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Abstract Different material models for an idealized three-layered abdominal aorta are
compared using computational techniques to study aneurysm initiation and fully
developed aneurysms. The computational model includes fluid–structure interaction
(FSI) between the blood vessel and the blood. In order to model aneurysm initiation,
the medial region was degenerated to mimic the medial loss occurring in the inception
of an aneurysm. Various cases are considered in order to understand their effects on
the initiation of an abdominal aortic aneurysm. The layers of the blood vessel were
modeled using either linear elastic materials or Mooney–Rivlin (otherwise known as
hyperelastic) type materials. The degenerated medial region was also modeled in
either linear elastic or hyperelastic-type materials and assumed to be in the shape of
an arc with a thin width or a circular ring with different widths. The blood viscosity
effect was also considered in the initiation mechanism. In addition, dynamic analysis
of the blood vessel was performed without interaction with the blood flow by
applying time-dependent pressure inside the lumen in a three-layered abdominal aorta.
The stresses, strains, and displacements were compared for a healthy aorta, an
initiated aneurysm and a fully developed aneurysm. The study shows that the material
modeling of the vessel has a sizable effect on aneurysm initiation and fully developed
aneurysms. Different material modeling of degeneration regions also affects the stress–
strain response of aneurysm initiation. Additionally, the structural analysis without
considering FSI (called noFSI) overestimates the peak von Mises stress by 52% at the
interfaces of the layers.
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Abbreviations
AAA Abdominal aortic aneurysm
CA Cerebral artery
CAA CA aneurysm
d Material incompressibility parameter
DR case A degeneration in region A
FSI Fluid–structure interaction
HE Hyperelastic
ILT Intraluminal thrombus
I1 First deviatoric strain invariant
J The ratio of the deformed elastic volume over the undeformed

volume materials
K Initial bulk modulus
LE Linearly elastic
noFSI Transient structural analysis without considering FSI
PVMS Peak von Mises stress
PWS Peak wall stress
SMC Smooth muscle cell
WSS Wall shear stress
W Strain energy density function
ν Poisson’s ratio
μ Initial shear modulus of materials

1 Introduction

An aneurysm is a focal dilatation of a blood vessel, which may rupture and cause death.
Cerebral artery aneurysms (CAA) and abdominal aortic aneurysms (AAA) are the most
common aneurysm types. The AAA arises in the infrarenal aorta with a diameter greater than
3 cm and can be up to 9 cm in length [1, 2].

Most of the studies on aneurysms have focused on already existing realistic [3–32] or
idealized aneurysms [33–43] with the aim of defining a relevant rupture criterion [4, 7, 10, 19,
20, 24]. The ratio of the vessel stress to vessel strength is regarded as an alternative tool to
conventional diameter criteria, which may be insufficient in small aneurysms. In computa-
tional simulations, vessel stress is calculated as a function of the vessel diameter [7, 34], wall
thickness [36, 37], asymmetry [14, 18, 34, 36], tortuosity [21], material property [17, 24, 29,
38], calcification [15, 22], intraluminal thrombus (ILT) [5, 15, 16, 33], and blood flow [4, 9,
13, 14, 17, 20, 25, 26, 28–30, 32, 35–41]. Blood vessel strength is measured by ex vivo studies
[11, 12, 23, 31, 44] or estimated by effective features such as ILT existence, sex, and genetic
vulnerability [10]. Medical treatment techniques of aneurysms, mainly stent applications, are
also investigated [35, 40]. Table 1 shows a summary of previous studies about aneurysm
initiation, the fully developed aneurysm and aortic dissection to the authors’ best knowledge.

Although the reasons of AAA formation are not yet well clarified, suggestions are either
local weakening of the artery due to loss of medial elastin and then the degeneration of smooth
muscle cells (SMC) or the existence of atherosclerotic plaque with ILT as an initial mechanism
[1]. Researchers have considered different constitutive models for investigating inception and
growth of aneurysms [45–48]. Vena et al. presented an anisotropic model for early stages of an
aneurysm to study growth and remodeling [45]. Schmid investigated the effects of differences
in elastic properties, fiber orientations, and metabolic activities on aneurysm formation and
rupture in his layer-specific structural artery model [48].
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Very few examples of computational studies regarding early stages of aneurysm
considered cerebral aneurysms. Chatziprodromou et al. modeled inception and growth
of aneurysms in an idealized carotid artery [49]. They modeled the initiation of an
aneurysm by decreasing Young’s modulus of elasticity at a local region where
hypothetical SMC relaxation was considered. Feng et al. [50, 51] made a similar
assumption considering that high wall shear stress (WSS) causes wall weakening.
They decreased the modulus of elasticity at the regions of high WSS in curved and
straight idealized intracranial arterial geometries. Nabaei [52] et al. also based their
hypothesis on the assumption that SMC relaxation causes aneurysm formation.
However, they modeled it by using a hyperelastic material model with a large strain formulation
at the bifurcation, where most saccular cerebral aneurysms exist, and the other regions of the
vessel were modeled as linearly elastic material. Foutrakis modeled different stages of a rigid
aneurysm wall in terms of geometries to investigate the progression of each stage [53].

