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Incomplete Restoration of
Homeostatic Shear Stress
Within Arteriovenous Fistulae
Arteriovenous fistulae are surgically created to provide adequate access for dialysis
patients suffering from end-stage renal disease. It has long been hypothesized that the
rapid blood vessel remodeling occurring after fistula creation is, in part, a process to
restore the mechanical stresses to some preferred level, i.e., mechanical homeostasis. We
present computational hemodynamic simulations in four patient-specific models of
mature arteriovenous fistulae reconstructed from 3D ultrasound scans. Our results sug-
gest that these mature fistulae have remodeled to return to ‘‘normal’’ shear stresses
away from the anastomoses: about 1.0 Pa in the outflow veins and about 2.5 Pa in the
inflow arteries. Large parts of the anastomoses were found to be under very high shear
stresses > 15 Pa, over most of the cardiac cycle. These results suggest that the remodel-
ing process works toward restoring mechanical homeostasis in the fistulae, but that the
process is limited or incomplete, even in mature fistulae, as evidenced by the elevated
shear at or near the anastomoses. Based on the long term clinical viability of these dialy-
sis accesses, we hypothesize that the elevated nonhomeostatic shear stresses in some por-
tions of the vessels were not detrimental to fistula patency. [DOI: 10.1115/1.4023133]

Introduction

Hemodialysis is a common treatment for approximately
370,000 patients in the United States with end-stage renal disease
[1]. To optimize the procedure, the dialysis access site must be
easily accessible but must also be able to continuously provide
high blood flow rates: >250 mL/min [2]. If there is insufficient
blood flow through the access, then the dialysis procedure
becomes impractical or ineffective. To provide these features, an
arteriovenous (AV) fistula is typically surgically created in the
arm: an artery and a vein are anastomosed together, bypassing the
high flow resistance of the capillary bed and providing enhanced
flow through the artery and into the access vein.

Unfortunately, as many as 60% of AV fistulae require an interven-
tion within one year to maintain clinical patency [3,4]. There are two
major causes of patency loss: thrombotic occlusion, brought on by
aggressive intimal hyperplasia and stenotic lesions, or impaired
dilation, whereby impaired venous remodeling does not provide a
sufficient flow rate at the access site [2]. In the United States alone, it
is estimated that the total expenditures related to access site compli-
cations and revisions exceed $2 billion per year [1].

After the creation of the fistula, the vein undergoes a rapid
remodeling process, leading to an increase in the diameter of the
lumen and increased muscular thickness in the wall, which is a
process referred to as vein arterialization [5]. It has long been

hypothesized that hemodynamic forces constitute the primary
external influence on the remodeling process [6,7]. Since an AV
fistula causes a dramatic rise in the flow rate and wall shear stress
outside of normal physiological values, it is hypothesized that the
vein and artery lumens chronically increase as a way to renormal-
ize the value of the wall shear stress. The remodeling of the ves-
sels has been shown to correlate with the initial time-averaged
wall shear stress as evidenced by animal models of AV fistulae
[6,7] and ultrasound surveillance in dialysis patients [5,8]. These
studies hypothesized that the remodeling stops once the mean
wall shear stress in the fistulae reach about 1.5 Pa in the radial
artery and about 1.0 Pa in the cephalic vein. The renormalization
of shear stress in the fistula vessels has been interpreted as evi-
dence of a “mechanical homeostasis” [9]: the vessels seek to
maintain a preferred mechanical state through a process of growth
and remodeling. The shear-induced remodeling is widely hypothe-
sized to be regulated in part by the vascular endothelium [10].

Despite the pervasive use of the AV fistula for dialysis access, the
mechanisms which drive a fistula to either successful remodeling and
patency versus occlusion and failure remain unclear [11]. Even
though blood flow is thought to play an important role in fistula
remodeling, the characterization of the hemodynamic stresses occur-
ring within fistulae remain ambiguous [12], even within functioning
accesses [13]. Characterizing the fistula hemodynamics has been hin-
dered, in part, due to the relative complexity of the flow, including
separation, vortex shedding, and swirling flows [14].

