and Viscoelastic models are more similar. However, the 4., contours
and time-averaged streamlines of viscous shear thinning models are significantly
different from Newtonian and Viscoelastic models, and they can only predict the

primary vortex structure.

5.2 Discussion

In the current study, the behaviors of Newtonian, viscous shear-thinning and
viscoelastic rheology models at different inlet flow waveforms are investigated. For
this purpose, three inlet waveform patterns, with different peak systolic and diastolic
flow rates are utilized. First of all, the variations of vortex structure and WSS
parameters at those inlet flow conditions are observed by using Carreau model. From
vorticity transport equation (Smith, 2018), it is known that acceleration of bulk flow
is the main source of vortex generation for such 2D physiological flows, while vortex
transport is accomplished by advection of vortex by means of bulk flow and viscous
diffusion. The primary vortex generated by Case 1, the waveform pattern having

largest acceleration, conserves its strong identity with small diffusion.
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For Case 1, transportation of that vortex to distal site continues until the end of the
cardiac cycle, t = 1 sec. Due to its significant advection capacity, the vortex pattern
generated by Case 2 is transported to distal site until the end of systolic phase, t =
0.5 sec, and it reserves that position throughout the diastolic phase. This behavior
affects the WSS parameters significantly. OSI magnitudes for Case 1 are larger than
other patterns through the bulge, which might be related with vortex transportation.
The vortex is transported throughout the cycle without settling a specified zone for
a long time and thus generates an oscillatory flow pattern, leading to high OSI.
Hence, not only strength of the vortex, but also its transportation mechanism affects
the distribution of WSS parameters, ILT formation and growth process. However,
the stretching and tilting effects are should be checked in further studies by using 3D

geometries.

From the results obtained with different rheology models at three waveform patterns,
it is observed that inside the aneurysm bulge, in addition to shear rate distribution,
the vortex transport phenomenon is also a determinant in rheology model selection.
In literature, it is reported that, Newtonian model assumption is applicable for large
flow rates (Soulis et al., 2008). From the results presented in Figure 5.4, for diastolic
phase with a low flow rate, Newtonian model overestimates WSS distribution and
vortex patterns, followed by Quemada and Casson, while Carreau and Power models
are more conservative. For regions with |y| > 50 s~1, on the other hand, Newtonian
and shear-thinning model predictions demonstrate a similar pattern. Also, A,
contours and streamlines agree this hypothesis. For the Base and Case 1, having low
shear rates inside the bulge, Newtonian overestimates time-averaged vortex patterns,
even shear thinning models have variations between each other. However, for Case
2 having high shear rate zones inside the bulge, swirling strength contours obtained
by shear-thinning models are very similar, and closer to the A, contours of
Newtonian case. Although instantaneous WSS distributions, A.; and 1., contours
agree that Newtonian model is applicable especially for high mean flow rates, there
is a significant difference in OSI and ECAP distributions of Newtonian and shear-

thinning models for the Case 2. On the other hand, despite its smaller mean flow rate
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and shear rate distribution, the difference of OSI and ECAP distributions for
Newtonian and shear thinning models for Case 1 is comparably small. The reason
might be related with vortex transport mechanism. In Appendix D, temporal
evolution of shear rate distribution inside the bulge for three waveform models are
presented. Together with the vortex structure, larger |y| region is also transported
through the bulge. Although Case 1 could not obtain large |y| through the aneurysm,
transport of vortex pattern is slow, eliminating the long stagnation at specified
sections inside the sac. However, for Case 2, transport of vortex pattern is
accomplished in a very short time, leading a highly stagnant flow structure at
proximal and central regions. In those highly stagnant regions, there is 40%
difference between Newtonian and Carreau models, together with a 20% difference
between Quemada and Carreau models. Arzani et al. (2018) stated that for the
stagnant regions, non-Newtonian models should be used. According to Arzani et al.
(2018), Carreau-Yasuda model overestimates the non-Newtonian effects, and the
results of this study are compatible with this conclusion. Predictions of Carreau,
Carreau-Yasuda, Cross and Modified Cross models are very similar not converging
to Newtonian model, even with increasing shear rate. On the other hand, Casson,
Quemada and Simplified Cross are nearly identical with each other and closer to
Newtonian model for lower shear rates, while they diverge from Newtonian with
increasing shear rate at systolic phase. However, at diastolic phase, Power model
presents non-Newtonian behavior for low shear rates, while it converges to

Newtonian at peak systole with increasing shear rate.

Morbiducci et al. (2011) stated that for the carotid artery, Newtonian model
predictions for OSI and ECAP are sufficient, while bulk flow metrics such as
velocity distribution are nearly the same with shear thinning models. Also, they
reported that, outflow boundary condition selection is more important than rheology
model selection. In the current study, it is demonstrated that any difference in inlet
waveform characteristics significantly changes hemodynamics. However, for AAA,
shear-thinning rheology model selection is as much effective as inlet waveform

characteristics, especially in OSI and ECAP estimations, even for high mean flow
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rates. Even selection of constants for shear-thinning models significantly affects the
hemodynamics. In literature, for Power model, Shibeshi and Collins (2005) and Cho
and Kensey (1991) and have proposed two different constants. Power-2 model seems
to underestimate the vortex patterns and WSS parameters. Therefore, in order to
simulate exact patient-specific hemodynamics for AAA, it might be necessary to
utilize shear-thinning models with exact patient-specific constants (Saqr et al., 2020),

even for large mean flow rates.