Although the aorta was assumed as a single-layered structure for simplification in
most studies, it has three layers: intima, media, and adventitia [54]. Since imaging
techniques are not sufficiently reliable to obtain the accurate vessel thickness, vessel
thickness was assumed to be uniform, having the same material properties through the
vessel. However, in vivo studies have shown that each layer differs in its contribution
to the material properties of the vessel [43, 55–60]. Gao et al. conducted stress
analysis in a layered aortic arch aneurysm [43] and in a recent study they compared
stenting and wrapping techniques in a 2D-layered idealized abdominal aortic aneurysm
[40]. Khanafer et al. also studied aortic dissection in a layered aortic arch by utilizing
physiological waveforms at the inlet and outlet of an aorta [59].

The objective of the present research is to understand the effects of the material properties
of a 3D, idealized three-layered abdominal aorta on its aneurysm initiation and fully developed
aneurysm by modeling three individual layers in the blood vessel. Both linear elastic and
hyperelastic material properties were used for a healthy and locally degenerated section of the
blood vessel. The healthy (intact) vessel was the abdominal aorta without any degenerated area
or aneurysm. The FSI between the blood and vessel was also considered in the study.

Table 1 Summary of past studies on modeling aneurysms

No. of layers Material property CA AA Aortic arch

Study of initiation
of aneurysms

Single layer LE [49–52] – –

HE – – –

Three layer LE – Present study –

HE – Present study –

Study of fully
developed
aneurysms

Single layer LE [27, 29, 30] [4, 14, 21, 33–36, 41] [42]

HE [27–29, 31, 32] [3, 5–10, 13, 15–20,
22, 24–26, 37–39]

–

Three layer LE – [40], Present study [43]

HE – Present study –

Study of aortic
dissection

Single layer LE – – [57, 58]

HE – – –

Three layer LE – [59] [55–58]

HE – – –

CA cerebral artery, AA abdominal aorta, – Indicates we could not find examples for that study, LE linear elastic
material, HE hyperelastic material
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2 Methods

2.1 Model geometry

Idealized 3D models were developed for a three-layered abdominal aorta for aneurysm
initiation as well as for a fully developed three-layered abdominal aortic aneurysm
using Design Modeler (ANSYS 15), as shown in Fig. 1a, b, c, d. Although the actual
length of the vessel is 12 cm, the aorta models were elongated and assumed to be
24 cm to eliminate the effects of boundary conditions on the flow characteristics. In
the fully developed aneurysm models, the aneurysmal region was assumed to be
12 cm, which is half of the total aorta. The in vivo wall thickness of the infrarenal

(a)                               (b)

(c)      (d)
Fig. 1 (a-d) Computational domains. (a) Structural domain for the intact vessel (b) fluid domain for the intact
vessel (c) structural domain for the aneurysmal vessel (d) fluid domain for the aneurysmal vessel
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aorta is between 0.14 and 0.15 cm with a ratio of 20:47:33 for intima: media:
adventitia [60]. In this study, the thickness of the vessel was assumed to be constant
throughout the vessel with a total radius of 0.15 cm for the vessel and 0.03 cm:
0.075 cm: 0.045 cm for intima, media, and adventitia, respectively. Rather than the
constant vessel thickness assumption, which is common in the literature in either
patient-specific models or idealized models, Takizawa et al. summarized different
methods for more realistic vessel thickness reconstruction [61]. They determined the
wall thickness information when constructing an ‘estimated zero-pressure (EZP) arte-
rial geometry’ for image-based arterial geometries by trying different ratios of wall
thickness to the diameter of the arterial lumen. Other methods proposed include
solving the Laplace equation over the arterial volume mesh [62] and over the surface
mesh covering the lumen [63]. Since our models are idealized geometries without
non-uniformities or complex variations, we used a constant wall thickness for all three
layers throughout the vessel. The lumen diameter was assumed to be 2 cm. In the
fully developed aneurysmal model, the maximum diameter was assumed to be 6 cm.

2.2 Material models

The vessel wall was modeled based on two different assumptions. First of all, it was
assumed to be incompressible, isotropic, homogeneous, and linearly elastic. The
material properties used in the aneurysm-initiation model have an average Young’s
modulus of 1.2 MPa and a Poisson ratio of 0.49 [35]. The other assumption was a
hyperelastic wall material using the coefficients in the study by Raghavan and Vorp
[64]. Although the hyperelastic model of Fung type has also been suggested and used
in the literature [65], in this study we used the Mooney–Rivlin type, since the
experimental data of the aneurysmal abdominal aorta by Raghavan et al. were
provided for the Mooney–Rivlin type model. The strain energy density function is:

W ¼ C10 I1−3ð Þ þ C20 I1−3ð Þ2 þ J−1ð Þ2
d

ð1Þ

where W is the strain energy density of the material, C10 and C20 are the material
constants, I1 is the first deviatoric strain invariant and J is the ratio of the deformed
elastic volume over the undeformed volume materials. The parameter d is the material
incompressibility parameter. The initial shear modulus μ, Poisson’s ratio ν, and the
bulk modulus K, are related to d as follows:

K ¼ 2=d ¼ μ=2 1−2νð Þ μ ¼ 2 C10þ C01ð Þ ð2Þ

All the material properties for each layer used in the study are shown in Table 2. The
reduction ratio of the aneurismal vessel to the healthy vessel was assumed to be the same for
both linearly elastic and hyperelastic materials. The wall density is 1,120 kg/m3. The blood
was assumed to have the characteristics of a Newtonian, laminar, and incompressible fluid.
The density of blood is 1,050 kg/m3 and its dynamic viscosity is 0.0035 Pa s [25]. The
Young’s modulus ratio for intima/media/adventitia was assumed to be 1/3/2 [40, 59].
Degeneration was applied on the media layer by decreasing its modulus of elasticity or the
coefficients of the strain energy function by 1/20 [51]. The degenerated regions of four
different sizes are shown in Fig. 2. The red color indicates the degeneration zone in the media.
In the figure, the adventitia layer was removed on top of the degenerated zone in order to
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clearly show the image of the degenerated zone. The model called ‘Degeneration in Region A’
has a local degeneration consisting of two medial arcs (100 elements) located near the center of
the longitudinal axis (at z = 11.6 cm); the model called ‘Degeneration in Region B’ has one
circular medial ring (400 elements); the model called ‘Degeneration in Region C’ has two

Table 2 Material properties for each layer and the damaged zone

Linearly elastic Hyperelastic

E (MPa) ν C10 (MPa) C20 (MPa) d

Initiation of aneurysm Average 1.200 0.490 0.077 0.836 0.517

Intima 0.522 0.490 0.034 0.363 1.190

Media 1.565 0.490 0.101 1.090 0.397

Adventitia 1.043 0.490 0.067 0.727 0.595

Degenerated zone 0.078 0.490 0.005 0.055 7.931

Aneurysm Average 2.700 0.450 0.174 1.881 1.149

Intima 1.174 0.450 0.076 0.818 2.644

Media 3.522 0.450 0.227 2.453 0.881

Adventitia 2.348 0.450 0.151 1.636 1.322

E Young’s modulus of elasticity, ν Poisson’s ratio, d incompressibility parameter

Fig. 2 Degeneration regions (red) simulated in the study
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circular medial rings (800 elements, zcenter = 12 cm); and the last model called ‘Degeneration
in Region D’ has three consecutive medial rings (1,200 elements). Henceforth, the four cases
are called DR case A, DR case B, DR case C, and DR case D, respectively, in the text as well
as in the figures.

2.3 Boundary conditions

The time-dependent fully developed laminar flow velocity and the time-dependent pressure
wave-forms, as suggested by Mills et al., were applied at the inlet and outlet of the fluid
domain, respectively [66]. Peak systolic pressure occurs at t = 0.53 s (15,594.5 kg/m s2) and
peak systolic flow is obtained at t = 0.45 s (0.437886 m/s). In patient-specific geometries, a
special mapping technique is suggested in order to determine the non-circular inlet velocity
profile as a starting condition [67]. Pre-FSI analysis consisting in either structural-only or fluid-
only computation as starting conditions has also been suggested [65]. In that study, they also
took into account the pre-stress geometry estimation. Those starting conditions are more
realistic and would be more informative, especially for patient-specific geometries. In our
case, idealized models are performed with zero inlet velocity and zero outlet pressure as
starting conditions. For the solid domain, both the inlet and outlet of the domain were fixed for
all degrees of freedom. At the interface between fluid and solid, a no-slip boundary condition
was applied.

2.4 Structural-only model analysis

A transient structural analysis without considering FSI (called noFSI) was performed on the
intact vessel model with both linearly elastic and hyperelastic wall materials to compare the
models with and without FSI, respectively. A uniform pressure similar to the pressure
waveform which is utilized at the outlet of the fluid model in FSI analysis, was applied on
the inner surface of the aorta lumen for the noFSI analysis. The vessel was fixed at both ends
for all degrees of freedom. The mesh density of the structural domain of the noFSI analysis
was assumed to be the same as that of the structural domain of the FSI analysis.

2.5 Numerical modeling

The finite element program called ANSYS 15 was used to solve the fluid–structure interaction
problem as well as structural-only analysis. ANSYS CFX is the fluid solver. The governing
Navier–Stokes equations are:

∂ρ
∂t

þ ∇: ρ Uð Þ ¼ 0 ð3Þ

∂ ρUð Þ
∂t

þ ∇: ρU⊗Uð Þ ¼ −∇pþ ∇:τ þ Sm ð4Þ

where ρ is density, U is the vector velocity, p is pressure, τ is the shear stress and
Sm is the momentum source. FSI analysis was conducted using two-way iteratively
implicit coupling and ALE formulation. Convergence is not easy to achieve with this
type of coupling, which requires that the solid and fluid equations are solved
separately and then coupled at the interface by a load transfer, especially for soft
structures filled with incompressible heavy fluids, as is the case in arterial modeling.
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Tezduyar et al. developed techniques to solve fully discretized fluid–structure interac-
tion problems for the special deforming-spatial-domain/stabilized space-time (S-DSD/
SST) formulation. The monolithic (i.e., strongly coupled) techniques, which are the
block-iterative, quasi-direct, and direct coupling techniques, are suggested to be more
robust, and quasi-direct and direct coupling techniques are especially relevant for FSI
analysis with light structures [62, 68]. In this study, the approach that the commercial
package Ansys offers was used.

The time step used for the analysis was 0.1 s and the termination time was 1.1 s.
In the comparison of the noFSI and FSI analyses, the FSI model was performed for
two cycles and the results of the second cycle were used in order to eliminate the
effect of initialization in the FSI analysis. On the other hand, since maximum von
Mises stress in the second cycle was larger only by 0.9% from the first cycle, the
results of the first cycle were used for the other analysis in the study. The non-linear
analysis was performed using the full Newton–Raphson method for a sparse matrix
solver and a preconditioned conjugate gradient (PCG) solver. For the linearly elastic
material, the PCG solver was used, whereas the sparse matrix solver was selected for
the hyperelastic model.

