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Abstract Abdominal aortic aneurysm wall distensibility can be estimated by measuring pulse pressure and the
corresponding sac volume change, which can be obtained
by measuring wall displacement. This approach, however,
may introduce error if the role of thrombus in assisting the
wall in bearing the pulse pressure loading is neglected. Our
aim was to introduce a methodology for evaluating and
potentially correcting this error in estimating distensibility. Electrocardiogram-gated computed tomography images
of eleven patients were obtained, and the volume change
between diastole and systole was measured. Using finite
element procedures, we determined the equivalent pulse
pressure loading that should be applied to the wall of a
model where thrombus was digitally removed, to yield the
same sac volumetric increase caused by applying the luminal pulse pressure to the model with thrombus. The equivalent instead of the measured pulse pressure was used in the
distensibility expression. For a relative volumetric thrombus deposition (VILT) of 50 %, a 62 % distensibility underestimation resulted when thrombus role was neglected. A
strong linear correlation was observed between distensibility underestimation and VILT. To assess the potential value
of noninvasive wall distensibility measurement in rupture
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risk stratification, the role of thrombus on wall loading
should be further investigated.
Keywords Arterial stiffness · Vascular biomechanics ·
4D CT · Rupture risk · Young’s modulus

1 Introduction
An important objective in cardiovascular research has
been the accurate estimation of abdominal aortic aneurysm (AAA) rupture risk. According to the biomechanical
approach, rupture occurs when strength of the degenerated aneurysmal wall can no longer withstand the stresses
exerted on it due to intraluminal pulse pressure. Thus, if the
wall strength, which changes as the aneurysm evolves [14],
and stress distribution could be determined on a patientspecific basis, this information could be used to improve
clinical management of AAA patients [5, 41].
Since wall strength cannot currently be measured in
vivo, studies have attempted to correlate the latter with
other wall mechanical properties such as distensibility [8].
Both strength and distensibility strongly depend on the
composition of the arterial wall extracellular matrix. Wilson et al. [40] hypothesized that AAAs could be differentiated into two types: One where further AAA enlargement is
accompanied by increased deposition of collagen fibers to
sustain the internal forces, and would show an increase in
wall stiffness, and another where the AAA fails to lay down
and remodel collagen, and would be weaker and more distensible. Indeed, AAAs progressing to rupture tended to
be more distensible compared to those that did not rupture
during follow-up [40]. Furthermore, direct ex vivo measurements of aortic stiffness also revealed that AAAs being
less stiff were also weaker [8]. Moreover, regarding large
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aneurysms, wall strength was related to wall thickness or
stiffness [8].
In light of wall distensibility association with wall
strength, studies evaluated its potential role in AAA rupture
risk estimation by recording the aortic wall motion during the cardiac cycle using 4D imaging. Distensibility of
a material is generally defined as the deformation divided
by the loading, and for arteries, it is commonly expressed
as the fractional increase in volume divided by the pressure
pulse:

D=

V
V0 · P

(1)