In addition to viscous shear thinning models, viscoelastic rheology model also
present variations from Newtonian especially in terms of locations of vortex patterns.
On the other hand, the difference between time-averaged swirling strength and
streamline patterns obtained by Viscoelastic and Newtonian model is small,
compared to viscous models, even low |y|. Bodnar et al. (2011) reported that, effect
of elasticity of blood on hemodynamics through stenosis might be negligible,
compared to shear-thinning viscous effects. The same conclusion might be

applicable for AAA hemodynamics, especially at high mean flow rates.

88



CHAPTER 6

A CORRELATION BETWEEN WALL SHEAR STRESS PARAMETERS
AND VORTEX IDENTIFICATION METHODS

Wall shear stress (WSS) parameters such as time-averaged wall shear stress
(TAWSS), oscillatory shear index (OSI), endothelial cell activation potential
(ECAP) and relative residence time (RRT) are generally utilized to predict regions
of intraluminal thrombus (ILT) formation inside abdominal aortic aneurysms, while
the effect of vortex structure on ILT formation is not clear. Moreover, obtaining WSS
parameters is a challenging issue in experimental studies due to limitations arising
in proximity to the wall, while acquiring vortex structures with vortex identification
techniques such as swirling strength (A.;), Q-criterion, and A,-criterion, is a very
common approach. In the current study, the correlation between vortex identification
techniques and WSS parameters is investigated. Numerical simulations are
conducted for a physiological flow pattern at a mean Reynolds number of 670. Three
aneurysm models with bulge radius to aorta radius ratios of 2.44, 3.66 and 4.88 are

used to generate different vortex patterns.

6.1 Results

Figure 6.1 shows temporal evolution of instantaneous WSS, contours of swirl
strength, A.;, and streamline patterns obtained for Model 1 at different time instants.
Considering the patterns at t = 0.3 sec, a primary vortex structure starts to separate
from the aneurysm wall at the proximal region of the bulge, with a large swirl
strength magnitude near to the wall, resulting in a sudden WSS peak. Throughout

the remaining parts of the bulge, an attached flow structure is observed. At t = 0.4
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sec, the primary vortex separates from the proximal end, and a weak WSS bump is
present around the primary vortex. At t = 0.5 sec, which is the end of the systolic
phase, the primary vortex core reaches the mid-plane of the bulge, and it is dissipated
into the whole bulge. Magnitude of swirl strength is non-zero throughout the sac,

together with a non-zero WSS.

At the early diastolic phase, t = 0.6 sec, the primary vortex reaches the distal region,
by maintaining its strength. The vortex core, which has the highest swirl strength
magnitude, is very close to the wall, creating a WSS peak of magnitude 1 Pa, while
the remaining parts of the bulge having nearly zero WSS. At t = 0.7 sec, streamline
pattern indicates another vortical structure formation at the proximal region, rotating
in the same direction with the main vortex. It has a distinct core and can be
considered as the second primary vortex. In addition, a third structure, which rotates
opposite to the primary vortex and might be named as secondary vortex, appears near
the wall. Second primary vortex structure is not close to the wall, and it is not
affecting the WSS distribution. But there is a weak negative WSS peak around the

secondary vortex structure.

Although the area covered by the primary vortex decreases due to the generation of
other vortex structures, the WSS magnitude is still near 1 Pa. Since a large |A|
contour encloses a significant portion of the near-wall area at the proximal region,
the |WSS| maintains a large value. Similar streamline patterns and vortex structures
are observed at £ = 0.2, 0.8 and 0.9 sec, but the magnitude of swirl strength for each
vortex structure are less at the mid and late diastolic phases due to viscous
dissipation. Moreover, size of the near-wall large |A.;| areas for those time instants
are clearly smaller than the size of the corresponding areas at t = 0.6 and 0.7 sec. In
accordance with swirl strength magnitudes, patterns, and near-wall areas enclosed

by large |A;| contours, there is a decrease in the WSS peaks, too.
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Figure 6.1. Temporal evolution of instantaneous WSS, contours of swirl strength,
A¢i, and streamline patterns for the Model 1
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Figure 6.2 shows contours of vortex identification measures and variations of WSS
parameters for Model 1. Contours of vortex identification measures and streamline
pattern are plotted by using time-averaged velocity components throughout a cycle.
All three vortex identification measures give nearly similar results, as expected from
a 2D simulation (Chen et al., 2015). According to the contours of vortex
identification measures and streamline patterns, for the proximal and central regions
of the bulge (0 < x/Lg < 0.65), magnitude of A, is comparably small, while it is
significantly large at the distal section of the bulge (0.65 < x/Lg < 1). The primary
vortex core appears at the distal end of the bulge with a significantly large magnitude.
A second primary vortex with smaller magnitude appears closer to the central-plane,
but away from the wall, and a secondary vortex structure with larger magnitude than
the second primary vortex is placed just above the primary vortex core in close
proximity to the wall. TAWSS value through the proximal and central parts of the
bulge is very small, nearly equal to 0.05 Pa, and reaches 0.1 Pa between x/Lg =
0.65 — 0.8 where the secondary vortex structure is apparent. But its magnitude
increases around the primary vortex structure, reaching 0.4 Pa between x/Lp =
0.8 — 1. Unlike TAWSS, OSI is high for the proximal and central regions of the
bulge, where the magnitude of A, is small. In addition, at the reattachment and
separation points of the secondary vortex structure, which can be seen from the
streamlines, there are OSI peaks reaching nearly 0.5, which is the overall maximum
value. However, OSI value decreases at the high-intensity ., regions near the wall,
where primary and secondary vortex structures are located. For very large A,
magnitudes observed for the primary vortex structure, OSI magnitude becomes
smaller than 0.1. Interestingly, at the reattachment point of the primary vortex
structure, located at the exit of the bulge, OSI increases again but it is smaller than

the OSI peaks generated by the secondary vortex.
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Figure 6.2. Contours of Q-criterion, A,-criterion, swirl strength, A, streamline

pattern, and TAWSS, ECAP, OSI and RRT variations on the aneurysm wall for
Model 1

