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Abstract Mounting evidence suggests that the pulsatile
character of blood pressure and flow within large arteries
plays a particularly important role as a mechano-biological
stimulus for wall growth and remodeling. Nevertheless,
understanding better the highly coupled interactions between
evolving wall geometry, structure, and properties and the
hemodynamics will require significantly more experimen-
tal data. Computational fluid–solid-growth models promise
to aid in the design and interpretation of such experiments
and to identify candidate mechanobiological mechanisms for
the observed arterial adaptations. Motivated by recent aor-
tic coarctation models in animals, we used a computational
fluid–solid interaction model to study possible local and sys-
temic effects on the hemodynamics within the thoracic aorta
and coronary, carotid, and cerebral arteries due to a distal
aortic coarctation and subsequent spatial variations in wall
adaptation. In particular, we studied an initial stage of acute
cardiac compensation (i.e., maintenance of cardiac output)
followed by early arterial wall remodeling (i.e., spatially
varying wall thickening and stiffening). Results suggested,
for example, that while coarctation increased both the mean
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and pulse pressure in the proximal vessels, the locations
nearest to the coarctation experienced the greatest changes
in pulse pressure. In addition, after introducing a spatially
varying wall adaptation, pressure, left ventricular work, and
wave speed all increased. Finally, vessel wall strain similarly
experienced spatial variations consistent with the degree of
vascular wall adaptation.
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1 Introduction

Altered blood pressure and flow cause and are caused by
changes in the mechanical properties of arteries. These
changes begin at the cellular level, with endothelial cells,
smooth muscle cells, and adventitial fibroblasts respond-
ing to hemodynamically induced alterations in wall shear
and intramural stress via altered gene expression (Gib-
bons and Dzau 1994; Langille 1996; Chien et al. 1998;
Humphrey 2008). In hypertension, for example, the smooth
muscle cells hypertrophy, proliferate, and synthesize addi-
tional extracellular matrix proteins and glycoproteins, which
leads to a thickening and stiffening of the wall that appears to
return intramural stress toward normal values (Wolinsky
1970; Matsumoto and Hayashi 1994; Laurent et al. 2005).
Although elevated mean arterial pressure (MAP) has tra-
ditionally been considered to be an important indicator or
initiator of cardiovascular risk in hypertension, mounting evi-
dence suggests that increased pulse pressure is as or more
important (Safar 2000; Dart and Kingwell 2001; Safar and
Boudier 2005). Of particular note, data from surgically cre-
ated aortic coarctations in animals reveal striking evolutions
of wall geometry, structure, and properties (Xu et al. 2000;

123

Author's personal copy



J. S. Coogan et al.

Hu et al. 2008; Eberth et al. 2010) that appear to be driven
primarily by increased pulse pressure, not MAP (Eberth et al.
2009). It also appears that the associated arterial adaptations
progress at different rates and to different extents both tempo-
rally (first at basal rates, then rapidly, then back to nearly nor-
mal values) and spatially (from proximal to distal sites)—see
Hayenga (2010). Although additional experimental data will
be needed to understand better these spatio-temporal adapta-
tions, computational fluid–solid-growth models (FSG) (e.g.,
Figueroa et al. 2009) offer considerable promise both in the
design and interpretation of such experiments and in impli-
cating possible biomechanical mechanisms (Humphrey and
Taylor 2008).

Computational simulations can reveal detailed informa-
tion within large segments of the vasculature and thereby
can increase our understanding of both local and systemic
effects of arterial growth and remodeling (G&R). Whereas
many different portions of the vasculature have been modeled
previously (e.g., the aorta as well as coronary, pulmonary,
and cerebral arterial trees—Humphrey and Taylor 2008;
Taylor and Figueroa 2009; LaDisa et al. 2010), recent
advances enable more reliable simulations particularly for
complex regions such as the thoracic aorta. For example,
in many cases there is a need to ensure strong coupling
of the heart and vasculature, stabilization of flow at ves-
sel outlets, spatial variations in wall properties, coupling
of the arterial wall and perivascular tissue, and effects of
distal resistance beds on proximal flows (Figueroa et al.
2006; Vignon-Clementel et al. 2006; Kim et al. 2009a,b;
Moireau et al. 2012; Bazilevs et al. 2009a,b; Coogan et al.
2011; LaDisa et al. 2011a,b; Xiong et al. 2011). Building on
these and other recent advances, the goal of this work was
to simulate possible effects of a surgically created coarcta-
tion in the descending thoracic aorta on the hemodynam-
ics within the proximal aorta and the coronary, carotid, and
cerebral arteries following both an acute cardiac compensa-
tion (i.e., maintenance of cardiac output) and early arterial
wall remodeling (i.e., spatially varying wall thickening and
stiffening).

