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Abdominal aortic aneurysms (AAAs) are a serious condition whose patho-
physiology is related to phenomena occurring at different length scales.
To gain a better understanding of the disease, this work presents a
multi-scale computational study that correlates AAA progression with
microstructural and mechanical alterations in the tissue. Macro-scale geome-
tries of a healthy aorta and idealized aneurysms with increasing diameter
are developed on the basis of existing experimental data and subjected to
physiological boundary conditions. Subsequently, microscopic representa-
tive volume elements of the abluminal side of each macro-model are
employed to analyse the local kinematics at the cellular scale. The results
suggest that the formation of the aneurysm disrupts the micromechanics
of healthy tissue, which could trigger collagen growth and remodelling by
mechanosensing cells. The resulting changes to the macro-mechanics and
microstructure of the tissue seem to establish a new homeostatic state at
the cellular scale, at least for the diameter range investigated.
1. Introduction
An abdominal aortic aneurysm (AAA) is a condition in which the shape of the
abdominal aorta is permanently altered. It is typically characterized by a local
and irreversible bulging of the vessel wall, which is recognized in clinical
practice when the infrarenal aortic diameter exceeds 30 mm [1,2]. It is a
life-threatening cardiovascular pathology that can go unnoticed for years and
has a high mortality rate if it progresses to rupture [3,4]. Current treatment
is based on surgical intervention, either with a traditional open abdominal pro-
cedure or with endovascular repair by deploying a stent-graft into the
aneurysmal vessel [5,6]. In any case, the risks associated with the procedure,
which are often amplified by factors such as advanced age and concomitant
cardiovascular pathologies, require specific medical criteria to evaluate the
need for an intervention [7]. The most commonly used criterion is based on a
correlation between the probability of rupture and the size of the aneurysm.
In general, current guidelines recommend surgery when the maximum diam-
eter of the aneurysm reaches 55 mm in men or 50 mm in women, or when it
increases by more than 5–10 mm within a year [8–10]. However, autopsy
studies and clinical reports have shown that small AAAs can still rupture
[11,12], while some large ones do not [13,14], suggesting that alternative
approaches should be pursued [7,15,16].
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Various prospective studies have explored biomechanics-
based indicators such as maximum wall stress and rupture
potential index and, based on the analysis of large patient
cohorts, have argued their superiority in relation to the diam-
eter criterion [17–21]. Despite promising achievements, the
reliability of these indicators depends on the accuracy of the
computational biomechanical simulations used to calculate
them, which are closely linked to the modelling framework.
Significant advances have been made over early models
based on Laplace’s law, including the use of advanced consti-
tutive laws, three-dimensional patient-specific geometry and
fluid–structure interaction simulations [22–27]. Nevertheless,
the complex pathogenesis of the disease requires a more
thorough examination of the mechanical behaviour of the
aortic wall. A detailed study of the aortic wall microstructure
and its components and how these evolve during aneurysm
growth can lead to the development of structure-based,
multi-scale constitutive models with improved predictive
abilities [28–31].

The healthy human aorta can be described as a thick-
walled tube composed of three layers (intima, media and
adventitia), each of which has a specific hierarchical arrange-
ment of components at different scales ranging from
molecules to cells, fibrils and fibres to tissue [32–34]. As
with other soft tissues, it is the extracellular matrix (ECM)
that maintains tissue integrity and provides the structural
and biochemical environment in which cells are embedded.
The ECM of vascular tissues appears as a network of collagen
fibres, elastic fibres, elastin layers and proteoglycans [34,35].
Their specific organization is maintained by the mechano-
transduction activity of smooth muscle cells and fibroblasts,
which can sense and respond to mechanical stimuli to
maintain mechanical homeostasis [36,37]. More relevant to
the present study is the disruption of this equilibrium and
the resulting changes in ECM structure and composition, as
they may provide insights into disease progression [38].
In the context of AAA pathogenesis, recent work by
Niestrawska et al. [39–41] identified significant differences
in the microstructure and mechanical behaviour of aneurys-
mal tissue compared with healthy aortas. The authors then
proposed a three-stage model for describing disease develop-
ment [40], based on a widely accepted pathophysiological
theory of aneurysm formation and growth [2,42]. In sum-
mary, loss of elastic fibres and smooth muscle cells initiates
dilatation, followed by extensive growth and remodelling
(G&R) of the collagen fibres and inflammation. The later
stage of AAAs is characterized by the presence of a thick
neo-adventitial layer at the abluminal side of the wall,
which stiffens the tissue and shows a highly isotropic
orientation of collagen fibres [40].

Given these recent findings, it seems obvious that an
answer to the evolution of aneurysms, and in particular to
the mechanobiological aspects involved, suggests a multi-
scale modelling approach, where simulation and experiment
go hand in hand. In this direction, Dalbosco et al. [43] recently
evaluated the mechano-pathological theory of Niestrawska
et al. [40] by simulating the equibiaxial loading of representa-
tive volume elements (RVEs) of the arterial microstructure in
the healthy tissue and in different stages of AAA, with a
special focus on the changes in collagen arrangement. How-
ever, a major limitation of [43] is that only the micro-scale
of the tissue, subjected to an equibiaxial macroscopic defor-
mation of 10%, was modelled. In reality, given the bulging
of the wall as the disease progresses and a thrombus is
built up—as observed in approximately 75% of AAAs
[44,45]—it is to be expected that the macroscopic mechanics
of the wall will also change, affecting the microscopic
mechanical state of the tissue.