While arterial distensibility has been extensively investigated in clinical research (i.e., hypertension), AAA wall
distensibility determination is not straight forward due to
intraluminal thrombus (ILT) presence (in more than 70 %
of AAAs). ILT affects wall loading which thus deviates
from luminal pulse pressure. Many studies have determined AAA wall compliance using aortic pulse pressure,
but it has been questioned if the estimates of distensibility
obtained reflected the extent and distribution of thrombus
[20].
The effect of ILT on wall loading remains controversial [39]. Two important factors in determining the presence or extent of ILT’s potential stress shielding effect are
the attachment of thrombus to the underlying wall and the
degree of ILT porosity and compressibility. In vivo [29]
and in vitro [16] studies have shown that the pore pressure
in ILT approximately equals blood pressure and suggested
that ILT does not reduce wall stresses [29]. On the other
hand, computational [9, 19, 24, 25, 38] and experimental
studies [33] have demonstrated that ILT considerably lowers wall stress and strain. These seemingly opposite findings can both be true if ILT is indeed a structural component
with typical solid mechanical properties [3, 7, 10, 35, 37],
but with interconnected cavities and pores filled with fluid
[6, 11] that is fully attached to the wall; the entire luminal pressure is transferred through the ILT pores to the vessel wall, while the fibrous network of ILT, which adheres
to the wall, helps the wall carry the pulse pressure load,
thus reducing wall stress and strain [26, 33]. Indeed, Meyer
et al. [22] have recently shown that the thrombus can have a
stress-reducing role even if it does not directly reduce pressurization of the wall if ILT is assumed fully attached to
the wall. Since ILT may affect wall stress, it is important to
consider this when estimating wall distensibility.
We have previously measured the fractional expansion
of the AAA wall and luminal surface from diastole to systole in AAA patients and calculated the wall-ILT composite distensibility for which loading is directly represented
by luminal pulse pressure [18]. Here, we seek to assess
the potential error in wall distensibility calculation when
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the effect of ILT on wall loading is ignored and propose
a methodology that could be applied to address this issue.

2 Methods
2.1 Study population
Eleven consecutive patients with AAA were included in this
study, which was approved by the local institutional ethics
committee, and all subjects gave informed consent. Mean age
was 71.7 years ranging from 59 to 82 years. The male:female
ratio was 10:1. Maximum diameter of the studied AAAs
ranged from 32 mm to 68 mm with an average of 50 mm.
2.2 Data acquisition
All patients underwent multi-detector electrocardiogramgated (ECG-gated) computed tomography (CT) scans.
Image acquisition was performed with a Somatom definition flash, dual-source–dual-energy CT scanner (Siemens,
Erlangen, Germany), before and after contrast media administration with retrospective ECG-gated spiral acquisition.
Non-ionic contrast media were used, and the total effective
dose was 5.5 mSv at 80 bpm. Slice thickness was 0.625 mm
and image matrix size 512 × 512. The temporal resolution
was 83 ms and in-plane spatial resolution 0.33 mm. Two
ECG-gated series of axial images were reconstructed at
peak systole and end diastole during the R–R interval. The
brachial pressure measurements were obtained.
2.3 Image segmentation and 3D surface reconstruction
Segmentation and 3D surface reconstruction of the aortic
wall and lumen were performed manually using the software ITK-SNAP [42]. Briefly, outlines of the outer surface of the wall and the luminal surface of the aorta were
manually obtained slice by slice, and the 3D surfaces were
reconstructed from the stack of contours. The segmentation included the visceral segment of the abdominal aorta
to obtain information of a seemingly healthy vessel, to
approximately 4 cm below the aortic bifurcation including a part of the iliac arteries. The surfaces were smoothed
using the Taubin volume-preserving smoothing algorithm
[32], which is implemented in the vascular modeling toolkit
(VMTK) software [2]. A passband of 0.01 and 80 iterations
was used, that removed surface noise without changing the
AAA sac volume more than 0.2 %.
2.4 Evaluation of wall loading
For the estimation of wall loading reduction in the presence of ILT, finite element analysis (FEA) was used. For
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the purpose of obtaining a relationship between wall loading reduction and the volumetric percentage of ILT in the
sac, VILT, five AAA cases (out of the 11) that presented a
wide range of ILT accumulation were selected, and their
end diastole series were used.
2.4.1 Geometrical AAA model construction
Due to lack of information on wall thickness distribution,
we assumed an uniform thickness of 2 mm. The wall surface reconstructed from the CT images was used to generate
two new surfaces: an “internal” wall surface by inward offsetting the initial surface by 1 mm, and an “external” wall
surface by outward offsetting the initial surface by 1 mm.
2.4.2 Mesh generation
The 3D mesh was generated using ICEM CFD v.12.0.1
(ANSYS Inc., Berkeley, CA, USA). The mesh consisted of
linear tetrahedral elements. Mesh independency tests were
carried out: An AAA geometry was discretized with 0.2,
0.3, and 0.4 million elements (ME), and the AAA volume
increase (the parameter measured in this study) was computed with FEA applying the measured pressure loading
for each case (methodology described below). The difference in volume increase was less than 1 % between the three
meshes used, and we thus considered the solution for the 0.3
ME case mesh independent. Thus, the solid mesh in each
AAA model had approximately 0.3 ME when ILT was abundant, and approximately 0.17 ME when ILT was minimal
or absent. The average maximum element edge length was
1.5 mm, while the mesh density was 2.4–2.6 elements/mm3.
2.4.3 Finite element analysis solver
As reported in [21], it is necessary for accurate AAA biomechanical modeling to recover the zero-pressure state
configuration of the vessel wall, in order to improve wall
distensibility estimation. A similar observation was made in
the FSI analysis presented in [36], where both vessel wall
deformation and blood flow characteristics were affected
when the measured and not the zero-pressure state geometry of a carotid bifurcation was used in the FSI analysis.
Along these lines, we utilized an inverse finite deformation FEA, originally proposed by Govindjee and Mihalic
[12], to recover the zero-pressure state configuration of the
vessel wall with the ILT. In this regard, we developed an
in-house finite element solver [36] that was based on the
open-source C++ library libMesh [17].
Moreover, a recent computational study integrating a
poroelastic description of ILT has shown that wall stress
is insensitive to ILT permeability, and that similar wall
stress estimates where obtained from both poroelastic and
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single-phase ILT descriptions [26]. Following this observation, a single-phase ILT material model is assumed here.
Specifically, the aortic wall and the ILT were assumed
to be isotropic, near-incompressible, hyperelastic materials. The adopted strain–energy function expressions for the
wall and the ILT were the following, respectively:

