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Investigation of
Pathophysiological Aspects of
Aortic Growth, Remodeling, and
Failure Using a Discrete-Fiber
Microstructural Model
Aortic aneurysms are inherently unpredictable. One can never be sure whether any given
aneurysm may rupture or dissect. Clinically, the criteria for surgical intervention are
based on size and growth rate, but it remains difficult to identify a high-risk aneurysm,
which may require intervention before the cutoff criteria, versus an aneurysm than can
be treated safely by more conservative measures. In this work, we created a computa-
tional microstructural model of a medial lamellar unit (MLU) incorporating (1) growth
and remodeling laws applied directly to discrete, individual fibers, (2) separate but inter-
acting fiber networks for collagen, elastin, and smooth muscle, (3) active and passive
smooth-muscle cell mechanics, and (4) failure mechanics for all three fiber types. The
MLU model was then used to study different pathologies and microstructural anomalies
that may play a role in vascular growth and failure. Our model recapitulated many
aspects of arterial remodeling under hypertension with no underlying genetic syndrome
including remodeling dynamics, tissue mechanics, and failure. Syndromic effects (smooth
muscle cell (SMC) dysfunction or elastin fragmentation) drastically changed the simu-
lated remodeling process, tissue behavior, and tissue strength. Different underlying path-
ologies were able to produce similarly dilatated vessels with different failure properties,
providing a partial explanation for the imperfect nature of aneurysm size as a predictor
of outcome. [DOI: 10.1115/1.4048031]

Introduction

Aortic aneurysm, or dilatation of the aorta, is a clinically signif-
icant pathology as the risk of potentially fatal rupture (through-
thickness failure) or dissection (delamination of the layers) is
high. In fact, aortic aneurysm and dissection is the fifteenth lead-
ing cause of death in the U.S. [1], with just under 10,000 deaths
occurring in 2017 [2]. The current diagnostic methods for assess-
ing aneurysm risk are based primarily on dilatation size and
growth rate [1]. These criteria, while shown to correlate with
aneurysm risk, are not always appropriate, especially for rare dis-
orders involving genetic anomalies (i.e., familial thoracic aortic
aneurism, Marfan syndrome, Loeys-Dietz syndrome, or vascular
Ehlers-Danlos syndrome), where population sizes are small and
disease severity can vary widely. Thus, it is critical that we
understand the underlying pathology that makes one aneurysm
different from another, and what properties might point to these
differences.

The aorta is a complex, three-dimensional vessel consisting of
many interacting constituents [3] that are arranged in a distinct
hierarchical structure of three layers [4]. The largest and most
structurally important layer is the middle layer or media. It con-
sists of repeated layers of vascular smooth muscle cells (vSMCs)
and extracellular matrix (ECM), primarily type-I collagen and
elastin, formed into relatively planar layers radiating outward
from the lumen of the vessel (Fig. 1). This repeated structure of
vSMCs and ECM is known as the medial lamellar unit (MLU), as
shown in Fig. 1. The media consist of �5–10 MLU layers in
rodents and �50–60 in humans [5]. We focus on the MLU

because it is biologically active and serves a major role in the
remodeling process. The main structural components of the MLU
are collagen, elastin, and vSMCs. The roles of these different
components in aortic mechanics have been well studied [6–12].
Viewed simply, collagen is primarily responsible for strengthen-
ing the aorta, and giving the aorta its nonlinear “lockout” behav-
ior, while elastin is known to give the aorta its elasticity. These
two fibrillar ECM proteins are entirely passive, whereas vSMCs
are active, dynamically adjusting tensile behavior to maintain
basal tone and synthesizing protein precursors and proteases that
remodel the ECM.

The aorta is constantly being remodeled in response to biologi-
cal, chemical, and mechanical factors. Collagen is regularly
turned over in normal tissue maintenance with a half-life of
–60 days in the aorta [10]. It has been posited that collagen remod-
els to maintain a homeostatic stress state [13]. This hypothesis is
supported by experiments showing strain-related protection of
loaded collagen fibers against breakdown [14]. Elastin, on the
other hand, is a biologically stable substance, with a half-life on
the order of years [15]. It is generally thought to remain relatively
unchanged in terms of overall content, but, over timescales on the
order of decades, becomes increasingly disrupted and fragmented
[7]. The active adjustment of basal tone by vSMCs in response to
vessel loading (based on mean arterial pressure and the dynamics
of blood flow) happens on the order of seconds to minutes, while
the overall growth patterns of cells tend to be on the order of a
few days [16,17]. The aortic vSMCs are able to transition from a
contractile to a synthetic phenotype under different conditions,
balancing their relative contribution to load bearing with their role
in remodeling the ECM.

Two main associations with aortic aneurysm are (1) elastin net-
work disorganization and fragmentation [18] and (2) disruption of
vSMCs from normal contractile function (with increases in vSMC
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apoptosis) [19]. Diseases that coincide with elastin disorganiza-
tion and fragmentation show increased aortic growth and a pro-
pensity toward aneurysm [1,20]. These observations show that the
architecture of biological tissues is complex, and the network
structures within the MLU are highly plastic [12,13,21–26]. While
many computational and theoretical models have explored growth
and remodeling in various systems, most have employed a contin-
uum framework [27,28]. Expanded efforts in the field have sought
to apply these methods to increasingly complex physics and real-
istic geometries [29–34], but little has been studied in terms of the
discrete nature of fiber remodeling. In other words, it remains
unclear what effect the remodeling of individual fibers and inter-
actions between fibrous constituents may play in tissue-scale
growth and remodeling.

Methods

We propose a novel model of tissue growth applied to a discrete
microstructural representative volume element (RVE) in the form
of an aortic MLU. The MLU consists of a cellular stress-fiber
(actin) network analog representing SMCs and a planar layer of
collagen and elastin representing the elastic lamina as shown in
Fig. 1. It is worth noting that what we call actin fibers are repre-
sentative of the mechanical contributions of intermediate fila-
ments, microtubules, actin filaments, and myosin motors
combined. The application of this discrete model of growth,
remodeling, and failure unites the disparate models of growth and
failure and allows us to look at how different pathologies, regard-
less of gross dimensions, may be prone to failure. The model is

shown schematically in Fig. 2, and each part of the process is
described in this section below.