To fill this gap, we propose here a two-scale compu-
tational finite-element (FE) model that describes the passive
behaviour of the abdominal aorta. The macro-scale is located
at the tissue level, and the micro-scale consists of RVEs in
which a network of collagen fibres is embedded in a
ground substance identified as the non-collagenous part of
the tissue [43,46]. First, the healthy abdominal aorta is simu-
lated as a three-layered cylindrical segment under in vivo
loading conditions. The deformation of points at the ablum-
inal side of the vessel is then applied to (microscopic) RVEs
whose geometry is based on the collagen configuration of
the healthy adventitia [39,43]. The resulting deformation
fields in the RVEs are then interpreted as the homeostatic
mechanical state experienced by vascular cells, particularly
fibroblasts, in the healthy non-aneurysmal tissue.

Subsequently, models of the aneurysms are created with
an idealized fusiform geometry [47], including the presence
of an intraluminal thrombus (ILT), for different disease
stages [40,43] and varying diameters. As in the previous
case, the deformation from the abluminal side of each AAA
is then applied to RVEs representing the microstructural con-
figuration of the corresponding disease stage. The resulting
deformation fields at the micro-scale are then compared
with the healthy case and evaluated along AAA (stage) pro-
gression and diameter increase. The goal is to correlate
changes in the micro-mechanical state of the tissue with
possible mechanobiological cues that might drive G&R
through vascular cells, with a focus on the formation of the
neo-adventitia.
2. Methods
2.1. Macroscopic simulations
This section describes geometries, boundary conditions and con-
stitutive models employed in the macroscopic simulations at the
tissue scale. In such models, a distinction is made between an
unknown stress-free reference configuration Vref, a load-free
but residually stressed configuration V0 which represents the ex
vivo state of the vessel, and finally the loaded current configur-
ation V, which e.g. can be observed through medical imaging
[48]. While inverse design analyses have been proposed to
identify the reference configuration of the FE model [49,50], we
instead chose a simplified approach combining experimental
observations and simulations. All macroscopic analyses were
performed with the commercial FE software Abaqus/Standard
2018 (Dassault Systèmes Simulia Corp, Providence, RI, USA)
using the implicit static solver, custom Python scripts and a
user material definition.

2.1.1. Healthy abdominal aorta
The healthy aorta in the load-free configuration V0 is modelled
as a thick-walled cylindrical segment with inner radius R0, thick-
ness T0 and unit length in the axial direction [51]. A three-layered
structure including the intimal layer is adopted, which is thought
to be representative of elderly individuals—who are more prone
to developing AAA [3,4,42]—with non-atherosclerotic intimal
thickening [52,53]. The intima, media and adventitia correspond,
respectively, to 20%, 50% and 30% of the wall thickness [52].
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Figure 1. (a) Sketch of closure simulation on a healthy aortic segment with referential inner radius Rref, thickness Tref and opening angle θref using a displacement
�u, to calculate residual stresses with the three-layered arrangement of intima, media and adventitia; (b) sketch of the main simulation on the residually stressed,
healthy aortic segment with initial inner radius R0 and thickness T0, which deforms to a final radius r and thickness t due to the effect of axial stretch λax and
intraluminal pressure p; (c) sketch of the simulation on the model with the abdominal aneurysm consisting of three regions: the aneurysm sac, with initial length-
L0,an and inner radius R0,an, a transition zone (neck) and a healthy cylindrical part with inner radius R0; the initial combined length of both is given by L0 and the
wall thickness T0 is assumed to be constant. The model also contains an axisymmetric intraluminal thrombus (ILT) with initial thickness T0,ILT at the luminal side of
the aneurysm sac. The aneurysm is subject to the same axial stretch λax and intraluminal pressure p as the healthy aorta, resulting in a deformed outer diameter
dan. In (b) and (c), the solid elements shown in yellow are representative regions whose final deformation state is passed to the RVE as input for the micro-scale
simulations. Symmetry along the longitudinal axis of the aorta is always assumed.
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Only a quarter of the aortic segment is simulated with appropri-
ate boundary conditions to enforce symmetry. The geometry is
meshed using linear hexahedral elements with a mixed stress-
displacement formulation for material incompressibility and an
appropriate mesh refinement in the wall thickness to resolve
the layer-specific stress fields.

The configuration V0 is characterized by the presence of
unknown residual stresses. Therefore, the finite-element simu-
lations consist of two different stages. First, residual stresses are
computed based on the concept of the opening angle, which
can be measured ex vivo on excised rings of the aorta [52].
From a biomechanical perspective, the role of residual stresses
is to reduce the stress gradient within each layer of the arterial
wall in the physiologically loaded configuration. In the absence
of consistent information on the opening angle for the layer prop-
erties of the aortic wall adopted in this work [39], we have
identified an optimal value 2θref that minimizes the intramural
layer-specific stress gradients in the final deformed configuration
[54]. In the unknown reference configuration, the healthy aortic
wall is described as an open circular segment with an inner
radius Rref, thickness Tref and unit length in the axial direction
(figure 1a). Closing is simulated by specifying displacements
on a free edge of the ring, so that the load-free radius R0 corre-
sponds to the measured ex vivo value [52]. The stress field
obtained defines the initial residual state, i.e. a self-equilibrated
stress state in the undeformed, load-free configuration V0 [55].

