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The Quantification
of Hemodynamic Parameters
Downstream of a Gianturco
Zenith Stent Wire Using
Newtonian and Non-Newtonian
Analog Fluids in a Pulsatile Flow
Environment
Although deployed in the vasculature to expand vessel diameter and improve blood flow,
protruding stent struts can create complex flow environments associated with flow separation and oscillating shear gradients. Given the association between magnitude and
direction of wall shear stress (WSS) and endothelial phenotype expression, accurate representation of stent-induced flow patterns is critical if we are to predict sites susceptible
to intimal hyperplasia. Despite the number of stents approved for clinical use, quantification on the alteration of hemodynamic flow parameters associated with the Gianturco Zstent is limited in the literature. In using experimental and computational models to quantify strut-induced flow, the majority of past work has assumed blood or representative
analogs to behave as Newtonian fluids. However, recent studies have challenged the validity of this assumption. We present here the experimental quantification of flow through
a Gianturco Z-stent wire in representative Newtonian and non-Newtonian blood analog
environments using particle image velocimetry (PIV). Fluid analogs were circulated
through a closed flow loop at physiologically appropriate flow rates whereupon PIV
snapshots were acquired downstream of the wire housed in an acrylic tube with a diameter characteristic of the carotid artery. Hemodynamic parameters including WSS, oscillatory shear index (OSI), and Reynolds shear stresses (RSS) were measured. Our findings
show that the introduction of the stent wire altered downstream hemodynamic parameters
through a reduction in WSS and increases in OSI and RSS from nonstented flow. The
Newtonian analog solution of glycerol and water underestimated WSS while increasing
the spatial coverage of flow reversal and oscillatory shear compared to a non-Newtonian
fluid of glycerol, water, and xanthan gum. Peak RSS were increased with the Newtonian
fluid, although peak values were similar upon a doubling of flow rate. The introduction of
the stent wire promoted the development of flow patterns that are susceptible to intimal
hyperplasia using both Newtonian and non-Newtonian analogs, although the magnitude
of sites affected downstream was appreciably related to the rheological behavior of the
analog. While the assumption of linear viscous behavior is often appropriate in quantifying flow in the largest arteries of the vasculature, the results presented here suggest this
assumption overestimates sites susceptible to hyperplasia and restenosis in flow characterized by low and oscillatory shear. [DOI: 10.1115/1.4007746]
Keywords: Gianturco Zenith stent, Newtonian fluid, non-Newtonian fluid, hyperplasia,
wall shear stress, oscillatory wall shear stress, Reynolds shear stress

Introduction
Sites of intimal thickening in the vasculature are associated
with specific flow patterns causing low wall shear stress on the endothelium of the arterial wall. Balloon-expandable or selfexpanding stents can be deployed within the affected vessel to
expand vessel diameter and improve blood flow to downstream
sites. Despite improved vessel patency compared to angioplasty,
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failure rates up to 30% are associated with stent prostheses resulting
from restenosis brought upon by neointimal hyperplasia [1,2].
Along with the possibility of restenosis, protruding stent struts can
alter local fluid dynamics affecting areas proximally, distally, and
within the stent itself. In turn, these stents create flow separation
and recirculation zones leading to oscillating shear gradients and
reduced WSS [1,3]. The complex flow patterns that occur upon
stent deployment are likely the result of compliance mismatch
between the rigid stent and elastic vessel, although flow instabilities
resultant from stent implantation have also been found in models
incorporating rigid test sections [4–6].
Given the association between magnitude and direction of WSS
on endothelial phenotype expression, accurate representation of
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stent-induced flow patterns is critical if we are to predict sites susceptible to neointimal hyperplasia. Although quantification of
stent-induced changes to flow patterns and WSS has been well
documented, past work has almost exclusively relied on Newtonian assumptions to model circulating fluids [2,5,7,8]. Charonko
et al. [9] assumed that non-Newtonian behavior could be
neglected when quantifying the effect of stent design on WSS
based on past work by Johnston et al. [10] who concluded that a
low non-Newtonian importance factor was associated with a large
portion of the coronary artery flow cycle. However, while remaining constant at high shear strain rates (>100 s1), blood viscosity
displays an appreciable increase at low shear strain rates resulting
from red blood cell adhesion. Despite appropriate use of this
assumption in the large arteries of the vasculature where blood is
modeled using an often-cited viscosity of 3.5 cP, translation of
this to low shear may grossly distort the behavior of the flow [11].
In one of the few studies to incorporate non-Newtonian behavior
in the modeling of stent-induced flow, Mejia et al. [11] used computational fluid dynamics (CFD) to predict a damping of large
bulk flow structures and increased WSS compared to Newtonian
models. Similarly, Cavazzuti et al. [12] on their investigation of
stented intracranial aneurysms predicted that average WSS was
higher and mass flow rate lower in the upper aneurysm area in the
non-Newtonian case. However, Benard et al. [13] did not predict
appreciable differences in cellular surface exposed to low WSS
between non-Newtonian and characteristic viscosity models. As
noted by Mejia et al. [11], the differences were likely related to
the use of steady flow conditions as opposed to a physiologically
relevant coronary artery pulse.
As of 2007, 21 balloon-expandable and 28 self-expanding
stents were approved for clinical use by the Food and Drug
Administration (FDA) [6]. Interestingly, however, quantification
on the alteration of hemodynamic flow parameters related to neointimal hyperplasia and restenosis associated with the Gianturco
Z-stent configuration is limited in the literature. Past work has
focused on their elastic and mechanical behavior [14,15], renal artery patency and renal function in arteries covered by Gianturco
Z-stents [16], efficacy in malignant esophagorespiratory fistulas
[17], management of superior vena cava obstruction [18], and
treatment of a subclavian artery aneurysm [19]. Guivier-Curien
et al. [20] used CFD to model fluid dynamics and drag forces
involved with custom made stent grafts composed of 25 mm long
Gianturco Z-stents covered in polyester. Similarly, using CFD,
Cheng et al. [21] studied the forces acting on thoracic stent grafts
in patient derived Zenith TX2 proximal endograft models.
Although flow patterns susceptible to thrombus development were
predicted, the use of CFD is challenging given associated complex
stent geometries and the advent of transitional flows that can be
associated with prosthesis implantation [9].
Through the use of PIV, our aim was to acquire high spatial resolution images of flow induced by the introduction of a Gianturco Zstent wire into an acrylic tube representative of the carotid artery.
Given the limited literature on flow-induced changes to hemodynamic parameters downstream of a deployed Z-stent wire, we
sought to experimentally quantify WSS, OSI, and RSS when
exposed to physiologically appropriate flow. With differing opinions presented in the literature on the importance of non-Newtonian
blood behavior consideration, two blood analog fluids are used,
encompassing both Newtonian and non-Newtonian fluid behavior,
to assess the importance of nonlinear viscosity in quantifying flow
parameters critical to the promotion of intimal hyperplasia.

