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Blood Flow Dynamics in Saccular
Aneurysm Models of the
Basilar Artery
Blood flow dynamics under physiologically realistic pulsatile conditions plays an impor-
tant role in the growth, rupture, and surgical treatment of intracranial aneurysms. The
temporal and spatial variations of wall pressure and wall shear stress in the aneurysm
are hypothesized to be correlated with its continuous expansion and eventual rupture. In
addition, the assessment of the velocity field in the aneurysm dome and neck is important
for the correct placement of endovascular coils. This paper describes the flow dynamics
in two representative models of a terminal aneurysm of the basilar artery under Newton-
ian and non-Newtonian fluid assumptions, and compares their hemodynamics with that of
a healthy basilar artery. Virtual aneurysm models are investigated numerically, with
geometric features defined by �=0 deg and �=23.2 deg, where � is the tilt angle of the
aneurysm dome with respect to the basilar artery. The intra-aneurysmal pulsatile flow
shows complex ring vortex structures for �=0 deg and single recirculation regions for
�=23.2 deg during both systole and diastole. The pressure and shear stress on the
aneurysm wall exhibit large temporal and spatial variations for both models. When
compared to a non-Newtonian fluid, the symmetric aneurysm model ��=0 deg� exhibits a
more unstable Newtonian flow dynamics, although with a lower peak wall shear stress
than the asymmetric model ��=23.2 deg�. The non-Newtonian fluid assumption yields
more stable flows than a Newtonian fluid, for the same inlet flow rate. Both fluid modeling
assumptions, however, lead to asymmetric oscillatory flows inside the aneurysm
dome.

Keywords: non-Newtonian fluid, computational fluid dynamics, intracranial aneurysm,
shear stress, pressure
ntroduction
Intracranial aneurysms are lesions of the arterial wall com-
only located at branching points of the major arteries coursing

hrough the subarachnoid space, predominantly at the circle of
illis in the base of the brain. Aneurysms of the posterior circu-

ation of the circle of Willis are most frequently located at the
ifurcation of the basilar artery or at the junction of a vertebral
rtery and the ipsilateral posterior cerebellar artery. The most
ommon form of intracranial aneurysms is the saccular type �1�.

The rupture of an intracranial aneurysm produces a subarach-
oid hemorrhage �SAH� associated with high mortality and mor-
idity rates, as SAH accounts for 1 /4 of cerebrovascular deaths.
he rupture rate of asymptomatic small aneurysms is only 0.05%
er annum in patients with no prior SAH, but increases to 0.5%
or large ��10 mm diameter� aneurysms �2�. Aneurysms may be
reated by surgical clipping or by interventional neuroradiology,
nd surgical clipping of asymptomatic aneurysms has morbidity
nd mortality rates of 10.9% and 3.8%, respectively �2�. Treat-
ent of aneurysms by Guglielmi coils carries 4% morbidity and

% mortality, but only achieves complete aneurysm occlusion in
2–78% of the cases �2�. According to a recent randomized mul-
icenter trial, endovascular coiling carries a better outcome than
eurosurgical clipping for ruptured aneurysms in terms of survival
ree of disability at 1 year �3�. The management of unruptured
ntracranial aneurysms is more controversial; the risks associated
ith their surgical or endovascular repair based on 5 y cumulative

upture rates often depend more on factors such as location, size,
ge-specific patient risks, etc., rather than the periprocedural com-
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plications of the treatment chosen �4�. These treatments promote
blood coagulation inside the aneurysm avoiding impinging blood
flow on the vessel wall and, thus, impeding its rupture �2,5�. Al-
teration of blood flow to the inflow zone is used in lesions that are
unsuitable for clipping or coil embolization. This strategy is based
on the premise that aneurysm expansion and rupture are functions
of the fluid shear stress at the flow inlet region. If the flow into the
aneurysm can be altered such that the inlet shear stress is reduced,
it may be possible to alter the history of the lesion �6�.

The pathogenesis and causes for expansion and eventual rup-
ture of saccular aneurysms are not clear. It is generally accepted
that unique structural features of the cerebral vasculature contrib-
ute to the genesis of these aneurysms. A typical saccular aneurysm
has a very thin tunica media and the internal elastic lamina is
absent in most cases �1�. Thus, the arterial wall is composed of
only intima and adventitia. Consequently, hemodynamics factors,
such as blood velocity, wall shear stress, pressure, particle resi-
dence time, and flow impingement, play important roles in the
pathogenesis of aneurysms and thrombosis. Previously, we have
reported on the effect of geometry and transient flow dynamics on
the distribution of flow-induced stresses in fusiform and asymmet-
ric virtual aneurysms �7–10�. Aneurysm hemodynamics is contin-
gent on the aneurysm geometry and its relation to the parent ves-
sel, its volume and aspect ratio �depth/neck width� �11�. For this
reason, studies of flow dynamics inside models of saccular aneu-
rysms are important to obtain quantitative criteria for their treat-
ments.

Liou and Liou �12� presented a review of in vitro studies of
hemodynamics characteristics in terminal and lateral aneurysm
models. They reported that with uneven branch flow, the flow
dynamics inside a terminal aneurysm and the shear stresses acting
on the intra-aneurysmal wall increase proportionally with the bi-

furcation angle. Imbesi and Kerber �13� have used in vitro models
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o study the flow dynamics in a wide-necked basilar artery aneu-
ysm. They investigated the flow after placement of a stent across
he aneurysm neck and after placement of Guglielmi detachable
oils inside the aneurysm sac through the stent.