In the second stage, in vivo loading is simulated by applying
an axial stretch and an internal pressure with the load-free con-
figuration V0 serving as a reference (figure 1b). The in vivo
axial prestretch λax contributes significantly to mechanical
homeostasis as it allows the axial force in the artery to remain
unchanged during the cardiac cycle [56]. Importantly, this
value is generally larger than the in situ stretch λax,0, which
was determined experimentally from the length of excised
aortic segments [57]. Therefore, an iterative procedure was
adopted to identify the axial in vivo prestretch as the optimal
stretch at which the reduced axial force [48] remains approxi-
mately constant, in the range of physiological pressures [54].
A summary of the quantities of interest employed in the FE
simulations is provided in table 1.
2.1.2. Abdominal aortic aneurysm
The abdominal aneurysm is defined as an axisymmetric solid
with a fusiform section in the axial-radial plane, described by

RðZÞ ¼ R0 þ R0,an � R0 � c3
Z2

R0

� �
exp �c2

Z
R0

c1
����

����
� �

, ð2:1Þ



Table 1. Parameters employed in the FE element simulations of the healthy abdominal aorta.

geometry and loading

parameter description numerical value refs.

Rref (mm) radius of the open segment 8.05

Tref (mm) thickness of the open segment 1.46

2θref (deg) opening angle 100.0

R0 (mm) radius of aortic wall ex vivo 5.61 [52]

T0 (mm) thickness of aortic wall 1.46 [52]

λax,0 (−) axial prestretch in situ 1.07 [58]

λax (−) axial prestretch in vivo 1.184

p (mmHg) internal pressure 120.0

material parameters

parameter description intima [39] media [39] adventitia [39]

μA (kPa) shear modulus of matrix 6.88 30.52 3.77

k1 (kPa) shear modulus of fibres 4.90 22.81 0.36

k2 (−) exponential parameter of fibres 41.95 22.78 45.88

κip (−) in-plane fibre dispersion 0.261 0.208 0.232

κop (−) out-of-plane fibre dispersion 0.484 0.487 0.466

α (deg) in-plane fibre mean anglea 3.25 6.91 77.53
aWith respect to the circumferential direction.
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where R0,an is the maximum radius of the aneurysm in
the reference configuration, and c1, c2, c3 are geometric
coefficients [24].

The initial length of the aneurysm L0,an=f1 R0,an depends on
the maximum radius by a geometric parameter f1 [24] while
the thickness T0 is here assumed to correspond to the healthy
aorta. Although aneurysms can lead to a thickening of the
aortic wall, other studies have found that a thrombus-covered
wall can be significantly thinner [59]. Moreover, Niestrawska
et al. [40] reported that the intima and media of some of their
AAA samples appeared to have split open and therefore, despite
collagen accumulation and formation of the neo-adventitia on
the abluminal side of some specimens, there was no significant
difference in thickness between different tissue stages.

The geometry extends in the axial direction for an additional
length L0 = L0,an, which includes a portion of the healthy aortic
wall and an intermediate transition zone (figure 1c). To the
best of the authors’ knowledge, there is no clear characterization
of such a region in the literature. However, it appears reasonable
to define a zone corresponding to the geometrical change from
the healthy to the aneurysmal wall and include also here a
transition in terms of mechanical response, see §2.1.3 and
appendix A.

The ILT is simplified as a hollow, axisymmetric solid
adjacent to the luminal side of the aneurysm sac. The reference
thickness T0,ILT is computed from Tong et al. [60] where exper-
imental observations revealed an empirical correlation between
the maximum thickness of the thrombus and the maximum in
vivo diameter of the aneurysm dan. Both the wall and the ILT
are each described by a single material layer. Only a quarter of
the model is simulated with appropriate boundary conditions
to enforce symmetry. The geometry is meshed using linear
hexahedral elements with a mixed stress-displacement formulation
for material incompressibility. Preliminary studies of mesh
convergence have been performed.

In contrast to the simulations of the healthy aorta, the
current configuration V of the aneurysm under physiological
loading is considered to be known, in particular the in vivo maxi-
mum outer diameter dan, which is used in clinical practice to
assess the risk of rupture of AAAs [9]. The unknown reference
configuration is determined by an inverse procedure that finds
the optimal value of the initial radius R0,an of the aneurysm
such that the deformed external diameter corresponds to dan. To
illustrate the changes along the AAA growth, three values of dan
(45, 55 and 65 mm) were simulated. In order to estimate the influ-
ence of mechanical and microstructural alterations along AAA
pathogenesis, two different disease stages—the early and the
late [40,43]—were considered for each diameter (six simulations
in total). Since no relationship between tissue stage and aneurysm
size could be found [40], using the same diameters for different
tissue stages was aimed at investigating the interplay between
microstructural remodelling and AAA growth.

In vivo loading is simulated by applying axial stretch to the
healthy portion of the aorta and internal pressure throughout
the vessel (figure 1c). The in vivo axial prestretch λax is taken
from the previous simulation on the healthy wall, since no
more detailed experimental characterization on AAAs is
available. For the same reason, residual stresses in the circumfer-
ential direction of the aneurysm are neglected. A summary of the
quantities of interest employed in the FE simulations can be
found in table 2.
2.1.3. Constitutive models
The mechanical behaviour of both the healthy and aneurysmal
aortic wall is described by the anisotropic strain-energy function
CA proposed by Holzapfel et al. [61] (the subscript A stands for



Table 2. Parameters employed in the FE element simulations of abdominal aortic aneurysms.

geometry and loading

parameter description early AAA late AAA refs.