Fig. 1 Schematic representation (a) and oblique angle view (b)
of experimental closed flow loop setup to simulate pulsatile arterial blood flow conditions (flow direction indicated by arrows)

the two analog fluids were characterized through an acrylic tube
in a steady flow environment that allowed for the quantification of
their viscosity across a range of shear strain rates using the Poiseuille equation (Fig. 2). The circulating Newtonian fluid was a
mixture of glycerol and water that presented with an average
dynamic viscosity of 5.39 þ/ 0.06 cP across the shear strain
rates measured. The non-Newtonian analog followed that suggested by Brookshier and Tarbell [22], consisting of an aqueous
xanthan gum (0.04 wt. %) and glycerol (40% by weight) solution
representative of a physiologically appropriate hematocrit [23].
Due to refraction index differences between the circulating fluids

Methodology
A closed flow loop with optical access was constructed to simulate pulsatile flow conditions (Figs. 1(a) and 1(b)). The test section
consisted of a 0.635 cm diameter (0.158 cm wall thickness)
extruded acrylic tube (Laird Plastics, Calgary, AB, Canada)
housed in an acrylic flow chamber filled with 100% glycerol that
provided a close refractive index match. The viscous behavior of
111001-2 / Vol. 134, NOVEMBER 2012

Fig. 2 Viscous behavior characterization of Newtonian and
non-Newtonian blood analog fluids through steady pipe flow
across a range of shear strain rates
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(n % 1.43) and surrounding acrylic (n % 1.49), quantification of
flow parameters was restricted to the center axis of the tube to the
near wall. Furthermore, potential light reverberations and wall
artifacts also necessitated the removal of the first point radially
from the wall where relative errors become very large [24–26].
Optical PIV was used to acquire images of the velocity field
immediately downstream of the stent wire where fluid flow was
orthogonal to the wire. Our field of view (FOV) was 4.54 mm
 3.13 mm equating to a resolution of 5.01 lm/pixel. Circulating
analog fluids contained in an open reservoir were driven through
the loop by an ISMATEC Reglo-Z digital gear pump (Cole
Parmer, Montreal, QC, Canada) using a GJN-23 Micropump
pump head (Cole Parmer). Entrance length from the proximal end
of the acrylic tube to the FOV was 75 cm. The fluids were seeded
with 15 lm silver coated hollow glass sphere tracer particles (Potters Industries Inc., Carlstadt, NJ) that were illuminated with a
15 Hz Solo PIV Nd:YAG laser system (New Wave Research Inc.,
Fremont, CA). Laser firing and image acquisition was synchronized using the peak of the flow waveform measured using an ultrasonic flow sensor (Transonic Inc., Ithaca, NY) and read in NI
LabVIEW 2011 (National Instruments, Austin, TX). For each analog fluid, initial nonstented measurements were acquired at steady
flow rates representative of the minimum and maximum flow rates
of the pulsatile waveform. Pulsatile conditions were simulated
using a 1.0 Hz flow waveform (Re % 384, a % 3.5 based on a
mean Newtonian viscosity of 5.39 cP) generated using custom
designed software in NI LabVIEW 2011 (Fig. 3). PIV snapshots
were acquired at ten time points between 0  t/T  1.0 spaced
equally throughout the pulsatile cycle. Given the fluctuating velocity profile on either side of peak flow, PIV measured values
were compared to analytical theory (Poiseuille in steady and
Womersley in pulsatile) using a single vector row at x/R ¼ 0.4
instead of averaging all vector rows within our FOV [27].
A wire from a Cook Gianturco Zenith stent graft (Cook Medical
Inc., Bloomington, IN) was removed from the surrounding
DacronV cover and inserted into the test section (Fig. 4). Similar
measurements to that of nonstented flow in both steady and pulsatile flow conditions were acquired. We also obtained measurements upon a doubling of the flow rate (Re % 768) corresponding
to velocities associated with exercise conditions. PIV snapshots
were limited to the peak of the flow waveform for the Re % 768
case.
One hundred image pairs were acquired in double frame/double
pulse mode using a Flowmaster 3S CCD camera (LaVision
GmbH, Goettingen, Germany) at a 4 Hz repetition rate. Image pair
separation was 100 ls and 50 ls at Re % 384 and Re % 768,
respectively. PIV analysis through a multipass, iterative cross
R

