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Abstract We introduce a poroelastic model for intraluminal thrombus (ILT) that captures both the flow within
ILT and its deformation. The model for ILT is coupled with blood flow and arterial wall deformation and
used to study the biomechanics in image-based abdominal aortic aneurysm (AAA) models. Three different
patient-specific geometries were considered in this study. Using finite element analysis, numerical simulations
were performed to investigate the role of ILT on the risk of AAA rupture as assessed by Peak Wall Stress
(PWS). Our results indicate that the presence of ILT may reduce wall stress in AAA. However, our results
indicate that ILT permeability has little effect on AAA PWS, and that similar values of PWS are obtained with
both porous and nonporous ILT models.

Keywords Abdominal aortic aneurysm - Intraluminal thrombus - Poroelasticity - Fluid—structure interaction -
Multi-component model

1 Introduction

An abdominal aortic aneurysm (AAA) occurs when weakened aortic walls bulge or dilate. Because the aorta
is the primary conduit of blood to the body, a ruptured AAA can cause life-threatening bleeding. Intraluminal
thrombus (ILT) is found in most of AAAs of clinically relevant size [17,34], and its influence on the wall
stress and risk of rupture remains controversial. In vivo [39] and in vitro [22] experimental studies found that
the pore pressure in ILT is approximately equal to the blood pressure. Hence, some authors [39] believe that
ILT cannot reduce the wall stress. On the other hand, several more recent computational [11,28,36,52] and
experimental [42] studies demonstrate the opposite, indicating that ILT has a protective role which depends
on the degree of its attachment to the vessel wall [30]. However, while ILT may help to reduce the wall stress,
it is also linked with the AAA wall degradation due to oxygen deprivation [14]. Indeed, large thrombi have
been associated with faster AAA growth; therefore, the potential for ILT to weaken the AAA wall may be of
more critical importance when compared to reduction in the wall stress [34].

The most commonly used predictor of the risk of aneurysmal rupture is the maximum diameter of an
aneurysm. However, it has been shown that some large aneurysms do not rupture while some aneurysms with
a smaller diameter lose their structural integrity [26,41]. A more reliable predictor of an aneurysm rupture has
been shown to be the Peak Wall Stress (PWS) [36,46,52]. A computational model has to be used to compute
PWS, and therefore, its value depends on the assumptions made by that model.
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Fig. 1 The patient-specific geometries used in numerical simulations. The lumen is shown in dark gray, ILT in red and arterial
wall in light gray. (Color figure online)

Various constitutive models have been used to include ILT mechanics in computational studies for blood
flow in compliant vessels. However, most studies consider the thrombus as a part of the vessel wall, and use
similar constitutive models for the thrombus and vessel. For example, linear and nonlinear elastic models,
where the ILT region of varying thickness is incorporated into the vessel wall, have been considered by Doyle
etal. [11]. Vorp et al. [37,51] developed finite strain constitutive models for both ILT and AAA. These models
were used by Wang et al. [52] and Li et al. [28], assuming that both ILT and AAA are hyperelastic, homogenous,
incompressible and isotropic materials. Since experimental studies show that thrombi are permeable [49], multi-
phase and porous media models for ILT have been considered as well. A porohyperelastic description of ILT
and the aortic wall has been proposed by Ayyalasomayajula et al. [3] using a coupled porohyperelastic mass
transport model. A poroelastic model for ILT has been used by Polzer et al. [36], coupled to an elastic model
describing mechanics of the vessel wall. While these studies have shed important insight into thrombus—wall
biomechanics, the thrombus—wall interaction has not been coupled to blood flow.