R0 (mm) radius of healthy aortic wall ____________ 5.61 _____________ [52]

T0 (mm) thickness of aortic wall ____________ 1.46 _____________ [52]

dan (mm) maximum diameter of AAA in vivo ___________ 45-55-65 ___________

2R0,an (mm) initial diameter of the AAA (for each dan) 36.4-45.0-53.6 39.7-49.0-56.6

f1 (−) geometric parameter _____________ 4.0 _____________

c1 (−) geometric parameter _____________ 0.5 _____________

λax (−) axial prestretch in vivo ____________ 1.184 ____________

p (mmHg) internal pressure ____________ 120.0 ____________

material parameters

parameter description early AAA [40] late AAA [40] ILT [45]

μA (kPa) shear modulus of matrix 0.59 3.78 —

μI (kPa) stress-like parameter for ILT — — 9.26

b (−) non-dimensional parameter for ILT — — 1.62

k1 (kPa) shear modulus of fibres 1.30 8.96

k2 (−) exponential parameter of fibres 47.51 636.29

κip (−) in-plane fibre dispersion 0.242 0.224

κop (−) out-of-plane fibre dispersion 0.433 0.402

α (deg) in-plane fibre anglea 6.55 22.90
aWith respect to the local circumferential direction.
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anisotropic), which contains two families of fibres with non-
symmetric fibre dispersion. Assuming incompressible behaviour,
the strain-energy function reads

CA ¼ mA

2
(I1 � 3)þ

X
i¼4,6

k1
2k2

exp [k2ðIwi � 1Þ2]� 1
� �

� pðJ � 1Þ,

(2:2)

where μA > 0 and k1 > 0 are stress-like material parameters, and
k2 > 0 is a dimensionless parameter. In equation (2.2), I1 ¼ C : I is
the first invariant of the right Cauchy–Green tensor C, where I is
the second-order identity tensor, J ¼ ffiffiffiffiffiffiffiffiffiffiffi

detC
p

. 0 is the volume
ratio and p is a Lagrange multiplier that enforces material incom-
pressibility. The invariant Iwi with respect to the stretch of a
single family of fibres is expressed by

Iwi ¼ C :Hi, with Hi ¼ AIþ BMi �Mi

þ ð1� 3A� BÞMn �Mn, i ¼ 4, 6, (2:3)

where Hi is a second-order symmetric structure tensor, Mi with
kMik=1 represents the reference mean orientation of the ith
fibre family, Mn is an out-of-plane unit vector, and A, B are coef-
ficients related to the in-plane and out-of-plane dispersion of
fibres κip and κop [61].

The model described in (2.2) has been implemented as user
material for the FE solver Abaqus/Standard, with an analytical
derivation of the Cauchy stress tensor and of the spatial elasticity
tensor. The material parameters adopted in the simulations of the
three-layered healthy aorta can be found in table 1. Two sets of
parameters were employed for the aneurysmatic tissue to
account for the different stages of the disease [40,43], as shown
in table 2.
The healthy portion of the wall in the geometry with the
aneurysm was modelled as a single layer with homogenized
mechanical behaviour, while in the intermediate region, we
assumed a continuous transition from the behaviour of the
homogenized healthy wall to the behaviour of the aneurysm.
We performed this homogenization process directly on the
stress–strain response of the tissue under equibiaxial tension
(appendix A), not on the material properties, because of the
nonlinear nature of (2.2).

Although a layered structure with an anisotropic luminal
layer is observed in aged thrombi [45], for simplicity the ILT is
modelled as a single layer of homogeneous material with iso-
tropic properties. The layer-specific experimental data from
biaxial tests reported in Tong et al. [45] were homogenized
using the same procedure mentioned above and fitted with the
exponential isotropic strain-energy function CI proposed by
Demiray [62] (the subscript I stands for isotropic)

CI ¼ mI

2
[ exp [bðI1 � 3Þ]� 1]� pðJ � 1Þ, (2:4)

where μI > 0 is a stress-like material parameter and b > 0 is a non-
dimensional parameter. The model described in (2.4) has been
implemented as a hyperelastic user material for the FE solver
Abaqus/Standard. The material parameters adopted in the
simulations can be found in table 2.

2.2. Microscopic simulations
In this section, geometries, boundary conditions and constitutive
models for the multi-scale simulations of arterial tissue at the
cellular level are described. The methods presented here were
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2.2.1. Geometry, mesh and boundary conditions
RVEs, which represent a tissue-level point (figure 2) and consist
of two families of collagen fibres embedded in a ground sub-
stance of non-collagenous micro-constituents, were constructed
for three different stages of AAA pathogenesis, namely:

— the fibroblast-rich adventitia of a healthy aorta, whose col-
lagen fibres are preferentially aligned in an axial direction
[39,43] (figure 2a);

— the abluminal side of an early AAA [40,43], in which there is
a realignment of collagen fibres towards the circumferential
direction (figure 2b);

— the abluminal side of a lateAAA [40,43],with a stiff neo-adven-
titia characterized by a highly isotropic distribution of collagen
fibres in the circumferential-axial plane (figure 2c).