Fig. 4 Gianturco Z-stent wire housed in a 0.635 cm diameter
acrylic tube. Approximate laser beam plane and thickness of
0.15 cm is shown for reference.

correlation algorithm with 50% window overlap and a final interrogation window size of 32  32 pixels resulted in a grid of
55  39 vectors (LaVision GmbH). At each time point, the instantaneous velocity vector fields were ensemble averaged to obtain
the final vector map. Smoothing was not applied to the resultant
vector fields. The PIV algorithm was found to bias displacement
within the first two rows of interrogation windows downstream of
the wire outlet similar to that expected of PIV measurements near
interfaces [30]. As a consequence, the first two vector rows were
omitted for all results displayed.
Flow parameters including velocity, WSS, OSI, and RSS were
quantified offline using MATLAB R2011 software (MathWorks,
Natick, MA). For the Newtonian analog, WSS was defined as the
product of the measured viscosity and the local shear strain rate
s¼ lc

(1)

where l is the dynamic viscosity, and c is the shear strain rate.
Assuming a linear slope to zero at the wall, the second vector at a
radial distance of approximately 0.16 mm from the wall was used
for the calculation of shear strain rate to account for the removal
of the first vector column. Viscosity of the non-Newtonian fluid
was calculated using the Carreau–Yasuda estimation with the corresponding non-Newtonian WSS equal to the product of the
Carreau–Yasuda estimated viscosity and local shear strain rate
b

lðcÞ ¼ l1 þ ðlo  l1 Þ  ð1 þ ðkcÞa Þ

where l is the apparent viscosity, l1 is the viscosity at infinite
strain rate, k is a time constant, c is the shear strain rate, and a and
b are parameters linking the minimum and maximum viscosity
limits. Concerns have been raised over the use of a linear approximation to estimate WSS [31]. However, the linear derivative provided a suitable estimation in this case given the high spatial
resolution of our measurement system and the relatively low
Womersley number of our pulsatile flow [32]. Quantification of
WSS allowed for the calculation of OSI, proposed by Ku et al.
[33] as a measure to quantify the deviation of WSS from its average direction

 ðT

ðT
OSI ¼ 1=2  1  j sdtj= jsjdt
0

Fig. 3 Representative 1 Hz pulsatile flow waveform as measured by the ultrasonic flow sensor (similar to Buchmann and
Jermy [28] and Geoghegan et al. [29])
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(2)

(3)

0


Ð
 T 
where  0 sdt equals the total WSS (sum of negative and posiÐT
tive) and 0 =s=dt the sum of all absolute values. A value of zero
indicates unidirectional shear throughout the pulse cycle while
values greater than zero to a maximum of 0.5 imply an alternating
shear gradient. RSS represented the product of the fluid density
and velocity fluctuations in the axial and radial directions. Critical
values of RSS for erythrocyte damage are 150 to 400 Pa; however,
in the presence of foreign surfaces, lethal or sub-lethal damage
can occur at stresses between 1.0  Pa  10 Pa while platelet function can be compromised at values between 10  Pa  50 [34,35].
RSS is defined as
NOVEMBER 2012, Vol. 134 / 111001-3
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The stent wire caused a reduction in velocity close to the wall and
induced a reversal of flow between the wall and r/R ¼ 0.85
(Fig. 6). This reduction was complemented by an accelerated core
flow with an abrupt rise in velocity between 0.5  r/R  0.7. Flow
reversal was predicted extending downstream of the wire to
x/R ¼ 1.0 (Fig. 7(a)). Reestablishment of a positive axial velocity
near the wall was noted from x/R ¼ 1.0 downstream through
x/R ¼ 1.4 (Fig. 7(a)). Use of the non-Newtonian fluid quickly
established a positive axial velocity with flow reversal confined
within x/R ¼ 0.25 downstream of the wire (Fig. 7(b)).
Doubling of flow from a Re % 384 to a Re % 768 resulted in
expansion of flow reversal in the Newtonian fluid from the outlet
past x/R ¼ 1.0 (Fig. 7(c)). Pockets of flow reversal were noted
downstream through x/R ¼ 1.2 with the non-Newtonian fluid,
although spatial coverage of reversal was reduced compared to
the Newtonian analog (Fig. 7(d)). Peak measured reverse axial

Fig. 5 Measured PIV centerline velocities in nonstented and
Gianturco stented flow at measured pulse cycle locations in
comparison to the Womersley estimation using a Newtonian
analog fluid at x/R 5 0.4 from stent outlet. Error bars represent
normalized standard deviation of velocity measurements.