We propose a novel model for the blood flow in AAA with ILT, consisting of a fluid—poroelastic structure
interaction problem that captures blood flow in the lumen and within ILT, as well as the deformation of the
ILT and vessel wall. The model for ILT, fully coupled with the AAA deformation and blood flow, is based
on the Biot’s poroelastic equations. The coupling conditions are imposed using the Nitsche’s method and
the resulting problem is solved using the finite element method in a monolithic fashion, using a specially
designed preconditioner. Our simulations are performed in three different patient-specific AAA geometries.
Using different ILT permeabilities within a physiological range, we study the effects of ILT on the wall stress
in AAA. The effectiveness of our proposed modeling approach is evaluated by comparing our results to the
ones obtained using a simplified, purely elastic description of ILT.

2 Methods

The numerical simulations are performed in patient-specific geometries shown in Fig. 1.

The lumen is shown in dark gray, ILT in red and arterial wall in light gray. These models were derived
from de-identified image data collected for other purposes from 3 patients with AAA that contained thrombus.
The vessel lumen and thrombus boundary were segmented using SimVascular [44], which defined the blood
flow and ILT domains. The aortic wall was assumed to be of constant thickness (2 mm) and extruded outward
from the inner vessel wall defined from the image data. The resulting 3 domains (blood pool, ILT and vessel
wall) were volumetrically meshed using tetrahedral elements. The 3 domains, along with their interfaces, were
tagged with a unique region IDs. This multidomain mesh was used for finite-element modeling of blood flow
and tissue mechanics, as described in the sections below.
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Fig. 2 Left: The velocity imposed at the inlet of the fluid domain. Red dots denote the phase points of interest used in the Results
section, obtained after the periodic regime is established. Right: The pressure imposed at the outlet of the fluid domain. (Color
figure online)

2.1 Model for blood flow

Blood flow in AAA is mostly laminar or transitional, including during mild exercise [27]. Furthermore, since
the abdominal aorta is a large vessel with high shear rates, non-Newtonian effects of blood are small compared
to other modeling errors or assumptions [2,24]. Hence, we model blood flow in AAA using the Navier—Stokes
equation for an incompressible, viscous fluid, given by

pr (@ +v-V) =V -0y, )
V-v=0. ()

The fluid velocity is denoted by v, the fluid density by py and the Cauchy stress tensor by o = —psl +
2usD(v), where pr is the fluid pressure, wf is the fluid dynamic viscosity, and D(v) is the fluid strain rate
tensor.

The blood density is taken to be 1000 kg/m?> and viscosity 0.004 Pas. At the inlet of the fluid domain, we
impose pulsatile velocity with uniform profile, with a maximum Reynolds number of 1800 based on vessel
diameter. A pressure waveform with a maximum pressure of 1.65 x 10* Pa (~123 mmHg) is imposed at the
outlet. These values correspond to measurements of aortic velocity and pressure reported by Olufsen et al. [33].
The boundary conditions are shown in Fig. 2.

2.2 Model for ILT

To model ILT, we propose a poroelastic model that captures both the flow within ILT and its deformation. In
particular, we employ Biot’s poroelasticity model [9,10,29], which consists of the equilibrium equation for
the balance of total forces, generalized Darcy’s law and the continuity equation, respectively, given by

ps0 V=V (o —apyl) 3)
Kk 'g=-Vp, 4)
1

Matpp+on~V+V~q=0, (®))

where ¢ is Darcy velocity, p,, is pore pressure, U is displacement, and V = 9,U is the solid velocity. The
density of the poroelastic material is denoted by p;, the permeability is denoted by «, and the Biot parameters
accounting for compressibility in the two-phase material are &« and M. We model the solid phase of ILT as an
isotropic, linearly elastic structure, whose Cauchy stress tensor, o g, is given by

E Eo
DU)4+ —— (V- U)I, (6)

s 1 +0)(1—20)

where E is Young’s modulus and o is Poisson’s ratio.