Network Generation. The selection of an appropriate network
type for biological tissues is not a trivial task (as evidenced by
Ref. [35]). In this model, we chose to use Delaunay networks
because of their high degree of mechanical stability. Briefly, a 3D
periodic Delaunay network is generated on 100 random nodes in
our RVE to serve as our cellular stress-fiber (actin) network. All
actin fiber bundles were prescribed an initial radius of 80 nm. To
create our embedded elastin network, we generate a second peri-
odic Delaunay network on 250 random nodes in our RVE and flat-
ten the resulting network into the circumferential-axial plane.
Elastin fibrils were all prescribed a radius of 240 nm [36]. To gen-
erate a collagen network, we perform a 2D tessellation of the pla-
nar elastin network nodes. All collagen fibrils were prescribed an
initial radius of 80 nm. After the networks are generated, actin net-
work fibers that cross the collagen/elastin lamina layer are con-
nected to the collagen/elastin network node nearest to the point
where they cross. This process approximates an integrin-like
connection between the vSMCs and the ECM. An example of a
typical network is shown above in Fig. 1.

Boundary Conditions. The boundary stress values applied to
the MLU were chosen using the Law of Laplace for normal
(100 mmHg) or hypertensive (150 mmHg) mean aortic blood pres-
sures and are summarized in Eqs. (1.1)–(1.3). Initial, undeformed
dimensions for vessel radius and wall thickness were chosen to
mimic the rat aortic wall [37]. The three-dimensional stresses are
prescribed as

Fig. 2 Computational model flowchart
Fig. 1 Aortic vessel geometry and repeated medial lamellar
unit
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rhh ¼
P rc

h
(1.1)

rzz ¼
P rc

2h
(1.2)

rrr ¼ 0 (1.3)

where rhh is the circumferential stress, P is the mean arterial pres-
sure, rc ¼ k1R0 is the deformed centerline (midwall) radius, k1 is
the circumferential stretch, and R0 ¼ 600 lm is the initial vessel
centerline radius, h ¼ k3H0 where h is the deformed wall thick-
ness, k3 is the stretch in thickness (radial direction), and H0 ¼
100 lm is the initial wall thickness, rzz is the axial stress, and rrr

is the radial stress.
Wall shear stress at the luminal surface of the vessel was calcu-

lated using a nominal flow rate of 84 mL=min and a blood viscos-
ity of 3 cP [38]. The Poiseuille formula for steady, Newtonian
fluid flow, given in Eq. (2), was used to determine an average wall
shear stress

swall ¼ �
4lQ

pr3
i

(2)

where swall is the wall shear stress, l is the kinematic viscosity, Q
is the flow rate, and ri ¼ k1R0 � ð1=2Þk3H0 is the deformed lumi-
nal radius.

Network Solution and Stress Calculation. The main constitu-
ents of mechanical interest in this model are actin-like cellular
stress-fibers, collagen, and elastin. Cellular actin fibers were
treated as active components with a characteristic time scale
much shorter than the timescale of remodeling. We therefore rep-
resent the actin as having two behaviors: a passive bilinear elastic
response and an instantaneous active contraction the magnitude of
which is driven by wall shear stress (WSS) as given in
Eqs. (3.1)–(3.3)

f kð Þ ¼ 1� k� kmax

kmin � kmax

� �2

for kmin < k < 2kmax � kmin (3.1)

S swallð Þ ¼ S0�s1=swall (3.2)

ractive ¼ SðswallÞkf kð Þ (3.3)

where f ðkÞ is the active response function based on the stretch, k,
and kmax and kmin are the stretches of maximum and minimum
contraction, respectively, SðswallÞ is the magnitude of contraction
based on WSS swall, S0 and s1 are scaling parameters for contrac-
tion and WSS, respectively, and ractive is the active contractile
stress in the fiber. The upper lines (gold) in Fig. 3 show actin fiber
mechanics for both active (dotted line) and passive (dashed line)
behaviors.

It is well known that collagen tends to take on a crimped con-
formation which results in a stress–strain behavior consisting of a
large toe region followed by a steep lockout. In our model system,
we utilize a helical fiber model [39], with parameters fit to single
fiber data from Ref. [12]. The model is shown by the nonlinear
line (red) in Fig. 3. Elastin, as the main elastic element, was mod-
eled as a bilinear elastic spring as shown by the lower linear line
(black) in Fig. 3. All material parameters used in these models are
given in Table 1. Because fibers buckle when compressed, actin
and elastin fibers were prescribed a compressive modulus of 1/100
of the tensile modulus in Table 1.

We model the volumetric mechanics of the cell due to the exis-
tence of charged fibrous proteins following Ref. [45], but scaling
the fixed charge density with actin fraction. The overall swelling
pressure has two important consequences: first, as the network is
compressed, the pressure is increased; and second, as the actin
network becomes more dense, through the addition of fiber, the
swelling pressure increases driving growth of the MLU. The
osmotic pressure is given by Eqs. (4.1) and (4.2)

cFCD ¼ c0/
a (4.1)

p ¼ RT

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
cFCDð Þ2 þ 4 c�ð Þ2

q
� 2c�

� �
(4.2)

where cFCD is the tissue fixed charge density, c0 is a fixed charge
density scaling parameter, /a is the actin volume fraction, c� is
the extracellular osmolarity, p is the swelling pressure, R is the
universal gas constant, and T is the absolute tissue temperature.
We note here that the swelling pressure model allows the network
to grow over time (i.e., incompressibility is not enforced in the
time domain). The swelling pressure does limit compressibility to
(V=V0Þ � 0:92 for the strip biaxial extension test and
(V=V0Þ ¼ 1:08 for the shear test prior to failure discussed in the
“Material Property Calculation and Failure Simulations” section
below. The compressibility in the strip biaxial test is within the
range experimentally measured in Ref. [46], while, to our knowl-
edge, the compressibility of arterial tissue in shear has not been
experimentally measured.

We use volume-averaging theory to convert fiber forces in the
equilibrated MLU to tissue stress. The physical dimension of the
RVE is calculated via a scaling parameter, v, given in Eq. (5)
[47,48]

Fig. 3 Mechanical behavior of fiber constituents

Table 1 Constituent models and parameters

Constituent Model Material parameters Failure References

Actin Linear elastic—passive E ¼ 4 MPa kcrit ¼ 2:0 [40]
Active S0 ¼ 200 kPa; kmin ¼ 0:65; kmax ¼ 1:4; s1 ¼ 5:0 Pa [41]

Collagen Helical spring E ¼ 700 MPa; R0 ¼ 5:8 nm; r0 ¼ 1:6 nm; H0 ¼ 67:4 nm kcrit ¼ 1:43 [14,42,43]
Elastin Linear elastic E ¼ 1 MPa kcrit ¼ 2:35 [44]
Intracellular Space Osmotic pressure c0 ¼ 280mEq=L; T ¼ 310 K; c� ¼ 150 mEq=L N/A [40]
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v ¼

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiP
lf Af

/V

s
¼ 10lm (5)

where v is the RVE scaling parameter lf is the length of fiber f in
computational units, Af is the cross-sectional area of fiber f , / is
the fiber volume fraction, and V is the RVE volume in computa-
tional units cubed. In Eq. (5), lf and V are both in computational
units, whereas Af is in physical dimensions. Thus, v has units of
physical length per computational length. It should also be noted
that v is considered a constant in our simulations and is simply
used to relate computational dimensions of length (for the RVE
and fibers) to physical dimensions.

