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a b s t r a c t
Advances in modeling vascular tissue growth and remodeling (G&R) as well as medical imaging usher
in a great potential for integrative computational mechanics to revolutionize the clinical treatment of
cardiovascular diseases. A computational model of abdominal aortic aneurysm (AAA) enlargement has
been previously developed based on realistic geometric models. In this work, we couple the computational simulation of AAA growth with the hemodynamics simulation in a stepwise, iterative manner and
study the interrelation between the changes in wall shear stress (WSS) and arterial wall evolution. The
G&R simulation computes a long-term vascular adaptation with constant hemodynamic loads, derived
from the previous hemodynamics simulation, while the subsequent hemodynamics simulation computes hemodynamic loads on the vessel wall during the cardiac cycle using the evolved geometry. We
hypothesize that low WSS promotes degradation of elastin during the progression of an AAA. It is shown
that shear stress-induced degradation of elastin elevates wall stress and accelerates AAA enlargement.
Regions of higher expansion correlate with regions of low WSS. Our results show that despite the crucial
role of stress-mediated collagen turnover in compensating the loss of elastin, AAA enlargement can be
accelerated through the effect of WSS. The present study is able to account for computational models
of image-based AAA growth as well as important hemodynamic parameters with relatively low computational expense. We suggest that the present computational framework, in spite of its limitations,
provides a useful foundation for future studies which may yield new insight into how aneurysms grow
and rupture.
© 2010 IPEM. Published by Elsevier Ltd. All rights reserved.

1. Introduction
Understanding of the underlying processes that lead to the
growth and structural weakening of an abdominal aortic aneurysm
(AAA) is of critical importance in both diagnosis of the lesion progression and design of the patient-speciﬁc intervention. AAAs have
been associated with local and systemic alterations of the aorta,
inﬂuenced by age as well as genetic factors [1–3]. Marked reduction of the elastin content in AAA tissues has been reported in
several studies [4–7]. It has been suggested that elastin degradation is attributed to the elevated activation of proteolytic matrix
metalloproteinases (MMPs) that can be induced by various factors
such as the abnormal distribution of wall shear stress (WSS) [8–11],
inﬂammatory responses [12–14], and intraluminal thrombus formation [15,16]. Although it has been suggested that aneurysm
growth is likely to occur in regions where the vessel wall is exposed
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to abnormally high/low WSS, the effect of WSS on the expansion rate of aneurysms is poorly understood. High WSS has been
related to the initiation of cerebral aneurysms [17,18], whereas low
shear has been associated with aneurysm progression [19], thrombus formation [20] and its rupture [18,21]. In this study, we test
the hypothesis that an adverse decrease in WSS promotes elastin
degeneration, and use computational simulations to track the possible time course of changes in the mechanical state of the aortic
wall and its effects on processes governing the aneurysm expansion.
Although an AAA is often characterized by a thinning media
with marked reduction of elastin, increasing evidence suggests that
AAA formation is predominantly due to the growth and remodeling (G&R) of the aortic wall by collagen turnover [12,22,3]. Based
on understandings of the ubiquitous role of mechano-regulated
G&R of collagen in vascular adaptations, a number of computational
models of (cerebral/aortic) aneurysm expansion have been developed where the stress/strain-mediated collagen turnover governs
the expansion rate [23–29]. The previous computational models have been promising in improving our understanding of the
underlying mechanisms involved in aneurysm enlargement. In the
cerebral aneurysm model proposed in [24], collagen was assumed
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Fig. 1. Iterative loop and information transfer in the coupling between the hemodynamics and G&R simulations.