We assume that the density of the ILT is 1100 kg/m3 [32,43], the Young’s modulus is 1.044 x 10° Pa,
and the Poisson’s ratio is 0.45 [11,16]. Furthermore, since ILT is essentially incompressible [36], we take
M = 10* Paand « = 1. Even though some authors assume that ILT is incompressible (M — o0), we
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allow slight compressibility to avoid numerical problems associated with the resulting saddle-point problem.
A wide range of permeabilities accounting for inter- and intra-patient variabilities has been reported by Polzer
et al. [36]. Following this result, we will use permeabilities in the range 10712 < k¥ < 1078 m* N=! s~1,

2.3 Model for AAA

Arterial walls are complex structures that consist of several layers with different biomechanical characteristics.
Their material properties have been widely studied [21,38]. In applications where arterial wall deformation is
coupled to blood flow, common models for arteries include linear and nonlinear elasticity models [15,23,48,50]
and viscoelastic models [8,38]. However, even though arteries are characterized by small permeability [19],
their poroelastic properties play an important role in the regulation of plasma and solute transport across the
wall [55]. Hence, to model an AAA with ILT, we propose to use Biot’s poroelasticity model (3)—(5), where
different porous and mechanical properties are implemented for the AAA wall and the ILT. We note that the
AAA wall does not have significant porous properties. However, adding a poroelastic component to the model
does not significantly change the AAA mechanics [55], but it enables us to model the AAA wall and ILT
mechanics using a consistent formulation with discontinuous properties. For this purpose, we create a single
mesh for the ILT and AAA regions by adding the meshes for AAA and ILT together. System (3)—(5) is solved
on that mesh using different material properties in the ILT and AAA regions.

To model the mechanics of AAA, we take Young’s modulus to be 9 MPa and a Poisson’s ratio of 0.49
[45,54]. The wall density is 1100 kg/m>. Since AAA is nearly incompressible, we assume that the Biot
parameters are M = 10* Pa and « = 1. Finally, to account for the low hydraulic conductivity of AAA, we
take k = 1074 m*N~!s~!. The displacement is assumed to be fixed at the inlet and outlet boundaries. At the
external boundary, a pressure load acting on the outer surface of the wall is sometimes included to account for
the surrounding tissue and organs that affect aortic pulsatility. However, due to the limited published data on
the exact magnitude of the abdominal pressure [40], we assume that the aortic wall is exposed to zero external
ambient pressure, as often done in the literature [35,53,56].

2.4 Coupling of the models of the blood flow, ILT and AAA

Since ILT and AAA are described within a single poroelastic model, to couple them to blood flow we impose
the continuity of normal flux, the slip condition with the slip rate y /7, the conservation of momentum for the
fluid phase and the balance of contact forces [5]:

Mass conservation: v-ny=(V+gq) ny, (7
The slip condition: Tri o mflrmg =—vP 0 —V) Tp, (8)
Momentum conservation: nf-0fRf=—pp, ©))
Balance of contact forces: ony=(op—appDny, (10)

where n  denotes the outward normal to the fluid domain and 7 f;,i = 1, 2, denote the corresponding tan-
gential unit vectors. The value of /7 should be determined experimentally. However, since no measurements
are available, we present the numerical results using yf P = 103. Based on results from Buka¢ and Canié [6],
y/P =103 is expected to be sufficiently large to approximate a no-slip condition.

2.5 Numerical scheme

Our model for the interaction between blood, ILT and AAA describes a fluid-poroelastic structure interaction
problem. To solve this problem numerically, we use the finite element method. In particular, we impose the
coupling conditions using Nitche’s method in the same way as in our previous work [7]. The submodels are then
used to precondition the resulting algebraic problem. This approach has been more fully described and verified
on a benchmark problem related to blood flow by Bukac et al. [7], and shown to accelerate the convergence of
the GMRES algorithm. Furthermore, this algorithm has been used by Zakerzadeh et al. [55] to simulate blood
flow in common carotid arteries. We use the same approach in this work, implemented within a parallel solver
MUMPS.
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Fig. 3 PWS for different ILT permeabilities