2 Methods

2.1 Model geometry

2.1.1 Baseline model

Computed tomographic (CT) images were collected from
two adult male human subjects free of cardiovascular disease
to collectively encompass all major arteries from the brain
to the diaphragm. Two datasets were necessary since healthy
individuals do not usually receive full-body CT imaging due
to radiation concerns. Imaging for one subject consisted of

cardiac-gated CT angiography encompassing the coronary
arteries and thoracic aorta; imaging for the other subject con-
sisted of CT angiography encompassing all major arteries in
the head and neck. The cardiac-gated CT angiography con-
sisted of a 512 × 512 × 299 voxel image with a resolution
of 0.62 mm × 0.62 mm × 1 mm. The CT angiography of the
head and neck consisted of a 512 × 512 × 709 voxel image
with a resolution of 0.35 mm×0.35 mm×0.5 mm. Separate
three-dimensional geometric models were constructed from
the two CT datasets using custom software based on a two-
dimensional vessel segmentation procedure (Wilson et al.
2001); centerline paths were defined through the vessels of
interest and the imaging data were resampled in planes per-
pendicular to the path. The vessel boundary was either identi-
fied using thresholding, which determined boundaries based
on differences in pixel intensity, or demarcated interactively
by hand. Each three-dimensional model was then created
by an automated lofting process that connected, by inter-
polation, all determined boundaries. The two models were
combined by translating the model containing the head and
neck vessels until the origin of the arch arteries intersected
the aortic arch of the model containing the coronary arteries
and thoracic aorta (Fig. 1). There was no need to scale any
of the vessels because the neck arteries intersected naturally
the aortic arch.

A finite element mesh was created by discretizing the
three-dimensional model coarsely, running a steady-state
flow simulation, and then performing field-based adaptive
mesh refinement (Sahni et al. 2006). This procedure allowed
the resulting finite element mesh to capture a broad range
of arterial diameters since smaller vessels such as cerebral
arteries were discretized with more elements whereas larger
vessels such the thoracic aorta were discretized more coarsely
(Fig. 2). The final finite element mesh consisted of 2,462,487
linear tetrahedral elements and 477,872 nodes.

2.1.2 Coarctation model

A thoracic aortic coarctation was modeled by introducing a
narrowing in the aorta just above the diaphragm, consistent
with both the location and the degree of a surgically induced
coarctation in mini-pigs in studies that provide information
on temporal and spatial changes in arterial wall composition
(Hu et al. 2008; Hayenga 2010). This narrowing was cre-
ated by scaling the original segmented vessel cross-sections
to create a 75% reduction in diameter relative to the normal
aortic diameter proximal to the location of the narrowing.

2.2 Numerical methods

Equations enforcing balance of mass and linear momen-
tum (Navier–Stokes) were solved for the flow of an incom-
pressible Newtonian fluid within a deformable domain using
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Fig. 1 Schematic of the process for generating the final three-dimensional computational model of the human thoracic aorta, coronary arteries,
and head and neck vessels based on CT images from two normal male subjects

Fig. 2 Close-up view of the finite element mesh in the aortic arch (left) and circle of Willis (right). Field-based adaptive mesh refinement techniques
facilitated adequate resolution throughout the computational domain while keeping a reasonable bound on the final mesh size

a stabilized finite element formulation implemented in the
open-source code SimVascular (Whiting and Jansen 2001;
Figueroa et al. 2006; http://wiki.simtk.org/simvascular/).

Computations were performed on a supercomputer with
2,208 cores (276 Dell PowerEdge 1950 computer nodes, con-
sisting of dual-socket quad-core processors, with 16 GB of
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memory each), typically using 96 cores. Based on pilot stud-
ies, we utilized a time step size of 0.0001 s, and the simula-
tions had an average residual of 0.005. Simulations were run
for 7 cardiac cycles until achieving cycle-to-cycle periodicity
in the pressure fields, which typically required a runtime of
10 days. The only observed cycle-to-cycle variations in the
flow field were at the outlet of the aorta, as expected due to
the complex transitional flow generated at the coarctation.
All reported results correspond to the seventh cycle.

2.3 Fluid–solid models

Blood density was ρ = 1.06 kg/m3 and blood viscosity
was μ = 0.04 P. As noted below, we similarly assumed
typical baseline values for the linearized stiffness and thick-
ness of the wall of each of the four primary vascular
segments: thoracic aorta as well as coronary, neck, and cere-
bral arteries. A coupled momentum method (Figueroa et al.
2006) was used to model wall deformability and a coupled-
multidomain formulation (Vignon-Clementel et al. 2006)
was used to link lumped parameter models for the heart and
distal vessels (i.e., Windkessel models) to the three-dimen-
sional vascular model. The overall model thus required pre-
scription of one inlet and 22 outlet boundary conditions.
Numerical values for the lumped parameter coefficients were
determined iteratively to reach target values for flow and
pressure (see below).

2.3.1 Heart model

Overall function of the heart was simulated using a lumped
parameter circuit model (Kim et al. 2009b) that includes
resistors and inductors to represent the mitral and aor-
tic valves (RAV, RV−Art, LAV, LV−Art), a pressure source
that represents left atrial pressure (PLA), and a variable
capacitance that represents left ventricular elastance/con-
tractility (E(t))—see Fig. 3. Values of the resistances and
inductances were obtained from a previous circuit model
(Ottesen et al. 2004). Because the elastance represents car-
diac function independent of loading conditions, contractile
state, and heart rate (Suga et al. 1973; Suga and Sagawa
1974), its peak value was estimated from aortic pressures
and ventricular volumes and the time-to-peak was estimated
from heart rate (Weissler et al. 1963; Senzaki et al. 1996).
Herein, initial values were derived assuming proximal aor-
tic pressures of 120/80 mmHg, a heart rate of 60 bpm, car-
diac output of 5 L/ min, and an end diastolic volume of
175 mL, which represent a normal healthy adult human heart
(Schlosser et al. 2005; Guyton and Hall 2006). The initial
left atrial pressure was assumed to be 10 mmHg. The final
heart model parameters were PLA = 11 mmHg, maximum
elastance of 1.25 mmHg/mL, and time-to-peak elastance of
0.4 s. A Lagrange profile constraint with a penalty number of

Fig. 3 Schematic of the various lumped parameter models utilized
to specify boundary conditions for the 3D computational model. The
Windkessel model was applied at all outlets except the coronary tree;
the heart model was applied at the aortic root, and the coronary model
was prescribed at all outlets of the coronary tree

10,000 was used to stabilize the solution during the systolic
phase of the cardiac cycle (Kim et al. 2009a).