to be the only structural constituent responsible for the aneurysm
enlargement [30,31]. However, elastin and smooth muscle (SM)
cells are major components in abdominal aorta, and their continuous degradations and coupled interactions with stress-mediated
collagen turnover are speculated to be the main cause for AAA
enlargement. We employed a similar stress-mediated adaptation
model and extended it to aortic aneurysms using an anatomically
realistic geometry and studied the effect of spatial and temporal
variations of elastin degradation on the intramural stress distribution and the subsequent aneurysm enlargement [32]. For clinical
applications of these models, however, it is strongly desired to
integrate the computational models of G&R with hemodynamics
simulations to account for the role of hemodynamics variations.
Recently, new computational frameworks that loosely couple vascular G&R simulation with hemodynamics simulation have been
independently presented by Figueroa et al. [33] and Watton et al.
[29], demonstrating their utility in modeling cerebral aneurysms
using idealized geometries. In the present study, we employ the
coupled framework by extending our previous AAA model [32] to
simulate the evolution of an AAA while updating hemodynamic
loads.
2. Methods
2.1. General computational framework
Following [33], we employ a ﬂuid–solid-growth (FSG) simulation framework that utilizes loosely coupled iterations between
short-term hemodynamics simulations and long-term G&R simulations, i.e., the hemodynamic loads on the vascular wall are updated

in a stepwise manner as the AAA grows (Fig. 1). More speciﬁcally, in
the iterative loop, the hemodynamics simulation computes blood
ﬂow during the cardiac cycle at a given time and the mechanical
stimuli that affect vascular wall G&R (e.g., mean WSS and mean
pressure) are extracted and transferred to the G&R simulations.
The G&R simulation then simulates the evolution of the arterial
wall over multiple time steps. When the shape of an AAA changes,
the new shape is combined with extended (proximal and distal)
regions and fed back to the hemodynamics simulation.
To simulate AAA enlargement, the central region of the
abdominal aorta is used, and in order to obtain more accurate
hemodynamic loads, the computational domain for the hemodynamics simulation is extended to the upper part of abdominal aorta
(proximal side) and iliac branches (distal side). To characterize the
hemodynamics within the blood vessel, unsteady blood ﬂow is simulated within the reconstructed geometry using Fluent (Fluent Inc.,
Lebanon, NH, USA). A periodic velocity ﬁeld corresponding to a
prescribed inlet ﬂow rate is used as an inlet boundary condition,
and a periodic outlet back pressure is used as the outlet boundary
condition. Lastly, the blood vessel is treated as having a rigid and
impermeable wall.
Mean (time-averaged) WSS and the mean pressure are calculated for all nodes on the aneurysm wall over one cardiac cycle
and transferred to the G&R simulation. The G&R part simulates
the vessel wall adaptation accounting for elastin degradation and
stress-mediated collagen turnover, both of which depend on the
mechanical stimuli calculated from the hemodynamics simulation. For the G&R simulation, we use the ﬁnite element model of
AAA enlargement developed by Zeinali-Davarani et al. [32], brieﬂy
described in the next section.
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2.2. Constrained mixture model of arterial wall G&R

a ﬁrst order reaction equation for WSS (w ) where the survival
fraction is given by

The arterial wall is assumed to be a thin membrane consisting of
elastin, multiple families of collagen, and SM cells. Each constituent
is produced and removed according to its turnover rate, which
implies that constituents added at later times can have different
stress-free conﬁgurations than those produced at earlier times [34].
It is assumed that the evolution of the mean conﬁguration during
the cardiac cycle is slow enough to be considered as a quasi-static
process. Details of the ﬁnite element model of an AAA have been
presented in [32]. Brieﬂy, the strain energy wR is postulated by



wR (s) =

MRi (0)Q i (s) i (Fin(0) (s))
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where the superscripts k, e, and m represent the kth collagen ﬁber
family, elastin, and SM, respectively. MRi (0) is the areal mass den-

