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Stability of Carotid Artery Under
Steady-State and Pulsatile Blood
Flow: A Fluid–Structure
Interaction Study
It has been shown that arteries may buckle into tortuous shapes under lumen pressure,
which in turn could alter blood flow. However, the mechanisms of artery instability under
pulsatile flow have not been fully understood. The objective of this study was to simulate
the buckling and post-buckling behaviors of the carotid artery under pulsatile flow using
a fully coupled fluid–structure interaction (FSI) method. The artery wall was modeled as
a nonlinear material with a two-fiber strain-energy function. FSI simulations were per-
formed under steady-state flow and pulsatile flow conditions with a prescribed flow veloc-
ity profile at the inlet and different pressures at the outlet to determine the critical
buckling pressure. Simulations were performed for normal (160 ml/min) and high
(350 ml/min) flow rates and normal (1.5) and reduced (1.3) axial stretch ratios to deter-
mine the effects of flow rate and axial tension on stability. The results showed that an
artery buckled when the lumen pressure exceeded a critical value. The critical mean
buckling pressure at pulsatile flow was 17–23% smaller than at steady-state flow. For
both steady-state and pulsatile flow, the high flow rate had very little effect (<5%) on the
critical buckling pressure. The fluid and wall stresses were drastically altered at the loca-
tion with maximum deflection. The maximum lumen shear stress occurred at the inner
side of the bend and maximum tensile wall stresses occurred at the outer side. These find-
ings improve our understanding of artery instability in vivo. [DOI: 10.1115/1.4030011]

Keywords: fluid–structure interaction, artery buckling, pulsatile flow, critical pressure,
finite element analysis, computational fluid dynamics

1 Introduction

Arteries are under significant lumen pressure and axial tension
in vivo. When an artery bends due to a small lateral disturbance,
lumen surface area changes unevenly on the concave and convex
sides, and thus the pressure generates a distributed lateral load [1].
This lateral load can balance with the axial tension when the pres-
sure is high enough and the artery reaches equilibrium at the bent
shape, thus bifurcation occurs and the artery buckles [1–3]. Artery
buckling could be a possible mechanism for the tortuous arteries
observed often in aged populations and in patients with cardiovas-
cular diseases [4–6]. The loss of stability could alter blood flow
and arterial wall stress [7–9]. It is believed that the alteration in
flow around the curved regions can trigger the development of
atherosclerosis [10–12]. Therefore, it is important to understand
the interaction of artery buckling and blood flow in the arteries.

Theoretical and experimental studies have shown that artery
buckling occurs under both static pressure and pulsatile flow con-
ditions [1,13–17]. The critical buckling pressure depends on ves-
sel wall dimensions, material properties, axial stretch ratio, and
surrounding matrix support [1,3,16,17]. However, it remains
unclear how the buckling behavior of arteries under pulsatile flow
differs from the buckling behavior under static pressure or steady-
state flow. Under pulsatile flow, the deformation and movement
of the arterial wall are coupled with the lumen flow with strong
interactions. The lumen flow generates shear forces that depend
on the deformation and affects the equilibrium and thus the criti-
cal buckling pressure and buckling deformation. These interac-
tions were ignored in many previous analyses of flow in curved

vessels, and computational fluid dynamics were used to determine
the flow field and wall shear stress [18–20]. To better understand
the buckling behavior of arteries and its effect on the blood flow
in the vessel lumen, it is necessary to analyze the artery buckling
using the FSI modeling.

FSI methods have been developed to determine flow and wall
stress in arteries with branches [21,22], stenoses [23,24] and pla-
ques [25,26]. Tang et al. modeled the coronary artery atheroscle-
rosis plaque with cyclic bending using three-dimensional (3D)
FSI modeling [27]. They focused on the stresses in the region of
bending to investigate the effect of stresses on coronary plaques.
Zhang et al. modeled the artery using an axisymmetric model to
study the change of stresses under sinusoidal pulsatile flow [28].
Since under normal conditions (normal pressure, stretch ratio, and
flow rate) arteries remain straight, their simulation demonstrated
the dilation and contraction of the vessel wall during diastolic and
systolic phases of a cardiac cycle while remaining straight. The
FSI of arteries under buckling conditions has not been
investigated.

The objective of this study was to simulate the buckling and
post-buckling behavior of the carotid artery under steady-state and
pulsatile flow using 3D FSI modeling.