2.6 Mesh independence

2.6.1 Aneurysm initiation model

A mesh independence study was conducted for the structural model of the intact
vessel using three different mesh densities as shown in Table 3. Von Mises stresses
had a maximum difference of 11% and the equivalent elastic strains had a maximum
difference of 14.2% between the coarsest and finest meshes. These differences oc-
curred at the locations near the fixed ends, which was not critical for the analysis
since the length of the vessel was elongated and the section under study was the mid-
section of the vessel. There was no significant difference in von Mises stresses around
the mid-section. Multiple locations through the thickness of the blood vessel were
considered. The locations were location 1, at the interface of the intima and blood;
location 2, at the interface of the media and intima; location 3, at the center of the
media; location 4, at the interface of the adventitia and media; and location 5, at
upper side of the adventitia as shown in Fig. 3. The von Mises stresses at the five
locations through the thickness of the intact vessel are shown in Fig. 4a and b.
Figure 5 shows the von Mises stresses along the thickness of the intact vessel from
the intima to adventitia at the mid-line of the degenerated regions, which was also
used for presentation of the results. The stress values were the same for the three

Table 3 Peak von Mises stress (PVMS) and maximum (Max) equivalent elastic strain on the abdominal aorta at
t=0.5 s (maximum)

Mesh 1 Mesh 3 Mesh 3

Elements 17,600 28,000 52,800

Nodes 76,960 121,680 228,320

PVM stress (Pa) t=0.5 s 181,010 165,020 162,950

Max equivalent elastic strain t=0.5 s 0.12811 0.11277 0.11216

CPU time (s) 8757 17,090 40,708
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meshes through the vessel. Since the computational time in mesh 1 was less than the
other meshes and no significant difference in solution was detected for the locations
of interest, mesh 1 was chosen for the analysis. There were no contact elements
between the vessel layers; the nodes at the interfaces were shared.

Fluid mesh refinement was not performed independently. Since the nodes at the interface
between the solid and fluid meshes exactly matched each other, the refinement of the solid
mesh is associated with the refinement of the fluid mesh. The fluid mesh consisted of 26,955
nodes and 25,432 hexahedral elements. In a previous study, wall shear stresses were compared
for a fluid mesh refinement, which was also coupled with the refinement of the solid mesh
[69]. The refinement was made in both the normal direction near the wall and on the wall. It is
stated that when the ratio of the element thickness of the first layer, to the lumen diameter at the
inflow is 120 for the medium mesh, the wall shear stress results are reasonable. In our case, the
intima layer, where the interface with the blood belongs, consisted of two layers, each
0.015 cm in thickness and a vessel diameter of 2 cm, resulting in a ratio of 133 that is
comparable to 120. So it is considered that our fluid mesh density is sufficient for the wall
shear stress calculation. The element length along the longitudinal axis in the mid-region of the
vessel is 4 cm.

2.6.2 Aneurysm model

For a mesh independency test in the aneurysmal model, three different meshes were
used for FSI analysis. Fluid mesh refinement was also performed. The number of
elements and nodes for each mesh are indicated in Table 4. In Fig. 6, von Mises
stresses through the line from the intima to adventitia at the maximum diameter
location for each mesh are shown. Since the mesh quality did not affect the von
Mises stress value, mesh 1 was chosen for the analysis.

Fig. 3 Locations of monitoring points through the vessel thickness
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3 Results and discussion

3.1 Structural-only model (noFSI) and FSI model

VonMises stresses in the intact vessel modeled using linearly elasticmaterial were obtained at the
nodal points from location 1 to location 5 as explained above, with noFSI and FSI analyses.
Figure 7 compares the applied pressure on the lumen sac for the noFSI analysis and the calculated
pressure at the blood–intima interface for the FSI analysis. The location of the calculated pressure

Fig. 4 Effect of mesh density on temporal variation of vonMises stress calculated at a location 1, location 2, and
location 3, and b location 4 and location 5
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waveform for the FSI analysis (dashed line) was chosen as the midline of the vessel (i.e., at z =
12 cm). The pressure waveforms were similar to each other except the time delay between them.
There are several studies in the literature comparing FSI and noFSI analyses for single-layered
aneurysmmodels [9, 37, 38]. Those studies suggested that applying transient pressure uniformly
on the lumen sac for the noFSI analysis could be an adequate alternative to FSI analysis for the
rupture risk criteria [2]. Khanafer et al. [38], in his single-layered axisymmetric AAA model,
stated that structural-only analysis, with uniformly applied time-dependent pressure inside the
aneurysm lumen, underestimated peak wall stress (PWS) by 8% compared to the FSI analysis at
the time of the peak wall stress. At the time of peak luminal pressure, the noFSI analysis
overestimated PWS by 5%. Different from those idealized geometries, Takizawa et al. compared
the FSI model and structural model with a time-dependent pressure, in patient-specific models.
They found very similar stress and stretch results for the FSI and structural model, with less than
1% difference in the maximum arterial-wall stress [63]. We also found similar stress values
between noFSI and FSI analyses in terms of magnitude at the blood–intima interface (location 1),
at the center of the media (location 3) and outside of the adventitia (location 5). The noFSI
analysis overestimated peak von Mises stress (PVMS) only by 1.6%.