Five RVEs for each stage were generated using a stochastic
algorithm described in [43], which gradually adds collagen
fibres (red and blue lines in figure 2a–c) to the ground substance
(shown in pink in figure 2a–c) by sampling the direction of the
fibre from a specific von Mises distribution, characterized by a
mean fibre angle α, an in-plane dispersion parameter κip and
an out-of-plane dispersion parameter κop. For each of the three
stages, values for these parameters were taken from the literature
[39,40]; these are the same ones from our previous work [43] and
in the macroscopic models (§2.1).

Each RVE measures 500 × 500 × 100 μm along the circumfer-
ential, axial and radial directions of the arterial tissue. This size
was chosen to ensure a representative network of collagen
fibres, accounting for volume fractions of 40% for the healthy
adventitia and 60% for the aneurysmatic tissue, see [43] for
more details. After each RVE was generated, the set of fibre direc-
tions was fitted to the von Mises distribution to obtain the
effective values of α, κip and κop for that particular RVE. In gen-
eral, there is good agreement between the microstructural
parameters reported in the literature for each of the three
stages and the corresponding (effective) parameters for the
three sets of five RVEs (table 3), suggesting that the fibre net-
works are sufficiently representative of each microstructure.

The ground substance of each RVE is meshed with second-
order hexahedrons. The element size was defined as 12.5 μm
after mesh convergence analyses [43]. The collagen fibres are
meshed with second-order truss elements in such a way that
each fibre element is fully contained in a particular hexahedron
to which it is attached by a no-slip kinematic bond—the so-
called embedded elements technique, see [43,46] for more details.

Since they represent a tissue-level point, RVEs are assu-
med to undergo incompressible biaxial deformation in the
circumferential-axial plane, characterized by the deformation
gradient ½½F�� ¼ diag(λcirc, λaxial, λrad), in which the principal
stretches λcirc, λaxial and λrad are obtained from the tissue-level
simulations (figure 2).

A volume-averaging multi-scale framework is used to simu-
late the biaxial deformation of the RVEs while ensuring energy
consistency between the macro and micro-scales; details on this
theory can be found elsewhere [66,67]. As suggested in [46], per-
iodic displacement fluctuations are enforced at the boundary of
the RVEs.
2.2.2. Constitutive models
The ground substance of the RVEs is modelled as a nearly incom-
pressible neo-Hookean material whose strain-energy function Cg

is given in the decoupled form

CgðCÞ ¼
Gg

2
ð�I1 � 3Þ þ Kg

2
ðJ � 1Þ2, (2:5)

where C ¼ J�2=3C is the isochoric right Cauchy–Green tensor,
with �I1 ¼ C : I its first principal invariant, Gg is the shear



Table 3. Experimental (target) and numerical (effective) parameters of the bivariate von Mises distributions for the three microstructural stages of the arterial
tissue considered in the present study. Values are given as medians and interquartile ranges.

healthy adventitia early AAA late AAA

exp. [39] num. exp. [40] num. exp. [40] num.

(n=16) (n=5) (n=6) (n=5) (n=6) (n=5)

α (deg) 77.53 77.35 6.55 7.59 0.00a 0.00

[67.04–84.02] [73.46–79.92] [5.19–11.62] [5.88–8.41] [0.00–0.00]

κip (−) 0.232 0.217 0.242 0.236 0.500a 0.500

[0.192–0.282] [0.205–0.239] [0.234–0.260] [0.231–0.259] [0.500–0.500]

κop (−) 0.466 0.468 0.433 0.432 0.402 0.401

[0.459–0.479] [0.465–0.471] [0.425–0.441] [0.432–0.435] [0.379–0.421] [0.400–0.403]
aAssuming an isotropic in-plane fibre dispersion, κip = 0.5 and the mean in-plane angle α becomes superfluous.

Table 4. Constitutive parameters employed in the RVE simulations.

material parameters

parameter description healthy adventitia early AAA late AAA refs.

Gg (kPa) shear modulus of ground substance 3.77 0.59 3.78 [39,40]

Eif (MPa) collagen fibre stiffness (normal distribution) 54.3 ± 25.1 (mean ± s.d.) [68]

a (−) waviness parameters 4.84 4.00 3.29 [41,43]

b (−) (beta distribution) 1.54 1.10 0.64
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modulus of the ground substance and Kg is a penalty (volu-
metric) parameter, which was chosen to be Kg = 100Gg to ensure
nearly incompressible behaviour. The values of the shear modulus
for each of the three tissue stages are summarized in table 4.

Since collagen fibres in the unloaded arterial tissue are wavy
[41,69], a fact not taken into account in the geometry of the RVEs
(figure 2a–c), each ith fibre is assigned a strain-energy function
C fi of the form [43,46]

Cfi ðlÞ ¼
0 if 0 , l , lir,
Ei

f

2 ðl� lirÞ2 if l � lir,

(
(2:6)

where Ei
f is the fibre stiffness, λ is the stretch applied to the fibre

and lir is the recruitment stretch of the fibre. Therefore, it is
assumed that fibres only bear load when they are recruited, i.e.
when the stretch λ applied to the fibre is higher than lir. This
simulates the well-known phenomenon of gradual fibre recruit-
ment responsible for the characteristic nonlinear mechanical
response of arterial tissue [33,70,71].