2 Methods

FSI simulations were performed for a porcine carotid artery
under steady-state flow and pulsatile flow conditions to determine
its critical buckling pressure and post-buckling deflection.

2.1 Geometry. A cylindrical artery model was generated
based on the dimensions and material properties of porcine carotid
arteries from a previous study [16,29]. The vessel had an internal
radius of 1.465 mm, external radius of 2.865 mm, thickness of
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1.4 mm and length of L¼ 61.67 mm. To achieve fully developed
flow and minimize the effects of the inlet and outlet boundaries,
an entrance segment of length Le¼ 30 mm and a tail segment of
length Lo¼ 30 mm were added to the model (Fig. 1). Le was com-
puted using 0.06 times the product of lumen diameter and Reyn-
olds number to achieve fully developed laminar flow, and Lo was
selected to be over 10 times the peak lumen diameter. Both the
entrance segment Le and tail segment Lo were restricted from lat-
eral deflection (only the middle segment L was allowed to
buckle).

2.2 Fluid Model. The lumen flow in the artery was described
by an arbitrary Lagrangian–Eulerian (ALE) formulation of
Navier–Stokes and continuity equations. Specifically,

ALE formulation of Navier–Stokes

qf

@v

@t
þ v� vg

� �
� r

� �
v

� �
¼ �rpþr � sf (1)

Continuity

r � v ¼ 0 (2)

where qf is the fluid density, v is the fluid velocity vector, p the
pressure, sf is fluid stress tensor, and vg is the local coordinate
velocity (velocity of the moving grid, i.e., the arterial wall). The
term v� vg

� �
is the relative velocity of the fluid with respect to

the moving coordinate velocity. The flow was assumed to be
incompressible and laminar. The fluid was assumed as a homoge-
neous Newtonian fluid with a density of 1050 kg m�3 and
dynamic viscosity of 0.00316 Pa s.

2.3 Structure Model. The arterial wall was described based
on a Lagrangian coordinate system, governed by the momentum
conservation equation [30]

rss ¼ qs
€ds (3)

where ss is solid stress tensor, qs is the solid density, and €ds is the
local acceleration of the solid.

The FSI conditions are resulted from kinematic (displacement
compatibility) and dynamic (traction equilibrium) conditions

df ¼ ds ) vg ¼ _ds (4)

n � sf ¼ n � ss (5)

where df and ds are, respectively, fluid and solid displacements at
the interface.

The arterial wall was modeled as a nonlinear anisotropic mate-
rial with the Ogden–Holzapfel two-fiber strain-energy function
based on our previous experimental measurement of porcine
carotid arteries [16,17,29]. The strain-energy function W was
divided into isotropic and anisotropic parts [31]

W ¼ Wiso þWaniso (6)

The isotropic part is described by the Ogden material model as
[32]

Wiso ¼
X3

n¼1
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kan
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3 � 3
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(7)

where k1, k2, and k3 are principal stretches, and ln and an are the
material constants. The anisotropic part is described by the two-
fiber model as

Waniso ¼
k1

2k2

exp k2ðI4 � 1Þ2
h i

þ exp k2ðI6 � 1Þ2
h i

� 2
on

(8)

where k1 and k2 are the material constants, and I4 and I6 are the
strain invariants of the Cauchy–Green deformation tensor. Based
on our stress–stretch experimental data for the artery wall and
using least squares approximation, the best curve fitting yielded
a1 ¼ 1:3; a2 ¼ 5; a3 ¼ 0:5, l1 ¼ 2445; l2 ¼ 7319;l3 ¼ 5665,
k1 ¼ 3449:5 Pa, and k2 ¼ 0:496 with a fiber angle of 48.09 deg
from the axial direction (see Fig. 2(a)).

2.4 Porous FSI. Since the amplitude of the pressure wave at
the outlet was higher than the flow-induced pressure variation at
the inlet of the model, back flow from the outlet toward the sec-
tion of interest occurred in the initial computational simulations,
especially at the moment when the pressure reached its peak. To
overcome this issue in the simulations, a porous medium region
was added in the tail segment of the artery to control the pressure
wave at the outlet and prevent reverse flow (see Fig. 1) [30]. The
permeability of the porous media was adjusted such that a small
additional pressure drop (of less than 8 mm Hg) was created and
the given physiological flow of 160 ml/min was achieved without
reverse flow in the middle segment. The permeability for porous
media was determined based on Darcy’s law

�v ¼ � e
l
rp (9)

where (e) is permeability of porous media material, �v is fluid
velocity through the porous media, and l is fluid dynamic viscos-
ity. For the given flow and pressures, we determined a permeabil-
ity in the range of 2� 10�6 to 8� 10�6 for the simulations. In the
porous media region, the fluid stress (sf � �pI) was added to the
structural model as an additional term [30]. Thus, the total stress
in the solid model was

stotal
s ¼ ss � pI (10)

The displacement compatibility between fluid and solid meshes
should be satisfied though it is not required. In the whole porous
medium, we have used the same interface conditions as described
in Eq. (4).