In this study, we use 3D ultrasound imaging and computational
fluid dynamics to determine the hemodynamics in four mature
AV fistulae of hemodialysis patients. The hemodynamic analysis
aims to quantify the mechanical stresses occurring due to complex
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secondary flows. It is important to first characterize the hemody-
namics in patent accesses in order to eventually understand the
negative influence of hemodynamics in failing accesses [11]. It is
furthermore unlikely that effective clinical treatments for fistula
maturation will be successful until a more precise characterization
of fistula hemodynamics is articulated [10].

Methods

Ultrasound Imaging. Four female patients with AV fistulae in
the arm used for dialysis access are examined in this study with a
protocol approved by the University of Washington’s Institutional
Review Board. The mean age of the patients is 70 years (78, 91,
68, and 42 years for patients 1 through 4, respectively). The
mean age of the fistula from the time of surgical creation to our
examination is 3.8 years (7.6, 2.0, 3.3, and 2.2 years, respec-
tively). Each fistula was functioning for dialysis access at the time
of our examination. We study two fistulae (patients 1 and 3) with
an end-to-side anastomosis configuration where the cephalic vein
is excised and its proximal end is connected to the side of either
the radial or the brachial artery. We also study two fistulae
(patients 2 and 4) with a side-to-side anastomosis configuration
where incisions are made on adjacent sides of both the cephalic
vein and the radial or the brachial artery artery. The vessels are
sutured together leaving a large anastomosis between them and
preserving their anatomical proximal-distal configuration.

Vessel imaging was performed with a custom three-
dimensional imaging system that has been described in detail
elsewhere [15,16]. Briefly, a magnetic tracking system (Flock of
Birds, Ascension Technology, Burlington, VT) provides measure-
ments of the location and orientation of the ultrasound scanhead
during the examination. The ultrasound imager (SonixTouch,
Ultrasonix Medical Corporation, Richmond, BC, Canada) and
magnetic tracking system are interfaced with a personal computer
equipped with custom software for simultaneous acquisition of
the ultrasound images and the associated location data. The blood
vessels are imaged in cross-section and 2D gray-scale images are
continuously captured at a rate of 30 frames/s as the scanhead is
manually swept along the vessels of interest. Spectral Doppler
waveforms are also recorded at several locations in the proximal
vessels and in the anastomoses. The spectral Doppler system
records the distribution of blood velocities over time at a selected
region within a vessel.

The lumen of the blood vessels was manually outlined on a sub-
set of the captured images using custom software [17]. Additional
custom software within MATLAB (The MathWorks, Natick, MA,
USA) was used to reconstruct 3D surfaces from cross-sectional
outlines [15]. The software connects the contour points to neigh-
boring outlines using B-splines to generate a 3D surface model.
The error in the cross-sectional areas of the vessels and anastomo-
ses has been determined to be within 612% [16].

Computational Fluid Dynamics. The 3D Navier-Stokes equa-
tions are solved using ANSYS

VR

FLUENT
VR

(Release 12.1, ANSYS,
Inc. Cannonsburg, PA). A second-order upwind scheme is used
for the spatial discretization of the advective term in the momen-
tum equation. Time integration is done by a second-order
pressure-implicit-splitting of operators scheme [18]. The geome-
tries are discretized with a semistructured mesh with the package
ANSYS

VR

GAMBIT
VR

(Release 2.4, ANSYS, Inc., Cannonsburg, PA).
Prismatic triangle boundary layer elements are used near walls
and tetrahedral elements are used away from walls. The boundary
layer cells near the walls have characteristic thicknesses of
80–120 lm. The tetrahedral cells have characteristic widths of
150 lm. The number of computational cells for each model is
5.92, 2.87, 4.65, and 5.76� 106, respectively. Details of a compu-
tational mesh resolution study are provided in the Appendix.
Blood is modeled as an incompressible and Newtonian fluid with

a dynamic viscosity l of 3:5� 10�3 Pa � s and a density, q of
1050.0 kg/m3 [19].

