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Abstract We present a fluid-solid-growth (FSG) computational framework to
simulate the mechanobiology of the arterial wall. The model utilises a realistic
constitutive model that accounts for the structural arrangement of collagen fibres
in the medial and adventitial layers, the natural reference configurations in which
the collagen fibres are recruited to load bearing and the (normalised) mass-density
of the elastinous and collagenous constituents. Growth and remodelling (G&R) of
constituents is explicitly linked to mechanical stimuli: computational fluid
dynamic analysis produces snapshots of the frictional forces acting on the endo-
thelial cells; a quasi-static structural analysis is employed to quantify the cyclic
deformation of the vascular cells. We apply the computational framework to
simulate the evolution of a specific vascular pathology: abdominal aortic aneurysm
(AAA). Two illustrative models of AAA evolution are presented. Firstly, the
degradation of elastin (that is observed to accompany AAA evolution) is pre-
scribed, and secondly, it is linked to low levels of wall shear stress (WSS). In the
first example, we predict the development of tortuosity that accompanies AAA
enlargement, whilst in the latter, we illustrate that linking elastin degradation to
low WSS leads to enlarging fusiform AAAs. We conclude that this computational
framework provides the basis for further investigating and elucidating the
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aetiology of AAA and other vascular diseases. Moreover, it has immediate
application to tissue engineering, e.g., aiding the design and optimisation of tissue
engineered vascular constructs.

1 Introduction

Tissue engineering offers the possibility of developing a biological substitute
material in vitro with the inherent mechanical, chemical, biological, and
morphological properties required in vivo, on an individual patient basis [1].
Computational modelling has an integral role to play in these ambitions. However,
for in-silico modelling to realise its potential, i.e. to guide the design and opti-
misation of tissue engineered constructs, it must accurately represent the under-
lying mechanobiology. Whilst early modelling attempts are characterised by a
substantial distance between computer and bench, the integration of biological
experiments and simulation efforts are increasing [2].

The need for improved mechanobiological modelling is not restricted to the
domain of tissue engineering, such research is necessary to guide our under-
standing of human physiological and pathophysiology, e.g. the evolution of
vascular diseases. In this chapter, we illustrate a computational model for the
evolution of abdominal aortic aneurysm (AAA). It combines a realistic micro-
structural model of the arterial wall with computational fluid dynamics and
structural analyses to quantify the mechanical environment that acts on the
vascular cells. Growth and remodelling algorithms simulate the cells responding to
mechanical stimuli and adapting the tissue structure. The model simulates a
fusiform abdominal aortic aneurysm that evolves with similar mechanical, bio-
logical and morphological properties with those observed in vivo. Whilst in need
of further sophistications to more accurately reflect the mechanobiology of the
arterial wall, it should be readily recognisable to the reader that this computational
framework has substantial potential to be applied to aid the design and optimi-
sation of tissue engineered vascular constructs.

Abdominal Aortic Aneurysm (AAA) is characterised by a bulge in the
abdominal aorta. Development is associated with dilation of the arterial wall and
the possibility of rupture [3]. Prevalence rates are estimated between 1.3 and 8.9 %
in men and between 1.0 and 2.2 % in women [4]. They are more common in
subjects who smoke [5] and suffer from hypertension [6]. Between 80 and 90 % of
ruptured AAAs will result in death [7]; rupture is responsible for 1–2 % of all
deaths in the UK each year [8]. Surgery to repair the AAA is an option; however, it
is a high-risk procedure with a 5 % mortality rate [9]. Intervention is recommended
when the risk of rupture exceeds the risk of surgery. Statistically, this occurs when
the diameter exceeds 5.5 cm [10]. However, such a criterion fails to identify small
AAAs with high risk of rupture [11] and large AAAs with low risk [12]. Thus there
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is a pressing need for improved diagnostic criteria to aid clinical decisions:
distinguishing those AAA most at risk of rupture will yield significant improve-
ments in patient healthcare.

To understand the aetiology of AAA requires a thorough understanding of the
underlying biological mechanisms that govern arterial growth and remodelling
(G&R) in both healthy and diseased states [13]. This is an extremely challenging,
multidisciplinary problem: not only is the function of individual components of the
system elusive, their interactions remain unclear as well. In fact, modelling the
mechanical response of the healthy arterial wall alone poses significant challenges
in itself: it is a highly complex integrated structure [14]. However, it is envisaged
that models of AAA evolution [15–18] will lead to a greater understanding of the
pathogenesis of the disease and may ultimately yield improved criteria for the
prediction of rupture.

A pre-requisite to modelling AAA evolution is to model the biomechanics and
mechanobiology of the healthy arterial wall. Briefly, the artery, consists of three
layers: intima, media and adventitia. The innermost layer is the intima, this con-
sists of a basement membrane and a lining of endothelial cells (ECs). ECs form a
permeability barrier between the blood flow, the vessel wall and surrounding
tissues, and play a significant role in regulating circulatory functions. An internal
elastic laminae separates the intima from the media. The media consists of a
network of elastin fibres and (approximately) circumferentially orientated vascular
smooth muscle cells (VSMCs) and collagen fibres. The adventitia is an outer
sheath with bundles of collagen fibres, maintained by fibroblast cells [19],
arranged in helical pitches around the artery. The main load bearing constituents
are elastin and collagen. Collagen is considerably stiffer than elastin; however, for
a healthy large elastic artery, such as the abdominal aorta, at physiological strains
elastin bears most of the load [20]. This is because collagen is tortuous in nature
[21, 22] and acts as a protective sheath to prevent excessive deformation of the
artery.

The structure of the artery is continuously maintained by vascular cells. The
morphology and functionality of the cells are intimately linked to their extracel-
lular mechanical environment. Haemodynamic forces due to the pulsatile blood
flow give rise to cyclic stretching of the extra-cellular matrix (ECM), frictional
forces acting on the inner layer of the arterial wall, normal hydrostatic pressure and
interstitial fluid forces due to the movement of fluid through the ECM. Mecha-
nosensors on the cells convert the mechanical stimuli into chemical signals.
Activation of second messengers (molecules that transduce the signals from the
mechanoreceptors to the nucleus) follows and leads to an increase in the activity of
transcription factors. Binding of the transcriptions factors to the DNA leads to
activation of genes that regulate cell proliferation, apoptosis, differentiation,
morphology, alignment, migration, and synthesis and secretion of various mac-
romolecules [23]. The living response of the artery acts to ensure it functions in an
optimum manner as mechanical demands change. For instance, in response to
changes in flow, ECs signal VSMCs to constrict/relax to regulate the diameter of
the artery to restore wall shear stress (WSS) to homeostatic levels [24].
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Fibroblasts continually maintain the collagen fabric by synthesising structural
proteins and matrix degrading enzymes [25]. They work on the collagen, crawling
over it and tugging on it in order to compact it into sheets and draw it out into
cables [26]. In doing this, the fibroblasts attach the collagen fibres to the ECM in a
state of stretch. Each fibroblast can synthesise approximately 3.5 million procol-
lagen molecules per day. However, the amount a fibroblast secretes is regulated:
between 10 and 90 % of all procollagen molecules are degraded intracellularly
prior to secretion [27]. This provides a mechanism for rapid adaptation of the
amount of collagen secreted and thus enables the artery to rapidly adapt in
response to altered environmental conditions.

During the evolution of an AAA, it is observed that there is an accompanying
loss of elastin [28] due to increased elastolysis [29]. However, the highly nonlinear
mechanical response of the collagen implies that the degradation of elastin alone is
insufficient to explain the large dilatations that arise as the aneurysm evolves. In
fact, the collagen fabric continually remodels: collagen has a half-life of 2 months
[30] whereas elastin is a relatively stable protein with a long half-life (approxi-
mately 40 years [31]). Consequently, models of AAA evolution must address both
the degradation of elastin and the G&R of collagen [15].