2.5 Boundary and Simulation Conditions. Previous meas-
urements have shown that the normal mean flow rate and axial
stretch ratio of porcine carotid arteries are 160 ml/min and 1.5,
respectively [33,34]. Axial stretch ratio decreases with aging and
vascular diseases while mean flow rate may increase with exercise
or arteriovenous shunt [10,33–35]. So, simulations were per-
formed for normal (160 ml/min) and high (350 ml/min) flow rates
as well as normal (1.5) and reduced (1.3) axial stretch ratios to
determine the effects of flow rate and axial tension in the artery
on its buckling behavior. The external pressure was assumed to be
zero. The two arterial ends were fixed from axial movement and
rotation, but radial expansion was allowed to avoid stress concen-
tration at the ends.

Fig. 1 Schematic illustration of numerical domain including
fluid, solid, and porous medium interfaces in a longitudinal
cross section of the 3D artery model. Le is entrance segment
length; L is the main artery segment length; and Lo is the tail
segment length. See text for dimensions.
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The simulations were performed in two phases, with the artery
initially at no load condition. First, the artery was axially stretched
on both ends to reach the desired stretch ratio (i.e., 1.3 or 1.5) in
20 time steps (0.1 s). In this phase, the flow was set as steady-state
with constant inlet velocity and outlet pressure. During these time
steps, the artery gradually reached diastolic velocity and pressure
(i.e., 0.23 m/s and 80 mm Hg for normal conditions). The steady-
state flow results were then used as initial conditions for the sec-
ond phase (pulsatile flow simulation). In this phase, the boundary
conditions for the fluid domain were time-dependent velocity and
pressure at the inlet and outlet of the artery. Due to the lack of
porcine carotid arterial flow data, we used the flow velocity and
pressure waveform measured by Hirata et al. for a healthy 23-
year-old subject [36]. The mean flow velocity was 0.37 m/s
(which varied from 0.67 to 0.23) resulting in a mean flow rate
(Qm) of 160 ml/min (Fig. 2(b)). The minimum, maximum, pulse,
and mean of the pressure were 80, 110, 30, and 90 mm Hg,
respectively. The entrance and tail segments were allowed to
expand radially but restricted from rotation and buckling (deflec-
tion), while only the region of interest (L) was allowed to buckle.
The deflection was defined as the displacement of the artery cen-
terline from its initial location under zero pressure state. The criti-
cal buckling pressure was that when the deflection reached 1 mm.

In addition to modeling the artery under pulsatile flow, the
instability of the artery was assessed under steady-state flow for
comparison. For steady flow simulations, all of the assumptions
were the same as for pulsatile flow except that a constant velocity
at the inlet and a constant pressure at the outlet were used instead
of time-dependent inlet and outlet boundary conditions.

The fully coupled 3D fluid and solid models were solved using
the finite element software ADINA (v8.9, ADINA R&D, Inc.,
Watertown, MA). For the fluid domain flow-condition-based-
interpolation elements and for the solid domain, 3D solid elements
were employed. The unstructured grids were used with four-node
tetrahedral elements for the fluid and 11-node brick elements
for the solid. Since the deformation of the domain was large
compared to the original mesh, the remeshing was done when the
quality of the mesh became poor. The large displacement and large
strain formulation along with the mixed pressure–displacement
interpolation was used for the solid domain. A sparse matrix
solver based on Gaussian elimination was employed for solving
the FSI resulting equations. The time step was set to 0.003 s dur-
ing the acceleration and deceleration parts and 0.01 s during the
quiescent part of the wave. The full Newton method with a maxi-
mum of 100 iterations per time step was used. The grid depend-
ency study was done for the fluid and solid grids. The number of
elements was increased by a factor of 1.2 until the difference of
global flow and solid features between two grids reached less than
3%. The final grid for the solid domain contained 61,252 ele-
ments, and the fluid domain contained 76,534 elements.