Using the scaling parameter v and summing the forces for all
fibers, we calculate the volume averaged stress that our RVE
experiences as shown in Eq. (6)

rij ¼
1

v2

1

V

ð
V

rf
ijdVf

� �
¼ 1

v2

1

V

X
f

rf nf
i n

f
j

� �
Vf

 !

¼ 1

v2

1

V

X
f

Ff

Af
nf

i n
f
j

� �
Af lfð Þ

 !
¼ 1

v2

1

V

X
f

Ff lf nf
i n

f
j

 ! (6)

where rij is the tissue stress, v is the RVE scaling parameter, V is
the computational RVE volume, rf

ij is the fiber stress, Vf is the
fiber volume, lf is the fiber length, Af is the fiber cross-sectional
area, Ff is the fiber force magnitude, and nf

i is the fiber unit vector.
We note that the value set in parentheses for Eq. (6) has units of
force per computational unit squared. Thus, we need to scale the
stress to real physical dimensions using the scaling parameter.

The Newton–Raphson algorithm is used to find the principal
stretches that give us the correct prescribed boundary loads from
Eq. (1). A second Newton–Raphson loop is used inside the first to
compute the position of each node in the network at static equilib-
rium given a deformation.

Implementation and Solution Convergence. The model was
implemented in a custom Cþþ code using the Eigen library [49].
This code is available from a public Github repository.2 Conver-
gence of the internal force balance is considered achieved when
the residual force norm is less than an absolute threshold of 1�
10�5 nN or a relative threshold of 1�10�5 compared to the affine
deformation nodal residual for the current stretch step. Conver-
gence of the stress boundary problem is considered achieved if the
absolute magnitude of stress error is less than 100 Pa or the rela-
tive stress error is less than 0.1% of the maximum applied bound-
ary stress.

Growth and Remodeling Dynamics. The dynamics of growth
and remodeling (G&R) are handled similarly to Ref. [30], but
applied to fibers rather than to the tissue as a whole. Fibrils
remodel to reach a predetermined target stress. To reach a speci-
fied target stress, fibrils grow radially (effectively adding mass
and intermolecular crosslinks). The equation guiding this growth
is given in Eq. (7)

dr

dt
¼ 1

s
rf

rtarg

� 1

� �
r (7)

where (dr=dtÞ is the time rate of change of the fiber radius, s is the
polymerization time constant, r is the fiber radius, rf is the fiber
stress, and rtarg is the fiber target stress. The polymerization time
constants, s, are taken to be 4.5 days for actin [17], and 90 days
for collagen. Elastin was not allowed to remodel due to its stabil-
ity in the aorta. The homeostatic fiber stresses rtarg were taken to
be 750 kPa for actin and 200 kPa for collagen. More information

about how target stresses were selected is provided in the Supple-
mental Material on the ASME Digital Collection.

The lengthening of fibrils is governed by the assumption that
the addition of molecules to the radius of the fibril can be reason-
ably described as adding a new parallel spring as in Ref. [50]. An
overall force balance along with algebraic manipulation gives the
following relation for the new rest length of the fiber:

L0 ¼

r2

M
þ 2rdr þ dr2

� �
r2

M
þ 2rdr þ dr2

k

� � L0 (8)

where L0 is the new rest length of the fiber, r is the pre-existing
fiber radius, M is the modulus ratio of the new fiber in compres-
sion to the pre-existing fiber in tension, dr is the deposited fiber
radius, k is the fiber stretch at the time of deposition, and L0 is the
pre-existing fiber length when the new fiber was deposited. The
ratio of the pre-existing fiber tensile modulus to the new fiber
compressive modulus M is taken to be 1.0.

In this simulation framework, we can decouple the RVE loaded
state from the zero-stress state as

F ¼ FgFe

where F is the current deformation gradient for the current loaded
network relative to the unloaded network at time t¼ 0, Fg is the
zero-stress network deformation gradient from the unloaded time
t¼ 0 network to the unloaded network at the current time, and Fe

is the elastic deformation gradient for the network from the cur-
rent time unloaded network to the current time loaded network.
The decoupling of growth and elastic stretch is accomplished by
simply running the network through a prescribed zero-stress
boundary condition model at every time-step where we already
know the loaded total stretch for the network. We can then calcu-
late the elastic deformation as Fe ¼ FF�1

g .
Fiber growth and the time evolution of the tissue are modeled

using a forward-Euler scheme with variable step size.

Material Property Calculation and Failure Simulations.
Since tissue failure—either by rupture or dissection—is the major
clinical threat associated with pathological vessel growth, we
looked at two failure scenarios for the MLUs: a strip biaxial and a
shear to failure. Each failure scenario treated the test as a passive
failure test (as in experiments [51–57]) so the actin contractility
was removed. The strip biaxial test was meant to serve as an ana-
log for the burst failure of the artery. In the biaxial test, the MLU
axial stretch was set to 1.4, and the MLU was stretched to failure
in the circumferential direction. The thickness direction was pre-
scribed as zero stress. Properties of small-strain modulus, transi-
tion strain, and large-strain (lockout) modulus were calculated
prior to failure. The small-strain modulus is defined as the slope
between zero and 50 kPa circumferential stress, and the large
strain modulus defined as the slope between 200 and 400 kPa cir-
cumferential stress. The transition strain is defined as the strain
where the small-strain line and the lockout modulus line intersect.
Rupture failure was defined as the point on the stress–strain curve
immediately preceding a drop in stress greater than 50 kPa.