sity of constituent i in the healthy artery at time 0, Fin() (s) is the
deformation gradient of constituent i that is produced at time 
corresponding to the mapping from its natural conﬁguration to
the current conﬁguration at time s, Qi (s) is the fraction of the constituent i that was present at time 0 and still remains at time s, miR ()
is the true production rate of the constituent i at time  per unit reference area, and qi (s, ) is its survival function, i.e., the fraction of
constituent i produced at time  that remains at time s. The strain
energy functions for elastin, collagen, and passive SM are given as
[33,32]
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of the ﬁber family k and SM
produced at time . Even though the form of the strain energy
function for SM is the same as collagen, its contribution to the passive mechanical properties of the wall is small [35]. The Cauchy
membrane stress T is given by
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The functional form of elastin degradation is basically motivated
by previous studies [18,29]. To date, no experimental studies have
suggested the quantitative relationship between low WSS (e.g.,
<0.5 Pa) and elastin degradation, thus the range of values in Eq. (8)
accounts for the possible variations with qualitatively reasonable
outcome. We assume no elastin production during AAA evolution
[38], whereas the production rates of collagen and SM depend on
the intramural stress experienced by the resident cells given as [24]
mi (s) =
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where
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(10)

k

 i (s) is a scalar measure of intramural stress,  h is the homeostatic
stress value, Ki is the parameter that controls stress-mediated G&R,
and mibasal is the basal rate of mass production for the constituent
i.  i , i and ni are the mass fraction, Cauchy stress and unit vector
in the direction of the constituent i. The survival function for the
constituent i is given as


i

q (s, ) = exp(−


s

Kdc (˜ )d˜ ),

(11)

where Kdc (˜ ) is the rate of degradation at time ˜ . The new collagen
is deposited with a preferred alignment. Here, we assume that the
alignment of the newly produced collagen is inﬂuenced by the orientation of the existing collagen and it consequently aligns towards
the direction of the existing collagen family [39].

(5)

The membrane stress due to the active SM tone is given as
[36,37]
m


Q e (s) = exp(−

2 

3. Computer simulations
3.1. Geometric model reconstruction and mesh generation

e2 ⊗ e2

(6)

where hm is the current thickness of SM, SM is the parameter for the
¯ M and
¯ 2 is the stretch of the SM cell, and 
vasoactive stress of SM, 
¯ 0 are the stretches corresponding to the maximum contraction

and the active force generation limits, respectively.
2.3. Kinetics of elastin degradation and vascular adaptation in an
AAA
It has been suggested that in AAAs, elastin degradation due
to the activation of proteolytic enzymes [3] is likely to occur
in regions where WSS is abnormally low [19,18]. However, the
dose-dependence of elastin degradation kinetics with WSS is still
unknown. For illustration purposes, similar to [29], we postulate

For patient-speciﬁc simulations, a 3-D model of a healthy
aorta is constructed from MRI data of a healthy subject (image
source: http://pubimage.hcuge.ch:8080/). SimVascular (Cardiovascular lab, Stanford University) software is used to construct a 3-D
computational geometry from the MRI data (Fig. 2). Diameters for
the inlet, the left and right common iliac arteries are measured to
be roughly 14.5 mm, 8.6 mm and 7.6 mm, respectively.
The geometric model is then imported into Gambit (Lebanon,
NH, USA). Using Boolean operations, the aneurysm region in the
middle section of the 3-D model is isolated from the rest of the
model. The ﬂuid domain is meshed using tetrahedral/hybrid elements and the wall of the aneurysm section is meshed using
triangular elements. The model consists of 37424 elements in the
ﬂuid domain and 4927 elements in the wall, of which 2744 are in
the aneurysm section.
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Fig. 2. Construction of a 3-D model of the aorta: (a) obtaining a magnetic resonance image of the abdominal aorta; (b) determination of vessel centerlines; (c) segmentation
of the vessel lumens in each 2-D slice using level set methods; (d) combining the 2-D segmentations into a complete 3-D solid model of the aorta.