Lieber et al. �14� used particle image velocimetry to study the
nfluence of stent design on the flow in a lateral saccular aneurysm

odel, showing that stents can induce favorable changes in the
ntra-aneurysmal hemodynamics. Tateshima et al. �15–17� studied
he intra-aneurysmal flow dynamics in acrylic models obtained
sing three-dimensional computerized tomography angiography.
hey showed that the axial flow velocity structures were dynami-
ally altered throughout the cardiac cycle, particularly at the an-
urysm neck. Although aneurysm rupture is thought to be associ-
ted with a significant change in aneurysm size, there is still great
ontroversy regarding the size at which rupture occurs. Rupture
ccurs most frequently at the site of the dome, particularly in
aughter aneurysms �15–17�. The relationship between geometric
eatures and rupture is closely associated with low flow condi-
ions; the stagnation of blood flow in large aneurysms is com-

only observed with the use of cerebral angiography and is re-
ated to intra-aneurysmal thrombosis �18�. Aneurysm geometry
ften dictates the success of coil embolization. Jou and colleagues
19� presented a compartment model for the estimate of intra-
neurysmal flow and hemodynamic forces that can be used to
redict the outcome of coil embolization or possible aneurysm
ecurrence. Large basilar aneurysms can benefit from a computa-
ional fluid dynamics �CFD� approach combined with MR angiog-
aphy to determine alterations in the flow field caused by the
hoice of interventional treatment �20�.

Foutrakis et al. �21� report on two-dimensional simulations of
uid flow in curved arteries and arterial bifurcations and the rela-

ionship to aneurysm formation and expansion. They suggest that
he shear stress and pressure developed along the outer wall of a
urved artery and at the apex of an arterial bifurcation create a
emodynamics state that can promote aneurysm formation. Re-
ently, Steinman et al. �22� presented image-based computational
imulations of the flow dynamics in a giant anatomically realistic
uman intracranial aneurysm. Their analysis revealed high speed
ow entering the aneurysm at the proximal and distal ends of the
eck, promoting the formation of persistent and transient vortices
ithin the aneurysm sac. Cebral et al. �23� developed a method-
logy for modeling patient-specific blood flows in cerebral aneu-
ysms that combines medical image analysis and CFD. The flow
nalysis in six intracranial aneurysms revealed complex unsteady
ow patterns.
Arterial compliance contributes to the mechanical loading and

rogressive expansion of a blood vessel �24�. This effect has not
een considered in the reported studies of hemodynamics in arter-
es with cerebral aneurysms. The compliant aneurysm wall, which

ust withstand arterial blood pressure, is composed of layered
ollagen. Wall strength is related to both collagen fiber strength
nd orientation. The main characteristic of the aneurysm wall is its
ultidirectional collagen fibers; with physiological pressures, they

ecome straight and thereby govern the overall stiffness of the
esion �25�. Fluid shear stress modulates endothelial cell remodel-
ng via realignment and elongation, and the time variation of wall
hear stress affects significantly the rates at which endothelial
ells remodel �26�. Zhao et al. �27� have studied the flow in a
arotid arterial bifurcation model with rigid and compliant walls.
enerally, there is a reduction in the magnitude of wall shear

tress with a compliant wall, with the degree of reduction depen-
ent on the location and phase of the cardiac motion. The local
ifferences, however, are not significant.

The influence of non-Newtonian properties of blood on the ar-
erial flow was investigated by Gijsen et al. �28�. They performed
aser Doppler anemometry experiments and finite element simu-
ations of steady flow in a three-dimensional model of the carotid
ifurcation. A comparison between the experimental and numeri-

al results showed good agreement for both Newtonian and non-
Newtonian fluids. Ma et al. �29� have recently performed a three-
dimensional geometrical characterization of cerebral aneurysms
from computed tomography angiography data, reconstructing the
geometry of nonruptured human cerebral aneurysms. This geom-
etry can be classified as hemisphere, ellipsoid, or sphere; it is
apparent that quantified aneurysm shape is more effective than
size indices in discriminating between ruptured and unruptured
aneurysms �30�. Parlea et al. �31� presented a relatively simple
approach to characterizing the simple-lobed aneurysm shape and
size using angiographic tracings. Their measurements characterize
the range of shapes and sizes assumed by these lesions, providing
useful guidelines for the development of models for numerical
investigation of hemodynamics in cerebral aneurysms.

In this work, we present detailed numerical simulations of
three-dimensional unsteady flows in two virtual saccular aneu-
rysm models and one healthy model of the basilar artery. The
computational geometries were developed with representative di-
mensions as reported in �31�. The purpose of this manuscript is to
report on the effects of aneurysm geometry and non-Newtonian
blood properties on the flow characteristics, wall pressure and
wall shear stress, and to establish comparisons of these flow vari-
ables with a healthy basilar artery. This investigation provides
valuable insight in the study of statistically representative saccular
aneurysms subject to physiologically realistic pulsatile loads.