The shear test, in contrast, served as an analog for the dissection
failure of the artery. For the shear test, the axial and circumferen-
tial stretches were set to 1.4 and 1.6, respectively. The radial
direction was prescribed zero stress. The shear was imposed as a
circumferential displacement on the radial face. The shear modu-
lus was defined as the slope of the shear stress versus shear strain
curve prior to failure. In each failure scenario, the strain step was
adjusted dynamically so that failure occurred in fewer than 15 of
the over 3000 total fibers on any given stretch step to maximize
the accuracy of the measured bulk failure stress and strain.2https://github.com/RyanMahutga/JBME_Remodeling1
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Dissection failure was defined as the point on the shear-stress ver-
sus strain curve immediately preceding the first drop in stress.

Experimental Design. The first set of cases we explore con-
sider a vessel subjected to a 50% increase in mean blood pressure.
This case has been described extensively in experiments from a
gross morphological standpoint [58], from a histological stand-
point [59,60], and from a mechanical standpoint [25,61,62]. Fur-
thermore, this case is often used as a validation test for growth
and remodeling simulation [30,38,63].

The second set of cases we explore are the remodeling of ves-
sels in response to pathological conditions under normotensive
blood pressure. As discussed above, two especially common asso-
ciations with aortic aneurysm are elastin fragmentation [18] and
smooth muscle cell dysfunction [1,64,65]. In an attempt to under-
stand these two scenarios, we remodeled our generated networks
under normotensive conditions then applied one or both of two
perturbations: (1) an instantaneous reduction in elastin (by ran-
domly removing fibers) and/or (2) an instantaneous reduction in
smooth muscle cell contractility (by decreasing the parameter, S0

in Eq. (3.2)). The cases that were investigated are summarized in
Table 2.

Statistics. For each scenario outlined above, we used eight net-
works generated using the same routine listed in Network Genera-
tion. All plots with error bars show mean 6 95% confidence
interval on the mean. Comparisons were performed using paired
t-tests with significance established at two levels: p< 0.05 and
p< 0.005.

Results

Investigation of the Normotensive and Hypertensive Aorta.
The first step in verifying the model was to apply it to a well-
studied remodeling case. The standard case is that of a pressure
overload where one would expect an initial spike in stress fol-
lowed by re-equilibration to a new, lower stress state due to
growth of the tissue. The expected behavior is seen clearly in the
total stress line of Fig. 4(a), which rises sharply with the introduc-
tion of the pressure overload, but then decays to a value close to
the initial level. Examining the individual component contribu-
tions to the total stress in Fig. 4(a), one can see that the load has
been shifted from the elastin to the actin during the remodeling
process, with the collagen contribution largely returning to its
original level. We emphasize that the component’s contribution to
the overall stress should not be confused with the stress within a
component fiber, since the former is a combined effect due to the
sum of stresses for each individual component and the volume
fraction of that component within the tissue. This effect can be
understood by examining the tissue volume fractions in Fig. 4(c),
starting with two key observations:

(1) The total volume fraction of all protein increases slightly,
but the volume fraction of actin increases considerably.
Thus, the actin contribution to the total stress increases nat-
urally due to the greater actin volume fraction.

(2) The elastin volume fraction drops considerably. Since elas-
tin does not remodel, this drop is entirely due to an increase
in tissue volume (discussed further in Figs. 4(b), 4(d), and
4(f)). Thus, the elastin contribution to the total stress drops
even though the stress on any given fiber increases because
the fiber forces are distributed over a much larger area. In
contrast, the volume fractions of both collagen and actin
increase because remodeling outpaces tissue volume
growth.

The effect of remodeling can be seen even more clearly in
Fig. 4(e), in which the stress for each fiber is shown before and
after remodeling. Due to their ability to remodel, the collagen and
actin fibers return to the same homeostatic stress levels after
remodeling. In contrast, the elastin fibers must stretch more in
response to tissue growth and, therefore, go to a higher stress state
after remodeling. Thus, based on Figs. 4(a), 4(c), and 4(e) we con-
clude the mechanism underlying the remodeling involves a greater
portion of load being borne by the actin (i.e., by the smooth mus-
cle), but a higher local fiber stress generated in the elastin.

Turning to the kinematics of tissue growth and remodeling in
this base case, there is a substantial increase in tissue volume with
increased length in all three directions (Fig. 4(b)). The volume
change is driven primarily by tissue growth (Fig. 4(d)), as the total
volume change due to elastic deformation remains relatively
unchanged (Fig. 4(f)), indicating the tissue in nearly incompressi-
ble. The tissue grows in all three directions (Fig. 4(d)), with the
transverse growth driven by the osmotic effect due to increased
actin content described in Eq. (4.2). Importantly, the elastic
stretch of the tissue in the directions of loading (i.e., circumferen-
tial and axial) decreases over time because fibers grow thicker
(Fig. 6(b)) leading to increased force developed for a given strain.
The transverse direction of elastic stretch is increased due to the
same osmotic effect discussed earlier.

The growth and thickening of the simulated vessel wall can be
seen in snapshot in Fig. 5, which shows the vessel at three differ-
ent stages in the growth and remodeling process in both unloaded
(0 mmHg luminal pressure) and loaded (100 mmHg or 150 mmHg
luminal pressure) states. The vessel growth is evident in the
unloaded-state images of the whole vessel and in the networks
themselves. The actin density increase is also evident from these
network snapshots.

A distinct feature of this discrete-fiber remodeling framework is
that we can monitor individual fiber changes. In Fig. 6, we show
fiber length and fiber radius for collagen and actin as these fiber
types grow during remodeling. The collagen fibers tend to main-
tain a shorter length than the actin fibers, and each has a unimodal
distribution (Fig. 6(a)). The fiber radii (Fig. 6(b)) shows that the
collagen fibers tend to grow much thicker in response to loading
with a unimodal distribution. In contrast, the actin fiber radius is
bimodal. It is noted that the fibers that go to zero radius have been
removed, and the peak on the low end (shown by arrows) repre-
sents a stable population of fibers with radii in the range of
2–25 nm. Examining the network itself (Fig. 7), we see that the
peak in the distribution at small radius corresponds to interlamel-
lar fibers connecting the cell to the ECM, and connecting the adja-
cent lamellae to one another. The large radius peak corresponds to
fibers falling roughly into the circumferential-axial plane. These
two families are interlamellar fibers that resist osmotic pressure
and relatively planar fibers that resist the hoop and axial stresses.
The alignment of laminar elastin and collagen followed the direc-
tion of loading with little discernible change from normotensive
to hypertensive cases (see Fig. 1 available in the Supplemental
Materials on the ASME Digital Collection).