3 Results

To reach a periodic solution, the simulation was performed for
three cardiac cycles. The results are presented below for the third
cycle when the solution has become stable. The solution time for
the third cycle has been mapped from t¼ 0 to t¼ 1 s with the data
at t¼ 0 derived from the end of the second cycle. All data such as
shear stress and wall stresses are computed for the buckling region
only (the entrance and tail segments are excluded).

3.1 Buckling Behavior and Critical Buckling Pressure.
Our simulation showed that artery diameter remains constant
under normal steady flow conditions but increases under increas-
ing pressure. When the pressure reached a critical value, the artery
starts to buckle and the deflection increases nonlinearly with con-
tinuous increase of lumen pressure. Under normal pulsatile flow
conditions, the artery diameter expands in the systolic phase and
reduces in the diastolic phase (but remains straight), associated
with increasing and decreasing flow velocity. When the mean
pressure increases and reaches a critical value, the artery buckled
and the deflection changed with time and increases with continuous
increase in mean pressure (post-buckling).

The peak deflections as functions of mean lumen pressure for
the artery under steady-state and pulsatile flow for different stretch
ratios and flow rates are illustrated in Fig. 3. The corresponding
critical buckling pressures are compared in Table 1. The results
showed that the critical buckling pressure depended on axial
stretch ratio and flow. For pulsatile flow, the mean critical buck-
ling pressure was much smaller than the critical pressure for
steady-state flow. However, for axial stretch ratio of 1.3 at a given
flow rate, the critical peak pressure at pulsatile flow conditions
was approximately equal to the critical buckling pressure under
steady flow conditions while these values for axial stretch ratio
of 1.5 were different (by 10–15 mm Hg). The mean flow rate
had little effect (negligible <5 mm Hg) on critical buckling pres-
sure, while the stretch ratio demonstrated a pronounced effect
(20–32 mm Hg). It is also seen that the deflection nonlinearly
increased with increasing the lumen pressure post-buckling for all
flow and axial stretch conditions.

Temporal variations of the deflections under pulsatile flow with
two different mean pressures (90 and 130 mm Hg) are illustrated
in Fig. 4. There are two peaks for displacement curves which are

Fig. 2 (a) Axial and circumferential stretch ratios plotted as
functions of lumen pressure. Symbols are experimental data
from a previous study [17] and the solid lines are fitting curves
using Ogden model. (b) Prescribed inlet velocity and outlet
pressure waves during three cardiac cycles.
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related to the two peaks of pressure and velocity. There is a phase
delay between the peaks of velocity and pressure wave with
occurrence of displacement, for example, the phase delay at
Pm¼ 130 mm Hg is 80 ms while at Pm¼ 100 mm Hg is 130 ms. It
is seen that at a medium mean lumen pressure, the artery deflects
at peak pressure but returns to a straight shape at diastolic (valley)
pressure. But at a high lumen pressure, the artery deflects more at
peak pressure and less at diastolic pressure but never returns to a
straight shape. Reducing the axial stretch ratio increases the
deflection and phase delay.

Fig. 3 Comparison of the maximum deflection at the middle of
the artery plotted as a function of the mean pressure when
buckling under (a) steady-state flow (b) pulsatile flow condi-
tions at two axial stretch ratios (SR 5 1.5 and 1.3) and two flow
rates (Qm 5 160 and 350 ml/min). SR 5 stretch ratio and
Qm 5 mean flow rate.

Table 1 Critical buckling pressure (mmHg) under steady-state
and pulsatile flow (SR 5 stretch ratio; Qm 5 mean flow rate)

Steady-state Pulsatile

Qm¼ 160
ml/min

Qm¼ 350
ml/min

Qm¼ 160
ml/min

Qm¼ 350
ml/min

SR¼ 1.3 116 112 94 92.5
SR¼ 1.5 148 143 114 112.5

Fig. 4 Temporal variation of deflection under pulsatile flow at
two mean lumen pressures (Pm 5 100 and 130 mmHg). Axial
stretch ratio SR 5 1.3 and mean flow rate Qm 5 160 ml/min.

Fig. 5 The flow velocity distribution at the peak deflection for
the artery under pulsatile flow with a stretch ratio of SR 5 1.3,
mean flow rate of Qm 5 160 ml/min, and mean pressure of
Pm 5 130 mm Hg. At the maximum deflection area, pressure
contours are depicted.