For each inflow artery, an unsteady Womersley velocity profile
[20] is matched to the in vivo centerline velocity measured by
Doppler ultrasound. For each patient, the mean and eight har-
monic components are used in the specification of the inflow ve-
locity. At the proximal veins and distal vessels, a stress-free
condition is enforced; the pressure stress and normal viscous
stress on the outflow boundary are balanced, and the tangential
viscous stresses are zero. The pressure on all proximal veins and
all distal vessels are prescribed by using two-element Windkessel,
i.e., resistance-capacitance models [21] (one exception is the dis-
tal artery in patient 4 where an inflow is prescribed using a
Womersley velocity profile). In vivo measurements of fistula
outflow vein impedance show that it is well approximated by a
single resistive element up to �10 Hz [22]. However, we use
two-element models as they are more numerically stable. The
Windkessel models are integrated in time by a fully-implicit sec-
ond-order backward difference formula (see the supplementary
material [23]). Two test cycles are performed in order to manually
tune the Windkessel parameters so that the simulated proximal
venous flows rates match that of the in vivo measurements to
within a 10% difference which is less than the uncertainty of the
ultrasound derived flow rates. Numerical values of the Windkessel
parameters are given in the supplementary material [23]. The
in vivo venous flow rates are calculated by multiplying the cross-
sectionally averaged Doppler ultrasound velocities by the cross-
sectional area of the vessel. This technique gives an uncertainty in
the in vivo flow rates of 613% [24]. Flow rates in the distal ves-
sels are calculated by applying a mass balance through the fistulae
and asserting that the time-averaged flow rates must sum to zero.

The blood flow is simulated for a total of seven cardiac cycles
in each patient. In each case, however, the first two cycles are dis-
carded in order to eliminate simulation start-up transients. Thus,
five cardiac cycles are used to compute the phase averages and
variability of the flow and mechanical stress.

Mechanical Stress Parameters. We define the Reynolds num-
ber for a given vessel with a diameter D as

Re ¼ 4q �Q

plD
(1)

where �Q is the time-averaged flow rate through the vessel. We
compute the instantaneous wall shear stress as the absolute value
of the wall shear stress vector at position x and time t such that

jsðx; tÞj ¼ ðs2
s ðx; tÞ þ s2

t ðx; tÞÞ
1=2

(2)

where ss and st are the streamwise and spanwise components,
respectively, of the wall shear stress vector. We compute the time-
averaged wall shear stress (TAWSS) over n number of cardiac
cycles using a commonly accepted averaging procedure [25] as

TAWSSðxÞ ¼ 1

n � T

ðn�T

0

jsðx; tÞjdt (3)

where T is the period of the cardiac cycle. We also use an alter-
nate definition of the time-averaged wall shear stress to quantify
the sensitivity of our results to the choice of average shear stress.
The alternative time-averaged shear stress, denoted as �s, is defined
as

�sðxÞ ¼ 1

n � T

ðn�T

0

sðx; tÞdt

����
���� (4)

Unless otherwise stated, descriptions of the time-averaged wall
shear stress in the text will refer to Eq. (3) and not Eq. (4).
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Furthermore, we calculate a “wall shear stress duty factor,”
DFðxÞ, which quantifies the fraction of the cardiac cycle for which
the wall shear stress is above a certain stress threshold as

DFðxÞ ¼ 1

n � T

ðn�T

0

/ðx; tÞdt (5)

where

/ðx; tÞ ¼
1 if jsðx; tÞj � so

0 if jsðx; tÞj < so

(
(6)

and where so is some shear stress threshold. We also calculate the
“highly stressed lumen area,” As as

As ¼
ð

A

DFðxÞdA (7)

where A is the luminal surface area. This is an arbitrary yet simple
measure of high shear acting on the vessels. Since the duty factor
can only range from 0 to 1, the stressed area is weighted by the
length of time the shear is above the given threshold.

Results

In Vivo Flow Rates. Time-averaged proximal artery flow rate
averaged between the four patients is 846 mL/min, corresponding
to an intersubject mean Reynolds number of 894. The intersubject
mean proximal vein flow rate is 844 mL/min, while the simulated
intersubject mean proximal vein flow rate is 840 mL/min, corre-
sponding to a mean venous Reynolds number of 613. These flow
rates are consistent with previously published values in human
AV fistulae [26,27]. The venous outflows are greater than what is
necessary for adequate dialysis, >250 mL/min [27], which con-
firms that these fistulae are functional accesses. The flow parame-
ters are summarized in Table 1.