RSS ¼ q  u0 v0

(4)

where q is density, and u0 v0 is the cross correlation of axial and radial velocity fluctuations, respectively.

Results
PIV results are presented by flow-measured parameters (velocity, WSS, OSI, RSS) with Newtonian and non-Newtonian findings
embedded within each section. Comparisons to accepted, analytical steady, and pulsatile flow theory are included for velocity and
WSS measurements in nonstented conditions.
Velocity. Prior to wire introduction, PIV measured steady flow
velocities were in close agreement with the Poiseuille estimation.
Peak centerline velocities across the pulse were found to be within
8.5% of the estimated Womersley solution (Fig. 5).
Stent wire introduction increased centerline velocity between
12–18% at the ten measured locations across the pulse cycle
(Fig. 5). Specifically, at peak pulsatile flow, centerline velocity
increased 15% compared to nonstented conditions at x/R ¼ 0.4.

Fig. 6 Measured PIV velocities in nonstented and Gianturco
stented flow from the near wall to centerline in comparison to
the Womersley estimation at peak pulsatile flow using a Newtonian analog fluid at x/R 5 0.4 from stent outlet. Error bars represent normalized standard deviation of velocity measurements.

111001-4 / Vol. 134, NOVEMBER 2012

Fig. 7 Negative axial velocity contour plots (cm/s) of fluid flow
downstream of the Gianturco Z-stent wire from the near wall to r/
R 5 0.5 at peak pulsatile flow (Re % 384 (a), (b) and Re % 768 (c),
(d)) for Newtonian (a), (c) and non-Newtonian analog fluids (b), (d)
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Fig. 8 Measured PIV WSS in nonstented and Gianturco
stented flows at measured pulse cycle locations in comparison
to the Womersley estimation using a Newtonian analog fluid at
x/R 5 0.4 from stent outlet

Fig. 10 Cycle averaged WSS (Pa) in Gianturco stented flow for
Newtonian and non-Newtonian analog fluids. Critical WSS values of 20.4 Pa and 0.4 Pa are shown with the dashed line for
reference.

velocities were 4.34 cm/s and 2.35 cm/s for the Newtonian and
non-Newtonian analogs, respectively.

WSS values between 0.4  Pa  0.4 represent an often-cited
critical range that has been correlated to sites prone to atherosclerotic development [36,37]. Non-Newtonian cycle averaged WSS
recovered to values above 0.4 Pa at x/R ¼ 0.72 and remained
above this threshold, plateauing near 0.7 Pa through x/R ¼ 1.4
(Fig. 10). Newtonian WSS reached a maximum of 0.47 Pa in close
proximity to the wire and remained below 0.4 Pa through
x/R ¼ 1.35, reaching 0.45 at x/R ¼ 1.4 (Fig. 10).

WSS and OSI. Measured WSS (2.68 Pa) at a steady flow rate
equivalent to peak pulsatile flow prior to stent introduction was
within 4.3% of the Poiseuille estimation (2.57 Pa). PIV measured
WSS across the pulse at x/R ¼ 0.4 was found to be within 10% of
the Womersley estimation (Fig. 8). The lone outlier of 20%
occurred at 0 t/T at the onset of flow wave acceleration.
Wire introduction resulted in a drop of WSS across the pulse
cycle ranging from 0.25 Pa to 0.18 Pa, equating to a phase averaged wall shear stress of 0.05 Pa (Fig. 8). The lowest and highest
WSS occurred during the deceleration and acceleration phases at
approximately 0.5 t/T and 0.1 t/T, respectively (Fig. 8).
Estimation of the non-Newtonian fluid viscosity with the
Carreau–Yasuda model resulted in peak predicted OSI that was
similar to the Newtonian fluid at 0.48 and 0.49, respectively
(Fig. 9). However, the peak value occurred at x/R ¼ 0.22 for the
non-Newtonian fluid, approximately x/R ¼ 0.55 closer to the stent
outlet compared to the Newtonian fluid (Fig. 9). Newtonian OSI
displayed a bimodal distribution with an initial peak at x/R ¼ 0.18
followed by a second peak at x/R ¼ 0.78 (Fig. 9). Reestablishment
of an OSI of 0 occurred at x/R ¼ 1.1 from the stent outlet for the
Newtonian fluid, double the distance downstream from the outlet
predicted for the non-Newtonian analog (Fig. 9).