Mathematical and Numerical Modeling

Governing Equations. The mass and momentum conservation
equations for an incompressible fluid can be written as

� · v = 0 �1�

�� �v

�t
+ v · �v� = − �p + � · � �2�

where � is the density, v is the velocity field, p is the pressure, and
� is the deviatoric stress tensor. This tensor is related to the strain
rate tensor; however this relation is usually expressed as an alge-
braic equation of the form

� = ��̇ �3�

where � is the viscosity and �̇ is the strain rate, which is defined
for incompressible fluid as

�̇ = � �vi

�xj
+

�v j

�xi
� �4�

For the Newtonian fluid assumption the viscosity of blood is
constant and a typical value of �=3.19 cP was used. However,
blood is a suspension of red blood cells in plasma. The viscosity
of blood is mainly dependent on the volume fraction of red blood
cells in plasma. The Herschel-Bulkley fluid model of blood as-
sumes that the viscosity � varies according to the law

� = k�̇n−1 +
�o

�̇
�5�

The Herschel-Bulkley fluid model of blood extends the simple
power law model for non-Newtonian fluids to include the yield
stress �o. Like the Casson model, it shows both yield stress and
shear-thinning non-Newtonian viscosity, and it is an accurate
model to describe the rheological behavior of blood �32�. We have
taken the experimental values recommended by Kim �33� as k
=8.9721 cPsn−1, n=0.8601, and �o=17.5 mPa. The density of
blood is assumed constant, �=1050 kg/m3, for both Newtonian
and non-Newtonian fluid assumptions.

Model Geometry and Boundary Conditions. Figure 1 shows
the geometry of our basilar artery models in the cases of a healthy
bifurcation and with a saccular aneurysm. Aneurysm model 1,
shown in Fig. 1�b�, is a saccular symmetric aneurysm with

�=0 deg, and aneurysm model 2, shown in Fig. 1�c�, is an asym-
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etrical aneurysm at an angle �=23.2 deg. The angle � indicates
he tilt of the aneurysm dome with respect to the parent vessel.
hysiologically, the bifurcation geometry and aneurysm location
xhibit a great amount of irregularity and asymmetry. Average
alues of neck width, dome height, dome diameter, semi-axis
eight, basilar artery diameter, and typical � angles of saccular
neurysms of the basilar artery were obtained from the measure-
ents reported by Parlea et al. �31�, where �=23.2 deg corre-

ig. 1 Model geometries „all dimensions in mm…: „a… Healthy
asilar artery model, „b… aneurysm model 1 – with �=0 deg, „c…
neurysm model 2 – with �=0 deg
ponds to the standard deviation of the cases analyzed by these
authors. The bifurcation angle between the basilar and the poste-
rior cerebral arteries was taken as 140 deg, also used by Liou et
al. �12�. The lengths of the arteries are 6.5 and 7.1 times the
respective artery diameters for the basilar and posterior cerebral
arteries, so that the velocity boundary conditions were imposed
distant from the aneurysm location.

The mean blood flow rate in the basilar artery is 195 mL/min
as reported in �34� for healthy human subjects. With d
=3.23 mm, we obtain a mean blood velocity in the basilar artery
of 39.7 cm/s. We also consider a reduction of diameter for the
posterior cerebral arteries as 0.75 times the basilar artery diameter.
With this reduction the mean flow velocity in the posterior cere-
bral arteries is 35.6 cm/s; this value is very similar to the mean
velocity of 36.0 cm/s reported in �35� for the posterior cerebral
artery in normal patients.

The blood flow waveform in arteries of the anterior circulation
of the circle of Willis has been studied in detail. Holdsworth et al.
�36� have characterized the waveform of the common carotid ar-
tery in normal human subjects. However, a detailed measurement
of the velocity waveform in the basilar artery is not available. It is
difficult to perform Doppler ultrasound measurements in this re-
gion of the posterior circulation of the circle of Willis. Schweizer
et al. �37� reported a pulsatility index Pi=0.8 and resistance index
Ri=0.5 for the basilar artery in healthy volunteers. Baumgartner et
al. �38� have measured PV=67 cm/s and ED=29 cm/s in the
basilar artery for normal subjects. Figure 2 shows the representa-
tive physiological waveform of the mean velocity at the inlet of
the basilar artery as used in the present work. We have taken
PV=61 cm/s, MV=39.7 cm/s, and ED=35 cm/s. The time de-
pendency of the inflow mean velocity is imposed by a polynomial
representation of order 13 and the natural frequency of the pulsa-
tile flow is set to f =1.0 Hz. The Womersley number, which char-
acterizes the flow frequency, the geometry of the model and the
fluid viscous properties, is �=2.32. Peak systolic flow occurs at
t=0.09 s. The time-averaged Reynolds number with the Newton-
ian fluid assumption is Rem=422. The equivalent Reynolds num-
ber defined for a Herschel-Bulkley non-Newtonian fluid model
with �0=0 is

Rem =
�U2−ndn

�8n−1k�3n + 1�
4n

�n �6�

and it yields Rem=380, which is 10% lower than the Reynolds
number for Newtonian fluid.

For all models, the boundary condition for the inlet velocity is

Fig. 2 Physiological waveform of mean inlet velocity „Um… in
m/s
defined by Eq. �7�:
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U�t� = Um�t� ·
3n + 1

n + 1
�1 − � r

a
� n+1

n � �7�

here n=1 for a Newtonian fluid, n=0.8601 for the Herschel-
ulkley non-Newtonian fluid model, and Um�t� is given by the
ow waveform illustrated in Fig. 2. The time-dependent parabolic
elocity profile of Eq. �7� is used as a boundary condition at the
omputational domain inlet, after performing comparisons be-
ween the parabolic velocity profile and the Womersley solution
elocity profile for a Newtonian flow in a straight pipe �39�. These
omparisons have the objective of determining the accuracy and
roperness of the parabolic profile. Equation �7� is more easily
mplemented in the computational code than the Womersley solu-
ion profile. The velocity profile is imposed at a distance of
1 mm from the entrance of the aneurysm and, therefore, the flow
ecomes fully developed before entering the aneurysm sac. Actual
erebral aneurysms have a basilar artery longer than 21 mm. In
ddition, although the basilar artery receives blood from both left
nd right vertebral arteries, it is long enough to allow both flow
treams to mix yielding a near parabolic shaped velocity profile,
hich should change continuously in the axial direction with the
ulsatility of the flow. The outflow boundary condition is defined
y �� /�n=0 for the fluid velocity ��=V� at the exit of each
osterior cerebral artery and the flow rates for each artery are
dentical. A no-slip condition is prescribed at the walls.