Similar with OSI, ECAP and RRT magnitudes are also high for the proximal and
central regions of the bulge. ECAP decreases continuously after x/Lg = 0.65, and
it reaches to zero for the distal region where the primary vortex structure with high
|/1_a| is located. However, like OSI, RRT distribution shows peaks after x/Lz =
0.65, at the reattachment and separation regions of the secondary vortex structure.
However, RRT is more sensitive to the vortex reattachment and separation. Similar
to ECAP, RRT is also zero around the primary vortex structure with high |/'l_a|, and

no RRT peak is apparent at its reattachment point. This might be related to the
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magnitude of A,,. At the reattachment and separation points of vortex structures with

a high |4,

, OSI and RRT peaks might be smaller than the peaks occurring at the

reattachment and separation points of vortices with small |l_a|

To see the effect of aneurysm size on the vortex structures and their corresponding
influence on wall shear stress, two additional models with larger bulge diameters,
i.e. Rg/R = 3.66 and 4.88, are studied. Figure 6.3 shows the temporal evolution of
the instantaneous WSS distributions, contours of swirl strength, and streamline
patterns of Models 2 and 3. For both models, at t = 0.5 sec, which is the end of the
systolic phase, the primary vortex covers the whole aneurysm bulge, and the vortex
core has passed the mid-plane. For Model 2 and 3, due to increased diameter, the
distance between high swirl region and wall is larger. This results in almost zero
WSS distribution through the bulge with only non-zero WSS peak at the distal area,
where near-wall swirl strength contours appear. At t = 0.6 sec, the primary vortex
structure reaches the distal site and a secondary vortex structure is generated for
Model 2, but not for Model 3. However, at the same instant, for Model 3, the primary
vortex structure is divided into two, and a second primary vortex core is generated,
with swirl strength magnitude smaller than that of the primary vortex. Compared to
Model 1, the primary vortex cores are much closer to the wall and their swirl strength
magnitudes are larger over a greater spatial extent. Therefore, a sharp WSS peak
reaching 2.5 Pa is seen for both models. At t = 0.7 sec, secondary vortex structure
is also generated for Model 3, located at the mid-plane, in close proximity to the
wall. Secondary vortices of both models are not witnessed in the swirl strength
contours due to their small magnitudes (<1). In addition, for both models, a tertiary
vortex structure, which has very small spatial extent but high strength swirl
magnitude, is generated over the primary vortex. Its footprint on WSS distribution is

a small peak due to its closeness to the wall.
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Figure 6.3. Temporal evolution of instantaneous WSS, contours of swirl strength and

streamline patterns obtained for Models 2 and 3
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To investigate the correlation between WSS parameters and vortex identification
techniques further, a detailed comparison of them for all three models is given in
Figure 6.4. According to contours of A, and streamline patterns, for the proximal
and central regions of the bulge (0 < x/Lg < 0.65), magnitude of A, is comparably
small. The primary vortex core is located at the distal end of the bulge with a large
magnitude for all models. With increasing diameter of the bulge, the primary vortex
structure gets larger. However, the magnitude of 1., decreases due to dissipation of
the vortex pattern into a larger area. A second primary vortex with smaller magnitude
is located near the central region of the bulge, but its focal point disappears and the
intensity of A, contours significantly decreases with increasing bulge diameter. A
secondary vortex with larger 1., magnitude than the second primary vortex forms
just above the primary vortex core, very close to the artery wall. The core of the
secondary vortex moves toward the central region of the bulge for the models with
increasing bulge diameter, and it disappears from the A, contour plot for Model 3.
In addition, with increasing diameter, magnitude of A, at the focal points of

streamlines of vortices decreases.

TAWSS values through the proximal and central parts of the bulge are smaller than
0.025 Pa for Model 2 and 3, which is nearly 0.05 Pa for the Model 1. Between
x/Lg = 0.8 —1,it reaches 0.4 Pa for Model 1, but TAWSS values for larger
models can reach that value only at x/Lg = 1. Unlike TAWSS, OSI is high at low
Ao regions. Around the primary vortices, because |/1_a| > 4, OSI value is
significantly small for all models. Although Model 1 has intense swirling strength
contours compared to others at the distal region, its OS1,,;, is slightly larger because
high swirl area for Model 2 and 3 covers wider region in proximity of the wall. Also
for Model 3, intensity of A, contours are lower because the primary vortex structure
is dissipated, which leads to higher OSI than the other two models at that zone. At
the reattachment and separation points of the secondary vortex of all models, OSI
reaches its maximum value, while it decreases through the secondary vortex,

between its separation and reattachment. ECAP distribution is significantly affected
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from the bulge diameter. Maximum ECAP of Model 3 is ten times higher than that
of Model 1. For Model 2 and 3, high ECAP region is located around the large scale

swirling structure with |/1_Cl| < 1. The magnitude of ECAP reaches zero at the distal

region where the primary vortex is located, and the magnitude of A, is high for all
models. From RRT distributions, it is clear that RRT is highly sensitive to vortex
reattachment and separation, and for Model 2 and 3 its magnitude is significantly
high at the reattachment point of large-scale swirling structure with low swirl
strength. RRT,,,, of Model 3 is not visible because the vertical axis of RRT
distribution is constrained to observe RRT distribution of Model 2. the peak values
are strongly affected from diameter because increasing diameter also increases the
stagnant flow features inside the sac, and generates large-scale swirling structures
with significantly small swirl strength, which is correlated with high OSI, ECAP and
RRT. Especially for Model 3, |/1_a| is significantly small around the secondary vortex
reattachment point, where a strong RRT peak is observed. RRT,,,, value obtained
by Model 3 is 30 times higher than that of Model 1, for which |/1_a| of the secondary

vortex is significantly higher than other models.