Reynolds Shear Stress. At peak pulsatile flow, a maximum
Newtonian RSS of 4.53 Pa was measured in close proximity to the
wire (Fig. 11(a)). Sites of Reynolds shear bursts near 3.0 Pa were
found to propagate downstream through x/R ¼ 1.4 (Fig. 11(a)).
The non-Newtonian fluid damped velocity fluctuations, as noted
by a reduction in peak RSS to 2.82 Pa that was measured downstream between 0.6  x/R  0.8. Reynolds shear bursts above
2.0 Pa did not propagate beyond x/R ¼ 1.0 (Fig. 11(b)).
Doubling of the flow rate to a Re % 768 increased peak Newtonian RSS to 12.63 Pa, 2.75 times greater than at a Re % 384
(Fig. 11(c)). Sites of Reynolds shear bursts above 10 Pa were predicted as far as x/R ¼ 1.0 downstream of the wire (Fig. 11(c)).
Similar to the Newtonian analog, a peak RSS of 12.71 Pa was
measured for the non-Newtonian fluid representing a 4.5 times
increase from that measured at Re % 384 (Fig. 11(d)). Furthermore, bursts of Reynolds shear approaching 10 Pa were found
to propagate through x/R ¼ 1.4 with a noted second maximum
near 12 Pa occurring at x/R ¼ 1.05 downstream of the wire
(Fig. 11(d)).

Discussion

Fig. 9 OSI in Gianturco stented flow for Newtonian and nonNewtonian analog fluids
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Although past work has investigated flow through a Gianturco
Zenith stent configuration, results have been focused on resulting
drag forces with limited quantifiable data on downstream flow patterns that are critical to restenosis [20,21]. Furthermore, findings
were based on CFD modeling where accurate representation of
complex stent geometries and transitional flows are difficult to
model [9]. Additionally, the majority of past stent flow studies,
whether computational or experimental, have assumed Newtonian
behavior for their circulating fluid [2,4,5,8,9]. The use of Newtonian and non-Newtonian analog fluids has allowed us to deduce
whether the inclusion of nonlinear viscous behavior is an important consideration when modeling blood in complex flow environments that may be associated with stasis and low shear strain
rates. As has been established in the results presented, assumptions regarding the rheological properties of blood can appreciably
NOVEMBER 2012, Vol. 134 / 111001-5
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production of nitric oxide, compromising vessel homeostasis
involved with smooth muscle relaxation and associated vasodilation [38]. The measured flow patterns and resulting effect on the
endothelium would be similar to that along the outer wall of the
carotid sinus where oscillating shear and low mean WSS lead to
increased hyperplasia and altered cell morphology, opposed to
sites along the inner wall that experience high WSS [33,40,41].
Reversed flow, reduced velocity, and low WSS in proximity to the
wall as measured would enhance platelet activation and particle
residence time increasing the likelihood of platelet accumulation
and possible thrombus formation [23,42].

Fig. 11 Measured RSS (Pa) downstream of the Gianturco stent
wire at peak pulsatile flow (Re % 384 (a), (b) and Re % 768
(c), (d)) for Newtonian (a), (c) and non-Newtonian analog fluids
(b), (d)

alter the quantification of important hemodynamic metrics linked
to intimal hyperplasia.
Newtonian Analog. The stent strut height was 0.4 mm or
approximately one-eighth of the tube radius. Referring to Fig. 5,
this agreed with the conservation of mass where reduced velocity
in proximity to the wall increased velocity in the core of the tube
[11]. Flow reversal was measured at both Re % 384 and Re % 768
while cycle averaged WSS remained within the atherogenic regime from x/R ¼ 0.075 through x/R ¼ 1.35 (Figs. 7(a)–7(c) and
Fig. 10). Measured Newtonian flow patterns here would be conducive to in vivo neointimal hyperplasia given the association
between low and oscillatory WSS and preferred sites of intimal
thickening [4,8,38,39]. Endothelium exposed to values of WSS
measured (0.4  Pa  0.4) would exhibit altered morphology,
enhanced permeability, and increased monocyte attachment [40].
Furthermore, the oscillatory nature of shear would decrease
111001-6 / Vol. 134, NOVEMBER 2012