3.2. Hemodynamics simulation
A time-dependent velocity proﬁle at the inlet and pressure
waves at the outlets are prescribed in hemodynamics simulations
based on data presented by Olufsen et al. [40] (Fig. 3). The cardiac
cycle period is 0.94 s, with peak ﬂow occurring at 0.24 s. Blood is
treated as a homogenous, incompressible, Newtonian ﬂuid [41,42].
Other properties are chosen based on standard values cited in the
literature [43]; a dynamic viscosity of 0.0035 Pa·s, and a density
of 1060 kg/m3 . Blood ﬂow has been found to be laminar in AAAs,
even during exercise [44]; thus, we assume laminar ﬂow with a
time-averaged Reynolds number as 563.
Fluent (ANSYS Inc., Lebanon, NH, USA) is used as a computational
ﬂuid dynamics (CFD) solver to solve the Navier–Stokes equations
with speciﬁed boundary conditions. Each simulation runs for 7 cardiac cycles with a time step of 0.001 s, and then the CFD results for
the last three cardiac cycles are averaged for each node. Finally, the
mean WSS and pressure on the aneurysm wall are calculated to be
used in the G&R simulation.

As stated earlier, in addition to the initial elastin damage, it
is assumed that further degradation occurs during the G&R simulation and its rate is a function of WSS (namely “pressure–shear
induced G&R”). To clearly show the contribution of WSS to AAA progression, we also simulate the G&R without WSS-induced elastin
degradation (namely “pressure induced G&R”) and compare the
AAA growth rates over a total period of 2000 days of G&R. Table 1
summarizes the material parameters for each constituent used in
our G&R simulation.
The absence of structurally signiﬁcant elastin along with fewer
SM cells has been widely observed in AAA tissues [45]. Moreover,
the role of elastin in regulating SM migration, proliferation [46,47],
apoptosis [48,49], and phenotype modulation [50] is recognized
as well. To apply the same idea in our G&R model, the same form
of damage considered for elastin is also applied to SM. Reducing
the mass of SM in the constitutive relation affects the contribution of SM to the overall mechanical properties although its direct
mechanical effect is comparatively smaller than other constituents
[35].

3.3. Simulation of a small AAA
Prior to AAA growth simulation, the vessel is assumed to be a
healthy aorta, which represents an ideal maintenance state. In the
ideal state, the rates of mass production and removal are balanced
and the mechanical state for each constituent should be in homeostatic state. Hence, we need to prescribe the thickness and material
properties such that homeostatic condition is satisﬁed for all constituents. As an initializing step, we approximate wall thickness
and use the G&R simulation as an optimization tool to adapt into
an equilibrium homeostatic state assuming four discrete collagen
ﬁber families with alignments of 0◦ , 45◦ , 90◦ , −45◦ (see [33,32] for
details). Immediately after initialization, the G&R simulation is initiated by introducing damage to the central section of the aorta on
the concave side, where a fraction of elastin is removed instantaneously using an exponential distribution function (see Fig. 5, 300
days). In an iterative manner, values of mean WSS and pressure are
updated and fed to the G&R simulation every 200 days, while the
new shape after 200 days of G&R is combined with the extended
regions and returned back into the hemodynamics simulation. The
simulation period of 200 days is chosen based on comparatively
slow observed changes in hemodynamic loads (mean pressure and
WSS) when using 100-day periods, both of which result in the same
AAA shapes observed in this work.

Fig. 3. Boundary conditions for the hemodynamics simulations: inlet velocity (top),
outlet pressure (bottom) adapted from Olufsen et al. [40].
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Fig. 4. Stream line, shear stress, and pressure at three different instances of the cardiac cycle (a–c in Fig. 3) after 1200 days of G&R.