2.3.2 Windkessel RCR model

Hemodynamic conditions were prescribed at every outlet in
the descending aorta, neck, and head vessels in terms of
a proximal (larger arteries and arterioles) resistance, Rp, a
proximal vessel capacitance C , and a distal (small arterioles
and capillaries) resistance Rd (cf. Fig. 3). The sum of the
two resistances (R−total = Rp + Rd) represented the total
resistance to flow at each outlet and was estimated using
the equation, P = Q Rtotal, where P and Q are the target
mean pressure and flow, respectively. Initial values for the
total resistance were computed for a MAP of 100 mmHg and
mean flow prescribed based on the cross-sectional area of
each outlet (Zamir et al. 1992). For simplicity, the ratio α

between proximal and total resistances α = Rp/(Rp + Rd)

was assumed to be identical for all 11 Windkessel outlets.
To determine the value of the capacitance at each outlet, a
value for total capacitance Ctotal was chosen and distributed
through the outlets based on their cross-sectional area. Initial
values for both α and Ctotal were prescribed based on previ-
ous data (Les et al. 2010). An iterative procedure was then
used to modify the values of Rtotal at each outlet such that the
total cerebral blood flow and external carotid blood flow were
consistent with data in Scheel et al. (2000). Flow to the right
and left subclavian arteries was approximately 12% of car-
diac output, whereas flow through the descending aorta was
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Table 1 Parameter values of the lumped parameter Windkessel and coronary models

Windkessel parameters Coronary parameters

Outlet Rp Rd C Outlet Ra Ra−micro Rv Ca Cim

Desc Aorta 0.25 2.48 500 LAD1 176 287 91 0.28 2.41

L Subclavian 1.88 19.0 44.7 LAD2 131 214 68 0.37 3.14

R Subclavian 1.88 19.0 48.3 LAD3 126 206 66 0.38 3.26

L Ext Carotid 4.39 44.4 15.0 LAD4 75 123 39 0.61 5.19

R Ext Carotid 4.39 44.4 13.9 LCX1 48 78 25 1.07 9.17

L Ant Cerebral 11.2 113 5.23 LCX2 159 260 83 0.41 3.50

R Ant Cerebral 11.2 113 5.05 LCX3 213 348 111 0.32 2.78

L Int Carotid 3.18 32.1 11.0 LCX4 167 272 87 0.39 3.38

R Int Carotid 3.18 32.1 10.3 RCA1 166 271 86 0.59 5.07

L Post Cerebral 8.29 83.8 5.41 RCA2 231 377 120 0.44 3.74

R Post Cerebral 8.29 83.8 6.13 RCA3 258 422 134 0.39 3.38

The coronary outlets are listed from proximal to distal along the vessel indicated. The units of resistance are 103 dynes s/cm5 and the units of
capacitance are 10−6 cm5/dynes

approximately 60% of cardiac output in the absence of the
coarctation (Lantz et al. 1981; Scheel et al. 2000). Given that
the values of α and Ctotal mostly affected the pulse pressure,
these parameters were refined so that the blood pressure in the
ascending aorta remained 120/80 mmHg. Finally, a Lagrange
profile constraint was used at the inlet and outlet of the aorta
as well as at the outlets of the right and left subclavian and
external carotid arteries; the associated penalty parameter
was assigned a value of 10,000. Such constraints stabilize
the computed solution while affecting only the hemodynam-
ics in a small region near the constraint (Kim et al. 2009a).

2.3.3 Coronary model

A lumped parameter model of the coronary vascular bed
(Kim et al. 2010) was prescribed at the outlets of the large
coronary vessels (cf. Fig. 3). In addition to the resistors and
capacitance of the Windkessel model, this model included
the venous circulation and incorporated effects of left ven-
tricular pressure. The latter is critical since contraction of
the heart is one of the main determinants of coronary flow.
The total resistance at each outlet Rtotal was again calculated
assuming a MAP of 100 mmHg and that flow through each
outlet scaled with cross-sectional area, with mean coronary
flow comprising approximately 4.5% of cardiac output (Zhou
et al. 1999; Guyton and Hall 2006). The Windkessel portion
of the lumped parameter coronary model was represented by
Ra, Ca, and Ra−micro. The ratio αc = Ra/(Ra + Ra−micro)

was assumed to be uniform (αc = 0.38) for every coronary
outlet (Huis et al. 1987). The venous pressure defined the
relationship between Ra, Ra−micro, and Rv and was assumed
to be 15 mmHg. Two parameters, Ca−total and Cim−total,
were defined as the sum of all coronary arterial (Ca) and

intra-myocardial (Cim) compliances. An iterative tuning pro-
cedure was used to find values of Ca−total and Cim−total that
yielded physiologic coronary flow waveforms. The values
of Ca and Cim were distributed among the outlets based
on their cross-sectional area. For the left coronary vessels,
the left ventricular pressure found in the lumped parame-
ter coronary model was equivalent to the pressure derived
from the heart model. While the right side of the heart was
not modeled directly, the boundary condition for the right
coronary artery was based on a scaling of left ventricular
pressure that was derived from the heart model, specifically
PRV = 0.20 · PLV. Hence, reasonable values of right ventric-
ular pressure were included in the model. The final parameter
values for the heart model and Windkessel models are listed
in Table 1.