Although the magnitudes of the stress in the two analyses were close to each other on the
vessel wall and in the media (locations 1, 3, 5), PVMS occurred later in the FSI analysis than the
noFSI analysis. The reason for this delay was the time delay between the pressure waveform
applied on the aneurysm sac in the noFSI model and the one calculated on the blood–intima

Table 4 Mesh densities and the time duration of the three different meshes used for mesh independency study of
the aneurysm model

Mesh 1 Mesh 2 Mesh 3

Domain Solid Fluid Solid Fluid Solid Fluid

Elements 19,200 22,176 32,000 36,960 48,000 55,440

Nodes 83,840 23,618 138,880 39,042 207,680 58,322

CPU time (s) 21,625 39,470 100,070

Fig. 5 Effect of mesh density on von Mises stress of the intact vessel calculated along a line from intima to
adventitia at the mid-line of the degenerated regions, which is used for representation of the results
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interface in the FSI model as discussed above and shown in Fig. 7. Khanafer et al. showed that
PWS and peak nodal displacement in the FSI analysis occurred earlier than in the noFSI analysis
[38]. In our case, PVMS occurred earlier in the noFSI analysis. In the present model, the
waveform of pressure was applied to the inlet and the length of the vessel was rather long,
which resulted in a delay in arrival of the peak pressure to the longitudinal center of the vessel.

On the other hand, at the interfaces of the layers, which were the intima–media and
media–adventitia interfaces, the results of the FSI and noFSI analyses were signifi-
cantly different from each other, as shown in Fig. 8. The noFSI model overestimated
the PVMS stress by 52% at the intima–media interface and by 22% at the media–
adventitia interface. Additionally, as seen in Fig. 9, the stress distribution through the
vessel thickness changed sharply at the interfaces of the layers in the noFSI analysis,
whereas it was continuous and smooth in the FSI analysis.

In single-layered models, the differences between FSI and noFSI models are small,
but in our three-layered model, there are differences in von Mises stresses of the two

Fig. 6 Effect of mesh density on von Mises stress calculated along a line from intima to adventitia at the
maximum diameter of the aneurysmal vessel

Fig. 7 Time-dependent pressure waveforms. Solid line indicates applied pressure waveform inside of the aorta
lumen and dashed line indicates pressure waveform on blood–intima interface
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analyses at the interface of the layers. As blood flow does exist in human arteries,
FSI analysis is more realistic than noFSI analysis; the blood flow should be taken into
consideration in studying the mechanical properties of arteries. To the authors’ best
knowledge, this study is the first example of a comparison between noFSI and FSI
analyses of a three-layered aorta.

3.2 Initiation of aneurysm

In the three-layered abdominal aorta, four different models of aneurysm initiation and
a healthy abdominal vessel without degeneration were compared in terms of stresses
and strains at the initiation site. These models are called (a) intact vessel: healthy
blood vessel without degeneration, (b) LE-vessel/LE-degeneration model: linearly
elastic material used for the vessel and linearly elastic material used for the
degenerated area, (c) LE-vessel/HE-degeneration model: linearly elastic material used

Fig. 8 Temporal variation of von Mises stress in noFSI and FSI models at location 2: intima–media, and at
location 4: media–adventitia at the middle of the vessel

Fig. 9 Variation of von Mises stress across the vessel thickness of the intact abdominal aorta in noFSI (dashed
line) and FSI model (solid line)
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for the vessel except for the degenerated area and hyperelastic (i.e., Mooney–Rivlin)
material used for the degenerated area, (d) HE-vessel/LE-degeneration model:
hyperelastic material used for the vessel except for the degenerated area and linearly
elastic material used for the degenerated area, (e) HE-vessel/HE-degeneration model:
hyperelastic material used for the vessel and hyperelastic (i.e., Mooney–Rivlin) mate-
rial used for the degenerated area. The von Mises stress distribution on the LE-vessel/
LE-degeneration model with DR case A is shown in Fig. 10.

3.3 Vessel wall modeling

In the vessel modeled as linearly elastic and hyperelastic materials, hoop strains
decreased from the intima to adventitia in both the degenerated and intact vessel
models (Fig. 11a–d). As expected, as the area of degeneration increased, the magni-
tude of hoop strain increased.

Since the hoop strains through the vessel thickness of the undegenerated and
degenerated models varied in a similar fashion, the different material models for aneu-
rysm initiation did not provide a qualitative distinction in terms of hoop strains.
However, there was a noticeable difference in the hoop strain distributions of the LE-
vessel and HE-vessel models in their responses to aneurysm initiation, which was
modeled as a degenerated material in the study. For the LE-vessel/LE-degeneration
model, the hoop strain increased more than the HE-vessel/LE-degeneration model. The
increase in the strain in the LE-vessel from one circular degenerated ring (DR case B) to
two rings (DR case C) was 38% and from two circular degenerated rings (DR case C) to
three degenerated rings (DR case D) the increase was 19% (Fig. 11a). For the HE-vessel/
LE-degeneration model, the increase in the hoop strain from DR case B to DR case C
was 13% and there was a slight change (3%) in strains between DR case C and DR case
D (Fig. 11b). Similarly, as seen in Fig. 11c and d, for the LE-vessel/HE-degeneration, the

Fig. 10 Von Mises stress distribution on the abdominal aorta for the LE-vessel/LE-degeneration model in DR
case A. Nodal displacement is magnified

Fig. 11 Comparison of hoop strains for different material models. (DR case B: 1 medial ring. DR case C: two
medial rings. DR case D: 3 medial rings. LE linearly elastic, MR Mooney–Rivlin (i.e., hyperelastic), HE
hyperelastic). a LE-vessel/LE-degeneration model. b HE-vessel/LE degeneration model. c LE-vessel/HE-degen-
eration model. d HE-vessel/HE-degeneration model

b
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increase in strain from DR case B to DR case C was 34%, which was larger than that of
the HE-vessel/HE-degeneration (14%).