The anatomies of the four fistulae are shown in Fig. 1. Although
the two anastomotic configurations are unique surgical techniques,
the flow rates through the distal veins in patients 2 and 4 are very
small, 1.5% and 2.6%, respectively, compared to the proximal
vein flow rates. We therefore consider, as a first approximation,
that the fistulae hemodynamics are independent of anastomotic
configuration. We hypothesize that the flow inertia and Reynolds
number are the dominant parameters which determine the
hemodynamics.

Simulated Velocities and Stresses. In each of the four fistulae,
chaotic flow is observed; it is determined by nonzero deviations
from the phase-averaged velocity and is associated with signifi-
cant vortex shedding. The root-mean-square of the cycle-to-cycle
velocity fluctuations are �20�30% of the mean velocities in all

Table 1 In vivo and simulated flow parameters

Patient 1 2 3 4

Anastomosis type ETS STS ETS STS
Mean proximal artery flow rate (mL/min) 652 368 1130 1233
Artery Re number 887 465 892 1331
simulated mean proximal vein
Flow rate (mL/min) �632 �330 �1092 �1307
In vivo proximal vein flow rate (mL/min) �628 �310 �1140 �1297

Difference in vivo versus
simulated venous flow rate (%) 0.63 6.1 4.3 0.77
Simulated vein Re number 575 392 669 817
Mean distal artery flow rate (mL/min) 21 33 39 �100
Mean distal vein flow rate (mL/min) N/A 5 N/A 34
Cardiac cycle period (s) 0.84 1.08 0.75 0.64

Note: ETS and STS stand for “end-to-side” and “side-to-side,” respec-
tively. Positive flow rates are antegrade (toward the hand) and negative
flow rates are retrograde (toward the heart).

Fig. 1 Three-dimensional ultrasound reconstructions of the four fistulae with the lumen col-
ored by time-averaged wall shear stress (Eq. (3)) in Pa. (a), (b), (c), and (d) Reconstructions from
patients 1, 2, 3, and 4, respectively. The view in each subfigure is shown from the skin toward
the fistula. The bar labeled 20 mm shows the relative size of each figure.
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four patients. Figure 2 shows a typical chaotic velocity pattern at
a spatial point in the outflow vein of patient 1. The flow instabil-
ities are most pronounced during systole but oftentimes persist
through much of or even all of diastole. The flow instability is, in
part, due to the relatively high Reynolds numbers and the pulsatil-
ity of the flow, but also due to the complex geometry. The major-
ity of the flow entering the fistula through the proximal artery
must make a 180� turn as it leaves through the proximal vein. Sec-
ondary flows created at the anastomoses are advected into the out-
flow vein. The venous flows re-laminarize a few centimeters
downstream of the anastomoses.

In all cases, the blood flow entering through the proximal artery
impinges onto the opposite side of the anastomotic wall (see
Figs. 1 and 4). This produces a stagnation point-like flow and
results in very high shear stresses on a ring around the stagnation
point at the anastomoses. Instantaneous systolic shear stresses
exceed 25 Pa at the anastomoses of all patients. Figure 1 shows
the time-averaged wall shear stress, using Eq. (3), on the vessel
wall of each patient.

To visualize the nature of the flow transition, vortices within
patient 1 are shown in Fig. 3 using the Q-criterion. Figure 3(a)
shows an instantaneous view at peak systole and Figure 3(b) is an
instantaneous view at end diastole. The plotted value of Q is 0.5
when normalized by the mean centerline velocity and radius of
the proximal artery. As the proximal artery sweeps downward
toward the anastomosis, a helical flow is created; the longer vorti-
ces in the artery in Fig. 3(a) are due to the helical motion. The

wormlike structures in the vein are vortices which are created at
the anastomosis and are advected into the vein. Even during dias-
tole, some vortex motion is created on the anastomosis at the flow
impingement point; the long vortex tubes at the anastomosis in
Fig. 3(b) are two counter-rotating vortices which have “escaped”
the stagnation point. The vortex structures are produced at the
impingement point in all patients.

Figure 4 shows the shear duty factor (using a threshold of
15 Pa) for patient 1. The anastomosis shows a shear duty factor
greater than 0.2, meaning that it is exposed to more than 15 Pa for
at least 20% of the cardiac cycle. The highly stressed area As has
values of 147, 31.7, 80.9, and 459 mm2 respectively. These values
represent a substantial portion of the anastomotic and venous sur-
face areas. To highlight the large proportion of the highly stressed
area, we normalize each value As with the square of the proximal
artery diameter D2

A and obtain normalized areas of 6.73, 1.25,
1.24, and 13.19 for each respective patient.