Non-Newtonian Considerations. Our results, through the use
of a non-Newtonian blood analog as suggested by Brookshier and
Tarbell [22] agree with the CFD findings of Mejia et al. [11]
whereupon velocity fields and resultant shear stress were distinctly different to Newtonian measurements. Conversely, Charonko et al. [9] suggested that that use of a Newtonian blood
analog was reasonable based on previous findings by Johnston
et al. [10] who showed marginal differences in WSS between
Newtonian and non-Newtonian simulations in transient flow.
Indeed, Johnston et al. [10] showed that the importance of nonNewtonian blood was limited throughout most of the cardiac cycle
in the right coronary artery with its significance restricted to periods of decelerating and stagnant flow. However, Razavi et al. [43]
noted that the generalized power-law used by Johnston et al. [10]
led to low global non-Newtonian importance factors at all time
points in their model of a 60% stenosis and concluded that the
generalized power-law model underpredicts non-Newtonian
behavior.
As noted by Razavi et al. [43], several models are available to
approximate the non-Newtonian behavior of blood and comparable to Benard et al. [13] and Mejia et al. [11], the Carreau-Yasuda
approximation was used here. This use of this specific model was
justified based on the findings of Razavi et al. [43] who suggested
the Carreau–Yasuda approximation was suitable given its moderate global non-Newtonian importance factor. Our findings are
noteworthy as past work that has relied exclusively on the use of
Newtonian assumptions may have over-represented stent-induced
flow patterns including flow reversal, recirculation zones and sites
of low WSS that are conducive to restenosis.
In characterizing intra-stent WSS, Benard et al. [2] through use
of a Newtonian analog, measured recirculation zones associated
with low WSS that could be favorable to in-stent restenosis
through intimal hyperplasia. Similarly, Berry et al. [5] predicted
vorticity formation between stent struts using CFD and Newtonian
modeling. Given our findings that show dampened flow reversal,
it is suggested that sites exposed to atherogenic WSS with Newtonian estimations may be over-represented as the increased viscosity of the non-Newtonian analog at low shear acts to dampen flow
disturbances [13]. This was further supported whereupon cycle
averaged WSS exceeded 0.4 Pa downstream at x/R ¼ 0.72 while
predicted Newtonian WSS remained within the atherogenic regime through x/R ¼ 1.35 with the exception of sites immediately
downstream of the wire. Past studies that incorporated nonNewtonian considerations predicted similar findings noting elimination of Newtonian flow reversal and absence of large bulk flow
structures between stent struts [11,44].
Difference in measured flow fields between the two fluids was
further demonstrated in the reduction in spatial coverage of nonzero OSI. Although peak OSI were similar, resumption of unidirectional shearing strain through the pulse cycle occurred closer to
the wire when incorporating non-Newtonian behavior suggesting
a damping of predicted Newtonian flow reversal. The consequences of this are numerous. According to Chien [45], steady or pulsatile unidirectional shear results in only transient activation of
pro-inflammatory phenotypes whereas regions of disturbed flow
associated with alternating shear gradients promote a persistent
inflammatory response compromising regulatory function to
Transactions of the ASME
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maintain vascular homeostasis. Given the association between
low and oscillatory shear stress and neointimal hyperplasia, our
finding provides further credence that a Newtonian approximation
may not be appropriate to predict sites of restenosis. The Newtonian fluid predicted a nearly doubling of wall surface area downstream of the wire that would be exposed to alternating shear
gradients, promoting intimal thickening. However, in vivo, the
length of endothelium downstream of the wire exposed to alternating shear may be substantially reduced given the nonlinear viscous properties of blood at low shear. Our findings agreed in part
with Razavi et al. [43] who predicted a more precipitous decline
to low OSI downstream of a 60% stenosis assuming nonNewtonian behavior; however, two OSI maxima were predicted
in contrast to a single maximum predicted with our nonNewtonian fluid. This suggests the non-Newtonian fluid experiences reattachment of flow in close proximity to the stent outlet
(x/R ¼ 0.25) and that inclusion of a second maximum in the findings of Razavi et al. [43] was likely related to the severe stenotic
flow generated by the 60% area reduction that delayed reattachment further downstream.
Reynolds Shear Stress. Often applied to aortic valve prosthesis induced flow, the quantification of RSS to stent-induced flow
has been minimal despite its association with platelet aggregation
and thrombus development on or in close proximity to foreign
surfaces [35]. The critical level of RSS inducing irreversible
erythrocyte and thrombocyte damage ranges from 150 to 400 Pa,
although it has been suggested to be as high as 800 Pa [34,35,46].
However, in the presence of foreign surfaces, erythrocyte destruction and platelet damages can occur at shear stresses between
1.0–10 Pa and 10–50 Pa, respectively [34,35,47]. Although not of
sufficient magnitude to cause endothelial damage, Newtonian
RSS measured at peak flow (Re % 384) were of high enough magnitude to potentially cause sublethal or lethal red blood cell damage. The non-Newtonian fluid predicted a nearly 60% reduction in
peak RSS from 4.53 Pa to 2.82 Pa. Although still within the range
of potential erythrocyte destruction resultant from foreign surfaces, this finding suggests reduced axial and radial transient velocity fluctuations.
Doubling of flow to Re % 768 increased Newtonian peak RSS
from 4.53 Pa to 12.63 Pa. Although an increase in RSS was
induced by the wire at Re % 384 compared to nonstented conditions, the nonlinear increase in stress with a doubling of flow and
accompanying downstream bursts of RSS, does suggest the presence of transitional flow. Moore and Berry [1] noted that flow disturbances were absent under resting conditions in Palmaz and coil
wire stents while exposure to exercise conditions resulted in turbulent bursts. Although not representative of a true exercise simulation as frequency was maintained at 1.0 Hz, the increase of peak
velocity to near 1.3 m/s was physiologically appropriate to exercise induced flow in the common carotid artery [48]. Although the
doubling of flow maintained a Reynolds number below accepted
values of transitional or turbulent pipe flow, the presence of
altered flow paths around stent wires infers that transition to turbulence could be produced at both Re % 384 and Re % 768 [47].
Interestingly, doubling of flow increased non-Newtonian peak
RSS to match Newtonian values (Figs. 11(c) and 11(d)). This
result was surprising given the dampening of flow reversal in the
non-Newtonian regime. Differences in viscosity between the two
fluids at Re % 768 were likely marginal while reduced shear strain
at a Re % 384 may have been low enough to promote the nonlinear viscous behavior of the non-Newtonian analog. The relationship between shear strain rate, RSS, and the two fluids is clearly
demonstrated in Fig. 6 and Figs. 11(c) and 11(d). Although Fig. 6
pertains to peak flow at Re % 384, it can be inferred that highest
shear strain rates at Re % 768 would be found between 0.6  r/R
 0.7 corresponding to sites where similar peak RSS in both Newtonian and non-Newtonian fluids coincided (Figs. 11(c) and
11(d)). However, the precipitous decline in shear strain rate
Journal of Biomechanical Engineering