2.3.4 Vessel wall properties

Given current limitations in experimental data on regional
variations in vascular mechanical properties and thickness,
four sections of the vasculature were endowed with differ-
ent but uniform wall properties, reflected by an effective
constant stiffness and thickness of the wall (Fig. 4). The
stiffness of the thoracic aorta was chosen to yield physio-
logic levels of strain over normal ranges of blood pressure
(Redheuil et al. 2010) whereas moduli for coronary, neck,
and cerebral vessels were based directly on data (Gow and
Hadfield 1979; Hayashi et al. 1980; Nichols and O’Rourke
2005). The thickness of the vessel in each section was
assumed to be 1/10 of the mean radius within that section
(Nichols and O’Rourke 2005). See Table 2 for values of the
requisite parameters.
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Fig. 4 Sections of the model with different wall properties. Color scale
represents values of material stiffness adopted for each section. The
acute cardiac compensation time frame refers to the introduction of
coarctation and subsequent cardiac compensation, while the early arte-
rial remodeling shows the differential stiffening observed in animal
experiments in various regions of the vasculature

2.4 Acute cardiac compensation following coarctation

When first introducing the coarctation, parameters for the
heart model were modified to simulate an acute cardiac com-
pensation. This modification accounted for the increased
work required of the heart to compensate for the increased
afterload due to the coarctation. If the heart were not to adapt,
then cardiac output would decrease due to the increased resis-
tance in the aorta. Thus, the heart model was modified by
iteratively increasing values of the maximum left ventricular
elastance and left atrial pressure until cardiac output equaled
that of the baseline model (Taylor and Donald 1960). We
assumed that cardiac output remained unchanged since the
aortic stenosis was moderate (75% diameter reduction) and
that it is unlikely that either the perfusion or the metabolic

demands of the subject were altered significantly. See, for
example, Giddens et al. (1976) who demonstrated that car-
diac output remained nearly the same over a range of mod-
erate, surgically induced aortic stenoses in dogs and Tropea
et al. (2000) who reported that heart rate remains nearly con-
stant in surgically induced stenosis (80–83% area reduction)
in rabbits. It follows that, in order to maintain cardiac output,
contractility of the heart (i.e., the elastance) must increase. In
addition, changes in elastance affect filling of the heart, thus
requiring an increase in left atrial pressure to maintain the
same end diastolic volume. The final left atrial pressure was
14 mmHg, and the maximum elastance was 1.52 mmHg/mL.

2.5 Early arterial remodeling

Early arterial vascular remodeling (i.e., within the first
10 days or so) was simulated by modifying wall proper-
ties to reflect stiffening and thickening of the thoracic aorta
proximal to the coarctation, the coronary vessels, and the
neck vessels. These changes were based on findings that the
pulse wave velocity can increase by as much as twofold with
aging and that many adaptive processes associated with aging
are similar to those associated with hypertension (Wolinsky
1972; Nichols and O’Rourke 2005). Updated values of stiff-
ness and thickness are given in Table 2 for each section and
illustrated in Fig. 4. Briefly, the stiffness of the aortic arch,
coronary tree, and neck vessels was increased by 100, 50, and
50%, respectively, while the thickness was increased 15%.
We assumed that the cerebral vasculature did not experience
any changes in stiffness or thickness during this early period
(cf. Hayenga 2010). We also did not prescribe any associated
changes in vascular lumen largely because of the lack of asso-
ciated experimental data and the possible competing effects
of changes in distal resistances (e.g., cerebral autoregulation)
and local shear-regulated vasodilatation.

The prescribed changes in vascular stiffness and thickness
affected cardiac afterload, hence additional cardiac compen-
sation was required to maintain cardiac output after arte-
rial remodeling. The final left atrial pressure was 16 mmHg,
and the maximum elastance was 1.82 mmHg/mL. All other
outlet boundary conditions (arterial and coronary) remained
the same for baseline, acute cardiac compensation, and early
arterial remodeling.

Table 2 Vessel wall parameters
for baseline, coarctation with
acute cardiac compensation, and
early arterial remodeling
conditions

Baseline/acute cardiac compensation Early arterial remodeling

Thickness (cm) Young’s modulus ( MPa) Thickness (cm) Young’s modulus ( MPa)

Aorta 0.15 0.27 0.1725 0.54

Coronary 0.02 1.15 0.023 1.725

Neck 0.035 0.7 0.04025 1.05

Cerebral 0.01 1.4 0.01 1.4
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2.6 Data analysis

Simulation data were analyzed using the open-source soft-
ware Paraview (Kitware, Inc. Clifton Park, NY, USA). Pres-
sure, flow, and cyclic wall strain were analyzed at five
different locations within the vasculature (see Fig. 5): the
proximal descending aorta (P-Ao), left anterior descending
(LAD) coronary artery, left common carotid artery (LCCA),
left middle cerebral artery (LMCA), and basilar artery (BA).
Mean circumferential wall strain was calculated based on
changes in the cross-sectional area of the vessel over a cardiac
cycle using the following Green-Lagrange type expression,

Eθθ = 1

2

(
At

AD
− 1

)
(1)

where At is the cross-sectional area at any given time t and
AD is a reference diastolic value (note: using area effectively
represents radius squared as needed in the nonlinear measure
of strain).