Mesh convergence study was performed on a steady-state problem, using the mean values of velocity and
pressure given in Fig. 2. Computational meshes with increasing number of elements were used until the relative
error in PWS was less than 5%. Based on this study, the results presented in the following section were obtained
using 188,219 linear tetrahedral elements in the fluid domain and 132,281 linear tetrahedral elements in AAA
with ILT in case 1, 273,799 linear tetrahedral elements in the fluid domain and 198,,543 linear tetrahedral
elements in AAA with ILT in case 2 and 383,042 linear tetrahedral elements in the fluid domain and 282,336
linear tetrahedral elements in AAA with ILT in case 3. The time step used in the simulations is 1073 s. The
final results were obtained after 6 cardiac cycles starting from zero initial conditions.

3 Results

Numerical simulations of blood flow in AAA with ILT were performed to quantify the relation between ILT
permeability and the risk of AAA rupture. To further investigate the role of ILT on AAA wall mechanics, we
compare our results to the ones obtained in the same AAA geometry, but without the presence of ILT. Finally,
to evaluate the use of a poroelastic description of ILT, we compare our results to the ones obtained with a
purely elastic ILT model.

The von Mises stress (VMS) is calculated to quantify wall stress in the AAA and in the ILT. In particular,
the risk of wall rupture is manifested by the increase of PWS [36,46], which is defined as the maximum VMS
in the AAA wall, given by

PWS = max |:L\/(Ul —02)2 + (o1 —03)% + (02 — 03)2} , (11)

/2

where o1, 02 and o3 are the principal stresses. We compute PWS and other quantities of interest at peak systole
(T1), end systole (T;), and mid-diastole (T3), as shown in Fig. 2.

3.1 Relation between permeability and PWS

To assess the impact of ILT permeability, we perform numerical simulations using permeabilities k =
1078,107°, 10719, 107" and 107> m* N~! s~!, while keeping other parameters unchanged. Figure 3 shows
PWS computed in three different AAAs. Our results indicate that varying the permeability of ILT has little to
no effect on PWS. We note that the computed values of PWS are similar to the ones previously reported in the
literature [13,20,36]. The largest differences are observed in cases 1 and 3; however, the difference between
the PWS obtained using the smallest and largest values of « is only about 2%. Although slight, we note that
the PWS generally increases as the permeability increases.

3.2 Role of ILT on the AAA wall mechanics

To investigate the role of ILT on AAA wall mechanics, we performed numerical simulations in the same
geometry, with and without ILT. In both cases, we assume that the AAA wall is poroelastic, described using
(3)—(5). The parameters used to represent the AAA wall are described in Sect. 2.3. When ILT is present, we
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Fig. 4 Comparison of PWS in AAA not containing ILT (blue line) and AAA containing ILT, modeled as poroelastic material
with permeability k = 1078 m* N=! s~ ! (red line). (Color figure online)

Table 1 Peak and mean PWS in the presence and absence of ILT

Case Max PWS over the cardiac cycle (kPa) Time-average PWS (kPa)
Without ILT With ILT Without ILT With ILT
1 255 222 213 185
2 292 289 245 237
3 287 242 242 203

model it as a poroelastic material with permeability x = 1078 m* N=! s~! [1], using a single mesh for ILT
and AAA regions as described in Sect. 2.3. In case when ILT is not present, the ILT mesh is added to the lumen
mesh, and the fluid equations are solved in the resulting region.

Figure 4 shows PWS with and without ILT. In all cases, PWS increases when ILT is removed. This was
particularly pronounced in cases 1 and 3. Namely, the maximum PWS over the cardiac cycle is 255 kPa in case
1 (287 kPa in case 3) when ILT is not present, while in presence of ILT it decreases to 222 kPa (242 kPa in
case 3), see Table 1. The time-average PWS during one cardiac cycle is 213 kPa in case 1 (242 kPa in case 3)
in the AAA without ILT and 185 kPa (203 kPa in case 3) in the AAA with ILT. In case 2, the maximum PWS
over the cardiac cycle is 289 kPa when ILT is present, and 292 kPa when ILT is not present. The time-average
PWS is 237 kPa in the presence of ILT and 245 kPa in the absence of ILT.