between x/R ¼ 0.7 and the wall was associated with a sharper
decline of non-Newtonian RSS, likely attributed to nonlinear viscous behavior at low shear strain.
Peak RSS at Re % 768 were high enough to induce platelet
activation given the presence of the foreign surface of the stent
wires [20,34]. Additionally, Guivier-Curien et al. [20] noted that
activation is also associated with WSS < 0.15 Pa. This is particularly noteworthy when comparing non-Newtonian cycle averaged
WSS that was predicted to remain above 0.15  Pa  0.15 from
x/R ¼ 0.38 through x/R ¼ 1.4 while remaining between
0.15  Pa  0.15 from approximately 0.25  x/R  0.92 with the
Newtonian analog. This suggests two mechanisms of platelet activation and aggregation for each analog fluid. In the Newtonian
case, high stress near the struts would promote activation whereupon mainstream flow would circulate platelets towards the wall
with deposition occurring at sites of reduced wall shear stress and
flow stasis [1,20,49]. Dampening of flow reversal by the nonNewtonian fluid would reduce platelet transport to the wall while
activated platelets at sites of low wall shear stress would move
radially outwards from the wall to the main flow stream potentially stimulating enhanced blood component aggregation and adhesion [50].
Given the presence of RSS of 10 Pa beyond x/R ¼ 1.0 in
Figs. 11(c) and 11(d) and the findings of Peacock et al. [51], who
noted disturbance dissipation within 5 cm downstream of a coronary stent outlet, suggests the incorporation of an expanded FOV
in future work to determine if elevated levels of RSS propagate to
downstream locations. Furthermore, damage induced on cells by
RSS is also a function of exposure time [35,52]. Although RSS
magnitudes measured at a Re % 768 were high enough to induce
erythrocyte damage and platelet aggregation in the presence of a
foreign surface, whether RSS remains above these thresholds
throughout the entire pulse cycle remains unknown and represents
an area for future investigation. As mentioned by Lim et al. [52],
moderate shear stress at long exposure times may be more closely
related to blood damage than high shear stress at short exposure.
Comparison to Slotted Tube Design. A Palmaz GenesisTM
Transhepatic Biliary Stent (Cordis Corporation, Bridgewater, NJ)
was introduced into the acrylic tube for comparison to the Z-wire
and translation of non-Newtonian viscous behavior to an additional wire configuration. Although not an endovascular stent per
se, the slotted tube configuration is similar to the modeled
Palmaz–Schatz design used by LaDisa et al. [7]. Centerline velocity at peak pulsatile flow (x/R ¼ 0.4) increased 10% from a nonstented condition although this represented a 5% reduction
compared to the Z-wire (Fig. 12). This result was not surprising
on the basis of conservation of mass given the reduced strut height
of the slotted tube design compared to the Z-wire. Lowest WSS
occurred immediately distal to the stent outlet and remained above
0.4 through x/R ¼ 1.4 (Fig. 13). No recirculation zones were predicted with either fluid while OSI was zero from the outlet to
x/R ¼ 1.4. Cycle averaged non-Newtonian WSS was found to be
similar to Newtonian values from approximately x/R ¼ 0.5
through x/R ¼ 1.4, peaking near 1.4 Pa. This contrasted with
measured WSS downstream of the Z-wire where non-Newtonian
cycle averaged WSS was greater than measured Newtonian values
(Fig. 10). This can likely be explained by the decreased shear
strain rate measured downstream of the Z-wire that correlated
with the nonlinear viscous behavior of the non-Newtonian analog.
Differences between the two stents can largely be attributed to
strut design and experimental setup. Increased strut height associated with the Z-wire configuration alone would naturally expand
the length of flow separation while influencing fluid streamlines
with higher velocities at a greater distance from the wall. Furthermore, flow proceeding through the slotted tube design traversed
several struts prior to measurement whereas flow downstream of
the Z-wire was exposed to a single strut. Although it was our
intention to illuminate and image downstream flow that was
NOVEMBER 2012, Vol. 134 / 111001-7
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Fig. 12 Measured velocity profiles with Gianturco and Palmaz
GenesisTM Transhepatic Biliary stents and for nonstented flow
from the near wall to centerline in comparison to the Womersley
estimation using a Newtonian analog fluid at x/R 5 0.4 from
stent outlet. Error bars represent normalized standard deviation
of velocity measurements.

orthogonal to the slotted stent struts, reduced strut thickness, stent
geometry, and laser beam thickness may have prevented precise
acquisition at this plane, leading to higher WSS than would be
expected if measured on a true orthogonal plane. This was predicted by LaDisa et al. [7] where lowest WSS at the outlet of their
modeled Palmaz–Schatz stent was confined to sights immediately
downstream where flow was orthogonal to strut orientation.