6.2 Discussion

To determine the relation between instantaneous WSS distributions and the swirl
strength, hemodynamics inside three aneurysm models with different bulge radius to
aorta radius ratios is examined. Around a near-wall vortex structure with high swirl
strength magnitude, there is a WSS peak with a magnitude that is positively
correlated with the magnitude of the swirl strength. The largest WSS peak is
observed at early diastole for all models. The primary vortex structure is dissipated
into second primary, secondary and tertiary vortex structures and due to the
dissipation, its A, magnitude decreases, together with its WSS magnitude.
Moreover, with increasing bulge diameter, their spatial extends get larger and those
vortical structures are being dissipated with reductions in their swirl strength
magnitudes. As a result, with increasing aneurysm bulge diameter, several large-
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scale swirling structures with very small swirl strength magnitudes are generated.
Although it is known that near-wall vortex structures are correlated with high WSS
magnitudes at those locations (Biasetti et al., 2011; Biasetti et al., 2012; Bauer et al.,
2020), each and every near-wall recirculation observed in streamline patterns might
not affect WSS distribution. The size of the secondary vortex is significantly larger
than that of the tertiary vortex in terms of streamline patterns, and both appear close
to the wall, but only the tertiary vortex with higher swirl strength magnitude has an
impact on the WSS distribution. Thus, the near-wall, high-magnitude swirl strength
can be correlated with high magnitude WSS peaks, but there is no correlation

between the size of a near-wall recirculation and WSS distribution.

In literature, aneurysm hemodynamics is generally quantified by WSS parameters
and there are different approaches about the relation between ILT formation and
WSS parameters. General argument is that ILT formation and rupture may occur at
the low TAWSS, high OSI, ECAP and RRT regions, which are possibly located in a
recirculation region (Biasetti et al., 2011; Biasetti et al., 2012; Kelsey et al., 2016;
Qiu et al., 2018). On the other hand, Arzani et al. (2014) stated that ILT is observed
at regions with low OSI and high TAWSS, where a persistent recirculation region
contributes to low OSI. Indeed, the actual effect of recirculation region on ILT
formation and its relation with WSS parameters is not clear. Although several studies
also reported a qualitative relation between recirculation zones and ILT formation,
to the author’s best knowledge, the correlation between vortex structure on thrombus
formation is not reported quantitatively. For that purpose, in the current study, the
correlation between WSS parameters, such as TAWSS, OSI, ECAP and RRT, that
are frequently used to determine ILT deposition and rupture regions, and vortex
identification methods are studied. The correlation between vortex identification
methods and WSS parameters might be a useful tool especially for experimental
studies, in which obtaining WSS parameters is a challenge due to experimental

constraints.
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Figure 6.4. Comparison of swirl strength contours, streamline patterns and the

variation of WSS measures on the aneurysm wall
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Although vortex identification methods such as Q-criterion, A,-criterion and A,-
criterion obtain nearly the same vortex structures through the bulge, 1., can reveal
patterns even with a very small magnitude. Biasetti et al. have compared the WSS
distribution and vortex patterns which are calculated using A,-criterion (Biasetti et
al., 2011; Biasetti et al., 2012), and they also reported that there is a correlation
between vortex patterns and WSS distribution. However, A,-criterion discards the
weakest vortices (Chen et al., 2015), while A,;-criterion extract the most number of
vortices and can identify even weaker ones. The current study demonstrated that,
near-wall vortex patterns even with small A, magnitudes can affect the WSS
distribution. Therefore, A.;-criterion might be preferable in WSS comparisons.
Although there are different types of recirculation regions throughout the aneurysm
bulge, each structure is correlated with different condition. For instance, low
TAWSS and high ECAP, OSI and RRT regions are correlated with the secondary
vortex structure, with low magnitude of A.,. On the other hand, in regions with high
TAWSS and low OSI, ECAP and RRT, the primary vortex is located, with a high
magnitude of A,. Large OSI and RRT peaks are observed at the reattachment and
separation points of vortices with small |/1_Cl| Therefore, to correlate a WSS
parameter with a recirculation region, magnitude of A, and the distance between the
wall and recirculation should be considered. In Figure 6.4, comparing 4., and
streamline patterns shows that increasing the aneurysm diameter also increases the
scale of the vortices, but decreases the magnitude of 4., for each vortex structure.
Therefore, it might be concluded that, with increasing bulge diameter, vortices turn
into large-scale swirling structures with a stable focus. Indeed, generation of large-
scale swirling structures around a focal point might be interpreted as the footprints
of vortex dissipation and they possibly have smaller 1., magnitudes, leading low
TAWSS and high ECAP, OSI and RRT regions. As a result, it might be concluded
that vortex identification techniques might also be utilized to predict possible ILT
and rupture regions. However, this hypothesis needs to be tested using patient

specific geometries of which ILT and rupture regions are known.
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CHAPTER 7

CONCLUSION

Intraluminal thrombus (ILT) is observed 80% of abdominal aortic aneurysms (AAA)
and might affect rupture characteristics. Disturbed hemodynamics through AAA
might affect ILT formation, that are generally quantified by wall shear stress (WSS)
parameters such as time-averaged wall shear stress (TAWSS), oscillatory shear
index (OSI), endothelial cell activation potential (ECAP) and relative residence time
(RRT) in literature. However, modeling parameters such as boundary conditions and
fluid properties significantly affect quantification of those hemodynamic parameters.