For completeness, mean circumferential wall stress was
calculated using the common Laplace relation,

σ = Pa

h
(2)

where P is the mean transmural pressure, a the luminal
radius, and h the wall thickness. The wall shear stress field on
the luminal surface (�τ) was calculated using a variationally
consistent method (Hughes 2000). The temporal mean of the
wall shear stress was evaluated as:

�τmean = 1

T

T∫
0

�τdt (3)

where T is the cardiac period. Nevertheless, in the figures
below we focus on regional changes in cyclic pressure, flow,
and wall strain, which are measurable and thus able to be
compared to experimental values, when available.

3 Results

The baseline simulation provided a prototypical human aor-
tic pressure of 120/80 mmHg, cardiac output of 5 L/ min,
and heart rate of 60 bpm. Associated pressure, flow, and
strain waveforms also had realistic shapes (see Fig. 5). The
P-Ao had the highest mean and peak strain, followed by the
LCCA, BA, LAD, and LMCA. Conversely, the highest mean
wall shear stress and mean circumferential stress were in the
LMCA, followed by the BA, LAD, LCCA, and P-Ao. The
coronary arteries exhibited realistic shapes and averages in
the flow, pressure, and strain waveforms. Indeed, our results
reproduced predominant diastolic flows (Kim et al. 2010),
mean coronary flow values (approximately 5% of cardiac

output, Williams and Leggett 1989), realistic pressure ranges
(120/80 mmHg), and average strain values (<2%, de Korte
et al. 2002). In addition, equal regional blood flows were
obtained in the left and right cerebral hemispheres, with mean
and pulse pressure lower in the cerebral arteries than in other
areas of the vasculature. These results are summarized in
Fig. 5 and Table 3.

Cardiac output would have decreased from 5 to 4.46 L/ min
after introducing the 75% aortic coarctation if no changes
were made in the lumped parameter heart model. Increas-
ing the maximum elastance of the heart from 1.25 to
1.52 mmHg/mL maintained cardiac output at 5 L/ min, but
increased blood pressure in the entire model (e.g., from
120/80 to ∼150/90 mmHg in the P-Ao). The pressure, flow,
and strain waveforms also exhibited more oscillations in each
vascular territory, possibly due to the additional reflection site
at the coarctation (Fig. 6). Similar to the simulation of the
baseline condition, the P-Ao had the highest mean and peak
strain, followed by the LCCA, BA, LAD, and LMCA, all with
values higher than those under baseline conditions. Interest-
ingly, while the percent increase in MAP was approximately
the same throughout the model, the percent increase in pulse
pressure was the greatest in the P-Ao, followed by the LCCA,
BA, LAD, and LMCA (Table 4). Whereas flow increased
through the LAD, LCCA, LMCA, and BA, it decreased in
the P-Ao, thus indicating an early redistribution of flow due
to the increased resistance at the coarctation. This redistri-
bution also explained the smaller percentage increase in wall
shear stress in the P-Ao compared to the other vascular ter-
ritories. Cardiac workload, as measured by the area within
the pressure–volume loop of the left ventricle, increased 17%
from 8,476 to 9,890 mmHg mL (see Fig. 7).

Early (e.g., one to two weeks) arterial remodeling was
introduced by modifying wall properties to simulate a stiffer
and thicker wall in the aorta, coronary arteries, and major
neck arteries as indicated earlier (cf. Table 2). If the heart
model was not modified, these changes in arterial properties
would have decreased cardiac output from 5 to 4.59 L/ min.
Additional cardiac compensation was thus introduced (e.g.,
increased maximum elastance to 1.82 mmHg/mL) to main-
tain cardiac output at 5 L/ min. This change resulted in yet
another increase in blood pressure throughout the model,
with aortic blood pressure reaching ∼180/80 mmHg. Addi-
tional oscillations were seen in the pressure, flow, and strain
waveforms compared with those found in the acute cardiac
compensation stage (Fig. 6). The P-Ao again had the highest
mean and peak strain, followed by the BA, LCCA, LMCA,
and LAD. In this case, wall strain returned to near base-
line levels in the P-Ao, whereas strains in the LCCA and
LAD were approximately the same as for acute cardiac com-
pensation despite the stiffening and thickening experienced
by these arteries. Lastly, strains in the LMCA and BA were
higher than those seen with acute cardiac compensation due
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Fig. 5 Results for the baseline simulation. Pressure, flow, and wall
strain are shown in each of the four primary arteries of interest. The
location of the stars corresponds to the descending thoracic aorta, left
anterior descending (LAD) coronary artery, left internal carotid artery,
basilar artery (BA), and left middle cerebral artery (LMCA). The diam-
eter of each of these vessels is: descending thoracic aorta = 2.1 cm,
LAD coronary artery = 0.5 cm, left internal carotid artery = 0.7 cm,

basilar artery = 0.3 cm, and left middle cerebral artery = 0.3 cm. For the
coronary vasculature, pressure, and strain are calculated in the LAD,
whereas the flow corresponds to the sum over the large coronary vessels
(LAD; left circumflex, LCX; and right coronary artery, RCA). For the
cerebral vasculature, pressure and strain are calculated in the LMCA
and BA, and flow is calculated as the total flow in the right and left
cerebral hemispheres as well as in the BA
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Table 3 Summary of results for all three simulations: baseline, acute cardiac compensation, and early arterial remodeling

Baseline Acute cardiac compensation Early arterial remodeling

Aorta LAD LCCA LMCA Basilar Aorta LAD LCCA LMCA Basilar Aorta LAD LCCA LMCA Basilar