Fig. 2 Streamwise blood velocity versus time for two cardiac
cycles. The time history is taken from a point in the venous out-
flow of patient 1 about 5 mm downstream of the anastomosis in
the center of the vessel. (a) The raw time-signal. (b) The time
signal with the 5 cycle phase-averaged velocity removed. The
inset shows the phase of the arterial inflow.

Fig. 3 Visualization of transitional flow vortices using the
Q-criterion for patient no. 1 at (a) peak systole, and (b) end
diastole. The value of Q is 0.5 when normalized by the mean
centerline velocity and radius of the proximal artery.

Fig. 4 Shear stress duty factor DF distribution on the lumen
for patient no. 1 using a threshold shear of 15 Pa. The bar
labeled 20 mm shows the relative size. The large values of the
duty factor in the proximal artery are due to the vessel curva-
ture which produces a strong secondary helical flow. The large
value of the duty factor on the anastomosis is due to the
impingement and stagnation point flow.
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Shear in the outflow veins remains elevated above what might
be considered normal: �1 Pa [5]. This is due to the advection into
the vein of the secondary flows created at the anastomosis. The
time-averaged shear decreases along the pathlines down the vein
and becomes approximately constant about 20–30 mm down-
stream of the anastomoses. The time-averaged shear using Eq. (3)
was also spatially averaged on the vein wall along 5 mm “bands”
perpendicular to the axis of the vessel. Figure 5 displays this
spatially-averaged shear along the vein pathline. The “origin” of
the anastomosis on the abscissa of Fig. 5 is taken to be the loca-
tion where the vein axis centerline crosses perpendicular to the
apex of the anastomosis. Near the anastomoses (<5 mm), the
space- and- time-averaged shear stresses are high: 4.32, 3.74,
3.90, and 12.9 Pa. The flow instabilities decay as they are
advected downstream in the vein; see, in Fig. 3(a), the absence of
vortices toward the end segment of the vein. Thus, the shear
stresses return to physiologically normal values farther away from
the anastomoses. Between 25–30 mm downstream from the
anastomoses, the spatial- and- time-averaged shear stresses in
the vein are 1.27, 1.33, 1.01, and 1.64 Pa. In comparison, the time-
averaged shear stresses in the proximal artery at the domain
inflow are 3.78, 1.74, 1.64, and 3.57 Pa, while the temporal max-
ima in the artery are 7.17, 4.29, 4.46, and 6.18 Pa. The values of
the band-averaged shear stress, both time-averaged and maxi-
mum, in the proximal veins are summarized in Table 2.

Time-averaged shear stresses were recomputed using Eq. (4)
for �s for each patient model. The differences between the two
quantities at each surface mesh point were integrated and aver-
aged over the lumen of each model, resulting in average percent
differences of 6.4, 7.7, 10.9, and 6.5%, respectively, for each
model. The surface-averaged norm of the TAWSS is used as the
scale to calculate percentage. The values of the average shear
using Eq. (4) were always lower than those computed with
Eq. (3), i.e., �s 	 TAWSS. Although the two averaging procedures
do give different values, we would consider these differences to
be minor, given that the random uncertainties in shear stress are at
least 25–30% [19] due to errors in model input parameters, e.g.,
the flow rate or geometry. The time-averaged wall shear stress,
using Eq. (4), in the proximal veins also shows similar trends
to those previously described: high shear near the anastomosis

(intersubject mean of 5.72 Pa) but normal shear away from the
anastomosis (intersubject mean of 1.08 Pa). The values of the
space- and- time-averaged shear stress using �s on segments of
the proximal veins are summarized in Table 2 in order to facilitate
comparison.