4. Results
Fig. 4 shows the streamlines, WSS, and intramural pressure in
a small AAA after 1200 days of G&R, at three different instances
during the cardiac cycle, i.e., peak systole (a), end systole (b), and
mid-diastole (c). The streamlines plots show areas of high velocity
in branches of the distal aorta and low velocity in the region of
greatest diameter in the AAA. Also, secondary ﬂow is visible at (b)
and (c) in the concavities of the aneurysm, while no recirculation
is observed at (a), suggesting that in the early stages of an AAA,
blood ﬂow is still able to wash platelets away from the arterial
wall.

As shown in Fig. 5, introducing an initial damage on the concave
side causes a small bulge at this location, altering the hemodynamics, and leading to the gradual expansion of the vessel wall on
the opposite side (i.e., convex side), where more reduction in WSS
occurs. Similar to Watton et al. [29], elastin concentration correlates
well with the WSS distribution as the lesion expands. The range of
mean WSS on the aneurysmal wall is from 0 to 2.2 Pa, similar to the
range found in [41].
Fig. 6 shows the distribution of maximum principal stress for
pressure–shear induced G&R and pressure induced G&R at different times. For pressure–shear induced G&R, the maximum principal
stress is observed to be slightly higher than that for pressure
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Fig. 5. Distribution of the wall shear stress (top) and elastin concentration (bottom) within an enlarging aneurysm during G&R process.

Table 1
Constitutive and kinetics parameters for each constituents used in G&R simulations.
Elastin
Collagen
Smooth muscle

c1 = 112 Pa/kg, Kmax = 0.02
c2 = 917 Pa/kg, c3 = 25.0, h = 135 kPa, Kdc = 0.02, Kk /mkbasal = 0.05
¯ M = 1.2, 
¯ 0 = 0.7, K m /mm = 0.05
c4 = 26.9 Pa/kg, c5 = 8.5, SM = 42 kPa, 

basal

Fig. 6. Distribution of the maximum principal stress (kPa) during aneurysm enlargement; Comparison between pressure induced G&R (top) and pressure–shear induced
G&R (bottom).

induced G&R during the aneurysm development. Also note that in
both simulations, the peak value of the maximum principal stress
apparently decreases until 900 days of G&R after which it monotonically increases.
The results of the pressure induced G&R simulations with or
without updated pressure were similar. In other words, mean pressure did not change signiﬁcantly during the aneurysm growth (<1%

change in the mean pressure after 1500 days of G&R). In Fig. 7, the
collagen (areal) densities are compared between pressure induced
G&R and pressure–shear induced G&R. Because we assume that
collagen production is a function of stress, areas with high principal stress correspond to areas of high collagen densities, as can
be observed when comparing Figs. 6 and 7. To supplement this
observation, the collagen densities around the midsection of the

Fig. 7. Distribution of collagen density (kg/m2 ) during aneurysm enlargement; comparison between pressure induced G&R (top) and pressure–shear induced G&R (bottom).

86

A. Sheidaei et al. / Medical Engineering & Physics 33 (2011) 80–88

Fig. 8. Distribution of collagen density around the AAA midsection during aneurysm
enlargement; Comparison between pressure induced G&R and pressure–shear
induced G&R.

Fig. 9. Expansion rates of the simulated AAA; comparison between pressure induced
G&R and pressure–shear induced G&R.

vessel for pressure–shear induced G&R and pressure induced G&R
are plotted in Fig. 8. The difference between the pressure induced
growth and the pressure–shear induced growth appears negligible
up until 500 days of aneurysm growth, after which signiﬁcant differences can be observed as time further progresses (Fig. 8). The
distribution trend of collagen, elastin, and WSS along the vessel
with respect to time is consistent with Watton et al. [29].
Fig. 9 shows the aneurysm expansion rates for both pressure
induced and pressure–shear induced G&R simulations. Pressure
induced G&R follows a linear trend with an expansion rate of
2.25 mm/year, while pressure–shear induced enlargement deviates from this linear trend after 3 years. These results are well
within the range of reported expansion rates for small AAAs in clinical follow-up studies, e.g., 2.2–5.7 mm/year [51], 2.6–3.2 mm/year
[52], 2.1 mm/year [53], 3 mm/year [54].
5. Discussion
In this study, we presented a framework that iteratively computes stress-mediated vascular G&R and blood ﬂow based on a
realistic geometry. Using coupled simulations the solid module
accounted for altered hemodynamic loads during vascular G&R
and simulated the gradual expansion of a lesion during the early
period of an AAA (<3 cm), while the ﬂuid module simulated blood
ﬂow with updated geometries. We found that mean WSS gradually decreases in the lesion during the expansion, as expected, and
hypothesized that low WSS augments the pathological condition
of the aneurysmal region [55,56]. The present study demonstrated
the effects of low WSS induced elastin degradation on AAA progression through increasing its expansion rate, consistent with