Pmean (mmHg) 102 102 101 89 96 121 121 120 105 114 124 124 123 106 116

PP (mmHg) 42 40 42 33 38 70 60 65 47 58 101 97 97 74 88

Qmean (mL/s) 54.5 1.2 7.5 3.4 2.1 47.7 1.5 8.9 4.0 2.5 45.6 1.5 9.0 4.0 2.6

Emean
θθ (%) 5.9 2.2 3.2 1.7 2.3 8.9 3.2 4.8 2.4 3.6 5.8 2.9 4.4 3.7 5.3

Epeak
θθ (%) 12.0 4.3 6.6 3.4 4.5 20.6 6.6 10.3 4.9 7.1 12.6 6.2 9.5 8.0 10.9

�τmean(Pa) 0.98 1.12 1.11 9.57 3.59 1.01 1.40 1.41 11.82 4.56 0.78 1.43 1.58 12.58 4.91

σmean(kPa) 94 153 141 164 204 112 182 167 193 242 100 162 149 195 247

P mean arterial pressure, PP pulse pressure, Q flow, Eθθ cyclic strain, �τ wall shear stress, σ circumferential wall stress

to the higher mean and pulse pressures, but no changes in wall
properties. The mean values of circumferential stress were
between those for baseline and acute cardiac compensation
for the P-Ao, LCCA, and LAD, but higher in the basilar artery
and LMCA. When comparing acute cardiac compensation
and early arterial remodeling, the percent increase in mean
pressure was nearly identical throughout the entire model
but the percent increase in pulse pressure differed regionally,
being largest in the LAD, then LMCA, BA, LCCA, and P-Ao
(Table 4). This finding emphasizes that possible differential
changes in pulse, not mean, pressure throughout the vascula-
ture might be responsible for different time courses of arte-
rial remodeling. Flow through the LAD, LCCA, LMCA, and
BA increased, whereas flow through the P-Ao decreased fur-
ther, indicating an additional redistribution of flow. Cardiac
workload increased 12% from 9,890 to 11,059 mmHg mL
(see Fig. 7). Pressure wave speeds were estimated by deter-
mining the length between the aortic inlet and the LMCA and
the time between the foot of the aortic and LMCA pressure
contour. Due primarily to the increased structural stiffness
throughout the aorta and neck vessels, wave speed increased
relative to baseline values (Fig. 8).

4 Discussion

The composition, microstructure, and material properties of
blood vessels differ markedly with position along the vas-
cular tree to meet local demands—that is, normal structure
clearly follows normal function. Consequently, it has proven
convenient to classify vessels broadly as elastic arteries,
muscular arteries, arterioles, capillaries, venules, or veins.
Findings over the past few decades have revealed that ves-
sels within these different classifications respond differently
to altered biomechanical stimuli. For example, whereas all
arteries and arterioles tend to thicken in response to hyper-
tension, the elastic arteries, muscular arteries, and arterioles
tend to do so while increasing, maintaining, and decreasing
their caliber, respectively (Humphrey 2002). Precise reasons

for these different responses remain elusive, but likely result
in part from the different distributions of intramural constitu-
ents, including the different embryonic lineages, phenotypes,
and percentages of smooth muscle cells.

More recently, it has become apparent that differential
remodeling responses can even occur within vessels of the
same general classification and within close proximity to one
another. For example, the ascending aorta (an elastic artery)
appears to be the first central artery (i.e., of the rest of the
aorta and carotids) to manifest aging-related changes in struc-
ture that affect overall mechanical properties (Redheuil et al.
2010). Among the many effects of aging on arteries (includ-
ing increased endothelial dysfunction and advanced glyca-
tion endproducts; Lakatta et al. 2009; Safar 2010), it appears
that a fatigue-type damage to elastic fibers is particularly
important (Arribas et al. 2006; O’Rourke and Hashimoto
2007). Indeed, it may well be that the increased susceptibil-
ity of the ascending aorta to an aging-related loss of elastic
fiber integrity may explain in part the increased susceptibil-
ity of the same region to dilatation and dissection in Marfan
syndrome (Pearson et al. 2008), which results from a genetic
mutation in the fibrillin-1 gene (FBN1); fibrillin-1 appears
to help stabilize elastic fibers, hence mutations in FBN1 also
result in decreased elastic fiber integrity.

Understanding better the spatio-temporal progression of
vascular changes in both adaptive and maladaptive G&R
could impact clinical care significantly. For example, being
able to identify early indicators of vascular disease or subse-
quent risk could allow earlier interventions, before the sub-
sequent disease presents symptomatically as heart attack,
stroke, or other life threatening condition. A long-term goal
of this work is to build a new class of computational models
that aid in understanding local and systemic effects of spa-
tially and temporally progressive changes in large portions of
the vascular tree and attendant changes in the hemodynam-
ics, which in turn serve as strong mechanobiological stimuli
for subsequent vascular growth and remodeling. Toward that
end, here we presented a zeroth order model wherein pro-
gressive changes in large segments of the vasculature (e.g.,
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Fig. 6 Results comparing pressure, flow, and wall strain in baseline, acute cardiac compensation, and early arterial remodeling conditions. The
location of each measurement is denoted by the color-coded stars
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Table 4 Simulation-based results expressed as percent changes between baseline and acute cardiac compensation, baseline and early arterial
remodeling, and acute cardiac compensation and early arterial remodeling

Baseline versus acute (%) Baseline versus early remodeling (%) Acute versus early remodeling (%)

Aorta LAD LCCA LMCA Basilar Aorta LAD LCCA LMCA Basilar Aorta LAD LCCA LMCA Basilar