Another distinct advantage of a model system using discrete
fibers is that we can perform failure simulations and track failed
fibers (as performed previously for nonremodeled systems by
Refs. [51] and [66]). An example of a strip biaxial pull to failure
test is shown in Fig. 8(a). The region of failure initiation is high-
lighted by the dashed oval. In strip biaxial testing, failure initiates

Table 2 Pathological remodeling cases summarized in results

vSMC contractility

100% of
normal

25% of
normal

0% of
normal

Elastin fiber
removal

0% removal Baseline X –
20% removal – X X
25% removal – X –
30% removal X X –

Tested cases are denoted with an X.
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in the collagen/elastin lamina layer. In shear to failure (Fig. 8(b)),
in contrast, failure initiates as the actin fibers disconnect from the
elastic lamina causing delamination of the MLU. Additionally,
shear failure occur at a much lower stress, consistent with experi-
mental observations [52]. It should be noted that failures are sim-
plified in that they occur within fibers and not at connections.

The failure simulations of Fig. 8 allow us to quantify the mate-
rial behavior and failure characteristics for both planar and shear
deformations as shown in Fig. 9. The 50% blood pressure over-
load resulted in a significantly higher small-strain modulus and
shear modulus. There was also a statistically significant decrease
in the transition strain for the pressure overload case. Taken

together, these properties indicate that the tissue stiffness
increased as a result of increased mean arterial pressure. In addi-
tion, we see statistically significant increases in the stress at rup-
ture and the stress at dissection indicating that the material has
remodeled to become stronger in both failure modes.

Investigation of Elastin Fragmentation and Smooth Muscle
Cell Dysfunction

Growth Dynamics. Simulations used to investigate the inde-
pendent and coupled roles of elastin fragmentation and smooth
muscle cell dysfunction are outlined in Table 2 above. We

Fig. 4 (a) Circumferential stress evolution with normal blood pressure (100 mmHg) and hypertension (150 mmHg). (b) Overall
tissue stretch evolution. (c) Fiber volume fraction evolution. (d) Growth contribution of stretch evolution. (e) Histogram of fiber
stresses for each fiber type at t 5 135 days and t 5 300 days. (f) Elastic contribution of stretch evolution. Solid lines are means
and the shaded region is 95% confidence interval for N 5 8.

111007-6 / Vol. 142, NOVEMBER 2020 Transactions of the ASME



summarize the results in Fig. 10 for reduction of smooth muscle
contractility alone (first column), removal of elastin alone (second
column), and combined reduction of contractility and removal of
elastin (third column). We define the healthy state as the state
immediately before initiation of the insult (i.e., reduction of con-
tractility and/or removal of elastin) at t¼ 135 days (shown by the
arrows in Fig. 10). The circumferential stress for decreased con-
tractility alone (Fig. 10(a)) shows an instantaneous reduction in
actin stress due to the loss of contractility. The resulting reduction
in the total circumferential stress in the tissue is gradually
regained as collagen and actin remodel. The homeostatic stress
state after remodeling is negligibly different than the healthy
stress. The circumferential stress for removed elastin fibers
(Fig. 10(b)), however, shows an instantaneous drop in elastin
stress but a rise in total stress because the instantaneous loss of
elastin makes the vessel more distensible increasing the tissue
stress based on the Law of Laplace. The resulting load on collagen
is then redistributed over time onto actin, resulting in increases in
both collagen and actin stress at the new, lower total homeostatic
stress level compared to the healthy stress. The circumferential
stress response for the combination of reduced contractility and

removed elastin (Fig. 10(c)) shows the load from elastin loss
redistributes to collagen and actin, with less load borne by the
actin compared to the elastin removal alone (Fig. 10(b)). The
result is a homeostatic stress after remodeling below the healthy
stress. This counterintuitive result is explained by the fact that the
load previously held by elastin is redistributed to collagen and
actin. The increase in actin load results in more actin creation,
which leads to increased osmotic pressure and more transverse
growth. This growth makes the thickness of the tissue larger, so
the stress decreases per Eq. (1).

The fiber volume fraction evolution shows that for actin con-
tractility disruption (Fig. 10(d)), load is primarily redistributed to
collagen, which results in increased collagen content. Overall, the
total fiber volume fraction increases in this case relative to the
healthy level. When elastin is removed (Fig. 10(e)), the resultant
load is redistributed to both collagen and actin resulting in
increases in volume fraction of each. The actin and collagen are
both stiffer than the elastin, so they add less volume to pick up an
equivalent load from the removed elastin; thus, the total fiber vol-
ume fraction is decreased relative to the healthy level. In the case
of combined actin contractility disruption and elastin fiber

Fig. 5 Representative arterial networks and overall size during the remodeling process showing 3D network actin (gold),
planar collagen (red), and planar elastin (black)
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removal (Fig. 10(f)), we again see the disruption of actin contrac-
tility driving growth of collagen with total fiber volume recover-
ing more than in the case of removed elastin alone (Fig. 10(e)).
We see relatively little change in overall fiber orientation over
the baseline case with changes in elastin or vSMCs (see Fig. 1
available in the Supplemental Materials on the ASME Digital
Collection).

There is lower total growth for actin disruption alone
(Fig. 10(g)) compared to elastin removal alone (Fig. 10(h)). How-
ever, the combination of reduced contractility and removed elastin
(Fig. 10(i)) results in higher volumetric growth than either alone.

Material and Failure Properties. Figure 11(a) shows the mate-
rial properties for cases of removed elastin and reduced contractil-
ity to the normal baseline networks. Removal of elastin results in
a higher small-strain modulus, lower transition strain, and higher
shear modulus, but little change to the lockout modulus. In con-
trast, the reduction of vSMC contractility results in a lower small-
strain modulus, higher lockout modulus, higher transition strain,
and lower shear modulus. Failure properties were also examined
for these cases (Fig. 11(b)). Removal of elastin results in lower
rupture strain and stress, a higher dissection stress, but little
change in dissection strain. Reduction in contractility of the
vSMCs shows increased rupture strain and stress. The reduced
contractility cases also show increased dissection strain with little
change in dissection stress.

Comparison of Morphologically Similar Dilated Vessels. After
observing the behavioral differences in Figs. 10 and 11, we gener-
ated morphologically similar dilated vessels based on inner lumi-
nal dimensions, and a standard clinical metric was measured using
computed tomography, magnetic resonance angiography, or ultra-
sound. It has been shown that interobserver error in measurement
and measurements taken between different modalities can have
high variability [67,68]. Based on the reported variability in clini-
cal measurement, we set our cutoff for similar pathological vessel
sizes at 64% of the mean of pathological cases (excluding the
30% removed elastin alone case and the 25% contractility alone
case). The luminal size for all cases is shown in Fig. 12. The mean
is given by the solid line, and the 64% limit is shown by the
shaded box.