Study Limitations. Our artery model was represented by a
rigid acrylic tube, neglecting the natural compliancy of the arterial
wall. Use of Newtonian and non-Newtonian analogs through rigid
and compliant tubes in pulsatile flow was investigated by Liepsch
[23]. Centerline velocity associated with the Newtonian analog
was higher in both instances, and although no quantified data was
given, the non-Newtonian velocity profile bluntness appeared to
be slightly reduced with WSS approaching Newtonian values
within the elastic tube [23]. Despite these findings, we feel this
inclusion was justified. Use of acrylic allowed for good optical
clarity and ensured consistent dimensional tolerances that could
not be achieved through custom-designed silicone tubing [26]. Arterial compliance decreases with age, and given that it is the elderly who are most susceptible to cardiovascular disease

necessitating stent implantation, we felt that this inclusion did not
diminish the validity of our results [26,53]. It should be noted that
the effect of fluid behavior dependent on tube compliancy was
found to deviate greatly for a non-Newtonian analog through a
90 deg bifurcation model [54]. Although Ku and Liepsch [54]
cautioned against the interpretation of their results, it does suggest
the inclusion of compliant models is important when quantifying
flow in complex geometries. Past work has also commented on
flow disturbances created both proximal and distal to the stent as a
result of compliance mismatch between the rigid stent and elastic
vessel [1,6,55]. Although we cannot comment for certain on the
precise changes to our measurements that would result, inclusion
of a compliant vessel should be considered in future studies.
Both the mean Newtonian and non-Newtonian asymptotic viscosities of near 5.4 cP and 5.3 cP, respectively, were greater than
the commonly represented viscosity of 3.5 cP for whole blood
when assuming Newtonian behavior. Dammers et al. [56] measured a whole blood viscosity of 5.0 cP in the brachial and 3.2 cP
in the carotid arteries at mean shear strain rates of 100 s1 and
400 s1, respectively, demonstrating the shear thinning behavior
of blood. Our non-Newtonian analog followed that suggested by
Brookshier and Tarbell [22] to replicate whole blood at 46% hematocrit. However, their solution was prepared and tested at 25  C
while room temperature for our measurements was 21–22  C [22].
Although it is not known if this solution displays a similar viscosity/
temperature relationship to that of blood, the lowered temperature
for our measurements suggests that the viscosity of our
non-Newtonian fluid is higher than the comparable fluid used previously [22,57]. Despite the use of higher viscous fluids at respective shear strain rates compared to whole blood measured in vivo,
our findings do not diminish the importance of non-Newtonian
viscous behavior consideration in quantifying vascular flows [56].
Thrombus deposition begins almost immediately following implantation; thus, the representation of a backward facing step of
full strut protrusion into the flow domain is limited in its applicability [1,6]. However, according to Mejia et al. [11], stents elicit
their greatest influence on WSS during the period immediately
following implantation. Also, flow quantification was limited to
one stent wire in the absence of the surrounding DacronV graft.
The results presented are nonetheless noteworthy given the limited quantitative studies that have been completed on this specific
configuration. Future work will incorporate the use of multiple Zwires in multiple orientations to investigate how specific configurations can alter downstream flow patterns. This is of great interest
given that Peacock et al. [51] commented that a 7–17% restenosis
rate was associated with single slotted tube stents, increasing to
45–63% when multiple slotted tube stents were used. Furthermore, inclusion of the DacronV graft covering is warranted to
characterize its specific contribution to RSS in relation to findings
presented here.
When acquiring PIV snapshots in complex flow environments,
the likelihood of loss of particle pairs due to out of plane motion
in a two-dimensional imaging environment is enhanced where
particle movement normal to the light sheet would reduce both
the signal to noise ratio and the correlation coefficient. PIV also
assumes that all particles within an interrogation window travel
uniformly leading to an inherent bias in velocity estimates at locations of high flow gradients [58]. This is of importance since the
highest bias errors are found near the wall where velocity and subsequent WSS measurements would be over-estimated [59,60].
Interrogation window size can be reduced to minimize bias and
improve resolution, but maintenance of an adequate number of
particle pairs must be considered [24].
R

R

Conclusions
Fig. 13 Cycle averaged WSS for Newtonian and nonNewtonian analog fluids for a Palmaz GenesisTM Transhepatic
Biliary stent. Critical values of WSS of 20.4 Pa and 0.4 Pa have
been presented with dashed lines.
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Results presented here represent to our knowledge the first experimental in vitro quantification of resultant flow in Newtonian
and non-Newtonian environments in the presence of a Gianturco
Zenith stent wire. Although the introduction of the wire was found
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to alter flow patterns and downstream WSS in relation to nonstented flow, similar to findings by Mejia et al. [11], the degree of
alteration differed greatly between the Newtonian and nonNewtonian analogs. Spatial coverage of flow reversal and OSI
downstream of the wire were appreciably reduced with use of the
non-Newtonian fluid while Newtonian WSS remained within the
range of the atherogenic regime from x/R ¼ 0.075 through
x/R ¼ 1.35 reaching a maximum of 0.47 Pa. These findings suggest past work that relied upon the use of Newtonian viscosity
assumptions may have overestimated negative implications associated with stent-induced flow including low and oscillatory WSS
when predicting sites susceptible to intimal hyperplasia. This supports the consideration of non-Newtonian rheological behavior in
models quantifying hemodynamic parameters in flows characterized by low shear strain rates.
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