k
Wwall = α(I − 3) + β(I − 3)2 + (log J)2 ,
2
k
2
WILT = c1 (II − 3) + c2 (II − 3) + (log J)2
2
where α = 0.174 MPa and β = 1.88 MPa [27],
c1 = c2 = 0.026 MPa [37], I, II the first and second invariant of the right Green–Cauchy deformation tensor C, J
the deformation gradient determinant, and k = 103 MPa a
penalty parameter for enforcing the near-incompressible
behavior of blood vessel wall and ILT tissues.
2.4.4 Wall loading estimation
In order to estimate the wall loading in the presence of ILT, we
implemented the following methodology presented in Fig. 1.
First, for each reconstructed AAA model, we applied inverse
finite element analysis to recover its zero-pressure state geometric configuration. Next, forward finite element simulations
were carried out in order to obtain the sac geometry at diastole
(VD) and systole (VS), by applying diastolic (PD) and systolic
pressure (PS) loading, respectively, on the luminal surface of
ILT. We computed the sac volumes, as described in the next
paragraph. Subsequently, the ILT (gray region) was digitally
removed from the zero-pressure state configuration of the
AAA model, and the sac was filled only by the lumen (orange
region). The equivalent wall pressure was determined numerically at diastole (P̃D) and systole (P̃S) by trial-and-error and
keeping constant the material parameters and changing the
applied luminary pressure, so that when applied to the AAA
wall yields VD and VS, respectively. For this convergence
study, when the difference between the volume achieved and
the desired volume was less than 0.1 %, linear interpolation
was used to obtain the equivalent pressure.
The equivalent pulse pressure (P̃ = P̃S − P̃D) is then
used in Eq. (1) for the calculation of corrected wall distensibility (D̃). Although our region of interest was the AAA
sac, the computational domain of the artery also included
part of the neck region and the iliac arteries.
The distensibility error, derror, when ignoring the ILT
effect on wall loading, was calculated based on the P̃, as:

derror =

D̃ − D

=

V
V0 ·P̃

D̃

or derror = 1 −

P̃
P

−

V
V0 ·P

V
V0 ·P̃

=

P − P̃
P
(2)
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Fig. 1  Methodology for
determining the equivalent
wall pressures. Starting from
the end diastolic geometry
reconstructed from CT images,
the zero-pressure state configuration was computed. Step
1 Applying diastolic (PD) and
then systolic pressure (PS) on
the lumen wall, the AAA volume at diastole (VD) and systole
(VS) was computed. Step 2 The
ILT was digitally removed from
the zero-pressure state AAA
model, and the diastolic (P̃D)
and systolic pressure (P̃S) were
computed which yield the AAA
volume increase computed in
Step 1 (ΔV = VS − VD). The
CT scanner coordinate system
embedded in the acquired
images is used for AAA
orientation. The positive Y-axis
here points toward the patient
anterior side
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END DIASTOLIC
SURFACES
RECONSTRUCTED
FROM CT

ZERO PRESSURE STATE
CONFIGURATION

DIASTOLE

Step 1. AAA with ILT intact
PD

VD?

Inverse

Forward

analysis

analysis

SYSTOLE

VS?

PS

Step 2. AAA with ILT digitally removed

(same volume changes as in Step 1.)

VD

~
PD ?

VS

~
PS ?

Fig. 2  Aneurysm region
determination. Cross sections
of “external” wall surface at
0.1 cm intervals (here slices
every 0.3 cm are shown) normal
to the centerline are extracted.
The AAA region considered
was defined between the most
proximal cross section with
D > 3 cm and the most distal
cross section before the split of
the aortic lumen to the common
iliac arteries

To alleviate the need for FEA to obtainP̃, a correlation
between distensibility error and volumetric percentage of
ILT in the sac was sought: derror = f(VILT).
2.4.5 AAA volume determination
For the AAA sac volume calculation, VMTK was first
used to extract the region of interest. Specifically, the
centerline of the “external” wall surface was computed, and cross sections normal to the centerline were
obtained at 0.1-mm intervals (Fig. 2). The boundaries of
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the AAA sac were defined as the most proximal cross
section with 3.0 cm maximum diameter of the “external” wall surface to the last slice just before the aortic lumen splits to the common iliac arteries, or to the
most distal aortic cross section with 3.0 cm maximum
diameter. After cropping the AAA region, the volumes
of AAA sac at diastole and systole were calculated with
the open-source software GNU Triangulated Surface
Library 0.7.6. The VILT was calculated based on the
fraction of thrombus volume in the aneurysm volume
using the following equation:
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Table 1  Distensibility error
(derror) for five AAA cases

Data for VILT foretell a
relationship between derror and
the amount of ILT accumulation

VILT =

Case #
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Luminal pressure
(mmHg)

Equivalent wall pressure Pulse pressure
(mmHg)
(mmHg)

Diastole
PD

Systole
PS

Diastole
P̃D

Systole
P̃S

Luminal
ΔP

Wall
P̃

derror (%)

VILT (%)

2
4
5
6

80
80
77
80

150
130
123
120

10
15
21
28

18
23
34
44

70
50
46
40

8
8
13
18

88
82
72
62

82
73
71
64

10

108

195

58

111

87

53

40

50

VWall − VLumen
VWall

where VWall and VLumen are the volumes enclosed by the
AAA inner wall surface and AAA lumen surface at diastole, respectively.
2.5 Application: image‑based wall distensibility estimation
in a patient cohort
Having obtained a correlation between derror and VILT, we
estimated AAA wall distensibility in 11 patients without
using FEA. Wall distensibility was evaluated provided the
ECG-gated acquired wall displacement between diastole
and systole, the aortic pulse pressure, and VILT, using the
expression:


�V
�V
(1 − derror ) =
(1 − f (VILT )).
D̃ =
V0 · �P
V0 · �P
(3)
Specifically, for the determination of the ΔV/V0 ratio,
the CT series at peak systole and end diastole were used,
as described elsewhere [18]. Briefly, using VMTK as
described above, we calculated the AAA volume enclosed
by the outer wall at diastole and the luminal volume at
diastole and systole. Assuming ILT to be incompressible,
the volume increase in the lumen equals that of the AAA,
which divided by the AAA volume yields the AAA fractional volumetric increase (ΔV/V0). The maximum diameter, dmax, was recorded on the orthogonal slices for each
AAA at the diastolic phase.
From the brachial pressure measurements, the abdominal aortic blood pressure at diastole and systole was estimated based on the correction proposed in [34], where the
brachial systolic pressure was found to underestimate the
aortic pressure by 5 % and the brachial diastolic pressure to
overestimate the aortic pressure by 12 %.
For the wall displacement estimation, a primary source
of uncertainty is the image segmentation process, which
has previously been evaluated by segmenting two AAA
cases by two blinded-independent observers [18]. Using

these two segmentations, we obtained the interobserver
mean difference in the fractional volumetric increase in
AAA (ΔV/V0) required for the distensibility calculation. To
obtain a measure of uncertainty in distensibility calculation
(D, D̃) for each AAA, the interobserver mean difference in
ΔV/V0 was used in Eq. 1 and 3, respectively.
For the purpose of comparing our distensibility results
with other studies, the Young’s modulus, before correction (E) and after correction (Ẽ), was also calculated for all
AAA cases based on the equations:

E=

Rαν (1 − ν 2 )
Rαν (1 − ν 2 )
,
and Ẽ =
h·D
h · D̃

where Rαν represents the radius of the cylinder that has a
volume equal to the AAA sac volume at diastole and length
equal to the AAA length (centerline length), ν is Poisson’s
ration (0.5), and h is the wall thickness (2 mm).
Regression analysis was conducted in Excel (Microsoft,
Redmond, WA, USA). A linear fit and its R2 value between
derror and VILT were obtained. The correlations between D
and D̃ with dmax were evaluated based on the R2 of a linear
curve fit.

3 Results
3.1 Distensibility error when ILT effect on wall loading is
neglected
The results of applying the methodology presented in Fig. 1
for determining the equivalent wall pressures P̃D and P̃S in
diastole and systole, respectively, and the associated distensibility error for five AAA cases with VILT in the range of
50–82 % is presented in Table 1.
Of note is that for all cases considered, computed values of P̃D and P̃S were substantially lower than luminal
pressures, PD and PS, respectively. Interestingly, the computed equivalent wall pressure pulse P̃ was also markedly reduced as compared to the luminal pressure pulse
ΔP for all cases considered. This, as expected based on
the definition of derror, suggests large errors in distensibility
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100

y = 1.031x
R² = 0.846

derror

80
60
40
20
0

0

20

40

60

80

100

VILT

Fig. 3  Linear fit between derror and VILT

estimation when ILT role is neglected. Note that derror may
become very high (>80 %) in AAA cases where relative
ILT accumulation in the sac is >72 %. Based on the values
of VILT presented in Table 1, a positive correlation with derror was apparent. In Fig. 3, VILT was plotted against derror,
and a good linear fit (R2 = 0.846) was found described by
the following expression:
(4)

derror = 1.031 · VILT

3.2 Application: image‑based wall distensibility estimation
in a patient cohort
Table 2 presents, for our AAA patient cohort, errors in distensibility estimation based on Eq. 4 along with distensibility estimates for both healthy aortic and AAA wall sections
based on Eq. 1. Corrected distensibility values for AAA
wall based on Eq. 3 are also presented, as well as Young’s
modulus before and after correction. Of note is that in all

cases, D̃ was higher compared to D. Additionally, in contrast to most large AAAs (dmax > 5 cm, e.g., cases 1, 4, 5, 6),
most small AAAs (dmax < 5 cm, e.g., cases 7, 8, 9, 10, 11)
presented a stiffer wall compared to that of healthy upper
aortic segment (AAA D̃ < Healthy D). Two cases, however,
presented an opposite trend. In case 2 (dmax = 4.7 cm),
AAA wall was more distensible compared to its upper
healthy segment, while in case 3 (dmax = 5.2 cm), AAA
wall was less distensible compared to their upper healthy
segment. It should be noted that the absolute values of
AAA wall distensibility among the two cases were similar,
but there was a difference in the distensibility of their upper
aortic segment.
The mean interobserver difference in ΔV/V0 was 0.0004,
which is one order of magnitude smaller than the measured
ΔV/V0 of AAA sac.
Figure 4 shows correlation of wall distensibility estimate
with maximum diameter when ILT effect is either excluded
(Fig. 4a) or included (Fig. 4b) in the analysis.
As shown in Fig. 3a, no correlation (R2 = 0.01) was
found between D (Eq. 1) and dmax. However, D̃ (Eq. 3)
presented a positive correlation (R2 = 0.568) with dmax
(Fig. 4b).