Fig. 6 Pooled histograms of all fibers in all networks (N 5 8) for (a) fiber length evolution of actin and collagen. (b) Fiber
radius evolution of actin and collagen. The arrows (green) show the actin fiber peak at small radii.

Fig. 7 Homeostatic hypertensive MLU showing small
diameter (r < 25 lm) radial actin fibers (green), large diameter
actin fibers (r > 25 lm) (gold), planar collagen (red), and planar
elastin (black)
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Since the standard diagnostic criteria for a risky aneurysm are
based on size and a growth rate evaluated in, typically, six month
intervals [69], we compared the mechanical behavior and failure
properties of vessels of similar lumen diameter and growth rate.
The trends in material properties are shown in Fig. 13(a). The
combined effect of a reduction of contractility and removal of
elastin is an increase in small-strain modulus, increase in lockout
modulus, decrease in transition strain, and increase in shear modu-
lus. The effect of changing contractility while keeping the elastin
removal the same (bar 3 (gold) versus bar 4 (purple)) shows that
decreased contractility decreases small-strain modulus, increases
lockout modulus, and increases transition strain with little change
in shear modulus. The effect of increased elastin removal while
maintaining contractility (bar 4 (purple) versus bar 5 (green)

versus bar 6 (light blue)) shows increases in small-strain modulus,
lockout modulus, and transition strain with negligible change in
shear modulus.

The failure properties for the comparison of pathological cases
are shown in Fig. 13(b). The combined effect of reduced contrac-
tility and removed elastin decreases rupture strain, but increases
rupture stress. There is little change in dissection strain but a sig-
nificant increase in shear stress at dissection. The role of increased
contractility while keeping the elastin removal the same (bar 3
(gold) versus bar 4 (purple)) shows that decreased contractility
has little effect on any failure parameters. The effect of increased
elastin removal while maintaining contractility (bar 4 (purple)
versus bar 5 (green) versus bar 6 (light blue)) shows increases in
strain at rupture with little change in any other failure properties.

Overall variability comparing one pathological vessel to
another is summarized in Table 3. The data suggest that vessel
behavior and strength are highly dependent on underlying pathol-
ogies, and that small perturbations or variations in the underlying
pathologies can cause significant changes to underlying material
and failure properties for similarly dilated vessels.

Discussion

Normotensive Versus Hypertensive Aorta. The general
trends for our model in response to a 50% overload in mean arte-
rial pressure are as follows:

(1) An initial spike in circumferential stress followed by re-
equilibration to a new homeostatic stress state (above the
homeostatic stress state at normal blood pressure) (Fig. 4(a)).

(2) Growth of the MLU in all dimensions, with particularly
pronounced medial thickening (Figs. 4(b) and 4(f)), and an
increase in luminal diameter under load (Fig. 4(b)).

(3) Fiber remodeling resulting in increased collagen and actin
content which coincides with longer fibers with larger radii
(Fig. 6), along with less elastin content due to an increase
in MLU volume (Fig. 4(c)).

(4) Increased tissue stiffness in both planar and shear tests
(Fig. 9).

(5) Increased stress at failure for both medial rupture and
medial dissection (Fig. 9).

The initial spike in circumferential stress followed by a re-
equilibration to a new homeostatic state is consistent with other
theoretical models [30,63]. Our model also shows the homeostatic

Fig. 8 Representative failure curves (black lines) and networks before (I) and after (II) failure for (a). circumferential
failure and (b) shear failure. The dot shows the mean failure behavior and the cross shows the 95% confidence interval. The
blue arrows on the networks show the direction of loading, and the dashed ovals show tear formation in (a), and delamination
in (b).

Fig. 9 Material and failure properties for baseline normal blood
pressure (left-hand bar, blue) and a 50% increase in baseline
blood pressure (right-hand bar, yellow). Solid bars are means
and the error bars are 95% confidence interval for N 5 8. The
symbol y represents p < 0.05 and the symbol z represents
p < 0.005 relative to the baseline vessel.
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stress after remodeling with hypertension is greater than that for
the normotensive case ðr ¼ 142kPa normotensive, r ¼ 154kPa
hypertensive), which is consistent with data for hypertensive rats
ðr ¼ 120kPa normotensive, r ¼ 164kPa hypertensive from Ref.
[62] and r ¼ –140kPa normotensive, r ¼ –175kPa hypertensive
[70]). The observations of Ref. [71] show medial thickening and
decreased luminal diameter for spontaneously hypertensive rats
under in vivo load conditions while the data of Ref. [72] show the
same medial thickening (kmedial ¼ 1:42) with increased luminal
diameter (kluminal ¼ 1:19) in hypertensive rats. Our morphological
data from the 50% pressure overload scenario show similar medial
thickening (kmedial ¼ 1:54) along with increases in luminal diame-
ter (kluminal ¼ 1:11). Additionally, the data of Ref. [73] show that
the hypertensive rat has a marked decrease in elastin fiber content
(–27%) and an insignificant increase in collagen content. Addi-
tionally, the estimate for total extracellular fiber fraction is 0.55 in
normotensive decreasing to 0.45 in hypertension [73]. Our model
indicates similar slight collagen content increase and marked elas-
tin content decrease (–54%) (Fig. 4(b)). We also show that the

total elastin and collagen content decreases from 0.36 in the nor-
motensive case to 0.28 in the hypertensive case. This decrease is
similar to the experimental case, although are tissue ECM is less
dense in the simulation. Further, the data of Ref. [73] show
increased vSMC density of the aortic media in hypertensive rats
versus control rats changing from –0.27 in normotensive rats to
–0.31 in hypertensive rats. A significant increase in actomyosin
content in the aortic media is also shown by Ref. [74]. Our model
shows a marked increase in the actomyosin density (Fig. 4(c))
increasing from 0.12 to 0.25, indicating that our cellular network
is, again, less dense than actual aortic tissue.