Substantial attention should be drawn during selection of those parameters.

Transient nature of physiological flow is demonstrated by Womersley profile.
However, in literature, Parabolic and Plug profiles are also used together with a long
entrance length. To observe the differences in WSS parameters and swirling strength
contours arising due to inlet velocity profile selection, three different velocity
profiles which are Womersley, Parabolic and Plug are utilized for two different mean
Reynolds numbers, Re,, = 340 and 1160, and results are compared with a fully-
developed Base case. To observe the entrance length requirements of those velocity

profiles, three models with differing entrance lengths are used.

In addition to inlet velocity BC, selection of fluid properties is also effective in
accuracy of hemodynamic assessment. In the current study, WSS parameters such as
TAWSS, OSI, ECAP and RRT together with swirling strength (A.;) contours are
obtained by viscous shear thinning models such as Carreau, Carreau-Yasuda, Cross,
Casson, Power, Quemada, Modified and Simplified Cross, and viscoelastic Oldroyd-
B are compared with Newtonian model at three inlet flow waveform patterns, which

are Base, Case 1 and 2.
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In a meta literature analysis study, Saqr et al. (2020) have reported that WSS
parameters solely are not enough to bridge hemodynamics and aneurysm pathology.
Therefore, to interpret the effect of vortex pattern on ILT formation and also to
observe the correlation between WSS parameters and vortex identification methods,
such as swirling strength (4,;), Q-criterion, and A,-criterion, numerical simulations
are conducted for a physiological flow pattern at a mean Reynolds number of 670.
Three aneurysm models with bulge radius to aorta radius ratios of 2.44, 3.66 and
4.88 are used to generate different vortex patterns. According to those studies,

following conclusions might be drawn:

- Instead of Womersley profile, for R,, = 1160, Parabolic profile might be
used with an entrance length at least L,,; = 3D. On the other hand, Plug
profile cannot obtain similar results with Base condition even L., = 11D

for R,, = 1160.

- For R,, = 340, Plug profile might be utilized rather than Womersley profile,
with an entrance length Lo, = 11D. Therefore, it might not be necessary to
define the complex Womersley profile in physiological flows, especially the

cases with high mean Reynolds numbers.

- From the results obtained with different rheology models at three waveform
patterns, it is observed that inside the aneurysm bulge, in addition to shear
rate distribution, the vortex transport phenomenon is also a determinant in

rheology model selection.

- For diastolic phase with a low flow rate, Newtonian model overestimates
WSS distribution and vortex patterns, followed by Quemada and Casson,
while Carreau and Power models are more conservative. For regions with
ly| > 50s71, on the other hand, Newtonian and shear-thinning model

predictions demonstrate a similar pattern.
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In highly stagnant regions, there is 40% difference between Newtonian and
Carreau models, together with a 20% difference between Quemada and

Carreau models for WSS parameters.

At diastolic phase, Power model presents non-Newtonian behavior for low
shear rates, while it converges to Newtonian at peak systole with increasing

shear rate.

For AAA, shear-thinning rheology model selection is as much effective as
inlet waveform characteristics, especially in OSI and ECAP estimations,
even for high mean flow rates. Even selection of constants for shear-thinning

models significantly affects the hemodynamics.

Bodnar et al. (2011) reported that, effect of elasticity of blood on
hemodynamics through stenosis might be negligible, compared to shear-
thinning viscous effects. The same conclusion might be applicable for AAA

hemodynamics, especially at high mean flow rates.

Around a near-wall vortex structure with a high swirl strength magnitude, a

large WSS peak is observed.

Although vortex identification methods such as Q-criterion, A,-criterion and
swirl strength, A,, give nearly the same vortex patterns, A, can reveal the

vortex patterns even with a very small magnitude.
Comparing A, and streamline patterns for Model 1, 2 and 3 shows that

increasing the aneurysm diameter also increases the scale of vortex patterns,

but decreases the magnitude of A, for each vortex structure.
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- With increasing bulge diameter, the vortex structures turning into large-scale,

inward-swirling structures with a stable focus.

- Vortex structures having high magnitudes of A, are located at high TAWSS
and low OSI, ECAP and RRT regions. Therefore, vortex identification
techniques might also be utilized to predict possible ILT and rupture regions.
However, this hypothesis is required to be analyzed using patient specific

geometries of which ILT and rupture regions are known.

Moreover, following work might be performed in future for better understanding the

conclusions:

- Toreplicate realistic conditions, a physiological pressure waveform might be

supplied as the outlet boundary condition.

- To understand the effect of outlet profile on vortex structure, zero pressure

outlet condition and physiological pattenr might be compared.

- To further investigate the effect of inlet velocity profile, profiles having
diffent inlet directions can be supplied at the inlet. This might be especially

important for AAA geometries having a neck angle.