�Pmean 19 19 19 18 19 22 22 22 19 21 2 2 3 1 2

�PP 67 50 55 42 53 140 143 131 124 132 44 62 49 57 52

�Qmean −12 26 19 16 19 −16 28 20 19 24 −4 2 1 2 4

�Emean
θθ 51 45 50 41 52 −2 32 38 118 130 −35 −9 −8 54 51

�Epeak
θθ 72 53 56 44 58 5 44 44 135 142 −39 −6 −8 63 54

��τmean 3 25 27 24 27 −20 28 42 31 37 −23 2 12 6 8

�σmean 19 19 18 18 19 6 6 6 19 21 −11 −11 −11 1 2

Fig. 7 Pressure–volume loops reflecting the workload of the left ven-
tricle during baseline conditions, acute cardiac compensation, and early
arterial wall remodeling. The cardiac workload was 8,476, 9,890, and
11,059 mmHg mL for the baseline, acute cardiac compensation, and
early arterial remodeling simulations, respectively

thoracic aorta versus major neck arteries versus major cor-
onary arteries) were introduced based on limited observa-
tions in the literature to study possible consequences on the
associated hemodynamics. Specifically, motivated by animal
models of increased blood pressure / pulse pressure (Xu et al.
2000; Hu et al. 2008; Eberth et al. 2009; Hayenga 2010), we
studied the potential short-term (first week) effects of the
abrupt creation of a 75% coarctation in the human descend-
ing thoracic aorta.

4.1 Baseline state

The baseline simulation revealed hemodynamic characteris-
tics for normal, healthy individuals. Use of appropriate wall
properties and inlet / outlet boundary conditions led to rea-
sonable values of pressure, flow, and strain in a large vascular
model comprising vessels in the thorax, neck, and head. Nor-
mal aortic pressure is widely considered as 120/80 mmHg,
which was found in this simulation as well. The pressure con-
tour was also physiologic, with the reflected pressure wave

occurring in mid-systole, similar to the pressure pulse seen
in middle-aged individuals (Nichols and O’Rourke 2005).
The pressure contours in the LAD, LCCA, and BA did
not differ appreciably from that in the aorta, but the con-
tour in the LMCA demonstrated a reduced pulse pressure
consistent with measurements in animals (Himwich and
Spurgeon 1968). The simulated flows were also similar
to those measured experimentally, including phase-contrast
MRI and Doppler ultrasound data for the aorta and cerebral
vessels (Reymond et al. 2009) and Doppler ultrasound data
for coronary vessels (Hozumi et al. 1998). While we used a
simplified Green-Lagrange equation to estimate wall strain
relative to diastole (which includes a factor of 0.5), many
studies measure strain either as a relative change in diam-
eter or luminal area, for example (Dmax − Dmin)/Dmin or
(Amax − Amin)/Amin. When recalculated in the latter way,
relative changes in luminal area were found to be ∼20% in
the aorta, which corresponds well with values in literature for
middle-aged individuals (cf. Redheuil et al. 2010). The rela-
tive change in luminal area was ∼13% in the carotid, which
also corresponded well with reported values (cf. Nagai et al.
1999). Strain is difficult to measure in coronary and cere-
bral vessels, hence the computational results provide new
estimates for these regions.

4.2 Acute cardiac compensation state

Introducing a coarctation in the distal descending aorta
altered mean and pulse pressures in the proximal vessels as
well as the after-load felt by the heart. We estimated that
an abrupt 75% coarctation increased the workload of the
heart ∼17%. While all vascular regions had nearly equal
increases in mean arterial pressures, the descending aorta
proximal to the coarctation (P-Ao) experienced the largest
increase in pulse pressure while the left middle cerebral artery
experienced the smallest increase. Because pulse pressure
has been suggested to be a more important modulator of
wall adaptation than mean pressure (Eberth et al. 2010), the
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Fig. 8 Pressure contours during baseline conditions and early arterial
remodeling. Increased wave speed is apparent in the vascular adapta-
tion case. L denotes the path length from the aortic root to the LMCA,

�t denotes the time between the feet of the aortic and LMCA pressure
contours, and c denotes the wave speed

smaller change in pulse pressure in the cerebral arteries may
explain the lack of marked early remodeling in those arter-
ies in response to hypertension (Hayenga 2010). Note, too,
that when moving away from the coarctation, less change
was seen in the pulse pressure, possibly suggesting that a
“wave of remodeling” could result, with regions closest to
the coarctation remodeling first. These increases in pulse
pressure directly affect cyclic wall stress and strain, which
may correlate with mechanical stimuli sensed by intramural
cells. By including multiple vascular territories within a sin-
gle model, effects of wave reflection were seen. Given that the
coarctation represented an additional site for wave reflection,
it was not surprising that increased oscillations were seen in
the pressure and flow contours. The oscillations in pressure
appeared to dissipate in the coronary and cerebral vessels,
however, which may suggest a dampening of the reflected
waves as they travel farther from the site of reflection.

4.3 Early arterial remodeling

Arterial remodeling was introduced in the aorta, coronary,
and neck vessels in a manner consistent with the hypothesis
of a wave of remodeling. In the short term, the thoracic aorta
should experience the greatest changes in wall properties, fol-
lowed by the coronary and neck vessels, and (eventually) the
intracranial vessels. Increasing the stiffness in these regions
led to an increase in the after-load felt by the heart comparable
to that associated with the introduction of coarctation. This
finding emphasizes that increased arterial stiffness can have
a significant impact on the cardiovascular system. Arterial
remodeling appears to attempt to maintain circumferential
wall stress near normal values by remodeling the wall and

changing vessel thickness in response to changes in mean
pressure. Calculated values of circumferential stress did not
return to its baseline level at any location, which may be
expected for a short-term adaptation. Thickness would be
expected to increase further over the long term (cf. Eberth
et al. 2010).