suggestions from hemodynamics studies using patient-speciﬁc
models [19,57]. Platt et al. [58] demonstrated that elastinolytic proteases such as cathespin L are inhibited at WSS values of 1.5 Pa
under laminar shear ﬂow, whereas areas of low, oscillatory WSS
(±5 dynes/cm2 = 0.5 Pa) enhance the activity of cathespin L, resulting in elastin degradation. This is consistent with other hypotheses
that low WSS (<1.5 Pa) leads to the apoptosis of the endothelial cells and promote aneurysm growth [29]. Nevertheless, our
pressure–shear induced G&R simulation showed that when most
of the elastin is degraded (e.g., after 1900 days), the AAA expansion
is only about 10% greater than that of the pressure induced G&R
(Fig. 9). Despite the possibility of exponential enlargement due to
additional elastin degradation, the results imply that collagen can
play a signiﬁcant role in compensating for the loss of elastin [27] and
controlling the expansion rate of aneurysms [24,32]. It is endorsed
by marked increase of collagen content in the belly of aneurysm
(Figs. 7 and 8), consistent with clinical observations by Menashi
et al. [6]. Typically, AAAs enlarge continuously, implying that the
stress-mediated collagen turnover may compensate for a local elevation of intramural stress, but not enough to stabilize growth. Our
results support this claim by showing that the peak stress induced
by the elastin damage gradually decreases, but the average stress
level increases as the aneurysm expands (Fig. 6).
Similar to Watton and Hill [27], our preliminary tests showed
that the expansion rate of the aneurysm is sensitive to the collagen
half-life. That is, an aneurysm expands more quickly with a shorter
collagen half-life and expands more slowly with a longer collagen
half-life. The collagen half-life in an arterial wall is 60–70 days
under normal physiological conditions, but can be reduced to 17
days in pathological conditions [59]. In our simulation, the collagen
half-life was set to about 35 days. Variation of the stress-mediation
parameter, K , has a direct impact on the aneurysm expansion rate
[32] via competition between local thickening and overall radial
expansion of the lesion [23,24]. However, the collagen half-life and
stress-mediation parameters were taken as constant values during
the evolution of aneurysms, whereas they may change between
individuals as well as during growth of an AAA, depending on
physiological and pathological conditions. To account for multifactorial and dynamic changes of turnover parameters, more studies
are needed to quantify these pathological changes during an AAA
evolution.
Although we did not directly relate the kinetics of collagen
turnover to WSS, ﬁndings from this study advocate further investigation of the inﬂuence of WSS on the collagen turnover during
aneurysm expansion. It has been observed that endothelin-1 (ET1) is upregulated in response to decreased shear [60], prompting
collagen synthesis by SM cells [61]. Although these events imply
an increase in collagen production during aneurysm expansion,
proteolytic activities may also increase by low WSS through
macrophage adhesion and inﬂammation [62,11]. Apparently, the
imbalance between collagen production and removal is conducive
to the growth and rupture of the lesion. It also appears that the
interactions between SM and endothelial cells may inﬂuence the
endothelial response to WSS [62], whereas the role of SM cells
can be altered by apoptosis [48,49] and phenotype modulation
[50]. Although overall contribution of SM cells to the arterial
wall mechanical properties is not signiﬁcant relative to other
components [35], they indeed play a crucial role in regulating
extracellular matrix turnover through its mechanosensitive characteristics [63–67] as well as its interaction with endothelial cells
in shear-modulated collagen production [61]. There is a pressing
need for supplementary clinical data to enhance our understanding of these combined effects and build better models that account