Numerical Method. Governing Eqs. �1�–�5� were solved with
he software FLUENT �v6.0, Fluent, Inc., Lebanon, NH�, which
tilizes the finite volume method for the spatial discretization. The
nterpolations for velocities and pressure are based on power-law
nd second order, respectively. The pressure-velocity coupling is
btained using the SIMPLEC algorithm. The explicit time-
arching second order scheme with a time step 	t=2
10−5 s
as used for the transient computations. The numerical solution is

djusted at each time step based on the computation of pressures
elative to a chosen arbitrary reference of 45 mmHg �the typical
mplitude of an intraluminal basilar pressure waveform� located at
oint P7, on the aneurysm entrance cross-section, as shown sche-
atically on the inset of Table 1. The time step was computed

rom the Courant-Levy condition �40� as given by Eq. �8�. With
his small time step the residual of the continuity and Navier-

−5

able 1 Mesh refinement comparisons for two characteristic
imes at points P5 and P7
tokes equations were smaller than 10 in all temporal iterations.
	t =
	x2

2��/�� + U	x
�8�

Unstructured grids of 84,318 cells were used for the healthy mod-
els. The models with terminal aneurysms were meshed with
212,541 and 211,435 cells for �=0 deg and �=23.2 deg, respec-
tively. The same grid size was used for the Newtonian and non-
Newtonian blood assumptions. The unstructured grids were com-
posed of tetrahedral elements as shown in Fig. 3 for aneurysm
model 2. Although the geometry of model 1 is symmetric, the
resulting unstructured mesh is not symmetric with respect to the
longitudinal axis of the model.

A computational study on mesh sensitivity and discretization,
and the numerical integration method is performed to determine
the “best” computational mesh and solution scheme for reasonable
CPU solution times. The mesh sensitivity study considers eight
�8� different discretizations of aneurysm model 2 ranging from
51,150 cells for the coarser grid size to 1,022,382 cells for the
finer grid size as shown in Table 1. This table shows numerical
results for the streamwise velocity �vz� at point P7, and the rela-
tive wall pressure �pw� and wall shear stress �WSS� at point P5,
the instantaneous systolic and diastolic times t=0.09 s and t
=0.8 s as indicated in the schematic below the table. The variation
of vz with grid size is shown in Fig. 4, illustrating an asymptotic
behavior as the number of cells is increased. Least square fits with
exponential functions were used to describe this behavior of the
three variables to find an independent mesh solution as the num-
ber of cells was increasingly doubled. The following exponential
equation was used to fit the numerical data of vz, pw, and WSS, as
a function of mesh size: �vz , pw ,WSS�=Ao+Bo ·eCo·Nc, where Ao,
Bo, and Co, are constants calculated using the data for each mesh

Fig. 3 Representative computational grid used for aneurysm
model 2 „�=23.2 deg…

Fig. 4 Axial velocity versus grid size for two instantaneous

times at point P7
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sed in this investigation, and Nc is the number of cells in each
esh. It can be shown that the primary variable, vz, experiences a

ariation between meshes D and H of 4% and 6% for times t
0.09 s and t=0.8 s, respectively. The other variables, pw and
SS, also present an asymptotic behavior proportional to the in-

rease in number of cells. The difference in WSS between meshes
and H is 8% for both systole and diastole. The difference in

elative wall pressure between these meshes is 15.4% and 11.1%
or t=0.09 s and t=0.8 s, respectively. However, considering the
eference pressure for the domain located at P7, these relative
ressure fluctuations in the mesh sensitivity analysis become neg-
igible. Furthermore, a qualitative comparison of WSS and pw
atterns for t=0.09 s and t=0.8 s on the entire computational do-
ain for aneurysm models 1 and 2 reveals no significant variation

or meshes D to H. In addition, a comparison of CPU times for
eshes D to H based on three pulsatile flow cycles shows that
esh H is 3.2 times more computationally expensive than mesh
, while obtaining an improvement of about 6% in the streamwise

z-velocity at point P7. Thus, the results obtained with mesh D are
hose presented in this manuscript, since 211,435 cells is refined
nough for a reasonable accuracy and CPU solution time. The
orkstation used to perform the simulations is based on an Intel
entium IV processor of 2.8 GHz clock speed, 1.5 Gb RAM
emory and runs on the Linux Redhat v8.0 operating system. A

ypical simulation time based on 3 consecutive pulsatile flow
ycles employing 1.5
105 iterations was approximately 320
PU hours.

esults

Flow Dynamics. The non-Newtonian flow characteristics for
neurysm models 1 and 2 are shown in Figs. 5 and 6, respectively,
t two regions of the aneurysm: the aneurysm neck in a plane
erpendicular to the basilar artery �X-Y plane� and a plane parallel
o the basilar artery longitudinal axis �Y-Z plane�.