Fig. 6 The lumen shear stress contours under pulsatile flow
with SR 5 1.3; Qm 5 160 ml/min for a mean pressure of: (a)
Pm 5 130 mmHg and (b) Pm 5 100 mmHg. (c) The variation of
shear stress on the lumen surface at the inner side and outer
side of the bend at the maximum deflection area. SR 5 stretch
ratio; Qm 5 mean flow rate; and Pm 5 mean pressure.
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3.2 Flow Field Velocity and Shear Stress Under Pulsatile
Flow. When the artery buckles under pulsatile lumen pressure,
the flow velocity profiles become asymmetric and change during
the cardiac cycle (Fig. 5). Both the magnitude and direction of
flow velocity vectors change in the buckled artery. At the
entrance, the velocity profile is fully developed with the maximum
velocity at the center. The center of velocity profile changes to-
ward the outer side in the first half of the artery and then moved
toward the inner side in the second half of the artery. At the maxi-
mum deflection point, which is located at the middle of the artery,
the velocity profile is skewed toward the inner bend. The pressure
profile in this cross section shows a maximum at the outer side
and a minimum at the inner side due to the centrifugal effects.

The lumen shear stress distribution on the surface of the fluid
domain is depicted in Fig. 6. The maximum shear stress occurs at
the inner side of the bend at the maximum deflection point though
the difference is not big between the two sides. The minimum
shear stress, which is at the center in a straight tube, moves toward
the inner bend. The trends of the temporal variations of the shear
stress are similar between the inner and outer sides. The time

averages of wall shear stress at mean outlet pressures of 100 and
130 mm Hg are �1.07 Pa and �0.76 Pa at the inner curve side
and �0.98 Pa and �0.74 Pa at the outer curve side, respectively.

3.3 Changes of Stresses in the Arterial Wall Under
Pulsatile Flow. To illustrate the stress variation in buckled
arteries, we selected four points along the circumference of the
vessel lumen surface at the maximum deflection point and their
axial radiation lines along the axial direction: the inner, outer, and
middle M1 and M2 points (Fig. 7(a)).

Temporal variation of normal stresses (radial, circumferential,
and axial) and shear stresses (rh, rz, and hz) at the inner, M1,
outer, and M2 points at the middle of the vessel are depicted in
Fig. 7. For comparison, a simulation is performed for an artery
model of one-third of the vessel length that remains straight due
to its short length [17,37]. The results are compared with the
buckled artery at the same pressure, flow rate, and stretch ratio. It
is seen that the maximum and minimum normal stresses occur at
the outer and inner point, respectively, due to the expansion and

Fig. 7 Schematics: definition of inner, outer, M1, M2 points, and axial curves
which are equally distributed along the circumference of vessel lumen. Graphs:
temporal variation of normal and shear stresses at the inner, outer, M1 and M2
points of artery under pulsatile flow with Qm 5 160 ml/min, Pm 5 130 mm Hg, and
SR 5 1.3. The results are compared with a control straight artery under the same
conditions. SR 5 stretch ratio; Qm 5 mean flow rate; and Pm 5 mean pressure.
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compression of outer and inner curves in the buckled artery. The nor-
mal stresses at M1 and M2 points overlap each other (due to symme-
try), and magnitudes are between the values at the outer and inner
points. Among all stress components, the circumferential stress and
axial stress are the dominating components. The radial stress and all
shear components are very small (over an order of magnitude). Over
a cardiac cycle, there are two peaks for stress components corre-
sponding to the two peaks in the pressure wave. The time difference
between the peak of stresses in straight and buckled arteries is about
80 ms. Maximum radial, circumferential, and axial stress magnitudes
in the buckled artery are 0.75, 275, and 158 kPa higher than the cor-
responding values in the straight artery, respectively.

3.4 Spatial Variation of Wall Stress. Spatial variations of
circumferential and axial stresses at the time of maximum deflec-
tion are illustrated in Figs. 8 and 9. It is seen that the higher mean
pressure causes higher stresses. The stresses vary with circumfer-
ential and axial locations in a nonaxisymmetric fashion. There is a
weak symmetry in the stress variation from the middle of the ar-
tery to the two ends. Changing axial stretch ratio from 1.5 to 1.3
tends to increase the stress differences between the outer, M1, and
inner points, probably due to increased deflection. A change of
mean flow rate from 160 and 350 ml/min does not have much
effect on the wall stresses (less than 5%).