We also examine the extent of low time-averaged wall shear
stress in relation to its hypothesized link to intimal hyperplasia
and stenosis formation [12,28]. The regions of low shear are due
to flow separation at the anastomosis wall and the subsequent
slow moving separation bubble along the vein wall. We compute
the surface area in the vein exposed to time-averaged shear
(Eq. 3), to be less than 0.5 Pa and 0.25 Pa. The area exposed to
<0:5 Pa time-averaged shear is 56.3, 91.2, 59.4, and 5.33 mm2.
The values normalized by the square of the patient’s vein diameter
are 0.88, 2.99, 0.54, and 0.051. No segment of the lumen was
exposed to time-average shear <0:25 Pa with the exception of
patient 2 with an area of 13.6 mm2 (normalized area 0.45).

Finally, we seek to quantify the dependence of the highly
stressed area on the inflow conditions. We correlate the normal-
ized highly stressed area As=D2

A versus both the square of the
mean proximal arterial centerline velocity and the proximal artery
Reynolds number. The square of the centerline velocity represents
the momentum flux of the incoming flow, which we expect to
correlate with the magnitude of the anastomotic shear stress. The
arterial Reynolds number represents the relative strength of the
inflow inertia. We would, therefore, expect a flow with a high
inertia to have a more powerful impingement on the anastomotic
wall [29] and, thus, to correlate with the highly stressed area. A
least squares linear regression and Pearson’s coefficient of deter-
mination r2 are used to assess the strength of the correlations. We
compute regressions based on three values of the threshold shear
stress, 7.5 Pa, 10 Pa, and 15 Pa, in order to assess the sensitivity of
our results to the threshold.

The correlations of the highly stressed area versus the inflow
velocity squared are very strong, r2 > 0:95 (p < 0:05, two-tailed
t-test), and are insensitive to the choice of a shear threshold.
Figure 6 shows the regression analysis using the inflow velocity
squared for the case of a threshold shear of 15 Pa. Using the Reyn-
olds number as the regressor, correlations are moderate to strong
with r2 ranging from 0.70 to 0.74 and are also insensitive to the
choice of threshold. However, the Reynolds number correlations
are not statistically significant (p > 0:1, two-tailed t-test) due to
the small sample size. Coefficients of determination and signifi-
cance levels are presented in Table 3. These results further support
the notion that the high shear at the anastomoses are caused by the
impingement of the high inertia arterial flow as it passes through
the fistula.

Discussion

Although it is generally accepted that the vessel remodeling
after fistula creation is a process of mechanical homeostasis [9],
increasing evidence is questioning the traditional view that there

Fig. 5 Space- and time-averaged shear (Eq. (3)) in Pa at 5 mm
increments along the length of the proximal vein of all four
patients. The data point of shear for patient no. 4 located at a
distance of 2.5 mm is not shown on the scale but is equal to
12.9 Pa.

Table 2 Summary of wall shear stress in proximal veins (in Pa)

Patient 1 2 3 4

Near anastomosis TAWSS 4.32 3.74 3.90 12.9
(< 5 mm) �s 3.75 3.24 3.61 12.3

Max WSS 9.08 9.02 7.50 26.8

Far from anastomosis TAWSS 1.27 1.33a 1.01 1.64
(25–30 mm) �s 1.12 1.20a 0.60 1.40

Max WSS 2.42 3.10a 2.94 3.58
WSS-Poiseuille’s law 0.74 1.19 0.58 0.73

Note: Shear by Poiseuille’s law calculated by using the time-averaged
flow rate and the diameter averaged along the vein axis.
aFor patient 2, shear is averaged between 15–20 mm from anastomosis
since the model vein is less than 25 mm long.
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is a complete restoration of a normal homeostatic shear stress at
the end of the normal maturation process [13,30]. Instead, it has
been suggested that there is only a partial restoration of homeo-
static shear stress [31]. We provide further evidence that there is
only a partial restoration of homeostatic shear stress in mature AV
fistulae. We found “normal” shear stresses in both the arteries
and veins 20–30 mm away from the anastomoses: time-averaged
Eq. (3) intersubject mean in the arteries and veins are 2.68 Pa and
1.31 Pa, respectively. The diameters and flow rates of both the
veins and arteries examined in this study are much larger than the
physiological values for these vessels, which suggests that remod-
eling has followed its due course. The normal radial artery diame-
ter is about 2.5 mm [26], compared to an intersubject mean of
5.9 mm here; the normal cephalic vein diameter is about 2.3 mm
[5], compared to a mean of 8.2 mm here. Normal radial artery
flow is 20–30 mL/min [26] compared to a mean of 846 mL/min
here.