for multifaceted and multiscale processes.
In their function form of elastin degradation, Watton et al. [29]
assumed 0.5 Pa and 2 Pa as the critical values of WSS, consistent
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with observations by [18]. Instead, we postulated a ﬁrst order
kinetic equation along with a sinusoidal function of WSS where
0.6 is assumed to be the midpoint (Eqs. (7) and (8)). The outcome
of the speciﬁc form of elastin degradation considered in this study
was consistent with [29] as they assumed full elastin degradation
for WSS values of 0.5 Pa and lower. Fig. 5 demonstrates that after
1100 days of G&R a considerable region of the wall is experiencing low WSS (≤0.6 Pa), resulting in a relatively large area of elastin
degradation around the circumference (Fig. 5). This corresponds
well with the time that the lesion enlargement starts to accelerate
(3 years in Fig. 9). As the lesion grows further (e.g., at 1900 days
of G&R), the region of low WSS (≤0.6 Pa) spreads out resulting in a
complete removal of elastin along the lesion (Fig. 5). These results
are consistent with [18] who found low WSS values (<0.5 Pa) at the
tip of ruptured aneurysms. To the author’s knowledge, no study
has suggested a speciﬁc functional form for the relation between
WSS and elastin degradation. The form considered in this study,
nonetheless, showed reasonable simulation results.
There are several limitations associated with the current model.
The geometric model in our simulation used images from a healthy
aorta. When the image is obtained from an AAA patient in advanced
stages, however, one requires more information about the in vivo
properties and pathological conditions to be incorporated in the
current computational model. In this study, the initial damage of
elastin represents the initial weakening of the aortic wall due to
pathogenesis which is not yet completely understood. Understanding the extent of damage to elastin and SM required for an aneurysm
to be initiated in pathogenic conditions needs more studies with
experimental validations. The shape of the damage was relatively
simple, whereas Zeinali-Davarani et al. [32] simulated the evolution of AAAs without considering hemodynamics variations and
compared different spatial and temporal shapes of elastin damage.
Interestingly, they also found that aneurysms enlarged on the convex side although damage was introduced on the concave side of
the artery, which was attributed to the changes in intramural stress
during the G&R process. It appears that the geometry of the artery
affects AAA enlargement through both alteration of hemodynamics [17] and intramural stress distribution [68,69], reiterating the
importance of patient-speciﬁc geometric models of AAAs.
We did not account for oscillatory effects of WSS, whereas the
WSS reversal has been shown to correlate with aneurysm formation
[70]. Himburg et al. [71] suggested that endothelial proinﬂammatory gene expression is most sensitive to oscillatory shear with low
mean and reversing conditions, an observation supported by other
studies [72–74]. Moreover, coexisting high and low shear regions,
present in aneurysms [41,18] can also activate platelets and allow
their deposition on the endothelial surface, leading to thrombosis
formation [20].
Finally, the most challenging task in patient-speciﬁc models of
AAA expansion will be incorporating the effects of intraluminal
thrombus and perivascular tissues. It has been suggested that the
intraluminal thrombus layer plays an important role in expansion
and rupture of advanced aneurysms through direct mechanical [75]
as well as indirect chemomechanical effects [15,16]. Hence, the current study represents the early stages of AAA expansion without
the intraluminal thrombus layer. In spite of its limitations, we suggest that the present computational framework provides a useful
foundation for future studies towards further understanding of the
aneurysm growth and rupture.
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