The inflow and outflow regions at the aneurysm neck are illus-
rated in Figs. 5�a� and 5�c� for model 1 ��=0 deg� and in Figs.
�a� and 6�c� for model 2 ��=23.2 deg� in the X-Y plane. For
epresentation purposes the same scale for velocity vectors is used

n both models for Uz and 	U� 	. High velocity flow dominates the
ortex dynamics at peak systole �t=0.1 s� with a jet of fluid trav-

ig. 5 Velocity vectors for aneurysm model 1 „�=0 deg… and
on-Newtonian fluid color-coded with the z-component of the
elocity for „a… t=0.1 s and „c… t=0.8 s at the aneurysm inlet,
nd color-coded with the velocity magnitude for „b… t=0.1 s and
d… t=0.8 s at the Y-Z plane of the aneurysm
ling through the center of the aneurysm for model 1 and sym-
metrically bifurcating in two streams communicating with the
posterior cerebral arteries. The asymmetry of the dome in model 2
yields a high velocity jet through the outflow regions and shears
the lower wall of the aneurysm with retrograde flow. At a typical
diastolic time �t=0.8 s�, the flow patterns in both models remain
unaltered in their structure, only decreasing the mean velocity at
every location. Figures 5�b� and 5�d� for aneurysm model 1 and
Figs. 6�b� and 6�d� for aneurysm model 2 show the intra-
aneurysmal flow in the Y-Z plane. For model 1, the intra-
aneurysmal flow shows a nearly symmetric flow dynamics with a
ring vortex enclosing the centerline jet, represented by two vorti-
ces in this view. The asymmetry of the vortices with respect to
centerline holds for the systole-diastole cycle, defining a well es-
tablished stagnation zone where the jet impinges on the wall and
where high wall pressure is expected. This asymmetry is also
anticipated because 3D flows can generate instabilities to rela-
tively low Reynolds numbers, despite the fact that the body forces
are negligible due to the small dimensions of the aneurysm. The
asymmetry of the geometry for model 2 affects the intra-
aneurysmal flow by yielding a single recirculation region at the
center of the dome. The difference between peak systole �Figs.
5�b� and 6�b�� and late diastole �Figs. 5�d� and 6�d�� is observed
by the size of the vortical structures, which are larger and slower
at t=0.8 s. The two aneurysm models differ in the magnitude of
the velocity gradients and wall shear stresses due to the develop-
ment of flow patterns with vortices and recirculation regions de-
pendent on the particular aneurysm shape. During the systolic
phase, higher velocities develop at the inlet region in model 1 than
in model 2 as shown in Figs. 5�a� and 6�a�. In model 2 the inlet
flow is guided by the shape of the aneurysm, which in turn should
diminish the wall pressure and increase the shear stresses on the
wall. Regions with Uz higher than 0.2 m/s in model 2 correspond
to the outflow region, and they appear as empty regions.

The jet of fluid through the neck of the aneurysm �i.e., inflow
region� varies in size and position depending on the tilt of the
aneurysm dome with respect to the parent vessel. This finding is
important for the endovascular treatment of cerebral aneurysms,
since controlling blood flow at the inflow region is a critical step
in achieving permanent occlusion of an aneurysm. The long-term
anatomical durability of coil embolization in cerebral aneurysms

Fig. 6 Velocity vectors for aneurysm model 2 „�=23.2 deg…
and non-Newtonian fluid color-coded with the z-component of
the velocity for „a… t=0.1 s and „c… t=0.8 s at the aneurysm in-
let, and color-coded with the velocity magnitude for „b… t
=0.1 s and „d… t=0.8 s at the Y-Z plane of the aneurysm
by means of microcoil technology depends on the aneurysm shape
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nd the blood flow dynamics at the aneurysm neck. As such, we
nfer that recanalization will be less likely if the coils are inserted
hrough the inflow region of the aneurysm neck. Therefore, care-
ul consideration of the aneurysm asymmetry with respect to the
arent vessel ��� must be taken into account during these endo-
ascular procedures in relation to the resulting flow dynamics at
he inflow region.

We next investigate the effect of the Newtonian fluid assump-
ion on the vortex dynamics by comparing with the non-
ewtonian flow predictions �Fig. 5� at peak systole and late dias-

ole at the Y-Z plane for aneurysm model 1 �Fig. 7�. The vortex
tructure shows more instability and departure from the symmetry
xis than for a non-Newtonian fluid �Figs. 5�b� and 5�d��. Our
esults indicate that symmetry breaking and oscillatory flows are
elated phenomena. Oscillatory flows yield moving vortices,
hich increase and decrease in size in an oscillatory sinusoidal
anner. Increased intra-aneurysmal flow separation is observed at

ate diastole, Fig. 7�b�, leading to multiple vortex structures and
symmetry of the centerline jet. A fluid with a strain rate depen-
ent on viscosity is more stable to the acceleration and decelera-
ion phases of the cardiac cycle. Viscous forces in a non-
ewtonian fluid can be large enough to prevent symmetry
reaking and oscillatory flows. In this investigation however, the
iscous forces are unable to keep the flow symmetry. Additionally,
hey are larger than in a Newtonian fluid for the same inlet flow
ate. These differences are relevant for the assessment of endovas-
ular device performance, which should not be based solely on the
emodynamics of complex arteries with a Newtonian fluid model.

Flow-induced Stresses. Our computational investigations have
emonstrated �not reported here� that for aneurysm models 1 and
, there are small differences in the pressure field for Newtonian
nd non-Newtonian flow simulations. This is due to the rigid wall
ssumption of the geometry and as such minimal emphasis is
iven to pw in this article. The Newtonian and non-Newtonian
haracteristics of the wall shear stress �WSS� are shown in Figs. 8
nd 9 for aneurysm models 1 ��=0 deg� and 2 ��=23.2 deg�,
espectively, as instantaneous representations of an overhead view
f the top of the aneurysm for two typical times at systole and
iastole. These representations show clear qualitative and quanti-
ative differences on the spatial WSS distribution between the two
ypes of fluid assumptions. The loss of symmetry of this distribu-
ion is more noticeable for the Newtonian fluid than for the non-
ewtonian fluid due to the stronger viscous forces resulting from

pplying the variable viscosity constitutive equation. These forces
ead to more stable and less oscillatory flows within both symmet-
ic and asymmetric aneurysms, as in models 1 and 2, respectively.