The data of Refs. [61] and [70] show significant increases in the
small-strain modulus (stiffness at 100 mmHg in the experiment,
20–50% increase) and statistically insignificant decreases in the
lockout modulus (stiffness at 200 mmHg in the experiment) for
hypertensive rats compared to normotensive controls. Our simula-
tion data show a large increase in small-strain modulus (93%
increase) and moderate increase in lockout modulus (32%
increase) (Fig. 9). In addition, we see lower ultimate strains in

Fig. 10 (a) Circumferential stress evolution for contractility reduced to 25% of normal with no elastin removal. (b) Circumfer-
ential stress evolution for normal contractility with 30% elastin removal. (c) Circumferential stress evolution for contractility
reduced to 25% of normal with 30% elastin removal. (d) Fiber volume fraction evolution for contractility reduced to 25% of nor-
mal with no elastin removal. (e) Fiber volume fraction evolution for normal contractility with 30% elastin removal. (f) Fiber vol-
ume fraction for contractility reduced to 25% of normal with 30% elastin removal. (g) MLU growth for contractility reduced to
25% of normal with no elastin removal. (h) MLU growth for normal contractility with 30% elastin removal. (i) MLU growth for
contractility reduced to 25% of normal with 30% elastin removal. Solid lines are means and the shaded region is 95% confi-
dence interval for N 5 8.
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hypertension and increases in ultimate rupture failure strength,
which is consistent with Ref. [75].

Unique Insights From This Model. Some unique insights into
the remodeling process emerged that cannot be obtained directly
from continuum models. Our model demonstrates that the

remodeling process in the 3D actin network formed two distinct
fiber populations: one whose radius tended to be relatively large
and another that tended to be relatively small. Further investiga-
tion showed different microstructural roles for these two fiber
families. The two populations were shown to reinforce the net-
work in different directions, with the large-diameter actin fibers
aligning in the circumferential-axial plane while the small-
diameter fibers aligning radially. This observation suggests the
formation of actin struts between layers. Similar struts have been
observed experimentally in the rat aortic arch [3], but are formed
by interlamellar elastin. The role of these struts in the model is to
carry the radial load induced form the osmotic pressure, and
removal of these struts causes large increases in the radial thick-
ness and destabilizes the network itself.

Our model also allowed us to simulate failure onset and propa-
gation (Fig. 8) and showed behavior consistent with histological
findings of failed tissues [76]. Our simulated failure data also
show large variability within groups, which indicates that struc-
tural alterations, that cannot be quantified in the averaged data
(i.e., fiber volume content, overall tissue stress, and tissue size),
play a critical role in when and how a tissue fails. These types of
structural information and discrete phenomena (perhaps only
affecting a few fibers), lost in the homogenization of continuum
models, are of critical importance in predicting failure, where a
cascade of failure can be triggered by a seemingly insignificant
local inhomogeneity.

Table 3 Comparison of intersample pathological vessel differences showing properties with p < 0.05

% of normal contractility/% removed elastin

Overload 0%/20% 25%/20% 25%/25% 25%/30%

% of Normal contractility/ %
removed elastin

Overload E0;E1 etran; G E0;E1 etran; G E0;E1 etran; G E0;E1 etran; G
0%/20% erup; sdis E0;E1 etran E0; etran E0; etran

25%/20% erup; sdis – E0;E1 etran E0;E1 etran

25%/25% erup; cdis sdis cdis erup E0; etran

25%/30% erup; cdis sdis erup; cdis erup erup

The upper right of the matrix shows material properties: small-strain modulus (E0), lockout modulus (E1), transition strain (etran), and shear modulus
(G). The lower left of the matrix shows failure properties: rupture strain (erup), rupture stress (rrup), dissection strain (cdis), and dissection stress.

Fig. 11 (a) Normalized material properties and (b) Normalized failure properties for baseline (blue), normal (100%) contractil-
ity with 30% removed elastin (orange), and 25% of normal contractility with normal elastin (0% removed) (gold). Solid bars are
means and the error bars are 95% confidence interval for N 5 8. The symbol y represents p < 0.05 and the symbol z represents
p < 0.005.

Fig. 12 Normalized homeostatic luminal diameter at load for
all tested cases. The highlighted cases are within 62.5%
(dashed lines) of the mean for pathological growth cases.
Circles are means and the error bars are the 95% confidence
interval for N 5 8.
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Extension of Results to Other Arterial Tissues. While the
results here are cast in the context of aortic remodeling, many of
the observations are also true of other arterial structures affected
by hypertension. Of particular note is the pulmonary artery where,
although the pressure levels are much lower than that of the aorta,
hypertension still causes significant remodeling. Pulmonary
hypertension induces dilatation of the vessel [77]. This growth is
marked by thickening of the media with pronounced stiffening,
increase in collagen content and decrease in elastin content [78].
All of these observations are qualitatively consistent with our
model and could be examined quantitatively by adjusting the
model geometry and pressure loads. The same is true of investi-
gating hypertension effects on other vessels such as the carotid or
coronary arteries.

Models of Elastin Fragmentation and Smooth Muscle Cell
Dysfunction. The major clinical criteria for assessing aneurysm
risk are size and growth rate, which tend to have low temporal
resolution and high variability in measurement. We are able to
match simulated vessels grown under different pathologic condi-
tions using these criteria for determining similarity. It is clear
from previous studies [1,18,65] that aneurysms involve both elas-
tin fragmentation and smooth muscle cell dysfunction or death.
These two pathological scenarios are the basis of our
comparisons.

Removal of Elastin Fibers. Tissue stress decreases after equili-
bration in response to removed elastin (Fig. 10(b)), which aligns
with the murine elastase model in Ref. [20]. Remodeling in
response to elastin loss shifts the load from elastin to the collagen
and actin. The collagen remodels to a lower stress state while the
actin adjusts its contraction and remodeling to balance the load
shifted from the collagen. This phenomenon results in increases in
both actin and collagen fiber content (Fig. 10(e)) and in growth of
the MLU network (Fig. 10(h)). The removal of just elastin leads
to increases in luminal diameter with medial thickening, which
causes dilatation similar to that observed in elastase models of
aneurysms [20,79], but contrary to what is observed in elastin
knockout mice [7]. In addition, the aortic stiffness increased when
elastin was removed (Fig. 12), which is consistent with elastin
insufficient mice [80] and the elastase-induced aneurysm model
[20]. Particularly in Ref. [20] we note that the elastic fiber

contribution to stress reduces to almost zero, indicating large
increases in small-strain stiffness. The collagen contributions to
the stress also increase indicating increased lockout stiffness. We
limit our discussion here to qualitative results because the mutant
mice used to recapitulate these hallmarks of aneurysm do not
maintain a normotensive blood pressure.