These findings showed that the hoop strains in either the LE-vessel or HE-vessel
models with the same material type of degeneration were different from each other.
The difference was detectable in the increasing ratio of the strain/degeneration area.
The total nodal displacement had a similar pattern to the hoop strains so it was not
shown here. As expected, the displacement at the degeneration region on the vessel
wall increased when the aneurysm initiated. Since local (DR case A) and one circular
ring degenerations (DR case B) had similar strain values, the local degeneration line
was not shown in the plots.

Figure 12a–d shows that in aneurysm inception, the von Mises stress decreases in
the media and increases in the intima and adventitia. So the media bore a higher
stress in the healthy aorta but, at the initiation of an aneurysm, which might be due to
medial loss, the medial stress decreased and the intima and adventitia carried more
load. The collagen-rich adventitia had the highest stress values. This was consistent
with the previous statements that due to mechanical loading, fibroblasts and SMCs
increased the synthesis of collagen, which plays a role in the growth and remodeling
of AAAs [70].

Although von Mises stress distributions varied significantly resulting from aneu-
rysm initiation, the overall stress distributions had the same qualitative shape regard-
less of the different material models for both vessel models, LE-vessel and HE-vessel.
There was a slight deviation from the general behavior of the models for the LE-
vessel/HE-degeneration model (Fig. 12c). With this model, the von Mises stress at the
medial region increased as the area of the degeneration region increased. Hoop and
longitudinal stresses were similar to von Mises stresses with a slight change in
magnitude.

The longitudinal strain increased along the blood vessel thickness when an aneu-
rysm initiated in both the LE-vessel and HE-vessel models; however, the responses of
the two material properties were different from each other as shown in Fig. 13a, b, c
and d. Regardless of the vessel and degeneration region’s material properties, DR case
C and DR case D had similar longitudinal strain distributions but they were different
from DR case A and DR case B, which were similar to one another. In the HE-
vessel/LE-degeneration model, the medial strain in DR case B was much smaller than
those of DR case C and DR case D; whereas in the LE-vessel/LE-degeneration model,
the magnitude of the medial strain in DR case B was close to the magnitudes in DR
case C and DR case D as compared between Fig. 13a and b. As shown in Fig. 13c
and d, for HE-degeneration models, the material properties of the blood vessel also
affected the longitudinal strain distribution through the vessel thickness, but not as
much as in the case of LE-degeneration models. Additionally, as seen in Fig. 13a and
c, distributions of longitudinal strains of DR case A and DR case B were not the
same, unlike those of the hoop strain and von Mises stress.

Radial stresses in the two models of blood vessels, like the LE-vessel and HE-
vessel, were also different from each other. Figure 14a shows that in the LE-vessel/

bFig. 12 Comparison of von Mises stresses for different material models. (DR case B: 1 medial ring. DR case C:
two medial rings. DR case D: 3 medial rings. LE linearly elastic, MR Mooney–Rivlin (i.e., hyperelastic), HE
hyperelastic). a LE-vessel/LE-degeneration model. b HE-vessel/LE-degeneration model. c LE-vessel/HE-degen-
eration model. d HE-vessel/HE-degeneration model
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LE-degeneration model, there are sharp changes in the stress at the interfaces of the
layers for DR case B. In DR case C, there was also a change in stress at the
interfaces but it was larger at the interface between the media and adventitia than at
the interface between the intima and media. For the largest area of degeneration, e.g.,
the DR case D model, the change in stress through the vessel was smaller than those
of less degenerated areas. In the HE-vessel/LE-degeneration model, there were oscil-
lations of the stress value through the vessel thickness for DR case B as shown in
Fig. 14b. At the HE-vessel/HE-degeneration model with DR case B and DR case C,
the radial stress did not change at the interfaces of the layers unlike the LE-vessel/
HE-degeneration model. Another observation to be noted is that although for all of
the four models the stress was largest in the adventitia, the adventitial stresses in the
HE-vessel/LE-degeneration and HE-vessel/HE-degeneration models were significantly
larger than the stresses in the intima and media.

The radial strain distribution resulting from aneurysm initiation in the HE-vessel models
was different from the LE-vessel models as seen in Fig. 15 (a,b,c,d). In the LE-vessel/LE-
degeneration model, the radial strain was almost constant throughout the vessel, whereas in the
HE-vessel/LE-degeneration model, the radial strain decreased in the medial region. The LE-
vessel/HE-degeneration and HE-vessel/HE-degeneration models also had different distribu-
tions of radial strain. In the LE-vessel/HE-degeneration model, the radial strain in the media
increased for DR case C and DR case D, whereas it decreased in DR case B and DR case C of
the HE-vessel/HE-degeneration model.

It is known that the human abdominal aorta has non-linear characteristics and thus a
Mooney–Rivlin material is more realistic than a linearly elastic material. When an aneurysm
is initiated, the distributions of stresses and strains resulting from the different material models
of the blood vessel are significantly different from each other. As a result, hyperelastic material
modeling of the blood vessel should be taken into consideration in modeling an aneurysm
initiation in the blood vessel.