The top view of aneurysm model 1 shown in Figs. 8�c� and 8�d�
or the non-Newtonian fluid, indicates a pattern of quasi-
ymmetry in the wall shear stresses �and also for wall pressure,

ig. 7 Velocity vectors for aneurysm model 1 „�=0 deg… and
ewtonian fluid, color-coded with the velocity magnitude for

a… t=0.1 s and „b… t=0.8 s
ot shown�. For both flow stages, the highest values of shear
stresses are in regions located almost symmetrically with respect
to the imaginary centerline. Thus, regions on the aneurysm wall
located closer to the centerline, e.g., point P3 in Fig. 10, will
present lower wall shear stresses than regions located further from
it, but still in the higher shear stress region, e.g., point P4 in Fig.
10, for the entire pulsatile cycle. As shown in Figs. 9�c� and 9�d�
for aneurysm model 2, the highest shear stresses are located asym-
metrically with respect to the centerline, e.g., point P5 in Fig. 11,
with shear stresses diminishing closer to the centerline, e.g., point
P6 in Fig. 11. As in model 1, this pattern of WSS is characteristic
of both systole and diastole. Therefore, temporal evolutions of

Fig. 8 Wall shear stress „WSS… for model 1 „�=0 deg… with a
view from the top of the aneurysm: „a… t=0.1 s and „b… t=0.8 s,
Newtonian fluid; „c… t=0.1 s and „d… t=0.8 s, non-Newtonian
fluid

Fig. 9 Wall shear stress „WSS… for model 2 „�=23.2 deg… with
a view from the top of the aneurysm: „a… t=0.1 s and „b… t
=0.8 s, Newtonian fluid; „c… t=0.1 s and „d… t=0.8 s, non-

Newtonian fluid
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SS should develop a pattern with consistently higher values of
hear stresses at points P4 and P5, for symmetric and asymmetric
neurysm shapes, respectively.

The temporal variation of both WSS and pw at precise locations
f the aneurysm is an important variable for obtaining information
n the cause of aneurysm wall rupture with respect to the intensity
f the stresses and their temporal evolution in sensitive regions.
he precise locations are chosen where stagnation points �P1 and
3� and high shear stresses �P2, P4, P5, and P6� are expected.
Figures 12�a� and 12�b� show the temporal evolution of pw and
SS for Newtonian and non-Newtonian fluids in two character-

stic points of a healthy basilar artery. Both variables closely re-
emble the inlet velocity waveform �Fig. 2�. Evidently, the wall
ressure at point P1 is higher than at point P2, since P1 corre-
ponds to a stagnation point, whereas P2 develops a higher wall
hear stress than P1 because the velocity gradients are larger
ownstream of the bifurcation. For this geometric configuration,
here is no effect on the magnitude of pw due to the non-
ewtonian nature of the fluid, except during the systolic phase.
he wall shear stress for a non-Newtonian fluid decreases at point
2 since the viscous forces are larger for a Newtonian fluid. The

emporal evolution of pw and WSS at two characteristics points
or aneurysm model 1, indicated as P3 and P4, for Newtonian and
on-Newtonian fluid are shown in Figs. 10�a� and 10�b�, slightly

Fig. 10 Flow-induced stresses in aneurysm
„b… wall shear stress—WSS at points P3 an
X-Z plane
esembling the inlet velocity waveform only during the systolic
phase. These stresses, however, develop strong time oscillations
during the diastolic phase of the cycle. In this phase, the temporal
variation of wall pressure at P3 and P4 presents an oscillatory
pattern, such that pw at P3 is higher than at P4 since the former is
closer to the stagnation point. After peak systole for a non-
Newtonian fluid model, the temporal wall pressure is higher at
both points than for a Newtonian fluid. During the diastolic phase,
pw at P3 is approximately 25% higher on average with a non-
Newtonian fluid model, as the incoming jet always impinges at
the same point within the stagnation region. The wall pressure
difference at P4 between non-Newtonian and Newtonian fluid
models is about 15% on average.

Illustrated in Fig. 10�b�, the temporal evolution of WSS at P3
and P4 shows a time-dependent oscillatory behavior that does not
resemble the inlet velocity waveform. At systole, the maximum
WSS for P3 and P4 is nearly the same only for Newtonian fluid.
For non-Newtonian fluid, the maximum depends on the location
of P3 and P4. However, during diastole, the WSS distribution
depends on point location and the viscous characteristics of the
fluid model. WSS at P3 is lower than at P4, as P3 is located within
the stagnation region where velocity gradients are smaller than at
P4. Additionally, P3 presents more time-dependent oscillations
during diastole than P4, because within the stagnation region the

odel 1: „a… Relative wall pressure—pw and
4 on the wall of model 1 „�=0 deg… in the
m
d P
velocity gradients strongly oscillate regardless of the Newtonian
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r non-Newtonian nature of the fluid. Thus, the non-Newtonian
uid assumption for model 1 yields stronger viscous forces and a
ore stable flow with less time oscillations.
To understand the time-dependent behavior of the oscillatory