4 Discussion
With the advances in imaging techniques, wall distensibility estimation is gaining increasing interest for its potential
use in noninvasive determination of AAA wall mechanical
properties, toward a more sensitive, patient-specific rupture

Table 2  Accounting for ILT mechanical effect in AAA wall distensibility (AAA D̃), based on the distensibility estimation error (derror) for all
AAA cases
Case
#

dmax
(mm)

ΔV/V0
healthy

ΔP
(mmHg)

Healthy D
(MPa−1)

ΔV/V0
AAA

AAA D
(MPa−1)

E
(MPa)

VILT
(%)

derror
(%)

AAA D̃
(MPa−1)

Ẽ
(MPa)

1
2
3
4
5
6a
7
8
9
10

68
47
52
65
53
58
44
40
32
49

0.025
0.013
0.055
0.010
0.027
0.009
0.041
0.030
0.043
0.041

67.0
86.5
71.5
50.0
60.7
54.9
67.0
44.4
63.9
108.8

2.83
1.13
5.74
1.47
3.29
1.17
4.61
5.13
5.08
2.80

0.007
0.006
0.028
0.010
0.008
0.013
0.008
0.017
0.005
0.012

0.74
0.49
2.90
1.50
0.96
1.77
0.92
2.81
0.53
0.82

14.96
15.10
2.60
6.36
7.71
4.42
7.50
2.35
9.54
8.77

76
82
15
73
71
64
55
19
19
50

78
85
15
75
73
66
57
20
20
52

3.42
3.17
3.43
6.06
3.58
5.20
2.12
3.49
0.66
1.69

3.24
3.27
2.20
1.57
2.07
1.50
3.25
1.89
7.67
4.25

11

41

0.016

54.9

2.13

0.004

0.57

10.96

22

23

0.74

8.48

Distensibility calculation of healthy (Healthy D) and AAA (AAA D) wall using Eq. 1, where fractional volumetric increase (ΔV/V0) and aortic
pulse pressure (ΔP) are used. For corrected AAA distensibility (AAA D̃), VILT is also taken into account (Eq. 3). Young’s modulus before (E)
and after correction (Ẽ) is also presented. Maximum diameter (dmax) for each AAA is listed
a

  Brachial pressure was unavailable, and a physiological pulse pressure was used
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(a)

4

(b)

y = 0.008x + 0.877
R² = 0.010

2
1

0

10

20

30

Table 3  Comparison of biomechanical properties between our
results and others
Our study

Others

0.53–2.9

0.5–3 [34]

Before
correction

After
In vivo
correction estimation

Young’s 2.35–15.10 1.50–8.48
modulus
(MPa)

y = 0.117x - 2.774
R² = 0.568

5
4
3
2
1

0

40

50

dmax (mm)

D (MPa−1)

7
6

~
D (MPa-1)

3

D (MPa-1)

Fig. 4  Correlation of wall
distensibility with maximum
diameter. a Excluding and
b including ILT mechanical
effect in the analysis. Error
bars (visible at the boundaries
of data symbols) are calculated
based on the mean interobserver
difference in the fractional
volumetric increase
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Ex vivo
measurements