In a majority of the cases studied here, there was increased tis-
sue strength in response to the removal of elastin. The reason for
this is that the load previously borne by elastin is transferred to
collagen or actin fibers, which thicken in response to overload.
Since these constituents are stronger than elastin, the result is a
higher failure stress. While this effect is theoretically understand-
able, it is never observed in aneurysmal tissues. The missing link
may be disruption to the collagen or changes in synthesized colla-
gen that arise due to underlying pathologies, or possible failure
occurring at fiber connection junctions rather than in a fiber itself
(discussed further in Model Limitations).

Reduced Smooth Muscle Cell Contractility. The murine Myh11
model of reduced contractility shows lower homeostatic stress
[20], whereas in our model, contractility reduction alone showed
little change in homeostatic stress (Fig. 10(a)). The reduction of
actin contractility redistributes load primarily to the collagen,
whose remodeling drives subsequent tissue growth. In mouse
models of Myh11 mutation, relatively little change in aortic wall
diameter or thickness is observed [20], consistent with our model
(Fig. 10(g)). Further, the Myh11 mouse shows decreases in elastin
contribution to the material behavior (primarily affecting small-
strain modulus) along with increased circumferential collagen/
SMC contribution to the material behavior (primarily affecting
lockout modulus) [20]. Our model is consistent with these experi-
mental findings. It should be noted that the Myh11 mouse does
maintain normotensive blood pressure [81].

Dilated Vessel Mechanics. The dilated vessels in Fig. 12 show
significantly different behaviors from one another both in mechan-
ics and in failure (Table 3), even though they all exhibit nearly the
same degree of dilatation and growth rate. Our model showed
removal of elastin increased stiffness and shear modulus (Fig. 13),
while decreased vSMC contractility lowered small-strain modulus
and shear modulus, but increased lockout modulus. The transition
strain is also increased with decreased contractility. These

Fig. 13 (a) Mechanical properties of baseline and pathological vessels. (b) Failure properties of baseline and pathological
vessels. Solid bars are means and the error bars are 95% confidence interval for N 5 8. The symbol y represents p < 0.05 and
the symbol z represents p < 0.005 relative to the baseline vessel.
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relatively small perturbations to dilated vessels make a significant
difference in material behavior and failure.

We acknowledge that none of these growth scenarios reach the
50% increase in luminal diameter that is typically associated with
an aneurysm, despite relatively large changes to the constituents.
The modest changes in vessel size are due to the specification of
the fiber growth model. The modulus ratio in Eq. (8), for example,
could be tuned to bring the magnitudes of these changes closer to
experimental findings. Further, this model treats the growth and
decay processes as coupled (i.e., there is only one remodeling
equation) when, in reality, the processes of fiber decay through
protease activity and fiber growth through fiber deposition occur
through very different, and still largely unknown, mechanisms.

Model Limitations. As with all models of complex systems,
there are several limitations associated with this model. First, as
discussed earlier, we use a Delaunay network, which tends to be
more affine than one might observe of biological networks, espe-
cially collagen. Additionally, our structure of smooth muscle
stress fibers and a coupled elastic lamina is a simplification of
what is observed in arterial tissue. The actual arterial structure
contains additional collagen surrounding the SMCs and elastin
struts that protrude radially [3]. It is likely that altering the
collagen-elastin lamella to be a 3D structure would reproduce
these structures as we have already seen the same type of struc-
tures emerge from our model, albeit made from actin rather than
ECM components. Nevertheless, the structural model here is sig-
nificantly more representative than a purely continuous model.

A second limitation is the use of osmotic pressure to describe
bulk intracellular properties. While it is true that cells use osmotic
pressure for various processes including movement, it is na€ıve to
think that the osmotic pressure is the only bulk material model
needed. One may well expect that the cell volume is controlled
through numerous other biological mechanisms in addition to
osmolarity differences.

We assumed that fibers remodel toward a target stress. The
fibers themselves are passive elements and cannot sense their sur-
roundings. One could hypothesize that if the fibers are at higher
stress, then the cell is also at higher stress, and its response is to
release more procollagen and enzyme (peptidase), which causes
fibers to grow. If we then add the experimental observations of
Ref. [12], a mechanism arises whereby loaded fibers grow, but
unloaded fibers decay due to innate matrix metalloprotease activ-
ity. An approximation of this process is the fiber growth model
used in these simulations.

An additional assumption in the fiber remodeling is that the
fiber growth and decay processes are coupled (i.e., can be
described through a single equation). However, it is clear that the
mechanisms for fiber deposition and decay are very different from
one another, and are linked in a complex way through cell signal-
ing. The decoupling of these two processes could give us a much
improved model allowing for more growth and fundamental
changes in fiber properties. Additionally, the use of this single
remodeling equation forces the remodeling process in a quasi-
static system (like the one we use) to approach a steady-state
value. This simplification does not account for the continuous
turnover of the ECM and limits the predictive capabilities of this
model in long-term growth (e.g., studying aneurysmal growth
over the course of many years).

An additional limitation in the model is that it currently does
not capture the decreased strength of aneurysmal tissue. We
believe this is due to the fact that we are not modulating the decay
of collagen as a cell might in response to insult. The model does
not account for many structural alterations that arise from SMC
apoptosis or glycosaminoglycan pooling. Both of these aspects
could result in changes to tissue strength based on composition.
Further, we believe that there are significant structural changes to
the underlying networks (beyond just changes in constituent con-
tent, fiber radii, and fiber lengths), as opposed to our current

simplified remodeling of the fibers in the network. Additionally,
our current model does not distinguish failure strengths of bonds
between constituents (nodes in the model). It is likely that
strengths of constituent bonds are important in failure and may be
changed in disease states.

Conclusions

The data presented here demonstrate that this model can cap-
ture a majority of experimental observations in the simple case of
pressure overload (hypertension), and that it can be used to eluci-
date both bulk material mechanics and failure properties for many
pathological scenarios. Further, our data have demonstrated that
structural details, such as the interlamellar struts, can be identified
and justified from this model. Discrete-fiber structural models,
with increased detail, can be used to predict changes or disrup-
tions in tissue architecture such as those coincident with aneu-
rysm. Further, models of this type allow us to investigate the risk
associated with certain pathological aneurysms.

This model system allows us to simulate an extremely complex
process. We can simulate experiments that are incredibly difficult
to perform such as stimulating or inhibiting elastin, collagen, or
actin production, altering mechanical loading during develop-
ment, altering fiber architecture during the growth process, or
changing the maturation process of fibers. Each of these aspects
could be insightful in understanding disease pathogenesis for
aneurysm formation.
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