4 Discussion

In this study, we investigated the instability of a carotid artery
under steady-state and pulsatile flow. The results show that the
artery buckled when the lumen pressure exceeded a critical value.
The critical buckling pressure depends on mean flow rate, stretch
ratio, and flow conditions. The critical mean buckling pressure
under pulsatile flow is 17–23% smaller than under steady-state
flow. The critical peak buckling pressure under pulsatile flow at

an axial stretch ratio 1.3 is only slightly lower than at steady-state
flow (<3 mm Hg), while at an axial stretch ratio 1.5 the difference
is about 10–15 mm Hg. Under steady-state and pulsatile flow, the
critical buckling pressure increases for higher stretch ratios.

A recent experimental study by Liu and Han [16] showed that
the artery will buckle when the lumen pressure increases more
than a critical pressure under static pressure, steady-state flow,
and pulsatile flow. It has been shown that at low frequencies (<5
Hz) of pulsatile flow, the critical peak pressure approximately
equals the buckling pressures under static or steady flow condi-
tions. The current results for stretch ratio of 1.3 are consistent
with their result, while a difference is seen for stretch ratio of 1.5
(by 10–15 mm Hg). In fact, a similarly larger difference between
model estimations and experimental data could be seen in some of
the arteries reported [16,17]. The effect of axial stretch and the
nonlinear increase of deflection with luminal pressure post-
buckling obtained here are similar to the buckling behavior
observed previously [16,17]. In addition, our results show that the
effect of flow rate on critical buckling pressure under pulsatile
flow is negligible. This could be related to the higher amplitude of
the pressure wave than that of the flow-induced pressure wave,
which is approximately proportional to qV2.

We have presented the results in different ways to illustrate the
spatial–temporal variation of stresses in buckled arteries. The
results show that at the maximum deflection area the stresses in
fluid and solid domains drastically change. It is well accepted that
atherosclerosis is related to abnormal flow and abnormal wall
stress [11,12,38,39]. The wall stress alteration and changes in fluid
shear stress in the buckled artery may induce arterial wall remod-
eling and atherogenesis [10,37].

There are a few limitations in the present study. Human carotid
flow and pressure waveforms were used due to lack of data for

Fig. 8 Circumferential variation of wall stress at the time of
maximum deflection at different outlet pressures (mean pres-
sure Pm 5 90–130 mm Hg). Pulsatile flow mean flow rate
Qm 5 160 ml/min and axial stretch ratio SR 5 1.3.

Fig. 9 Axial variation of wall stress at the time of maximum
deflection along the outer and M2 curves at two different axial
stretch ratios (SR 5 1.3 and 1.5). Pulsatile flow mean pressure
Pm 5 130 mmHg and mean flow rate Qm 5 160 ml/min.
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porcine carotid arteries, though data for porcine coronary arteries
are available [40]. The frequency of the inlet velocity and outlet
pressure waves is constant (1 Hz), while it may vary in different
subjects. The wall thickness and material properties are assumed
to be uniform along the artery. The effects of surrounding tissues
and non-Newtonian blood flow on buckling behavior were also
ignored. While limitations exist, the current results enhance our
understanding of the stability of arteries under steady-state and
pulsatile flow.

In conclusion, our FSI simulations demonstrate that arteries
buckle under pulsatile flow when the pressure exceeds a critical
value. The critical mean buckling pressure at pulsatile flow is
17–23% smaller than at steady-state flow. Increasing flow rate,
under both steady-state and pulsatile flow, has very little effect on
the critical buckling pressure, but elevated axial stretch ratio
increases the critical buckling pressure. Buckling leads to non-
symmetric alterations in stresses in the artery. At the maximum
deflection point, buckling increases the fluid shear stress at the
inner side of the lumen and increases the circumferential and axial
stress at the outer side of the wall.
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Nomenclature

df ¼ fluid displacement at the interface
ds ¼ solid displacement at the interface
€ds ¼ local acceleration of the solid

I4 and I6 ¼ strain invariants of Cauchy–Green deformation
tensor

k1 and k2 ¼ material constants
p ¼ pressure
v ¼ fluid velocity vector

vg ¼ local coordinate velocity (velocity of the moving
grid)

W ¼ strain-energy function
Wiso ¼ isotropic part of strain-energy function

Waniso ¼ anisotropic part of strain-energy function
k1, k2, and k3 ¼ principal stretches

ln and an ¼ material constants
qf ¼ fluid density
qs ¼ solid density
sf ¼ fluid stress tensor
ss ¼ solid stress tensor
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