5.50–12.90 [34] 0.30–9.50 [8]

risk assessment. However, while the wall displacement can
be measured exploiting 4D imaging techniques, the wall
loading in the presence of ILT, required for the distensibility calculation, cannot be obtained directly from noninvasive measurements. We showed that a marked error in wall
distensibility estimation may occur if the effect of ILT on
wall loading is neglected.
Interestingly, a positive correlation between the distensibility error and the relative ILT sac volume was found.
While other factors, such as AAA geometry and ILT distribution, are also expected to affect the mean wall loading,
and subsequently the computed equivalent wall pressure,
the relative ILT sac volume had a relatively strong correlation with the distensibility error that appears, in these cases
at least, to be one of the main determinants.
The correction in distensibility not only increased the
distensibility values of each AAA but also changed the
relationship between distensibility and AAA size. While
large AAAs initially had shown a “stiff behavior” based
on their wall displacement data, this was mainly attributed
to the reduced wall loading due to ILT presence. The error
was less in smaller AAAs (dmax < 50 mm) due to lower
ILT deposition. After the correction (Fig. 3b), the distensibility seemed to increase with size, but the correlation
was not so strong: Not all large AAAs (>50 mm) presented
increased distensibility, while there was one AAA with
dmax < 50 mm (case 2) that was more distensible than the
upper aortic wall. Could this AAA be of high rupture risk?
A large follow-up study could show whether distensibility

60

70

80

0

0

10

20

30

40

50

60

70

80

dmax (mm)