To visualize the values of VMS in the interior of the AAA walls, we show bisections obtained in the
presence (top) and absence (bottom) of ILT at Ty, T> and T3. Case 1 is shown in Fig. 5, case 2 in Fig. 6 and
case 3 in Fig. 7. In case 1, larger values of VMS are observed in the absence of ILT. We also note that the
location of occurrence of PWS is different in the presence and the absence of ILT. The PWS in AAA with ILT
occurs in the wall region opposite from the ILT, i.e., the posterior side. However, in the absence of ILT, the
PWS is located on the anterior side of the AAA. Hence, in case 1 the presence of ILT reduces the PWS in the
AAA overall and changes the location of PWS.

In case 2, shown in Fig. 6, the VMS is the largest at the entrance to the AAA and the aortic bifurcation,
and it takes similar values in the presence and absence of ILT. However, smaller values of VMS are observed
in the anterior side of the wall when ILT is present. We note that in this case AAA and ILT are significantly
smaller in size than in case 1.

Figure 7 shows the VMS distribution in case 3. Largest values of VMS are observed in the large curvature
region at the neck of the aneurysm, both in presence and absence of ILT. Increased VMS is also seen in the
anterior side of the AAA wall when ILT is not present. As in the previous case, AAA and ILT are significantly
smaller in size than in case 1.

3.3 Comparison of PWS under a nonporous elastic and poroelastic models for ILT

In this section, we investigate the impact of modeling ILT as poroelastic material versus an elastic solid. In
the case when ILT is modeled as a poroelastic material, we use permeability x = 1078 m* N=! s~!. When
an elastic description is employed for ILT, we extend the model for the AAA wall described in Sect. 2.3 to
the ILT region, but choose different material properties for the AAA wall and ILT. In particular, the Young’s
modulus is 9 MPa for the AAA wall and 1.044 x 10° Pa for the ILT, while the Poisson’s ratio is 0.49 in the
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Fig. 5 The VMS shown in bisected AAA (case 1) obtained when ILT is present (top) and when ILT is absent (bottom) at times
Ty, T, and Ts. In the case when ILT is present, it is modeled as poroelastic material with permeability ¥ = 1078 m* N=! 57!

AAA and 0.45 in the ILT. We note that the model and material properties for the AAA wall are the same for
both elastic and poroelastic ILT.

Figure 8 shows the comparison of the PWS computed using elastic (red line) and poroelastic (blue line)
descriptions of ILT in the three cases considered in this study. In all cases, the maximum PWS over the cardiac
cycle is similar for porous and nonporous descriptions of ILT. Slightly higher PWS is observed for an elastic
ILT in case 1 and case 3, with a difference of 2%.

In contrast to purely elastic models, the poroelastic model captures the fluid velocity in the ILT. Figure 9
shows the velocity magnitude, represented by color and arrow size, and velocity direction, indicated by arrow
direction, in three different geometries. The velocity vectors are magnified for visualization purposes. We note
that there is a significant inflow into the ILT at peak systole (time T;). At mid-diastole (time T3), the fluid
flows from the ILT region into the lumen.

4 Discussion

This work investigated the role of ILT on AAA wall mechanics using a poroelastic model of ILT. This model
captures both flow inside the ILT and its deformation. The ILT model is fully coupled with blood flow inside
the lumen and the vessel wall deformation. Numerical simulations based on the finite element method were
performed in three different patient specific AAA geometries under physiological boundary conditions. The
ILT model and its parameters were varied to quantify their effects on VMS to gain insight into the role of ILT
permeability on potential for aneurysm rupture. The results indicate that the ILT permeability has minimal
direct influence on the PWS. Although the differences are small, we observed that less permeable ILTs lower
PWS, and thus presumably lower the risk of rupture compared to ILTs with larger permeability.