3.4 Degeneration region modeling

Material modeling of the degeneration region in association with aneurysm initiation
was also investigated for its effect on the mechanical behavior of the initiation
mechanism.

In either the LE-vessel or HE-vessel, the material properties of the degenerated
zone did not affect the distribution characteristics of hoop strains and von Mises
stresses through the vessel thickness as shown in Figs. 11a–d and 12a–d. The only
detectable difference was in the LE-vessel/HE-degeneration model as discussed in the
previous section.

For the same material model of the vessel, material properties of the degeneration
region changed the longitudinal strain through the vessel, as seen in Fig. 13a–d. For
DR case C and DR case D of the LE-degeneration models, there was an initial
increase of the longitudinal strain in the medial region followed by a decrease near
to the adventitia; but in the HE-degeneration models, the longitudinal strain

bFig. 13 Comparison of longitudinal strains for different material models. (DR case B: 1 medial ring. DR case C:
two medial rings. DR case D: 3 medial rings. LE linearly elastic, MR Mooney–Rivlin (i.e., hyperelastic); HE
hyperelastic). a LE-vessel/LE-degeneration model. b HE-vessel/LE-degeneration model. c LE vessel/HE-
degeneration model. d HE vessel/HE-degeneration model
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increased almost linearly from the intima to adventitia as compared in Fig. 13a vs.
14c and 14b vs. 14d. For DR case A and DR case B, the LE-degeneration and HE-
degeneration models also resulted in distinct distributions of the longitudinal strain
through the vessel. Based on these findings, it could be said that the material
properties of the degeneration region influenced the longitudinal strain distribution
through the vessel.

For the LE-vessel/LE-degeneration and LE-vessel/HE-degeneration models, radial
stress distributions through the vessel thickness were similar to each other, as shown
in Fig. 14a and c. On the other hand, Fig. 14b and d show that, in the HE-vessel, the
material properties of the degeneration region cause different distributions of radial
stress, especially for DR case B, Fig. 15.

For the LE-vessel, the choice of material modeling for DR case C and DR case D
changed the distributions of the radial strain through the thickness of the vessel. In
the LE-vessel/LE-degeneration model, the radial stress through the vessel was almost
constant whereas in the LE-vessel/HE degeneration model, the radial strain increased
in the media as seen in Fig. 15a vs. 15c. In the HE-vessel, the material property of
the degeneration region did not cause a difference in the radial strain distribution. The
only difference was from DR case B to DR case C; the radial strain decreased more
in the media of the HE-vessel/LE-degeneration model compared to the HE-vessel/HE-
degeneration model as seen in Fig. 15b vs. 15d.

The material parameters for the degeneration region had effects on the stress/strain response
of the vessel with the aneurysm initiation. More experimental work is needed to determine
what material behavior better represents the degenerated region.

3.5 Blood viscosity effect

It has been proposed that blood viscosity increases with age and diabetes. In a study
by Carallo et al. it was stated that the viscosity of blood increased with age in
approximately 7% of the population [71]. LE-vessel/LE-degeneration in DR case C
was chosen to investigate the effect of blood viscosity on the initiation of an
aneurysm. The dynamic viscosity of blood was assumed to be 0.0038 Pa s. The
results showed that a viscosity increase from 0.0035 Pa s did not cause any change in
the stress, strain or deformation distribution through the vessel. Wang et al. investi-
gated the blood viscosity effect in a fully developed three-layered abdominal aortic
aneurysm model with kinematic viscosities 0.0027 Pa s and 0.0097 Pa s [41]. Their
results showed that an increase in blood viscosity caused an increase in diameter
expansion (from 52.407 to 52.408 mm in the symmetry plane) and an increase in the
peak wall shear stress on the aneurismal wall. In the present computational model, the
increase in blood viscosity was smaller and the geometry of the model and the
parameters for comparison were different. The increase in blood viscosity by 8%
did not affect aneurysm formation at the initial stages in terms of stresses and strains
through the vessel thickness.

�Fig. 14 Comparison of radial stresses for different material models. (DR case B: 1 medial ring. DR case C: two
medial rings. DR case D: 3 medial rings. LE linearly elastic, MR Mooney–Rivlin (i.e., hyperelastic), HE
hyperelastic). a LE-vessel/LE-degeneration model. b HE-vessel/LE-degeneration model. c LE-vessel/HE-degen-
eration model. d HE-vessel/HE-degeneration model
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3.6 Fully developed AAA