- The effect of wall elasticity and movement on vortex structure can also be
observed. For that purpose, an FSI study might be implemented and
correlation between WSS parameters and vortex patterns, together with ILT

formation can be further checked under those conditions.
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- To understand the ILT formation and growth mechanism of AAAs, patient-
specific geometries having ILT region can be used to observe the behavior

of vortex pattern on ILT zones.
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APPENDICES

APPENDIX A

Womersley Velocity Profile Boundary Condition with OpenFoam

Over several decades, intense research on physiologic flow inside the arteries have
been performed. At 1955, Womersley [1] derived the exact solution of
incompressible, Newtonian fluid flow through a cylindrical and rigid blood vessel,
in which a pressure gradient which is periodic function of time drives the flow, by
using the equations of motion and continuity. Assuming the motion is laminar,
axisymmetric, and parallel to the longitudinal axis of the tube in addition to the vessel
is horizontal, and gravitation has no effect on the flow, the Navier-Stokes equations,
and the equation of continuity are simplified to the following under the conditions

named above:

au—O A1
dp
0=—— (A.2)
dp
0=—=5 (A.3)
ou 6p+ 62u+16u "
pat_ 0x H or? ror (A-4)

The boundary conditions are the axisymmetric condition at the center and no-slip

on the wall, at radius R:
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—=0 at r=0 (A.5)

u=20 at r=R (A.6)

Here p is for pressure, x, r and 6 are cylindrical polar coordinates with x in the axial
and r in the radial direction, u is the velocity component in the direction of x, and t
is time. According to Egs. (A.2) and (A.3), p is a function of x and t only. According
to (A.4), u is a function of r and t. On differentiating Eq. (A.4) with respect to ‘x’,
one obtains

This shows that the pressure gradient must not vary with x. It can be a function of t.
For simplicity, the form of the pressure gradient will be taken as a simple harmonic

motion and written in complex form:

I
= peinet (4.8)

On substituting into Eq. (A.4), one obtains

du

Por = (A.9)

0°u  10u
or?  ror

—Ae"0t 4y <— +

After solving Eqn (A.9) in accordance with the stated boundary conditions, one can
obtain
I3/
A Jo (0( R! ) (ot

) N NCTRE

(A.10)
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where v is kinematic viscosity and ais a dimensionless quantity known as the

Womersley number
W
a=R \/; (A.11)

If the flow rate inside the blood vessel is known, the term A can also be determined

from the given formula

R
Q= Zﬂf urdr (A.12)
0

Substituting the u in Eqn (A.10) to flow rate integral and writing y = r/R,

_ 2mA <R2

Rz ! _
iwp\ 2 Jo(ai3/?) f Jo(ayi*/ 2)de> el (A.13)
0

From known properties of Bessel functions, [ xJ,(x)dx = xJ; (x), therefore

:nRzA _2ai3/2 J1(@i®/2) ot
iwp i3a2 J,(ai3/2)

Q (A.14)

To find u, it is necessary to write the flow rate and u on the same harmonic form.

Assuming the flow rate is also a harmonic function and substituting into Eqn (A.14)

N
Q= z C,einot (A.15)

n=0

N N 2 .3/2 :3/2
z G, einot Z T[.R A, <1 _ 2ayi J1(ani )) gitont (A.16)

Pan? Jo(ani’/?)
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After canceling out e"®t, A becomes
Chionp

3
2]4 (ifocn)
RN 1-5—75"=

3
iz, Jo (ifan)

A, = (A.17)

TT

To determine A,,, a Fourier series decomposition of the flow rate waveform should
be performed to obtain Fourier coefficients (which is C, in that case). For that
purpose, Fast Fourier Transform (FFT) method can be applied to the available flow

rate data. After determining C,, u(r, t) can be calculated from following formula

N r .3/2
C Jo(on gl .
u(r,t) = n 1- (L) eleont (A.18)
: Jo@i%7%)
n=0 2]1 (iZO(n> 0" n
MR | 1 —5——="<
N

where the term n = 0 corresponds to a steady pressure gradient, which is actually

simple Poiseuille’s flow

u(r, t) = ﬂ(1 — (2)2)

TIR2 R
r.
> Cy Jo (@n g i%?)] .
+Z - 1————="|elnt (A.19)

= 2] (iia) Jolni*%)
= 1 n

TR 1 -5ty

20y (120, )

Co and Cn’s are the FFT coefficients of flow waveform. The process is written on

Matlab and velocity profiles are obtained. The code is given below.
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% This script finds the velocity profiles inside a blood vessel for
a given

% flow rate waveform. First it reads the flow rate data from a txt
file and

% then finds the Fourier series coefficients by using FFT method.
Finally,

% by using those coefficients, velocity profile at different time
values

% are found by solving Womersley's equation.

$ 04.10.2021, Burcu Ramazanli

clear all; close all; clc;

R = 0.009;

rho = 1000;

nu = 0.00000345;
T =1;

o©°

Radius of wvessel (m)

Density of working fluid (kg/m"3)
Kinematic viscosity (m"2/s)
Period of the waveform (s)

o° oo

o

f = dlmread('wave values.txt', '\t');
St = £(:,1);

[

~
N
~
o

Flow rate values from txt file

interval= T/70;

t=0:interval:T-interval;

t=transpose (t); % Time instants corresponding to those
flow rates

oe

Now that we have the flow rate waveform, convert to fft and back
to get Fourier coefficients, need to multiply fft coefficients by

oe

N
=

/
% and then divide the DC coefficient by 2

N = size(t); N = N(1);

Cn = 2*fft(f k)/N(:,1); % Fourier coefficients, obtained from
FET

Cn(l) = Cn(l)/2; % DC coefficient (or, a0)

omega = 2*pi/T;
i = sqgrt(-1);
ii = 1i7(3/2);