Watton et al. [15] proposed the first mathematical model of AAA evolution.
The model utilises a realistic structural model for the arterial wall [32] which is
adapted to incorporate variables which relate to the normalised mass density
(hereon referred to as concentration) of the elastinous and collagenous constituents
and the reference configurations in which the collagenous constituents are
recruited to load bearing. This enables the G&R of the tissue to be simulated as an
aneurysm evolves. A key assumption of the model is that collagen fibres, which
are in a continual state of deposition and degradation [30], attach to the artery in a
state of stretch, denoted the attachment stretch, which is independent of the current
configuration of the tissue. A degradation of elastin is prescribed and differential
equations are employed to evolve the reference configurations and concentrations
of collagen fibres to maintain the stretch of the collagen to homeostatic levels, i.e.
the attachment stretch. The model predicts evolution of AAA mechanical
parameters and growth-rates consistent with clinical observations [16]. The G&R
framework has subsequently been applied to consider conceptual 1D models of
intracranial aneurysm (IA) evolution, i.e. enlarging (and stabilising) cylindrical
and spherical membranes [33] and the evolution of saccular IAs of the internal
carotid artery [34]. It has been implemented into a novel Fluid-Solid-Growth
(FSG) framework to couple the G&R of aneurysmal tissue to local haemodynamic
stimuli [35, 36] and applied to model patient-specific IA aneurysm evolution [37].

Watton et al. [15] and Watton and Hill [16] simulated AAA evolution by
prescribing the loss of elastinous constituents. However, local aortic hemodynamic
conditions may influence the risk for, and the progression of, aneurysm disease [38].
Experimental models of AAA suggest an inverse relationship between WSS and
aneurysm expansion [39, 40]. In fact, expansion of AAA is believed to be related to
increasing macrophage infiltration secondary to low WSS in the aneurysms
recirculation region [41]. Hence, spatial and temporal changes in the WSS
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distribution could influence the G&R of the tissue and thus the rate at which an AAA
enlarges. In this study, we apply a novel FSG framework [35] to model AAA evo-
lution. Furthermore, we sophisticate the G&R formulation (as utilised by all previous
published studies with this modelling approach [15, 16, 33–37]) to explicitly link
both the growth and remodelling of the collagen fabric to cyclic deformation of the
arterial wall. Two novel examples of AAA development are illustrated: firstly, we
prescribe the degradation of elastin secondly, we assume that the degradation of
elastin is driven by low magnitudes of WSS. In both cases, collagen remodelling and
collagen growth are linked to the magnitude of the local cyclic deformation of the
arterial wall.

2 Fluid-Solid-Growth Model for Aneurysm Evolution

In this section, we describe our FSG computational framework for modelling AAA
evolution. Figure 1 depicts the methodology. The computational modelling cycle
begins with a structural analysis of the aneurysm to solve the systolic and diastolic
equilibrium deformation fields for given pressure and boundary conditions (Fig. 1i).
The structural analysis quantifies the stress and stretch, and the cyclic deformation,
of the ECM components and the cells (each of which may have different natural
reference configurations). The geometry of the aneurysm is subsequently exported
to be prepared for computational fluid dynamics (CFD) analysis (Fig. 1ii): the
aneurysm geometry is integrated into a physiological geometrical domain; the
domain is automatically meshed; physiological flow rate and pressure boundary
conditions are applied. The flow is solved assuming rigid boundaries for the hae-
modynamic domain. The haemodynamic quantities of interest, for example, WSS,
are then exported and interpolated onto the nodes of the structural mesh: each node
of the structural mesh contains information regarding the mechanical stimuli
obtained from the haemodynamic and structural analyses. G&R algorithms simulate
cells responding to the mechanical stimuli and adapting the tissue (Fig. 1iii).
Following G&R, the constitutive model of the aneurysmal tissue is updated and the
structural analysis is re-executed to calculate the new equilibrium deformation
fields. The updated geometry is exported for haemodynamic analysis. The cycle
continues and as the tissue adapts an aneurysm evolves. The stages of the FSG
framework, i.e. the structural modelling (Fig. 1i), CFD (Fig. 1ii) and G&R meth-
odology (Fig. 1iii) are detailed in the subsequent subsections, i.e. Sects. 2.1, 2.2 and
2.3, respectively. Note that whilst we are considering the development of an
aneurysm, we could equivalently apply such a computational framework to simulate
the evolving mechanical, biological and morphological properties of a tissue
engineered construct. Moreover, if the mechanobiology was clearly understood and
accurately modelled, such a computational framework could guide and optimise the
design of a tissue-engineered construct.

Multi-Scale Modelling of Vascular Disease 313



2.1 Structural Model of Aneurysm Evolution

A geometric nonlinear membrane theory (see, for example, [42]) is adopted to model
the steady deformation of the arterial wall. The unloaded internal abdominal aorta is
treated as a thin cylinder of undeformed radius R; length L1; and thickness H: The
thickness of the media HM is assumed to be equal to 2/3 the thickness of the arterial
wall, i.e. HM ¼ H=3; and thus the thickness of the adventitia HA ¼ H=3:The artery is
subject to a physiological axial pre-stretch kz and pressure p which causes a cir-
cumferential stretch k: A body fitted coordinate system is used to describe the
cylindrical membrane with axial and azimuthal Lagrangian coordinates h1 2 ½0; L1�
and h2 2 ½0; 2pRÞ; respectively. Formation and development of the aneurysm is
assumed to be a consequence of G&R of the material constituents of the artery. The
principle of stationary potential energy is the governing equation for the steady
deformation of the arterial wall. It requires that the first variation of the total potential
energy vanishes,

dPint � dPext ¼ 0; ð1Þ

where dPint represents the variation of the internal potential energy Pint stored in the
arterial wall, whilst dPext is the variation of the external potential energy Pext caused
by the normal pressure that acts on the artery. Appropriate functional forms for the
spatially and temporally heterogeneous strain-energy functions (SEFs) for the media
PM; and the adventitia PA must be specified so that dPint can be computed. Details of
the theoretical formulation to describe the deformation of the arterial wall and the

Fig. 1 Fluid-Solid-Growth computational framework for modelling aneurysm evolution con-
sisting of (i) structural analysis, (ii) computational fluid dynamics (CFD) analysis and (iii) G&R
algorithms. Further details are provided in Sects. 2.1, 2.2 and 2.3, respectively
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numerical formulation to solve Eq. (1) can be found in [15]: the equilibrium dis-
placement field is solved by a finite element method coded in FORTRAN 77 [43].

2.1.1 Strain-Energy Functions for Heterogeneous Aneurysmal Tissue

The arterial wall is modelled as two layers. The inner layer models the mechanical
response of the media (and intima), with contributions from the elastinous constituents
(ground substance, elastin fibres and passive smooth muscle cells) and a double helical
pitch of collagen fibres with orientations cMp

to the azimuthal axis: p ¼ þ; p ¼ �
denote positively (cMþ [ 0) and negatively (cM�\0) wound fibres, respectively. The
outer layer models the mechanical response of the adventitia, which is considered to
have a small elastinous contribution and a double helical pitch of collagen fibres with
orientations cAp

(p ¼ �) to the azimuthal axis. The mechanical response of each layer

is modelled as the sum of a neo-Hookean strain energy function (SEF) [44] and a
highly nonlinear SEF which represents the mechanical response of the collagen [32].
Spatially and temporally dependent functions are introduced for the concentration of
the elastinous and collagenous constituents and the configuration in which the col-
lagen fibres begin to be recruited to load bearing.