M. Bukag, S. C. Shadden

time T, time T, time T,
5
1S
i)
©
o
2
o
o
location
of PWS
5
o
[
0 90 180
B
VMS (kPa)

Fig. 6 The VMS shown in bisected AAA (case 2) obtained when ILT is present (top) and when ILT is absent (bottom) at times
Ty, T, and T3. In the case when ILT is present, it is modeled as poroelastic material with permeability ¥ = 1078 m* N=! 57!

We also investigated how the presence of ILT affects PWS and potential for risk of AAA rupture. In regard
to case 1, which contained the largest aneurysm and the largest ILT, our results indicated that PWS increases
by 15% when ILT is not present. Furthermore, the location where PWS occurred changed dramatically with
the ILT “shielding” what would otherwise be the location of PWS. In the presence of ILT, the PWS occurred in
the posterior region. In the absence of ILT the same region exhibits elevated stress, however the PWS occurred
in the region otherwise covered by ILT. In case 2, the VMS was the largest at the proximal region to AAA
and the aortic bifurcation both in the presence and absence of ILT, with similar values in both cases. When
the ILT was not present, increased values of VMS were observed in the AAA wall. Finally, in case 3, the
PWS occurred in the neck of the AAA, in a region with a large curvature, in the presence and absence of ILT.
Slightly increased VMS was observed in the AAA wall when the ILT was not present. Overall, the VMS in
the AAA wall was about 18% larger in the absence of ILT. Our results indicate that ILT may reduce the wall
stress in AAA and therefore could potentially decrease the risk of wall rupture. However, further studies in a
larger number of patient specific geometries are needed to quantify the relation between the AAA size, ILT
size and VMS.

Finally, we compared stresses computed using a nonporous elastic and a poroelastic model for ILT. Both
models gave similar approximations to the peak PWS in the AAA wall in all three cases. Due to the fluid
dissipation present in the model, the poroelastic ILT predicted slightly smaller mean PWS than the elastic ILT
model in cases 1 and 3. Hence, a nonporous elastic ILT model may be considered a reasonable model for the
purpose of approximating PWS in AAA. However, the porous properties of ILT should be taken into account
in studies concerned with biochemical transport, such as modeling of oxygen delivery.
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Fig. 7 The VMS shown in bisected AAA (case 3) obtained when ILT is present (top) and when ILT is absent (bottom) at times
Ty, T, and Ts. In the case when ILT is present, it is modeled as poroelastic material with permeability x = 1078 m* N=! s~!
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Fig. 8 Comparison of PWS in AAA obtained using an elastic model for ILT (blue line) and a poroelastic model for ILT with
permeability k = 1078 m* N=! s~! (red line). (Color figure online)

Potential limitations of this study include assuming linear, homogeneous and isotropic constitutive prop-
erties for the AAA wall and ILT. Furthermore, a nonzero pressure load acting on the outer surface of the wall
should be included in order to obtain a more realistic model. An assumption that the aortic wall is linearly
elastic is often used in the literature [4,12,18,25,31,47]. A hyperelastic constitutive model provides a more
realistic description of the AAA wall [37], but can be difficult to correctly parameterize and suffers from issues
with numerical convergence. Although different material models may lead to different wall stress values, we
do not expect the overall conclusions of this study regarding the effect of ILT on PWS to change.

Our future work will consider the implementation of a nonlinear, neo-Hookean model for AAA. Further-
more, we plan to develop more realistic, nonlinear models for ILT that can more accurately represent the
ILT microstructure [S1]. Since the poroelastic description considered in this study captures the flow in the
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Fig. 9 The fluid velocity in the ILT at times T, T> and T3. Velocity magnitude is represented by color and arrow size. Velocity
direction is indicated by arrow direction

ILT, it could be used to model the transport of oxygen to the AAA wall and investigate how thrombus and
hemodynamic properties affect the risk of oxygen deprivation.
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