% Turn the signal back to time domain to see if it's correct
% Use it to check how many terms of the FT (Fourier modes) is
needed to

o)

% reproduce the waveform accurately.

waveform f = zeros(70,1);
for n = 1:35 % number of Fourier modes to include
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% waveform f = waveform f + real(Cn(n)*exp(i*omega* (n-1)*t));
waveform f = waveform f + real(Cn(n))*cos(2*pi*(n-1)*t/T) -
imag(Cn(n)) *sin(2*pi* (n-1) *t/T) ;

end

figure(l); plot(t, f k); hold on;
plot(t, waveform f, 'r'); legend ('f k', 'waveform f'); grid on;

x = lin space(0,R,N);
linspace(0,T,N);
= zeros (70);

o ot
(|l

o)

% Now insert Fourier coefficients to the Womersley's velocity
profile

% equation
for k = 1:N

for y = 1:N
r = x(y);
u(y,k)=((2*real (Cn(1)))/(pi*(R*2)))*(1-((x/R)"2)); % Cn(l)

is actually CO
for n = 1:35
a n = R*sqgrt(n*omega/nu) ;

JO0 = besselj (0, (a_n*(r/ (R
JO0 c = besselj (0, (a_n*ii)

))*ii));
) .

’

Jl c = besselj(l, (a_n*ii));

J = (1-(2/(a_n*ii))*(J1 c/J0 _c));
Kn(n) = Cn(n+1l)/ (pi* (R"2)*J);

u (y,k) = u(y,k) + real(Kn(n)*(1l-

(JO/J0_c)) *exp (i*omega*n*t (k)));
end
end

end

figure (2); plot (u, x); grid on;
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How to implement the obtained velocity profiles to OpenFOAM?

OpenFoam has a boundary condition called timeVaryingMappedFixedValue. To
apply this condition, a bunch of files describing the points where you want to specify

data in addition to the data at those points for specific times during your simulation
should be generated. All of these files are stored in the constant directory of the case
set up. OpenFOAM will then interpolate in space over time to transition from one
set of data to the next when the case is running. A tutorial, which takes advantage of
this boundary condition, is shipped with OpenFOAM. It can be found under

tutorials/incompressible/simpleFoam/pitzDailyExptInlet/.
Let inlet be the name of the patch for which the inflow fields are generated. Then the

following entry should be found in the U file.

inlet
{

type timeVaryingMappedFixedValue;
offset (@0 0);

setlverage off;

perturb a;

[

Then, a folder called boundaryData should be created under the constant directory.

ol i & C

boundaryD polyMesh transportP  turbulence
ata roperties Properties

The boundaryData folder should contain a sub-folder called with the name of the
patch for which boundary condition is generated. In our case, let its name be inlet.

Inside on this sub-folder, following should be placed

- points file

- time folders containing U files at those times.

The time folders should be named as the time of which velocity data is stored (for

example, for zero time, it should be 0, like below picture).
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[1] Womersley, J.R. Method for the calculation of velocity, rate of flow and viscous

drag in arteries when the pressure gradient is known. J. Physiol. 1955, 127, 553-563.
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APPENDIX B

tis)

=06s

t=03s =07s

t=04s t

t=05s =09s

}Lci

[T 7.

HEN
567 8 910111213141516171818

Figure B.1. Temporal evolution of swirling strength for Model 1 and Re,, = 670
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Figure B.2. Temporal evolution of swirling strength for Model 2 and Re,, = 670
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Figure B.3. Temporal evolution of swirling strength for Model 3 and Re,, = 670
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APPENDIX C

Vortex ldentification Methods

In literature, different vortex identification methods have been proposed. The most
well-known vortex identification methods are Q-criterion, A-criterion, A,-criterion
and A;-criterion. All of those methods require different requirements to define a
vortex. Q-criterion, A-criterion, and A;-criterion are called as velocity gradient
based vortex identification criteria, while A,-criterion utilizes local pressure

minimum to define a vortex.

Velocity gradient tensor D = Vi can be partitioned into symmetric and

antisymmetric parts

D=S+0Q (C.1)
S =1/2[D + D] (C.2)
Q =1/2[D - DT] (C.3)

which are called the strain rate tensor, S, and the angular rotation rate tensor, . The

trajectory of a fluid particle can be determined by solving the differential equation

dy N
—=D- 4
dt Y (C.4)

with an initial condition y(0) = y,. Eigendecomposition of the above ordinary

differential equation can be written as

D =VAV? (C.5)
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where the columns of V are eigenvectors v;, and the diagonal of A gives the

eigenvalues 4;. The general solution of above equation is

y(t) = vy exp(A:t) ¢; + v, exp(A,t) ¢, + v exp(Ast) ¢35 (C.6)

where constants ¢; are determined from initial condition. According to the above
equation, if all eigenvalues are real, then the point obtained is called as a node or a
saddle. However, if one of the eigenvalues is real but the other two are complex
conjugates, the point obtained become a focus, with closed or spiraling streamline

trajectories, which is an indication of vortex.