Recruitment stretch variables define the factor the tissue must be stretched,
relative to the unloaded configuration, in the direction of a collagen fibre for it to
begin to bear load. Remodelling the recruitment stretches enables the remodelling
of the collagenous fabric during aneurysm evolution to be simulated. Constituent
concentration variables define the ratio of the mass density of a constituent at time
t to the mass density at time t ¼ 0 and enable the growth/atrophy of the constituent
to be simulated. For further details of the theoretical formulation to describe the
G&R the interested reader is referred to [33]. The SEFs for the elastinous con-
tributions in the medial and adventitia are multiplied by a normalised spatially and
temporally dependent concentration function, denoted mEðh1; h2; tÞ: This is
employed to prescribe the degradation of the elastinous constituents, where
mEðh1; h2; t ¼ 0Þ ¼ 1: Fields of spatially and temporally dependent fibre recruit-
ment stretch kR

Jp
ðh1; h2; tÞ and concentration mC

Jp
ðh1; h2; tÞ variables are defined

throughout the midplane of the arterial wall, where the subindex J denotes the
media M or the adventitia A: The fibres within each layer are orientated at an angle
of cJp

to the azimuthal axis, where p denotes the pitch �cJ relative to the azimuthal

axis in the unloaded reference configuration. Hence, the SEFs are

WJ ¼mEKE
J ðE11 þ E22 þ E33Þ

þ
X

p¼�;EC
Jp

[ 0

mC
Jp

KC
J exp ACðEC

Jp
Þ2

h i
� 1

n o
; J ¼ M;A; ð2Þ

where the material parameters for the elastinous constituent are denoted by KE
J ;

whilst KC
J and AC are parameters that relate to the collagen fabric. The Green-
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Lagrange (GL) strains of the elastin, i.e. E11;E22 and E33; are defined relative to the
unloaded configuration; in the initial cylindrical configuration, these represent
strains in the axial, azimuthal and radial directions, respectively. The GL strains in
the collagen fibres are denoted by EC

Jp
ðh1; h2; tÞ and are defined relative to the con-

figuration in which the collagen fibres are recruited to load bearing. More specifi-
cally, the GL strains EC

Jp
of the collagen fibres are a function of the GL strains of the

elastin resolved in the directions of the collagen fibres, denoted EJp : Thus,

EC
Jp
¼

EJp � ER
Jp

1þ 2ER
Jp

; ð3Þ

where ER
Jp
¼ ½ðkR

Jp
Þ2 � 1�=2; kR

Jp
ðh1; h2; tÞ are the recruitment stretches and

EJp ¼ E11 sin2 cJp
þ E22 cos2 cJp

þ 2E12 sin cJp
cos cJp

:

2.1.2 Geometry, Physiological Data and Material Parameters

The material parameters for the media and the adventitia as well as all other values
which serve the basis for our subsequent computation are taken from [16] and are
summarized in Table 1. In the systolic configuration, the artery has a radius rs; an
axial pre-stretch of 1.3, a circumferential stretch of 1.25 and we assume that the
elastinous constituents bear 80 % of the load. We assume that the elastinous
response of the adventitia is an order of magnitude weaker than that of the media,
i.e. KE

A ¼ KE
M=10 [32] and specify the ratio of the medial and adventitial collagen

material parameters to be KC
A ¼ KC

M=4: The remaining three independent material
parameters, namely KE

M ;K
C
M;A

C are determined so that the SEFs adequately model
the mechanical behaviour of the artery (see [16]).

The Attachment Stretch kC
AT

Collagen fibres are in a continual state of deposition and degradation [30, 45]
and they are attached to the artery in a state of stretch. Watton et al. [15]
hypothesised that fibroblasts configure the collagen fibres to achieve a maximum

stretch kC
AT during the cardiac cycle and introduced the terminology attachment

stretch to denote kC
AT :

Magnitude of Recruitment Stretches at t ¼ 0
For a cylindrical artery at fixed axial stretch and subject to radial inflation,

maximum collagen fibre stretches will occur in the systolic configuration. Hence,
the initial values of the recruitment stretches are determined so that the stretch of
the medial and adventitial collagen fibres at systole at t ¼ 0 equal the attachment
stretch, thus

kR
Jþ
jt¼0 ¼ kR

J�
¼

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
k2

s cos2 cJþ þ k2
z sin2 cJþ

q
=kC

AT ð4Þ
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2.1.3 Cyclic Deformations of Aneurysmal Tissue

To quantify the cyclic deformation we determine the geometry of the aneurysm at
systolic (p ¼ ps= 16 kPa) and diastolic pressures (p ¼ pd= 10.67 kPa) as it
evolves. Initially, the artery has a cylindrical configuration. It can be shown (see
[15]) that the governing force-balance equation for a cylindrical membrane subject
to fixed axial stretch kz and radial inflation is

p ¼ 1
Rkz

ðhMkE
M þ hAkE

AÞ 1� 1

k2
z k

4

 !(

þ
X

J¼M;A;p¼�:EC
Jp

[ 0

2hJkC
J ACEC

Jp
exp fAC EC

Jp

� �2
g cos2 cJp

kR
Jp

� �2

9
>=

>;
; ð5Þ

where the first and second terms on the right of (5) correspond to the contribution of
load bearing from the elastinous and collagenous constituents, respectively. Equa-
tion (5) is derived from the governing variational equation, i.e. (1), the functional form
the of the SEFs (2) and considerations of the displacement field for a cylindrical
membrane. It can be solved numerically to obtain the radius as a function of the pressure.
At t ¼ 0; the diastolic and systolic displacement fields to satsify (1) are known, i.e.

Table 1 Geometry, physiological data used for modelling the human abdominal aorta artery

Length
In vivo L 120 mm
Reference configuration L1 L=kz

Radii
At systole rs 5.7 mm
Reference configuration R rs=ks

Wall thickness
Total H R=5
Media HM 2H=3
Adventitia HA H=3
Fibre orientation
Media cMþ ; cM� þ30�; �30�

Adventitia cAþ ; cA� þ60�; �60�

Applied pressure, kinematics
Systolic pressure ps 16 kPa
Diastolic pressure pd 10.67 kPa
Axial pre-stretch kz 1.3
Systolic circumferential stretch at t ¼ 0 ks 1.25
Diastolic circumferential stretch at t ¼ 0 kd 1.13
Attachment stretch kC

AT
1.07

Recruitment stretches (t ¼ 0)
Media kR

Mþ
; kR

M�
1.18

Adventitia kR
Aþ
; kR

A�
1.20
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the artery is a cylinder of length kzL that has radius rs in the systolic configuration and
radius rd in the diastolic configuration. As the material constituents evolve, the
systolic/diastolic deformation fields to satisfy (1) are updated with a Newton-
Raphson method using the systolic/diastolic deformation fields from the previous
time-step as initial guesses; the positions of the boundaries of the domain (h1 ¼ 0; L1)
in the systolic/diastolic configuration are held fixed as the aneurysm evolves.