Thus, on the one hand, the shear stresses away from the anasto-
moses reported here are consistent with previously published
results of homeostatic shear stresses in human AV fistulae.
Dammers et al. [31] and Ene-Iordache et al. [26] reported a time-
averaged wall shear stress of �2.5 Pa and 3.9 Pa, respectively, in
the radial arteries of mature AV fistula using Doppler ultrasound
derived shears. Similarly, a value of 1.04 Pa for the homeostatic
wall shear stress in the outflow cephalic veins of mature AV
fistula was reported by Corpataux et al. [5], also using Doppler
ultrasound, which is consistent with the values we computed in
the outflow portion of the proximal veins.

Yet, on the other hand, we observed shear stresses at the anasto-
moses or in the juxta-anastomotic vessels to be much higher than
what is typically considered normal. The threshold of 15 Pa that
we chose in order to compute the highly stressed area, is about

two times higher than previously reported peak systolic radial
arterial shear stresses inside mature fistulae (�7 Pa [26]) and is
about eight times higher than the typical maximum shear stress in
peripheral arteries (�2 Pa [31]). Even the juxta-anastomotic prox-
imal vein segments (<5 mm from anastomosis) are subjected to
mean shear stresses more than 3 times larger than the normal
homeostatic value for the cephalic vein. In one patient (no. 4), the
wall shear stress in the juxta-anastomotic vein segment is an order
of magnitude larger than the “normal” homeostatic venous shear
stress (see Table 2 and Fig. 5). The veins could, hypothetically,
continue to remodel outward near the anastomoses in order to fur-
ther reduce the shear stress; this does not appear to be the case
here. Therefore, the elevated shear stresses in the venous segment
contradict a scenario of a complete homeostatic shear stress
restoration.

Furthermore, there was a trend of increasing high shear expo-
sure with the increasing centerline velocity and Reynolds number
(see Table 3 and Fig. 6). If there was a complete restoration of
homeostatic shear stress, then the vessel wall shear stress would
be independent of the inflow velocity or Reynolds number [6].
The high shear stresses at the anastomotic stagnation point could
possibly be abated by outward remodeling of the proximal artery,
reducing the inflow velocity and Reynolds number. However, this
would require a nonlocal communication of mechanosensitive
processes. Nevertheless, our result of increasingly high shear with
velocity and Reynolds number also contradicts the scenario of
complete homeostatic shear stress restoration. We conclude that
homeostatic wall shear stresses are not completely restored at or
near the anastomoses of the vessels, even in mature and function-
ing dialysis access fistulae.

The presence of nonhomeostatic shear stress immediately sug-
gests the following question: does nonhomeostatic shear increase
the risk of fistula failure? It is generally accepted that a large pro-
portion of fistulae fail due to thrombotic occlusions associated
with stenotic lesions brought on by aggressive intimal hyperplasia
[11]. The role of high wall shear stress versus low wall shear
stress in the development of venous intimal hyperplasia and sten-
oses remains controversial.

It has been suggested by Carroll et al. [13] that high shear
(exceeding 15–20 Pa) can initiate aggressive intimal hyperplasia
and patency threatening stenoses, based on computational obser-
vations that high shear in stenosis-free vessels is localized at sites
which are generally prone to lesion formation. It was hypothe-
sized in Ref. [13] that high shear stress either mechanically
damages the endothelium and/or alters the endothelial phenotype,
which might transform endothelial cells into a proliferative state
leading to intimal hyperplasia. Additionally, in vitro experiments
by Huynh et al. [32] reported that endothelial cells show increased
apoptosis and increased denudation under turbulent flow condi-
tions similar to those of the venous outflow in a fistula. They sug-
gested that the loss of endothelial cell coverage due to increased
shear stress under transitional flow makes the vessel prone to a
cascade of events such as platelet adhesion, inflammation, and
cytokine secretion, which could lead to cellular proliferation, inti-
mal hyperplasia, and ultimately stenosis.