hear stresses during the pulsatile systolic-diastolic blood flow
ycle within the aneurysm, numerical simulations are performed
ith model 1 ��=0 deg� for a constant inlet volumetric flow rate
f Q=195 mL/min and Newtonian flow. Figure 13 shows the wall
hear stress temporal evolution for point P3. A periodic behavior
ith a time-period of T=0.057 s is noted, which corresponds to a

requency of f =17.5 s−1. This flow loses its symmetry and oscil-
ates in a sinusoidal manner, which leads to oscillatory wall shear
tress at P3. Thus, the time-dependent oscillatory behavior of the
all shear stresses at P3 of aneurysm model 1 for pulsatile inlet
ow conditions is caused by both the pulsatile flow itself and the
undamental oscillations that this 3D flow generates within the
neurysm for steady inlet flow conditions. Consequently, the flow
eld asymmetry observed during pulsatile flow simulations is not
nly noted in pulsatile flow but also in steady state inlet flow, and
t is inherent to instabilities originated in 3D flows at relatively
ow Reynolds numbers.

Figures 11�a� and 11�b� illustrate the temporal variation of pw
nd WSS, respectively, at two characteristic points, P5 and P6, of
neurysm model 2 for Newtonian and non-Newtonian fluid. The
istribution of pw and WSS closely resembles the inlet velocity

Fig. 11 Flow-induced stresses in aneury
and „b… wall shear stress—WSS at poin
=23.2 deg… in the Y-Z plane
aveform and their pattern is similar to that of the healthy basilar
artery �Fig. 12�. The effect of a non-Newtonian fluid model is
almost negligible during the entire cardiac cycle since in this an-
eurysm geometry the flow is more stable than in model 1, regard-
less of the relatively larger viscous forces developed with a non-
Newtonian fluid. Since the flow in model 2 is lead to the dome by
the shape of the aneurysm wall, there is no jet impinging on the
wall, but rather an extensive region where the wall pressure is
higher. Thus, pw and WSS are lower at P6, as this point is rela-
tively far from the region of higher pressure and velocity
gradients.

A comparison of the two saccular aneurysms with the healthy
basilar artery model �P1 in Fig. 12�a�� reveals a reduction in wall
pressure at peak systole of 88% for model 1 �P3 in Fig. 10�a�� and
90% for model 2 �P5 in Fig. 11�a�� for either a Newtonian or
non-Newtonian fluid. Similarly, peak WSS is reduced by 73% in
model 1 and by 7% in model 2 at peak systole for a non-
Newtonian fluid; for a Newtonian fluid, these differences are 64%
and 6%, respectively. From this comparison we infer that the ef-
fect of geometry represented by the asymmetry parameter �, has a
stronger effect on the relative magnitude of the flow-induced
stresses than the assumption of blood as a fluid with variable
viscosity. The low-velocity conditions generated by the presence
of the saccular aneurysms also produce a phase-lag in achieving
peak systole within the dome, as maximum WSS is obtained for

model 2: „a… Relative wall pressure—pw
P5 and P6 on the wall of model 2 „�
sm
ts
t�0.1 s at the specific points illustrated in Figs. 10�b� and 11�b�.
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iscussion

Observations on Wall Shear Stress. Several authors have re-
orted the importance of the WSS on the development, growth
nd rupture of cerebral aneurysms �22,41�. High wall shear stress
s regarded as a major factor in the development and growth of
erebral aneurysms. The endothelium is sensitive to changes in

SS and regulates local vascular tone by releasing vasodilator
nd vasoconstrictor substances �15�. Aneurysm rupture is related
o a low level of WSS and, therefore, it is associated with low-
ow conditions �42�. Localized stagnation of blood flow is known

o result in the aggregation of red blood cells, as well as the
ccumulation and adhesion of both platelets and leukocytes along
he intimal surface. This occurs due to dysfunction of flow-
nduced nitric oxide, which is usually released by mechanical
timulation through increased shear stress. These factors may
ause intimal damage, lead to small thrombus formation and in-
ltration of white blood cells and fibrin inside the aneurysm wall
18�. Damage to the endothelium is typically hypothesized as a
ontributing cause of aneurysm growth and rupture. Once the in-
egrity of this layer of cells lining the lumen is breached, subse-
uent deterioration of the structural fibers of the vessel may occur.
lood flow dynamics is involved in the process leading to vessel

emodeling due to wall injury. It is assumed that a WSS of ap-
2

Fig. 12 Flow-induced stresses in the he
pressure −pw and „b… wall shear stress—
healthy basilar artery bifurcation
roximately 20 dyn/cm is suitable for maintaining the structure
of the aneurysmal wall and a lower WSS will degenerate endot-
helial cells �42�. Our results of WSS show values lower than
20 dyn/cm2 in large parts of the aneurysmal wall over one cardiac
cycle. This low WSS may be an important factor underlying the
degeneration, indicating the structural fragility of the aneurysmal
wall. We hypothesize that the small wall pressure fluctuations ob-
served for both aneurysm models will play a role in the further
expansion and ultimate rupture of the aneurysms subsequent to
degeneration of the wall structure due to low fluid shear. The
effects of WSS and pw can be examined further by modeling the
compliant properties of the aneurysm wall in the continuum.