Cyclic Areal Stretch
Let ED

11;E
D
22;E

D
12 and ES

11;E
S
22;E

S
12 denote the GL strains, in the diastolic (D) and

systolic (S) configurations, respectively. The cyclic areal stretch, here denoted ACS;
is the ratio of the areal stretch at systole to the areal stretch at diastole, which
expressed in terms of the Green-Lagrange strains is:

ACS ¼

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
ð1þ 2ES

11Þð1þ 2ES
22Þ � 4ES

12

ð1þ 2ED
11Þð1þ 2ED

22Þ � 4ED
12

s

: ð6Þ

Biaxial Stretch Index vBSI

In the initial geometrical configuration, the artery is subject to cyclic stretch that
is one dimensional, i.e. the cyclic stretch is only in the circumferential direction.
As the aneurysm evolves regions of the artery experience biaxial stretching. To
characterise the evolution of the cyclic stretch environment, we consider a novel
Biaxial Stretch Index (BSI), denoted vBSI where 0� vBSI � 1: If vBSI ¼ 0; the
tissue is subject to 1D cyclic stretching whereas if vBSI ¼ 1; the tissue is subject to
equi-biaxial cyclic stretching. The index vBSI is calculated as follows. The prin-
cipal stretches k1; k2 can be expressed in terms of the GL strains (see [46]), i.e.

k1 ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
cos2 uð2E11 þ 1Þ þ sin2 uð2E11 þ 1Þ þ 2 sin u cos uE12

q
; ð7Þ

k2 ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
sin2 uð2E11 þ 1Þ þ cos2 uð2E11 þ 1Þ � 2 sin u cos uE12

q
; ð8Þ

where

u ¼ 1
2

arctan
2E12

E11 � E22
: ð9Þ

We then denote the principal stretches in the diastolic configuration as
kD

a ¼ kD
a ðED

11;E
D
22;E

D
12;u

DÞ (a ¼ 1; 2) where uD ¼ uDðED
11;E

D
22;E

D
12Þ is calculated

using (9). We then determine the magnitude of these principal stretches (with ori-
entations defined relative to the diastolic configuration) in the systolic configuration,
i.e. kDS

a ¼ kDS
a ðES

11;E
S
22;E

S
12;u

DÞ: The cyclic variation of the (diastolic) principal

stretches, denoted kCS
a ; are thus:

kCS
a ¼

kDS
a

kD
a

: ð10Þ
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Now, let

n1 ¼ max kCS
1 ;

1

kCS
1

 !
� 1; n2 ¼ max kCS

2 ;
1

kCS
2

 !
� 1; ð11Þ

so that n1 þ 1; n2 þ 1� 1 define the factor by which the principal stretches (with
orientations defined relative to the diastolic configuration) increase during the
cardiac cycle. Note the emphasis on cardiac cycle, i.e. we are not distinguishing
between increases that occur between diastole and systole and increases that occur
between systole and diastole. This is necessary because in certain locations,
principal stretches may decrease as the pressure acting on the arterial wall
increases, i.e. kCS

a \1 (a ¼ 1 and/or a ¼ 2). In this scenario, the factor by which

the principal stretches increase during the cardiac cycle is ð1=kCS
a Þ[ 1: Hence to

determine the factor by which the principal stretches increase during the cardiac
cycle we consider max kCS

a ; 1=kCS
a

� �
:

We now define the biaxial stretch index vBSI to be:

vBSI ¼ min n1; n2ð Þ
max n1; n2ð Þ : ð12Þ

Suppose ðkCS
1 � 1Þ ¼ jðkCS

2 � 1Þ; i.e. the cyclic (linearised) strain in the direction
of the first principal stretch is a factor j greater than the cyclic (linearised) strain in
the direction of the second principal stretch. Then it is straightforward to deduce
that vBSI ¼ 1=j: This measure quantifies the degree of the biaxial distortion of the
tissue (during the cardiac cycle) and is independent of the magnitude of the strains.

2.2 Haemodynamic Modelling

To achieve fully developed flow in the region the aneurysm develops, extensions are
attached to the structural model of the artery/aneurysm. The upstream extension is
taken to be a cylinder (radius rS and length 100 mm) whilst a patient-specific illiac
artery bifurcation (obtained from Magnetic Resonance Imaging) is utilised for the
downstream extension [47]. Given that the real artery is not perfectly cylindrical, a
connecting patch is incorporated to join the geometries together (see Fig. 2).
The methodological approach to solve the haemodynamics as the aneurysm
evolves proceeds as follows. The geometry of the aneurysmal section is exported
(see Fig. 1) from the structural solver to the meshing suite ANSYS ICEM (ANSYS
Inc, Canonsburg, PA). ANSYS ICEM automatically integrates the aneurysmal
section into the larger geometrical domain, i.e. attaches the upstream and down-
stream extensions, and generates an unstructured tetrahedral mesh with prism layers
lining the boundary in a scripted-automated manner for the fluid domain. After
meshing, appropriate boundary conditions are applied (see below) and the flow is
solved by ANSYS CFX (ANSYS Inc, Canonsburg, PA) which solves the
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incompressible Navier-Stokes equations using a finite volume formulation [48, 49].
The solver is based on a coupled approach (i.e. velocities and pressure are cast and
solved as a single system) and a fully implicit time discretisation, where needed. An
algebraic multigrid variant is used for convergence acceleration [50]. Blood is
modelled as a Newtonian fluid [51, 52] with constant density q ¼ 1; 069 kgm�3 [53,
54] and constant viscosity g ¼ 0:0035 Pa s. At the arterial wall, no slip, no-flux
conditions are applied. We adopted a steady flow analysis to reduce the cost of the
computational simulations. The mean flow and pressure boundary conditions are
taken from a 1D model of the arterial tree [55] which has been integrated into the
software suite @neufuse which was developed for the European project @neuIST
[56] (www.aneurist.org: ‘Integrated Biomedical Informatics for the Management of
Cerebral Aneurysms’). It solves the 1D form of the Navier-Stokes equation in a
distributed model of the human systemic arteries, accounting for the ventricular-
vascular interaction and wall viscoelasticity; it was recently validated through a
comparison with in vivo flow measurements [57]. A flow rate of 24 cm3=s is applied
at the inlet and the pressure at the illiac arteries is set to 12760 Pa.

2.3 Growth and Remodelling

To model AAA evolution, we simulate the G&R of the load bearing constituents of
the arterial wall, i.e. elastin and collagen. Remodelling is associated with changes in
the natural reference configurations that constituents are recruited to load bearing
whereas growth is associated with changes in the mass of the constituents.

2.3.1 Elastin Degradation

To simulate the degradation of elastin that occurs during AAA evolution, two
approaches are considered. Firstly, the degradation of elastin is prescribed ([15])
and secondly it is linked to the haemodynamic environment (see [35]).

Fig. 2 A patient-specific iliac bifurcation artery is attached downstream of the AAA structural
model; a connecting patch is created to join two geometries together. A cylindrical extension is
attached upstream (not depicted)
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• Case (i) Prescribed elastin degradation
The degradation of elastin is prescribed over a representative timescale of 10 years
(see [16]). To prescribe the loss of elastin, the following function is used:

mEðh1; h2; tÞ ¼ 1� 1� mE
minðtÞ

� �
exp �x1

h1

Lmin
� 1

� �2
" #

; ð13Þ

where h1; h2 are the Lagrangian coordinates of the computational domain, i.e.
h1 2 0; L1½ �h2 2 0; L2½ Þ; mE

min represents the minimum concentration of elastin,
at time t; which, by construction, is located at ðh1; h2Þ ¼ ðLmin; h2Þ:
The parameter x1 controls the degree of localisation of the degradation
function (we adopt x1 ¼ 20; see [16] for influence of this parameter). We
assume that the minimum concentration decays exponentially. Thus,

mE
minðtÞ ¼ expflnðmE

TÞðt=TÞg ¼ ðmE
TÞ

t=T ; ð14Þ

where T ¼ 10; 0� t� T ; mE
10 ¼ 0:05 and Lmin ¼ 0:8L1: Note that at t ¼ 0;

mE
minðt ¼ 0Þ ¼ 1:

• Case (ii) Linking Elastin degradation to Haemodynamic Environment
Initially, the distribution of the WSS is spatially uniform. To perturb the spatial
distribution of haemodynamic stimuli, a localised axisymmetric degradation of
elastin is prescribed to create a small axisymmetric AAA. We assume this small
aneurysm develops over several years and for numerical illustration we specifi-
cally consider a time-scale of 4 years. The functional form utilised for case (i) is
adopted, i.e, (13) with Lmin ¼ 0:5L1 and mE

4 ¼ 0:5:Whilst the elastin is degrading,
the aneurysm continues to enlarges in size and the strains in the collagen fabric are
elevated above homeostatic values, i.e. kC

J [ kC
AT ). We stabilise the aneurysm by

switching off the degradation of elastin and allowing sufficient time for the col-
lagen fabric to adapt to a new homeostasis, i.e. kC

Jp
! kC

AT ; numerically a period of

1 year or greater seems sufficient and so for 4\t� 5; we specify that no further
elastin degrades (8t : 4\t� 5; mE

minðtÞ ¼ mE
4 ). Subsequent degradation of elastin

(for t [ 5) is explicitly linked to deviations of haemodynamic stimuli from
homeostatic levels (see [35] for further details on methodology). The concentra-
tion of elastin mE evolves according to

omE

ot
¼ �FDDmaxmE ð15Þ

where t is in years, Dmax specifies the maximum rate of degradation, and
FDðh1; h2; tÞ : 0�FD� 1 is a spatially-dependent function of the haemo-
dynamic quantities to be linked to elastin degradation. Clearly, if FD ¼ 1;
elastin degrades at a maximum rate whilst if FD ¼ 0; no degradation occurs.

As an illustrative example, we suppose elastin degradation is linked to low
levels of WSS. More specifically, we follow [35] and assume that if the
maximum value of the WSS is greater than a critical value, say scrit; no
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degradation of elastin occurs whilst lower values of WSS give rise to deg-
radation of elastin. Furthermore we suppose that there exists a value of WSS,
say sX : 0� sX\scrit; at which maximum degradation occurs. We assume a
simple quadratic functional form for the degradation function FD that
describes the relation between the local WSS and the degree of the degra-
dation of elastin, i.e.

FDðsðh1; h2; tÞÞ ¼
0; s� scrit;
scrit�s
scrit�sX

� �2
; sX\s\scrit;

1; s� sX:

8
><

>:
ð16Þ

In this study, Dmax ¼ 0:5; scrit ¼ 0:5 Pa and sX ¼ 0 Pa.

2.3.2 Collagen Adaption

The adaption of the collagen fabric during aneurysm evolution consists of two
distinct mechanisms: growth and remodelling.

2.3.3 Remodelling the Recruitment Configuration of Collagen

Evolving the reference configurations that fibres are recruited to load bearing
simulates the mechanical consequences of: (i) fibre deposition and degradation in
altered configurations as the aneurysm enlarges; (ii) fibroblasts configuring the
collagen to achieve a maximum strain during the cardiac cycle, i.e. the attachment

strain EC
AT ¼ ððkC

ATÞ
2 � 1Þ=2: The recruitment stretches adapt so that the maxi-

mum strain in the collagen fibres remodels to EC
AT : We utilise linear differential

equations for the remodelling of the recruitment stretches, i.e.

dkR
Jp

dt
¼ a

EC
Jp
jmax �EC

AT

EC
AT

 !
; ð17Þ

where a ¼ 0:3 years�1;

EC
Jp
jmax¼ max EC

Jp
jsys;E

C
Jp
jdias

� �
ð18Þ

and EC
Jp
jsys and EC

Jp
jdias denote the magnitude of the collagen strains evaluated in the

systolic and diastolic configurations, respectively. Note, [15] assumed that peak
strains occur at systolic pressure and thus collagen remodelling is simulated by
considering the steady deformations that occur in the systolic configuration. How-
ever, it was observed that for a more complex geometry, the fibres may not achieve
maximum strains at systolic pressure: towards the distal and proximal ends of the
AAA the axial strains increase as the pressure is reduced [15]. Hence, the subtle
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sophistication for the functional form for the remodelling of the recruitment stret-
ches, i.e. (17).

2.3.4 Growth/Atrophy of the Collagen Fabric

Fibroblasts deposit collagen fibres and secrete proteases to degrade the collage-
nous material. They adhere to the ECM via specialised cell surface receptors, in
particular integrins [58]. The integrins act as stretch sensors [59], transducing
mechanical signals to the fibroblast interior, enabling fibroblasts to sense their
mechanical environment. We assume that the rate of change of the concentration
of the collagenous constituents is dependent on the concentration of fibroblasts mF

Jp

(ratio of the density of the fibroblast cells at time t to the density at time t ¼ 0) in
the arterial wall and rate of synthesis and degradation of collagen. Let FS and FD

be functions depicting how the rate of collagen synthesis and the secretion of
matrix metalloproteases are related to the deformation of the fibroblast cell during
a cardiac cycle, respectively. Rates of activity of vascular cells increase with the
magnitude of the cyclic deformation [60, 61]. We assume FS and FD to be
functions of the maximum strains EF

Jp
jmax and cyclic areal stretches ACS of the

cells during the cardiac cycle. Under these assumptions, the rate of change of the
collagen concentration is

dmC
Jp

dt
¼ mF

Jp
FSðEF

Jp
jmax;A

CSÞ � mF
Jp
FDðEF

Jp
jmax;A

CSÞ: ð19Þ

In response to increased stretch, fibroblasts attempt to reduce their stretch and
reach a new equilibrium by restructuring their cytoskeleton and ECM contacts, i.e.
fibroblasts reconfigure their natural reference configuration. Hence, to simplify the
mathematical analysis, we assume that the local (natural) reference configuration
of a fibroblast cell is identical to that of the collagen fabric it is maintaining. Hence
the GL strain of the fibroblast cell, say EF

Jp
; is assumed to be equal to the GL strain

of the collagen, i.e. EF
Jp
	 EC

Jp
: Furthermore, we assume that the concentration of

fibroblasts in the arterial tissue is proportional to the concentration of collagenous
constituents, i.e. mF

Jp
¼ n0mC

Jp
: n0 [ 0: These assumptions imply that the rate of

evolution of the collagen fibre concentration mC
Jp

is

dmC
Jp

dt
¼ mC

Jp
FGðEC

Jp
jmax;A

CSÞ ð20Þ

where FG ¼ n0ðFS �FDÞ: If EC
Jp
jmax¼ EC

AT the collagen fabric is in homeo-

stasis, i.e. the secretion of ECM is balanced by the degradation and there is no
change in concentration. Hence, for EC

Jp
jmax¼ EC

AT it is required that FGðEC
Jp
Þ ¼ 0:

The exact functional form of FG is unknown. However, if the substrate is stret-
ched, a net positive force acts on the cell and signalling to the nucleus results in an
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up-regulation of ECM protein expression and a down-regulation of collagenase
expression. Conversely, relaxation of the substrate can trigger different signals
resulting in a reversed pattern of protein expression [59], i.e. down regulation of
ECM protein expression and up-regulation of collagenase expression. Although
we do not explicitly model protein synthesis and enzymatic degradation, the net
result is to stimulate increases/decreases in the ECM. The simplest functional form
for FG that satisfies these requirements is linear,and hence we propose the fol-
lowing evolution equation for the collagen fibre concentration

dmC
Jp

dt
¼ bðACSÞmC

Jp

EC
Jp
jmax �EC

AT

EC
AT

 !
; ð21Þ

where bðACSÞ is a phenomenological growth parameter. For a healthy abdominal
aorta, vascular cells experience cyclic stretching with magnitudes of approxi-
mately 10 % whilst for older, more collagenous vessels, the magnitudes may
decrease to 2 % [62]. We select a functional form for b which increases rates of
production if the cyclic stretch environment increases from its initial values for the
healthy artery at t ¼ 0:

bðACSÞ ¼ b0 exp bCS max
ACS

ACS jt¼0
� 1; 0

� �	 

: ð22Þ

This choice is somewhat arbitrary, however it acts to prevent unrealistically large
cyclic deformations that can occur in regions of the tissue as the aneurysm evolves.
For the analysis in this paper, we follow [37] and take b0 ¼ 0:7 years�1; bCS ¼ 3:

Average fibre concentration
To simplify the presentation of the results, we define the average fibre con-

centration mC of the medial and adventitial layers,where

mC ¼ 1
H

HM

mC
Mþ
þ mC

M�

2
þ HA

mC
Aþ
þ mC

A�

2

 !
: ð23Þ

3 Physiological Growth Model Abdominal Aortic Aneurysm

We briefly review the framework of the model prior to presenting the results.
Equation (2) defines the (spatially and temporally heterogeneous) SEFs for the
medial and adventitial layers of the aneurysmal tissue. An AAA develops as the
material constituents of the artery evolve. The variation of the total potential
energy (1) governs the equilibrium displacement field, and is solved by the finite
element method [15]; volume meshes of the luminal computational domain are
generated and the haemodynamics are solved using finite volumes [35]. In many
aneurysms, diameter enlargement is asymmetric, with primarily anterior
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protrusion; the posterior region is often constrained from radial expansion by the
adjacent spinal column [38]. To simulate this, we follow Watton et al. [15] and
model the spine as a stiff spring-backed plate [15]. Where the aneurysm wall
penetrates the plate, a penalty pressure acts normal to the aneurysm. The effective
pressure acting on the membrane, is given by the difference of internal physio-
logical pressure and the penalty pressure. For further details, see [43]. Two models
of AAA evolution are illustrated: case (i) prescribed elastin degradation; case (ii)
the degradation of elastin is driven by low WSS. In both examples, as the
geometry evolves, the collagen fabric adapts (throughout the arterial domain) to
restore its strain to the homeostatic value [see (17) and (21)].

3.1 Case (i) Prescribed Elastin Degradation

First we illustrate a model of AAA evolution using a prescribed degradation of
elastin. As the aneurysm evolves (see Fig. 3) it can be seen that it develops a
preferential anterior bulging and becomes tortuous. Figure 3a illustrates the
(prescribed) evolution of elastin concentration. In the central region of the AAA,
mE reduces to 0.05 whereas in the neck regions it is approximately 1. The average
collagen concentration (see Fig. 3b) increases to compensate for loss of load borne
by the elastin and the increased load acting on the wall (due to the enlargement of
the geometry).

Figure 3c and d depict the evolution of the elastin Green-Lagrange (GL) strains
E11 and E22; respectively. The strains are defined with respect to the unloaded
configuration, consequently they continue to increase with the enlargement of the
geometry: at t ¼ 0; E11 ¼ 0:345 and E22 ¼ :281 whereas at t ¼ 10; maximum
values of E11 ¼ 5:1 and E22 ¼ 4:7 occur in the central region of the aneurysm.
Notice that E11 decreases in the proximal section of parent artery as the aneurysm
enlarges; the axial expansion of the AAA is accentuated due to the axial retraction
of the ends of the artery.

The evolution of the collagen fibre GL strains differs substantially from that of
the elastin strains due to the evolution of the reference configurations that the
fibres are recruited to load bearing; recall this is achieved by remodelling the fibre
recruitment stretches [see (17)] which define the factor the tissue must be stretched
in the direction of a fibre (relative to the unloaded reference configuration) for it to
begin to bear load. Figure 3e depicts the evolution of the medial collagen GL
strain EC

Mþ: At t ¼ 0; EC
Mþ is constant throughout the domain with a magnitude of

the attachment strain, i.e. EC
Mþ ¼ EC

AT ¼ 0:073: As the AAA enlarges, the collagen
strains initially increase (at t ¼ 4; maximum values of 0.14 occur) and then reduce
as the aneurysm stabilises in size and the collagen fabric remodels to a material
equilibrium, i.e. EC

Mþ ! EC
AT throughout the domain. Similar results are observed

for evolution of the adventitial collagen fibre GL strain EC
Aþ (Fig. 3f).
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(b)

(d)

(f)

(h)

(a)

(c)

(e)

(g)

Fig. 3 Evolution, at t = 0;2;4;6;8;10 years, of spatial distributions of: prescribed elastin
concentration mE (a); average collagen concentration mC (b); elastin Green-Lagrange strains E11
(c) and E22 (d); medial and adventitial collagen Green-Lagrange strain EC

Mþ (e) and EC
Aþ (f);

cyclic areal stretch ACS (g) and Biaxial Stretch Index cBSI (h)
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Figure 3g illustrates the evolution of the cyclic areal stretch ACS:At t ¼ 0;ACS ¼ 1:1
throughout the domain, i.e. the ratio of systolic to diastolic diameters is 1.1. As the
elastin degrades and the collagen, which has greater mechanical nonlinearity, takes
over the load bearing, the magnitude of ACS decreases, i.e. to approximately 1.04 in
the AAA region. However, note that ACS is slightly elevated in the proximal and distal
necks of the aneurysm where ACS 
 1:2: Of note, the cyclic areal stretch also
decreases in the proximal section of healthy, albeit tortuous artery. This is a con-
sequence of maximum axial strains occurring in the diastolic configuration in this
section of artery, i.e. the axial strains decrease between diastole and systole. Fig-
ure 3h illustrates the evolution of the biaxial stretch index vBSI : Initially, vBSI ¼ 0
throughout the domain: this indicates that the tissue is subject to 1D cyclic defor-
mation (cyclic circumferential stretching). As the AAA enlarges, the distribution
becomes more complex. At t ¼ 10; the anterior region of the AAA has vBSI 
 0:6
and two regions around the aneurysm are subject to equi-biaxial stretching
(vBSI 
 1). A more complex distribution of vBSI evolves in the proximal section of
artery due its tortuosity.

3.2 Case (ii) Elastin Degradation Linked to Low WSS

In this example, a first-stage prescribed axisymmetric degradation of elastin (with
minimum elastin concentration mE ¼ 0:5 at t ¼ 5) gives rise to a small axisym-
metric aneurysm. At t ¼ 5; the artery is in mechanical and material equilibrium,
i.e. the collagen fabric has equilibrium strains EC

AT throughout the computational
domain. Consequently, if there is no further loss of elastin, there is no further
adaption of the collagen fabric [via the evolution equations (17) and (21)] and the
aneurysm is stable in size. However, the small prescribed axisymmetric aneurysm
creates a perturbation to the WSS field (see Fig. 4a): at t ¼ 5 the WSS ranges from
0.02 to 0.1 Pa within the aneurysm with lower values occurring towards the
proximal end; a slight elevation of the WSS is observed distal to the aneurysm.
Thus, at a second stage, subsequent degradation of elastin can be linked to the
haemodynamic environment: for t [ 5; elastin degradation is linked to deviations
of the WSS from normotensive values. Given the functional relationship between
the degradation factor FG and the magnitude of WSS [see (16)], rates of degra-
dation are elevated towards the proximal end of the aneurysm (see Fig. 4b). Hence
the elastin concentration mE; which is initially axisymmetric, develops an axial
asymmetry (Fig. 4c); minimum value of elastin concentration mEðt ¼ 9Þ ¼ 0:08:
Notably, the aneurysm enlarges more quickly in the upstream direction. Figure 4d
illustrates the evolution of the WSSG. As the aneurysm enlarges, elevated values
of WSSG are observed in the proximal (200 Pa/m) and distal necks (250 Pa/m).