To account for variability of waviness and stiffness between
the fibres, each ith fibre is assigned to different values of Ei

f
and lir. The former is taken from a normal distribution with a
mean of 54.3 MPa and a standard deviation of 25.1 MPa (table
4), while the latter is taken from a beta distribution with the form

rrðPsÞ ¼ Ps
a�1ð1� PsÞb�1

Bða, bÞ , (2:7)
where B(a, b) is the beta function and Pi
s is a measure of

the waviness of the ith fibre with respect to its recruitment
stretch lir ¼ 1=Pi

s (figure 2d ). The parameters {a, b}, which
are different for each tissue stage, are given in table 4. The
beta distributions for each parameter set are shown in
figure 2d, where it can be seen that fibres tend to be straighter
(Pi

s ! 1) in diseased tissue as experimentally identified by
Niestrawska et al. [41].
2.3. Statistical analyses
Simulation results were analysed at the macro- and micro-scales;
regarding the latter, results were organized in groups of five
RVEs according to the three tissue stages (healthy, early AAA
and late AAA) and the maximum diameter of the aneurysms
(45, 55 and 65 mm). Since normality of the data could not be
assumed, the non-parametric Mann–Whitney U test was used
to check for differences between groups.
3. Results and discussion
The results of the finite-element simulations are summarized
in figure 3, where the field of maximum principal stretches λ1
is plotted (a) for the healthy aorta and (b–g) for AAAs with a
maximum (deformed) diameter ranging from 45 to 65 mm.
For the latter, results are shown for each size for (b–d )
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Figure 3. Maximum principal stretch λ1 of the macro- and micro-scale models of (a) the healthy abdominal aorta (AA) and of AAAs with diameters ranging from
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AAAs at an early stage and (e–g) at a late stage, after for-
mation of the neo-adventitia ([40,43], see also figure 2 and
table 2).

Macroscopic results show a fairly homogeneous defor-
mation field in the healthy aorta (a), resulting in a hoop stress
of about 100 kPa in the medial layer, which is widely accepted
as the physiological stress value in a healthy abdominal
aorta [72]. However, the AAA models (b–g) show important
inhomogeneities in the deformation field due to the altered
mechanical properties of the wall and its fusiform shape.
In both early (b–d ) and late (e–g) AAAs, the intraluminal
thrombus, which is more compliant, deforms considerably
more than the aortic wall. This could indicate a protective
(mechanical) function of the thrombus, as previous works
suggested [23,73], although other concurrent effects (e.g.
inflammatory processes [74] or hypoxia of the aortic wall
due to isolation from blood flow [75,76]) associated with the
presence of an ILT are not captured by the present model.

Also in terms of the macro-models, the stretches in the
aortic wall of early AAAs (b–d ) are higher than their late
counterparts (e–g), consistent with the observations in Nies-
trawska et al. [40], which reported a significant increase in
the stiffness of the aortic tissue at a later stage. For early
AAAs, stretches tend to be higher at the neck region of the
wall, which has also been reported for real aneurysms [77];
on the other hand, the stretches in the late AAAs are lower
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the AAA stages, the same test showed a significant difference only for λ1 medians of an AAA with a diameter of 65 mm (asterisk).
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in this region. In this context, it has to be taken into account
that the mechanical properties in the transition zone (i.e. the
neck) are actually not derived from experiments but are
interpolated from the parameters of the healthy and diseased
tissue, see §2.1.3 and appendix A. Moreover, the reference
geometries for early and late AAAs are different in order to
have the same deformed diameter, as discussed in §2.1.2.
Both assumptions of the model might also influence these
contrasting results in the neck region, which, however, is
not the region of interest in the present study.

The field of maximum principal stretches λ1 in the ground
substance of exemplary RVEs is shown at the micro-scale for
each of the seven cases of figure 3. Since the ground substance
encompasses all non-collagenous micro-constituents of the
tissue, including mechanosensitive vascular cells such as
fibroblasts, the microscopic deformations are interpreted
here as possible mechanotransduction cues [64,65] sensed
by cells, see Dalbosco et al. [43] for a more detailed discussion
on this particular choice. For the three exemplary RVEs
shown in figure 3, important differences between the healthy
(a) and diseased (b–g) states can be seen; on the other hand,
these differences are much less pronounced in RVEs of
early AAAs (b–d ) and late AAAs (e–g) with the same diam-
eter. Likewise, there are only negligible changes to the
distribution of λ1 with increasing diameter for each disease
stage, at least qualitatively.

In order to quantitatively compare the seven cases from
figure 3, the median (M) and interquartile range (IQR) of
the maximum principal stretches λ1 were calculated from
all integration points of each individual RVE mesh. These
quantities were then organized in groups of five RVEs
according to the three tissue stages (healthy, early AAA and
late AAA) and the maximum diameter of the aneurysms
(45, 55 and 65 mm). Boxplots of M and IQR values grouped
according to the three tissue stages (healthy, early AAA and
late AAA) and the maximum diameter of the aneurysms
(45, 55 and 65 mm) are presented in figure 4.

From figure 4, one can see that in general both the median
(figure 4a) and the IQR (figure 4b) values of λ1 are signifi-
cantly higher in the diseased tissue compared with the
healthy aorta, as indicated by the asterisks. This means that
fibroblasts in AAAs would, on average, experience higher
and more dispersed levels of deformation than the levels of
deformation of the healthy adventitia, which could have
mechanobiological implications. On the one hand, it is
known from in vitro studies [65,78,79] that fibroblasts
can sense their mechanical environment and respond accord-
ingly—among other things, by promoting collagen G&R—
when it deviates too far from healthy, homeostatic levels. In
this respect, the differences predicted by the model between
the micro-mechanics of healthy and diseased tissue could
drive the changes in the collagen network in AAAs, as
observed by Niestrawska et al. [40]. Importantly, this G&R
process could be enhanced by the activation of fibroblasts
to myofibroblasts (a cell phenotype often associated with
pathological tissues), which is known to occur in response
to altered mechanics at the cellular level [36,80,81].