Another relevant outcome of this investigation is the underlying
relationship between the temporal distributions of WSS and pw on
the aneurysmal wall with respect to the flow waveform at the neck
of the aneurysm. This is illustrated by the almost constant pres-
sures and shear stresses obtained during diastole for the healthy
bifurcation model �Fig. 12� and the asymmetric aneurysm model
�Fig. 11�, which exhibit more stable flow patterns than the sym-
metric aneurysm model �Fig. 10� throughout the cardiac cycle.
This observation emphasizes the importance of utilizing boundary
conditions based on accurate flow measurements in the arteries of
the circle of Willis by means of pulsed Doppler ultrasound, a
limitation of the present study. The results described in this work

y basilar artery model: „a… Relative wall
S at points P1 and P2 on the wall of the
alth
WS
provide insight into the flow dynamics and flow-induced wall
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tresses in representative geometries of saccular aneurysms with
ulsatile inlet flow conditions. Further investigation based on re-
listic aneurysm physiology is required to reveal which physi-
logical parameters play a role in aneurysm formation.

Limitations. The idealized models utilized in the present study
re quite different from patient-specific aneurysms and, therefore,
ur results should not be extrapolated for their use in realistic
natomies. In particular, the curvature and tortuosity of the parent
essel determine the shape of the velocity profile into the aneu-
ysm, which will, in turn, affect the flow patterns obtained inside
he sac. It is expected that in vivo aneurysms located on parent
rteries with more curvature would be subjected to higher flow-
nduced stresses �43� than those reported in this study. In this
egard, it is unlikely that a parent vessel geometry as symmetric as
hose presented here would be encountered in a clinical setting
44�. Nevertheless, transient flows in virtual saccular aneurysms
resent a complex vortex dynamics that has not been previously
escribed in detail for anatomic reconstructions of patient-specific
odels �45�.

onclusions
This work presents a numerical investigation of the hemody-

amics of two saccular aneurysm models and one healthy model
f the basilar artery. The effects of aneurysm shape, asymmetry,
nd Newtonian/non-Newtonian fluid modeling are studied in de-
ail with respect to flow patterns and the spatial and temporal
istributions of wall pressure and wall shear stress.

The flow dynamics in both aneurysm models shows an un-
teady and complex vortex structure, and the inflow region varies
n size throughout the cardiac cycle. The assessment of such varia-
ion should be required during coil embolization of cerebral aneu-
ysms: Recanalization will be less likely when the coils are in-
erted through the inflow region of the aneurysm neck. Larger
patial and temporal variations of pressure and shear stress are
btained for the wall of the symmetric aneurysm model. At peak
ystolic flow conditions there is a significant reduction in aneu-
ysm wall pressure and wall shear stress in comparison with a
ealthy basilar artery. The effect of geometry, assessed by means
f the asymmetry parameter �, outweighs the effect of variable
lood viscosity on the reduction of these peak flow-induced wall
tresses. Further studies are necessary to investigate the effects of
rterial compliance on the development, growth, and rupture of
atient-specific intracranial aneurysms.
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Nomenclature
a � basilar artery radius
d � diameter of basilar

ED � end-diastolic velocity
f � frequency

MV,Um � mean velocity
p � static pressure

pw � relative wall pressure
PV � peak flow velocity
Pi � pulsatility index= �PV-ED� /MV

Re � Reynolds number=�Umd /�
Ri � resistance index= �PV-ED� /PV
T � time period
u � velocity

Vz � streamwise velocity
WSS � wall shear stress

Greek Symbols
� � Womersley number=a�2�f /�1/2

� � angle; tilt of the aneurysm dome with respect
to the parent vessel

�̇ � strain rate
� � fluid molecular viscosity
 � fluid kinematic viscosity=� /�
� � fluid density
� � shear stress

�w � wall shear stress
�o � yield stress
	t � time step
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�40� Ferziger, J. H., Perić, M., 1997, Computational methods for fluid dynamics,

Springer-Verlag, Berlin.
�41� Cebral, J. R., Castro, M. A., Appanaboyina, S., Putman, Ch. M., Millan, D.,

Frangi, A. F., 2005, “Efficient Pipeline for Image-Based Patient-Specific
Analysis of Cerebral Aneurysm Hemodynamics: Technique and Sensitivity,”
IEEE Trans. Med. Imaging, 24, pp. 457–467.

�42� Shojima, M., Oshima, M., Takagi, K., Torii, R., Hayakawa, M., Katada, K.,
Morita, A., and Kirino, T., 2004, “Magnitude and Role of Wall Shear Stress on
Cerebral Aneurysm Computational Fluid Dynamic Study of 20 Middle Cere-
bral Artery Aneurysms,” Stroke, 35, pp. 2500–2505.

�43� Hoi, Y., Meng, H., Woodward, S. H., Bendok, B. R., Hanel, R. A., Guterman,
L. R., and Hopkins, L. N., 2004, “Effects of Arterial Geometry on Aneurysm
Growth: Three-Dimensional Computational Fluid Dynamics Study,” J. Neuro-
surg., 101, pp. 676–681.

�44� Steinman, D. A., Kehoe, S. C., Ford, M. D., Nikolov, H. N., and Holdsworth,
D. W., 2003, “Dancing on the Knife-Edge of Symmetry: On the Misuse of
Symmetric Models for Studying Blood Flow Dynamics,” Proceedings of
ASME 2003 Summer Bioengineering Conference, Key Biscayne, FL, June 25–
29, pp. 1251–1252.

�45� Hassan, T., Timofeev, E. V., Saito, T., Shimizu, H., Ezura, M., Tominaga, T.,
Takahashi, A., and Takayama, K., 2004, “Computational Replicas: Anatomic
Reconstructions of Cerebral Vessels as Volume Numerical Grids at Three-
Dimensional Angiography,” AJNR Am. J. Neuroradiol., 25, pp. 1356–1365.