In this section, the material modeling of the healthy abdominal aorta without any
degeneration or aneurysm (intact vessel) and the fully developed aneurysm model are
investigated in terms of stress–strain characteristics. Figure 16 shows that, in both the
intact and aneurismal vessel, the von Mises stress is highest in the media and lowest
in the intima. These results are validated by previous investigations by Khanafer
et al., who studied aortic dissection in a layered idealized descending aorta model,
and by Gao et al., who studied an aneurysm in an idealized layered aortic arch model
[43, 59]. Although the magnitudes of the stress are not the same due to differences in
types of vessels, the von Mises stress distribution through layers was consistent with
the present study. In Khanafer’s study, the range of stress values was 40 kPa (intima)
to 100 kPa (adventitia) in the descending aorta (without an aneurysm) while in the
present study the stress range in the abdominal intact vessel was from 50 kPa (intima)
to 160 kPa (adventitia). The von Mises stress values were also in accordance with
another study by Raghavan et al., who used hyperelastic material properties for
patient-based single-layered abdominal aneurismal models. According to their findings,
the non-aneurysmal aorta had a stress value of 120 kPa and the aneurysmal vessel
wall had a stress range from 290 to 450 kPa [3]. Their results and also Gao’s study
showed that the aneurismal vessel had larger stress values than the vessel without an
aneurysm. Our study also supported these findings. With HE material properties, in
the intact vessel, the von Mises stresses were approximately 65 kPa, 170 kPa, 85 kPa
in the intima, media, and adventitia, respectively, and the aneurismal vessel had larger
stress values: 110 kPa, 300 kPa, and 170 kPa in the intima, media, and adventitia,
respectively. For the linearly elastic intact vessel, the intimal, medial and adventitial
stresses were 55 kPa, 150 kPa, 88 kPa, respectively, while in the aneurysmal vessel,
von Mises stresses in the intima, medial and adventitia were approximately 100 kPa,
280 kPa and 160 kPa, respectively. Another finding shown in Fig. 17 was that
maximum stress in the aneurismal aorta occurred at the inflection regions as shown
in Gao’s study [43].

The material properties of the vessel did not affect the qualitative distribution of
the von Mises stress in the intact or aneurismal vessels or the amount of increase in
von Mises stresses from intact to aneurismal vessels. However, the change in nodal
displacements from healthy to aneurismal tissues was larger for hyperelastically
modeled vessels than for the linear elastically modeled vessels, as shown in
Fig. 18. Likewise, an increase in hoop strain from intact to aneurismal vessels was
larger for the hyperelastic model than for the linear elastic model as shown in Fig. 19.
The strain value was smaller for the aneurismal vessel than the healthy vessel because
the aneurismal vessel was stiffer than the healthy aorta. Fluid mechanics shear stress
distributions on the inner surface of the arterial wall of the aneurysmal vessels
modeled in linearly elastic and hyperelastic material properties were also different
from each other, as shown in Fig. 20a and b.

�Fig. 15 Comparison of radial strains for different material models. (DR case B: 1 medial ring. DR case C: two
medial rings. DR case D: 3 medial rings. LE linearly elastic, MR Mooney–Rivlin (i.e., hyperelastic), HE
hyperelastic). a LE-vessel/LE-degeneration model. b HE-vessel-LE-degeneration model. c LE-vessel/HE-degen-
eration model. d HE-vessel/HE-degeneration model
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Fig. 16 Von Mises stress through the thickness of the intact and aneurysmal vessel

Fig. 17 VonMises stress through the thickness of the aneurysmal vessel at themaximumdiameter and inflation points

Fig. 18 Nodal displacement through the thickness of the intact and aneurysmal vessel

196 F.G. Simsek, Y.W. Kwon



4 Conclusions

We investigated the effects of material models for an idealized three-layered abdom-
inal aorta using computational techniques in order to study aneurysm initiation and a
fully developed aneurysm. FSI was included in the study. The results showed that
linearly elastic and hyperelastic material models for the vessel gave different stress–
strain distributions through vessel thickness in aneurysm initiation and a fully devel-
oped aneurysm. Since the hyperelastic material is more realistic for the intact blood
vessel, hyperelastic material properties should be taken into consideration in studying

Fig. 19 Hoop strain through the thickness of the intact and aneurysmal vessel

Fig. 20 Fluid mechanics shear stress contour plot on the inner surface of the wall modeled in (a) hyperelastic
material and (b) linearly elastic material
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aneurysm stages. There was not enough experimental data for selecting the proper
material modeling conditions for the degeneration region on the abdominal aorta
leading to an aneurysm. This study showed that the material properties of the
degenerated zone influenced the stress distribution through the three layers of the
vessel, especially the longitudinal stress distribution. More experimental data are
needed to understand the initiation mechanism of an aneurysm.

There were some limitations in the study that should be mentioned. The present
model was an idealized model of an abdominal aorta lacking the non-uniformities in
geometry in real patient data. A uniform wall thickness was chosen in aneurismal and
non-aneurismal vessels, which were not realistic, especially in fully developed aneu-
rysms [12, 23, 72]. Vessel wall remodeling during the development of an aneurysm
was also disregarded in the study. Although in the present study the ratios of
thickness and the elastic modulus of the layers were chosen to be the same in non-
aneurismal and aneurismal vessels, it was suggested that the properties of the layers
changed during vessel wall remodeling processes such as an increase in collagen fiber
production [70, 73]. Presence of ILT, calcification, material anisotropy, and regional
variations of the material properties are the other parameters ignored in the study. In
patient-specific geometries, pre-stress or zero stress geometries are estimated to obtain
more realistic geometries, because there is pressure inside the vessel when the image
is captured. In a previous study, a zero-stress state was achieved in single-layered and
three-layered configurations of an image-based vessel [74]. Three-layered patient-
specific geometries considering the initial pressurized state of the vessel would
provide more realistic results. It is also known that patient-specific material modeling
has an influence on the mechanical properties of the aneurismal vessel [24]. Although
these parameters would cause different results in the models such as stress distribu-
tions through the vessel and the peak wall stress, because the effects of material
properties were compared on the same models, those assumptions do not affect the
qualitative findings in this study.

Conflict of interest None.
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