Figure 5a, b illustrate the evolution of the GL strains E11 and E22 of the elastin,
respectively. The strains increase from E11 ¼ 0:345 and E22 ¼ :281 at t ¼ 0 to
E11 ¼ 2:5 and E22 ¼ 2:5 at t ¼ 9: Notice that there is a slight asymmetry in the
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spatial distribution within the aneurysm, slightly larger magnitudes are observed
towards the proximal end. Also note that as with case (i), the axial strains in the parent
artery decrease as the aneurysm enlarges, i.e. the axial retraction of the ends of the
artery assists the axial expansion of the AAA. Figure 5c illustrates the evolution of
the GL strains of positively wound collagen fibres in the media EC

Mþ
: At t ¼ 0; the

collagen fabric is in material equilibrium, i.e. EC
Jp
¼ EC

AT ðJ ¼ M;A; p ¼ �Þ
throughout the domain. Note that at t ¼ 5; even though the geometry has changed
(and the elastin strains have increased) the collagen fabric is in homeostasis, i.e.
EC

Jp
¼ EC

AT ; the recruitment stretches and fibre concentration have evolved to restore

material equilibrium in the collagen fabric. As the elastin degrades and aneurysm
enlarges (t [ 5), the magnitude of the collagen strains increase; notice though that
the increases are small relative to the large deformation that is occurring—a con-
sequence of the remodelling of the reference configurations that the fibres are
recruited to load bearing. The average collagen concentration mC increases to
compensate for the loss of load borne by the elastin (Fig. 5d).

Lastly, we consider the evolution of the cyclic stretch environment. Initially the
cyclic areal stretch is equal to 1.1 throughout the domain. At t ¼ 5 slightly
elevated cyclic areal stretches (ACS ¼ 1:12) are present in the proximal and distal
necks of the aneurysm (see Fig. 5e). As the elastin degrades and the collagen takes
over the load bearing, the cyclic areal stretch reduces to 1.04 within the aneurysm

(a)

(c) (d)

(b)

Fig. 4 Evolution of wall shear stress s (a), degradation factor FD (b) elastin concentration mE

(c) and WSSG (d) at t ¼ 0; 5; 6; 7; 8; 9 years
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region and elevated values are observed in the aneurysm neck (1.08). The cyclic
stretch environment evolves from uniaxial (t ¼ 0) to almost equi-biaxial cyclic
stretching, i.e. in the aneurysm region vBSI ¼ 0:7 (see Fig. 5f). Transition regions
occur in the upstream and downstream necks where the cyclic stretch environment
changes from almost uniaxial (vBSI ¼ 0:03) to equi-biaxial (vBSI ¼ 0:83). As with
case (i), as the aneurysm evolves, the proximal and distal regions of the artery
experience biaxial stretching. This is a consequence of proximal/distal regions of
the artery developing cyclic axial strain due to the axial expansion of the aneurysm
during the cardiac cycle.

4 Discussion

We have presented a fluid-solid-growth (FSG) model for evolution of AAA. The
model of the arterial wall accounts for the structural arrangement of collagen fibres
in the medial and adventitial layers, the natural reference configuration that
collagen fibres are recruited to load bearing and the concentrations (normalised
mass-densities) of the load bearing constituents. To simulate the development of
AAA we adopted two approaches: (i) we prescribed an axisymmetric degradation
of elastin; (ii) we linked degradation of elastin to local haemodynamic stimuli, i.e.
low WSS. In both examples, as the elastin degrades, the collagen fabric adapts (via
G&R) to restore its strain to the attachment strain EC

AT : The reference configura-
tions of the collagen fibres evolve to simulate the effect of fibre deposition (with
fibres attaching in a state of strain EC

ATÞ and fibre degradation in altered configu-
rations as the aneurysm enlarges; this simulates remodelling. The concentration of
collagen fibres evolves to compensate for the loss of load borne by the elastin; this
simulates growth. In the first example, we illustrated a AAA that stabilises in size
and develops tortuosity; to our knowledge, this is the first model of AAA evolution
to predict the formation of tortuosity. In the second example, we illustrated that
linking elastin degradation to low WSS predicts the evolution of enlarging fusi-
form aneurysms.

Computational fluid dynamic (CFD) studies of aneurysms often emphasise the
role of WSS (or WSSG) on pathogenesis of the disease, sometimes extrapolating
conclusions from other conditions, namely atherosclerosis However, in vivo,
vascular cells are also subject to cyclic stretching due to the pulsatility of the blood
pressure. Cell functionality [63] and vascular homeostasis [64, 65] are influenced
by cyclic stretching. Hence, to address the G&R of the tissue that occurs during
aneurysm evolution, in addition to quantifying the haemodynamic stimuli that act
on the ECs, it is important to quantify the cyclic stretch environment of the
vascular cells. In this paper we propose a novel FSG computational framework:
rigid walls for the purpose of the CFD analysis combined with a quasi-static
analysis to determine the cyclic deformation of the arterial wall. Moreover, we
extended the existing G&R framework utilised to model AAA evolution [15, 16]
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and IA evolution [33–37, 66, 67] to link both growth and remodelling to cyclic
deformation of vascular cells.

Increased tortuosity is associated with disease or vessel ageing [68]. Expanding
AAAs develop specific, quantifiable shapes that can be expressed as a quantitative
tortuosity index that may be relevant to their natural history [69]. Moreover, it is
suggested that centreline tortuosity may become a useful addition to maximum
diameter in the decision-making process of AAA treatment [70]. In fact, Shum
et al. [71] analysed the tortuosity of 10 ruptured and 66 unruptured AAAs and
observed that the mean tortuosity of the ruptured aneurysms (1:33� 0:12) was
greater than the mean tortuosity of the unruptured aneurysms (1:23� 0:11). The

(a)

(c)

(e)

(b)

(d)

(f)

Fig. 5 Evolution of Elastin Green-Lagrange strains E11 (a) and E22 (b), medial collagen Green-
Lagrange strain EC

Mþ (c), average collagen concentration mC (d), cyclic areal stretch ACS (e) and
the Biaxial Stretch Index vBSI (f) at t ¼ 0; 5; 6; 7; 8; 9 years
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mechanism for generating tortuosity is incompletely understood [72]. However, it
appears to be partly attributed to failure of elastin: in an experimental study on
canine carotid arteries, Dobrin et al. [73] observed that degradation of elastin
caused aneurysmal dilatation and a marked decrease in longitudinal retractive
force which permitted the development of tortuosity; failure of collagen causes
vessels to rupture but it was observed not to facilitate the development of tortu-
osity. These findings are consistent with our computational model: we observed
that elastin degradation gave rise to aneurysmal expansion and a reduced axial
stretch of the proximal section of artery; coupling with a model of spinal contact
and collagen G&R, tortuosity naturally develops. Hence, we suggest tortuosity is
influenced by several factors: elastin degradation, remodelling of collagen and
interaction with perivascular structures.