is associated with high rupture risk potential and, thus, be
incorporated in a rupture risk assessment model.
Our results appear in agreement with previous studies.
Specifically, we found that in most of the small AAAs, the
wall appears to be stiffer than the upper aortic segment,
which agrees with previous studies [13, 23, 30]. However,
some large AAAs in our study appeared to be more distensible compared to the upper aortic segment. Molacek et al.
[23], who although did not account for the effect of ILT on
wall loading in their analysis, also found AAA distensibility values that either reached or even exceeded the values
of the upper healthy aorta. Wilson’s et al. observed that
AAAs that did not become stiffer, or became more distensible during their evolution were at a particularly high risk
of rupture [40]. Should we assume that the larger AAAs in
our study cohort are in a greater risk of rupture, it would be
reasonable for them to appear more distensible.
In order to examine the physiological relevance of the
distensibility values obtained, we compared them before
correction with previous in vivo studies that neglected the
effect of thrombus on wall loading and the distensibility
values after correction with previously reported results on
mechanical testing of AAA tissues (Table 3). Our results
before correction agree with those of van‘t Veer et al. [34],
that similarly used the volumetric increase and the aortic
pulse pressure for the distensibility estimation. However,
while this study [34] shows good agreement with previous
in vivo estimations of AAA distensibility, they measured a
3–4 times higher AAA wall Young’s modulus compared to
previously reported ex vivo mechanical testing of tangential moduli of AAA specimens [8]. They suggest that a difference in wall thickness between the two studies might be
the reason for such a difference, but based on the present
study, this difference may also be due to the effect of ILT
on wall loading, which they have ignored. We also measured Young’s modulus for all cases. It is interesting to note
that for case 1 and case 2 (which presented the largest VILT
and subsequently the largest increase in distensibility after
correction), it was found 14.96 and 15.1 MPa, respectively,
before distensibility correction. Although these values
fall outside the range obtained by ex vivo testing [8], the
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corrected value of 3.24 and 3.27 MPa, respectively, fall
inside that range. Therefore, the obtained distensibility values after correction appear to better represent the true physical situation.
It is worth commenting that a Young’s modulus-based
description of the mechanical behavior of an artery is rather
simplifying as AAA wall has been shown to exhibit hyperelastic material behavior [27]. The Young’s modulus found
here describes the artery’s elasticity at the applied range of
pressures only.
In general, there are several methods applied to estimate distensibility. We selected to measure distensibility
from volume changes rather than changes in cross section
(or diameter) at the site of maximum expansion, since the
degenerative changes affect the entire AAA, and measuring
the overall behavior seems more realistic [34].
Another concern when estimating AAA wall distensibility is the region selected to measure volume changes. This
has previously been defined as the region spanning from
just distal to the lowest renal artery to the most proximal
to the aortic bifurcation [34]. However, this measurement
could be problematic as this may also include a potentially healthy segment, which is expected to have different
mechanical properties. In this study, the AAA and healthy
segment regions were considered separately in the volume
change calculation for the distensibility estimations.
Several studies have shown that the presence of thrombus reduces the wall stresses. Speelman et al. [31] have
shown a 37 % mean reduction in peak wall stress (PWS) in
a case that presented a mean relative ILT volume of 55 %.
We also found that the equivalent wall pressure is substantially reduced compared to the luminal pressure. For example, in case 5, whose relative ILT volume was similar to the
mean value in [31], there was a 72 % reduction between
luminal (123 mmHg) and equivalent wall (34 mmHg) pressure at systole. At first, such a reduction would seem to
be unrealistically and two times higher compared to [31].
However, the difference is mainly due to the fact that PWS
is a local value that may not be affected as much from the
total ILT volume in the sac, as it is greatly affected by the
local ILT thickness and the wall surface curvature. On the
other hand, the equivalent wall pressure represents a mean
loading value affected by the total volume of ILT. To prove
our point, we calculated the PWS and the mean wall stress
for case 5, when the systolic pressure, PS, was applied at the
zero-pressure state configuration, in the presence and the
absence of thrombus. The PWS presented a 39 % reduction
when ILT was added to the model (similarly to the observations made in [31]), and a 63 % reduction in the mean
wall stress (similarly to the luminal and equivalent pressure
reduction). This reduction is a result of a stress shielding
effect that the ILT has with the present commonly used
material properties and FEA modeling. Our FEA modeling,
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therefore, does not result in a wall stress reduction that is
substantially different from previously reported stress drop
in the presence of ILT.
4.1 Limitations
A limitation of the FEA model is the uniform wall thickness assumption. While it is known that wall thickness varies within and between patients [15] and may affect the
resulting wall stress estimates, and there is currently no
noninvasive technique available to measure it accurately.
However, if the spatial average of our patient-specific variable wall thickness was known and used, the results would
probably not change significantly, as far as the spatial maxima of the first principal stress, strain, strain-energy density, and displacement [28].
Another limitation is the material model for ILT used
in the FEA which may not accurately represent the actual
mechanical effect of ILT on wall loading. The hyperelastic material model used for ILT is a two-parameter, nearincompressible, polynomial constitutive model that has
been developed based on uniaxial tensile tests on AAA
specimens, showing a good fit to the experimental data
[27]. However, more recent studies, where the material
properties of thrombus were re-evaluated with compression
and shear experiments, indicated that ILT has a lower elastic modulus than that determined previously by uniaxial or
biaxial tensile tests [3, 35], and it comprises of three different layers [3]. Therefore, while the poroelastic character of
ILT [1, 4] seems to not affect the wall stress [26], a multilayered, nonhomogenous model of ILT may be needed
before an accurate determination of ILT mechanical effect
can be computed. The results presented here are, therefore,
limited to the assumption of the ILT material model used
and hence show the marked effect that the ILT may have in
the noninvasive distensibility estimation, and highlight that
in vivo estimation of AAA wall distensibility can probably
not be performed before the ILT mechanical effect is accurately characterized. Furthermore, the present study proposes a methodology of distensibility correction that can
potentially be easily adjusted when a more accurate ILT
mechanical modeling is developed.

5 Conclusions
This study investigated the role of ILT on AAA wall loading in the context of wall distensibility noninvasive estimation. We showed that the presence of intraluminal thrombus
could have a marked impact, bound to the material model
assumptions, leading to AAA wall distensibility underestimation. Applying an isotropic hyperelastic material model
for ILT, we found, for a typical VILT of 50 %, a distensibility
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underestimation of ~50 %. To assess the potential value of
noninvasive wall distensibility measurement in AAA rupture risk stratification, further investigation on the role of
ILT on AAA wall loading is warranted.
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