On the other hand, it can be seen that for all aneurysm
diameters that the median and IQR values of λ1 for RVEs
of early and late AAAs are remarkably similar, although
the geometric and material properties of each disease stage,
as well as the macroscopic deformation gradients applied to
each of them (figure 3), are different. This motivates the
hypothesis that both the macroscopic mechanics and the
microstructure of the tissue—according to the mechano-
pathogenic model of Niestrawska et al. [40]—change symbiot-
ically in the course of the disease in order to keep the level of
deformation in the micro-scale approximately constant. In
this case, the fact that this level is above the healthy one
could mean that cells in the tissue have reached a new
homeostatic state [37]. Importantly, a previous study using
the same micro-scale model [43] showed significantly differ-
ent levels of λ1 when the same macroscopic deformation
gradient is applied to RVEs of early and late AAAs. There-
fore, changes at both scales are required for the model to
provide similar deformation fields at the micro-scale.

Finally, one can see that for RVEs of early AAAs the levels
of λ1 tend to be slightly higher with larger diameters,
although this increase is not significant (Kruskal–Wallis
test: p = 0.26 for the medians, figure 4a, and p = 0.44 for the
IQRs, figure 4b). Nevertheless, this trend, which is mostly
absent in RVEs of late AAAs, leads to a significantly higher
level of deformation in RVEs of early AAAs compared with
their late counterparts for aneurysms with 65 mm of diameter
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(figure 4a). Since this is not the case for smaller diameters (for
which p > 0.05), it could mean that the microstructure of early
AAAs is less effective in maintaining homeostasis at larger
diameters than the late AAA microstructure with a thick
abluminal neo-adventitia (figure 2c). This in turn could be a
reason why the microstructure of the tissue continues to
change from early to late as the aneurysm expands. It also
underscores a hypothetical protective function of the neo-
adventitia in late AAAs, as proposed in [43]—in this case,
especially for larger aneurysmal diameters. In fact, clinical
evidence linking faster AAA growth to an increased rupture
risk [10] may indicate a failure of the tissue to adapt its
microstructure to a rapidly changing geometry.

As a final remark to this section, it is emphasized that all
seven models shown in figure 3 exhibit an important ampli-
fication effect from the macro to the micro-scale. For the
healthy wall, e.g. the median value of the maximum principal
stretch λ1 of the exemplary RVE 3 shown in figure 3a is 80%
higher than the value of λ1 in the macroscopic model. In dis-
eased tissue, this difference is even more pronounced.
This contrast between kinematics at macro- and micro-
scales (i.e. tissue and cell levels), which has been observed
experimentally [82,83] for arterial tissue, could have impor-
tant consequences for microscopic phenomena, e.g. cell
mechanotransduction. Therefore, this should be taken into
account if meaningful results on the micro-scale are to be
obtained [84].
4. Limitations and outlook
Despite the important insights into the mechanobiology of
AAA pathogenesis provided by the model, some limitations
to the present work can be mentioned. In the macroscopic
simulations, an idealized geometry was used to model differ-
ent AAA diameters, which did not take into account possible
changes in the overall shape of a real aneurysm during its
growth. Likewise, the thrombus was simplified into a homo-
geneous axisymmetric solid with isotropic mechanical
behaviour, while in real AAAs it usually has an asymmetric
shape [8] and a three-layered structure with a certain
degree of anisotropy [45]. In this context, applying the
same modelling strategy to more complex, potentially
patient-specific geometries of both the aneurysm and the
thrombus could be the subject of future works. In particular,
regional variations in curvature and wall thickness, which
are common in real AAAs [21,23], could have a significant
influence on the local deformation gradient. This in turn
would also change the results at the micro-scale, which
could be related to mechanobiological phenomena, e.g. the
transition from fibroblasts to myofibroblasts [80,81]. Like-
wise, considering the external support of the perivascular
tissues and spine [85,86] could help to improve the fidelity
of macro-scale models.

Another limitation is that the mechanical behaviour in the
transition zone between healthy and diseased tissue in AAAs
had to be inferred from their respective material properties
(appendix A) due to the lack of specific experimental data.
It is hoped that future studies on the spatial variability of
mechanical properties of AAA tissues will provide better
inputs to FE models like the present one.

Despite the intricate microstructure of arterial tissue
[32–34], both in health and disease, the RVEs employed in
the present work were simplified to a network of collagen
fibres embedded in a ground substance with all non-
collagenous components of the tissue. While this is reason-
able from a purely mechanical point of view (since collagen
is much stiffer than the other micro-constituents), further
refinements of the model could include e.g. proteoglycans
and elastin [34,35] as separate phases. In particular, the
inclusion of elastin as a separate phase in the RVEs would
make it possible e.g. to investigate the consequences of elastin
degradation (which is known to occur already in early stages
of AAA formation [2,38,40]) on cell mechanobiology, which is
also an interesting question for future studies.