To find the eigenvalues of diagonal, characteristic equation can be solved

det |24 a1l = o €.7)
e an = .
which obtains
AB+PA2+QA+R=0 (C.8)
P = —tr(D) (C.9)

1 1
Q = ([er(D)]* — tr(D) = 5 ([er(D)]* + Q11" ~ lISII*) (C.10)

R = —det(D) = L pis 3PQ — tr(D?) (C.11)
3
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where P, Q and R are invariants of the velocity gradient tensor. For an incompressible
flow, tr(D) is zero. The discriminant of the characteristic equation gives an idea

whether the eigenvalues are real or complex, which can be written as

4= (Q/3)% + (R/2)? (C.12)

If A>0, one eigenvalue is real, and the other two eigenvalues are complex
conjugates, which indicates the swirling flow having a spiraling or closed streamline

pattern, and this is called as A-criterion. Actually, Chong et al. stated that,

“a vortex core is a region of space where the vorticity is sufficiently
strong to cause the rate-of-strain tensor to be dominated by the
rotation tensor, i.e., the rate-of-deformation tensor has complex

eigenvalues”

which is called as the Q-criterion to define a vortex, but it is nearly equal to 4-
criterion. Q is the second invariant of the velocity gradient tensor, and for an

incompressible flow, it is written as
1 2 2
Q = Z(lel*—1sl*) >0 (C.13)

For a 2D flow, velocity gradient tensor diminishes to

Ju Jdu

aui a @

a_xj =30 av (C.14)
dx dy

138



The strain rate tensor, S, and the angular rotation rate tensor, , for a 2D flow can be

written as

0 ou 0v
_ dy Ox
€= 2lov  ou 0 (C.15)
dx Ody
5 ou ou N v
1l “ox o9y  ox
S= 2|10v  odu ov (C.16)
dx dy dy
Q7 = 1 <6u>2 N 1 (617)2 ou dv €.17)
-~ 2\ay 2 \ox dy 0x '

2

IS|2 = 1 (au)z N 1 (017)2 N Judv N <6u)2 N (6v> (C.18)
~ 2\dy 2 \0x dy dx  \ox dy '

Inserting these values to definition of Q-criterion gives

oud 0 1 /01v\2
=—(||sz||2— IS12) = ——”—”__( ”) __(_”)
dyodx 2\0x 2 \dy

>0 (C.19)
Zhou et al. (1999) also utilized the complex eigenvalue of the velocity gradient tensor
to visualize vortices. For that purpose, they decompose velocity gradient tensor with
the help of diagonalization by using eigenvalues and eigenvectors in the following

manner
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ou: Ay 0 0
axf =[v, Ve vl [O Aer Aci] v, v vci]‘l (C.20)
! 0 _Aci Acr

where A,. is the real eigenvalue with as corresponding real eigenvector v,., and 1., +
A¢il are the conjugate pair of the complex eigenvalues with complex eigenvectors

v  v,;i. The local streamlines can be expressed in a local coordinate as

y1(t) = C; exp(4,t) (C.21)
y2() = exp (A t[C." cos(Agt) + C.2 sin(At)]) (C.22)
ys(t) = exp()lcrt[Cc2 cos(Azt) — C,* sin(/la-t)]) (C.23)

where C,, C.' and C,*are constants and can be determined from initial conditions.
Along the axis of eigenvector v,., flow is either stretched or compressed, while flow
is swirling on the plane of eigenvectors v, and v.;. Hence, the imaginary parts,
Aci, of complex eigenvalues might be evaluated as a vortex indicator, and connected
regions having non-zero A can be specified as vortex structures. The complex
eigenvector, A.;, is known as strength of the swirling motion and it is called as the

swirling strength of a vortex.

Ay-criterion based on local pressure minimum across a vortex core. Jeong and
Hussain (1995) derived a transport equation for the strain rate tensor by taking
gradient of the incompressible Navier Stokes equation, and obtain the symmetric part
as following
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ds 1
S TVVS+8%+0% = —;V(VP) (C.24)

The term at the right hand side is called as pressure Hessian matrix. According to 4,-
criterion, the vortex core is located to the local pressure minimum, except in the
presence of unsteady and viscous effects. Therefore, by neglecting the rate of change

of irrotational straining and viscous effects, pressure Hessian can be found as
1
S2+ 0% ~ —;V(VP) (C.25)

Local pressure minimum can be obtained where the pressure Hessian has two
positive eigenvalues, which requires S + 22 term has two negative eigenvalues. In
3D flows, ordering the eigenvalues of this matrix should satisfy the two of them must

be negative inside a vortex core
M<A<A & 1,<0 (C.26)

In 2D flows, 4; < A, should be two eigenvalues of the matrix. According to A,-
criterion, A, must be negative, which identifies connected vortex zones. For 2D

flows, 1,-criterion can be written in the following form

_(auav auav) 1<6u 617)2
, =

ayox oxdy) T2\ax "3y
N 1|0u N dv (au 4 617)2 N (au N 617)2
2lox oyl \ox 0y Jdy 0x
<0 (C.27)
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Overall, for 2D axisymmetric flows, Q-criterion, A.;-criterion and A,-criterion can

be written in the following form

_ Ouydu, 1 (aur)z 1 (aux)z -0 c.28

0= ox or 2\ O0r 2\ ox (C.28)
1 ou, ou, (0u, aur)z

Aci = 2\/ *ox or <ax ar) =0 (€.29)

2

aura& +% <6ux)2 p (6ur)

A2 = dx Or 0x or
Ju, Ju, du, Ju, 4 ou, OJu, 2
+ 6x+6r \/<6x_6r> +(W+ 6r> <0 (€.30)

B. P. Epps, “Review of vortex identification methods,” AIAA SciTech Forum - 55th

AIAA Aerosp. Sci. Meet., no. January, pp. 1-22, 2017, doi: 10.2514/6.2017-0989.
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APPENDIX D
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Figure D.4. Temporal evolution of shear rate for Base case
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Figure D.5. Temporal evolution of shear rate for Case 1
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Figure D.6. Temporal evolution of shear rate for Case 2
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