The structural arrangement of the cells is influenced by their local mechanical
environment. For instance, ECs align with the mean direction of flow and if they
are grown on a deformable substrate and subjected to cyclic uniaxial stretching,
they reorient away from the stretching direction [74, 75]; in fact, it is observed that
the alignment of ECs subjected to WSS appears to be significantly enhanced by the
addition of cyclic stretching [76]. VSMCs align in the direction of cyclic stretching
and it is observed that in 2D monolayers they align perpendicular to the applied
haemodynamic WSS [77]. Fibroblasts align perpendicular to the direction of
interstitial flow [78] and their orientation may be influenced by the direction of
maximum principal stress or strain [79] or cyclic stretch [80]. Recently, a novel
parameter was proposed to characterise the biaxial cyclic stretch environment [36],
i.e. the biaxial stretch index vBSI : vBSI ¼ 0 denotes 1D cyclic stretch and vBSI ¼ 1
denotes equi-biaxial stretching. In this study, it was observed that as the AAA
evolved, the BSI distribution changed significantly: within the aneurysm, the tissue
experiences almost equi-biaxial cyclic stretching; however, in certain regions of
the tissue, e.g. the necks, rapid transition regions were observed. If it is assumed
that the AAA should evolve to achieve a particular distribution of vBSI then
analysing the evolving distributions of vBSI could be used to test competing
hypotheses for remodelling of cell/fibre alignment and dispersion. Elucidating the
relationship between the mechanical environment of vascular cells and their ori-
entation and functionality will pave the way for more sophisticated computational
models.

Following Watton et al. [15] we do not explicitly remodel the collagen fibre
orientations. However, it is important to appreciate that the collagen fibre orien-
tations are defined relative to the undeformed reference configuration. Conse-
quently, the fibres reorientate in the loaded configuration towards directions of
increasing principal stretch as the aneurysm evolves; Zeinali-Davarani et al [17]
use an identical approach, i.e. in the vivo configuration, newly deposited collagen
fibres align along the direction of the exisiting collagen fibres. There is some
justification for this approach. Fibroblasts crawl along the existing ECM matrix
thus the orientation in which they deposit and degrade collagen is partly dependent
on the existing ECM structure [81]. However, given that as an AAA evolves, the

Multi-Scale Modelling of Vascular Disease 331



collagen fabric plays an increasingly important load bearing role, it is important to
simulate how the collagen structure adapts to predict stress distributions. Imple-
menting more sophisticated models to represent the remodelling of fibre alignment
[82–84], collagen fibril distribution [85], fibre dispersion [86] or proteoglycan
cross-bridges [87] may prove useful in this respect. Furthermore, given that
VSMCs secrete connective tissue and matrix degrading enzymes [88] and are
subject to apoptosis during AAA evolution [89], explicitly modelling the VSM
cells with a suitable constitutive model [90–92] is needed to better understand the
aetiology of AAA evolution.

We modelled the abdominal aorta as a cylindrical nonlinearly elastic membrane
subject to an axial pre-stretch and uniform internal pressure. The distal and
proximal ends of the abdominal aorta are fixed to simulate vascular tethering by
the renal and iliac arteries. Formation and development of AAA is assumed to be a
consequence of the material constituents of the artery remodelling. At physio-
logical pressures the radius of a typical abdominal aorta is approximately 10 mm
and the thickness is 1 mm. Neglecting thrombus formation, the ratio of the
thickness of the wall to the diameter of the AAA will decrease as the aneurysm
enlarges, therefore the deformation of the three dimensional arterial wall of the
developing aneurysm is closely related to the deformation of its midplane. The
residual strain that is present in the unloaded configuration gives rise to an
approximately uniform strain field through the thickness of the arterial wall at
physiological pressures. If it is assumed that the physiological mechanism by
which collagen fibres attach to the artery is independent of both the current con-
figuration of the artery and the radial position in the arterial wall, then the
remodelling process may naturally maintain a uniform strain field (in the collagen
fibres) through the thickness of the arterial wall as the AAA develops. These
considerations thus support the suitability of a membrane model to model the
development of a AAA at physiological pressures. Nevertheless, the G&R
framework of Watton et al. [15] has recently been extended to consider transmural
variations of G&R for a thick-walled model of the artery [66, 67]: the influence of
transmural variations in biochemomechanical stimuli on G&R and AAA evolution
will be explored in future studies.

We modelled the healthy abdominal aorta as cylindrical. However, in reality the
abdominal aorta is slightly tortuous and tapers. Although, most aneurysm evolu-
tion models to date have used conceptual geometrical models for the healthy
artery, recently, Zeinali-Davarani et al. [17] applied a stress-mediated constrained
mixture FEM approach [93] to model AAA evolution [18] using patient-specific
geometries with a nonlinear membrane formulation [65, 94]. Modelling the exact
geometry of the healthy abdominal aorta would yield physiologically realistic
spatial distributions of haemodynamic stimuli and thus may enable more accurate
prediction of the evolution of AAA geometries. However, given that the abdom-
inal aorta is almost cylindrical, hypotheses can be explored and insight obtained
with (simpler) non-patient specific geometries. For instance, we observed that the
linking elastin degradation to low WSS gives rise to enlarging fusiform aneurysms.
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We adopted a steady flow analysis to reduce the cost of the computational
simulations. The similarity of the spatial WSS/WSSG distributions for steady and
pulsatile flow [95–97] implies that this is a reasonable approach for the purposes of
investigating phenomenological hypotheses that explore the link between G&R
and deviations of the WSS/WSSG from homeostatic levels [36]. However, tem-
poral changes in WSS distribution during the cardiac cycle affect the functionality
of ECs: oscillatory shear is elevated in regions of disturbed flow and is associated
with proatherogenic patterns of gene expression [98, 99]. A pulsatile flow analysis
yields additional quantification of the haemodynamic stimuli that act on ECs and
thus is necessary to explore more sophisticated G&R hypotheses related to the
haemodynamics.

Approximately 75 % of AAAs have an associated intraluminal thrombus (ILT)
[100]. ILT alters the stress distribution and reduces peak wall stress in AAA.
However, presence of ILT leads to regional wall weakening [101]: platelet acti-
vation, fibrin formation, binding of plasminogen and its activators, and trapping of
erythrocytes and neutrophils, leads to oxidative and proteolytic injury of the arterial
wall [102]. Consequently, ILT must play an important role in the aetiology of AAA
and thus the biochemomechanical roles of ILT must be understood and modelled
better [103]. However, incorporating a model for ILT evolution is challenging; it
would require integration of a model for thrombus evolution [104–106] combined
with a constitutive model describing its mechanical response [107–109]; this may
merit investigation with conceptual mathematical models with simpler geometries
first. We note also that our model does not include calcification of the arterial wall
which are often present in AAAs [110]. Calcifications influence stress distributions
[111] and thus may influence G&R and AAA evolution [112].

5 Conclusion

In order to sophisticate computational models to more accurately represent
mechanobiology, guidance is needed from experiments. In return, computational
models assist in the interpretation of experimental data and in the identification of
questions that need to be addressed by experiments. Moreover, they can play a
vital role in guiding our understanding of mechanobiology: they serve as an in
silico testbed for exploration of hypotheses; enable underlying mechanisms to be
evaluated with incomplete data sets and yield insight which would be impossible
from in vitro/vivo experimental set-up alone. We have extended the FSG model
proposed by [35] to link both growth and remodelling to cyclic deformation of
vascular cells and applied it to simulate the evolution of abdominal aortic aneu-
rysm. The model predicts an aneurysm that evolves with similar mechanical,
biological and morphological properties with those observed in vivo. Whilst in
need of further sophistications to more accurately reflect the underlying
mechanobiology, this computational framework has clear potential to be applied to
aid the design and optimisation of tissue engineered vascular constructs.
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