Finally, it should be noted that in the present model, only
the passive behaviour of the wall was modelled at both
scales. In this context, the active behaviour of aortic tissue
and chemo-mechanical phenomena, among others, could
also have important implications for AAA pathogenesis
and cell mechanotransduction. These concurring effects also
represent an interesting field of study for future work.
5. Conclusion
In this study, a two-scale FE model of the aortic tissue in
health and disease was presented. At the macro-scale
(tissue level), the healthy aorta and AAAs of increasing size
were modelled to simulate their passive mechanical behav-
iour in vivo. At the micro-scale (cell level), the deformation
gradient obtained from the macro-models was used as
input to simulate RVEs of the healthy and diseased tissues.

In the context of mechanobiology, the microscopic defor-
mations observed in the RVEs were interpreted as possible
mechanotransduction cues sensed by vascular cells. The
results suggest that the formation of an aneurysm disrupts
the healthy micro-mechanical state of the tissue and thus
represents a possible reason for the collagen G&R by mechan-
osensing cells (e.g. fibroblasts) along the AAA development
[40]. After the formation of the aneurysm, an attempt seems
to be made to keep the level of the microscopic deformations
approximately constant with increasing diameter by altering
both the microstructure and the macroscopic mechanics of
the tissue, which could mean that a new homeostatic state
was reached [37], at least for the diameter range investigated
here.

Finally, it is emphasized that these conclusions are inex-
tricably linked to the many hypotheses put forward to
construct the model. However, since, to the best of the
authors’ knowledge, the micro-mechanical state of the
aortic tissue simply cannot be visualized in vivo with current
experimental techniques, the present numerical approach
represents a valuable tool to improve our understanding of
the multi-scale pathogenesis of AAAs.
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Appendix A. Mechanical properties of the transition
zone
The geometries used in the macroscopic AAA simulations
(§2.1.2) consist of a healthy aortic cylinder and a diseased
aneurysm sac. Since these two regions are microstructurally
and mechanically different, it is reasonable to assume that
there is a transition zone between them, which here was
taken to coincide with the aneurysm neck (figure 1c).

To the best of the authors’ knowledge, the material prop-
erties of this hypothetical transition zone are not known from
experiments. Therefore, they were derived from the equibiax-
ial response of the healthy and diseased parts, calculated
from the parameters of table 1 and table 2, respectively,
with the aim to model the transition zone as a mechanically
graded material. Assuming a single material layer in such a
zone, the mechanical parameters of the healthy wall were
also averaged from the three different layers to obtain a con-
sistent transition.

Considering an incompressible equibiaxial stretch λ in the
circumferential-axial plane of the tissue, described by the defor-
mation gradient ½½F�� ¼ diagðlcirc, laxial, lradÞ¼ diagðl, l, 1=l2Þ,
the second Piola–Kirchhoff stress tensor S was calculated from
(2.2) as [61]

S¼ 2
@CA

@C
� pC�1

¼ mAIþ
X
i¼4,6

2k1ðIwi � 1Þexp [k2ðIwi � 1Þ2]Hi � pC�1, ðA1Þ

where p is the Lagrange multiplier that enforces the incompres-
sibility condition calculated here from the plane stress condition
(S33=0). Finally, the Cauchy stress tensor was computed by a
push-forward operation, i.e. σ=FSFT. The resulting stress–
stretch curves are shown in figure 5 for the healthy aorta
(grey), early AAA (purple) and late AAA (red). A series of ficti-
tious stress–stretch responses (dotted curves in figure 5) was
then interpolated from the curves of healthy and diseased
tissue. To get the constitutive parameters for each generated
response, the structural parameters α, κip and κop of the model
(A1) were fixed to values between the healthy and diseased
stages (table 5) and the mechanical parameters μA, k1 and k2
were then fitted to each generated response. The results are
shown in figure 5 as dashed curves, where it can be seen that a
good fit (R2 ≥ 0.99) could be achieved for all interpolated
responses. The parameters obtained in this way for each curve
of figure 5 are presented in table 5.

The method described above was implemented in Matlab
(The MathWorks Inc., Natwick, USA) to generate any desired
number of interpolated curves. Based on the finite-element
mesh, each line of elements in the transition zone of macro-
scale models is assigned a different set of parameters, consider-
ing equally spaced intervals along the longitudinal direction
from healthy to diseased properties to ensure a smooth tran-
sition of deformation fields (figure 3) along the length of the
AAA, as one would expect from a biological material.



Table 5. Parameters of the interpolated curves shown in figure 5.

interpolated material parameters: healthy aorta → early AAA

parameter numerical value

μA (kPa) 11.61 10.17 8.74 7.31 5.87 4.44 3.01 1.57

k1 (kPa) 18.80 16.62 14.44 12.27 10.09 7.92 5.74 3.58

k2 (−) 30.71 30.66 30.60 30.51 30.38 30.18 29.81 28.92

κip (−) ______________________________________ 0.240 _________________________________________

κop (−) ______________________________________ 0.460 _________________________________________

α (deg) ______________________________________ 15.0 _________________________________________

interpolated material parameters: healthy aorta → late AAA

parameter numerical value

μA (kPa) 5.61 5.87 6.10 6.30 6.49 6.66 6.79 6.88

k1 (kPa) 40.24 38.06 35.24 31.65 27.17 21.77 15.56 9.02

k2 (−) 36.70 44.76 55.33 69.51 89.11 117.2 159.6 228.5

κip (−) _______________________________________ 0.230 ________________________________________

κop (−) ______________________________________ 0.440 _______________________________________

α (deg) _____________________________________ 23.5 _______________________________________
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