Interestingly, three different strain responses were noted
following the prescribed early remodeling: strain returned to
baseline levels in the aorta, they were equivalent to the case of
acute cardiac compensation in the coronary and neck vessels,
and they were higher than those for cardiac compensation
in the cerebral vessels. These three responses corresponded
with the three different prescribed vascular wall adapta-
tions—stiffness and thickness were prescribed to increase,
respectively, 100 and 15% in the aorta but only 50 and 15%
in the coronary and neck vessels and not at all in the cere-
bral vessels. Such changes are difficult to predict without a
FSI model since a stiffer wall would be expected to reduce
wall strain, but it also alters pulse wave propagation and thus
pulse pressure, which can increase strain. In our simulations,
larger increases in stiffness led to lower strains nonetheless.
Increased oscillations were also seen in the pressure and flow
contours as expected since stiffer arteries propagate wave
reflections faster. Indeed, wave speed was found to be signif-
icantly higher with the incorporation of arterial remodeling.

Notwithstanding new insights gained from the present
model, there is a need to couple directly an arterial growth and
remodeling code (cf. Valentín et al. 2009) with a fluid–solid
interaction code (e.g., SimVascular) to create a true fluid–
solid-growth model (FSG) (cf. Figueroa et al. 2009). Toward
this end, there is need for better data on the differential com-
position, material properties, vasoactivity, and remodeling
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responses of the different arteries that define each segment
of the vasculature of interest. For example, only recently did
Haskett et al. (2010) present the first detailed comparison
of the structure and passive biaxial mechanical properties
from the ascending aorta to the arch, descending thoracic,
and suprarenal and infrarenal abdominal aorta in human sub-
jects as a function of age. Similarly, only recently did Wagner
and Humphrey (2011) present the first direct comparison of
the biaxial active and passive mechanical properties of related
extracranial (carotid) and intracranial (basilar) arteries, albeit
for rabbits, not humans, and not as a function of age. Much
more data are needed, particularly to include changes in endo-
thelial function/smooth muscle contractility because of the
important coupling between vasoactivity and matrix remod-
eling (Dajnowiec and Langille 2007; Valentín et al. 2009). We
submit, however, that the present work shows that once such
data are available, computational methods are now sufficient
to allow detailed studies of large portions of patient-specific
vasculatures to provide increasing insight into changes in
both the hemodynamics and wall mechanics.

4.4 Limitations

Prescribing boundary conditions is both difficult and critical
in any computational model. Although considerable effort
was devoted to identifying physiologically realistic boundary
conditions herein, the associated results are not yet expected
to be fully physiologic. As with any model, more experimen-
tal data are needed to improve the simulations. Nevertheless,
the present study reminds us that even if interested in a local
effect, systemic effects must be considered. For example,
when the coarctation was introduced, we only changed the
heart model and certain proximal arterial properties, which
neglected possible vascular adaptation distal to the coarcta-
tion. Of particular concern are changes resulting from altered
renal perfusion. In addition, changes in the coronary and cere-
bral microcirculations might be expected. Such adaptations
were neglected primarily because of a lack of experimen-
tal data to prescribe changes in distal vascular resistances
following the introduction of aortic coarctation. As a result,
the computed values of blood pressure may be higher than
would be found in a model that incorporates evolving dis-
tal vascular resistances. We also only considered short-term
adaptations since longer-term adaptations could include the
formation of collateral vessels around the coarctation (cf.
Aguirre-Sanceledonio et al. 2003) that would be difficult to
simulate without data. Furthermore, the time scales associ-
ated with the production of a coarctation will differ in human
disease processes and animal models. Although the former
is our ultimate goal, our present results were motivated by
the latter (Hayenga 2010). As simulations continue to move
toward full fluid–solid-growth simulations, prescribing uni-
form wall properties within different segments of the arterial

tree will need to give way to smoothly varying properties,
which will necessitate more complete experimental data and
computational advances such as that suggested by Bazilevs
et al. (2009a,b). Future work will also incorporate closed-
loop lumped parameter models of the circulation that include
both left and right sides of the heart (Kim et al. 2010; Baretta
et al. 2011; Balossino et al. 2009) to better account for global
circulatory changes in response to local changes in geometry
and material properties. Our fluid–solid interaction model did
not incorporate large motions and deformations that might
be expected in the coronary vessels since they are embedded
in the beating myocardium. Numerous studies have quan-
tified large myocardial strains (>20%, Osman et al. 2000;
Prummer et al. 2007), coronary artery motion (>10 mm.
Zhang et al. 2009; Hoffman et al. 1998), and stretching, bend-
ing, and twisting (Choi et al. 2008). It should be remembered,
however, that left coronary flow occurs primarily during dias-
tole, hence one need not model the full range of strains with
respect to flow; modeling distal coronary resistances is prob-
ably most important in restricting flow to the appropriate
period during diastole. Finally, from a growth and remod-
eling perspective, the impact that cyclic alterations in these
strains have on the mechanobiology of the coronary arteries is
also currently not understood and is clearly unique relative to
most other arteries. Nevertheless, the present framework pro-
vides the first 3-D model capable of incorporating such data
when available, thus allowing us to explore potential coupled
consequences of altered hemodynamics and wall remodeling
in patient-specific vasculatures.
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