We hypothesize that the high (>15 Pa) shear stresses found in
the anastomotic and juxta-anastomotic regions of these mature
AV fistulae do not represent an immediate detriment to clinical
patency for dialysis. These fistulae are all over two years old and
were functioning accesses at the time of our ultrasound examina-
tions. Since we cannot measure the venous intimal thickness in
the current study, we cannot exclude the possibility of some
venous intimal thickening. Nevertheless, there are also no signifi-
cant stenoses (>50% venous diameter reduction) in any of the
patients. Therefore, we hypothesize that the high wall shear
stresses do not lead to patency threatening stenoses. This study
provides evidence against the hypotheses of previous studies
[13,32], which suggested that high venous shear stresses in AV
fistulae can initiate or intensify stenoses and ultimately cause
access failure.

Table 3 Coefficients of determination r2 for As=D
2
A versus

mean centerline inflow velocity squared U2 or artery Re for dif-
ferent threshold values of the wall shear stress duty factor

Re U2

so (Pa) r2 p r2 p

7.5 0.70 0.16 0.99 <0.01
10 0.72 0.15 0.99 <0.01
15 0.74 0.14 0.96 <0.05

Note: Significance determined by two-tailed t-test. Here, so is the thresh-
old value of the wall shear stress for the duty factor.

Fig. 6 Normalized highly stressed area As=D
2
A when so 5 15 Pa

in all four patients versus the mean centerline arterial inflow ve-
locity squared U2. The solid line is a least squares regression.
The coefficient of determination is 0.96 and p < 0:05.
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Our hypothesis that high shear stress has no immediate detri-
mental effects to AV fistula patency is consistent with clinical
observations. Low flow rates, not high flow rates, are usually asso-
ciated with an increased risk of thrombotic occlusions [27,33].
Fistulae with venous flow rates <500 mL/min are most at risk for
thrombosis, while fistulae with flow rates >1000 mL/min have a
low relative risk for such events.

Experimental animal models of venous intimal hyperplasia
have shown that the extent of intimal thickening is inversely
related to shear stress [34,35], suggesting that low shear stress is a
factor in promoting aggressive intimal hyperplasia. As such, this
“low wall shear stress” hypothesis stands as a converse to the
“high wall shear stress” theory as a cause of dialysis access steno-
sis formation and occlusion. Ene-Iordache and Remuzzi [12] have
recently suggested that low shear stress <1 Pa, caused by flow
separation, contributes to the development of stenotic lesions in
the outflow veins. From computational hemodynamic simulations
in idealized fistulae, they concluded that the most common sites
of lesion formation were best correlated with sites of low wall
shear stress and not with high shear stress. Furthermore, a study
by Krishnamoorthy et al. [28] reported a correlation between the
low wall shear stress and percent stenosis from an image-based
computational hemodynamic study of a porcine AV fistula model.

In our results, the extent of the venous lumen exposed to low
time-averaged shear stress is relatively small. This might suggest
that the shear stress was either not low enough and/or the surface
area coverage was too small to initiate aggressive stenotic lesion
formation. Therefore, we concur with Ene-Iordache and Remuzzi
[12] and suggest that localized pockets of low wall shear stress be
further investigated as a cause of dialysis access venous stenosis.

In previous studies of AV fistulae [6,8], Doppler ultrasound
velocimetry, in conjunction with Poiseuille’s law, has been used
to estimate the wall shear stress. Transitional and nonlaminar
flows have been reported near the anastomoses in vivo [7], which
would render the application of Poiseuille’s law inappropriate
(i.e., TAWSS / Q=D3). Even though the flow is slightly lower
and the diameter much greater in the proximal vein than that in
the corresponding artery, shear stress near the anastomoses were
significantly higher in the veins than in the arteries, as can be seen
in Table 2 and Fig. 7. The discrepancy between the simulation
and Poiseuille’s law is a direct consequence of the transitional
fully three dimensional character of the flow. It also highlights the
limitation of Poiseuille flow arguments to estimate the shear stress
from Doppler ultrasound or phase-contrast magnetic resonance

imaging in AV fistulae. In the future, empirical correlations could
be developed between the wall shear stress in AV fistulae and the
square of the velocity as an alternative to Poiseuille’s law.

We conjecture that there are two main mechanisms which
impair the restoration of normal shear stress. First, mechanical ho-
meostasis is typically assumed to have some single “set point”’
target value within a given blood vessel [9]. It is possible, as sug-
gested by Dammers et al. [31] that the target value for the shear
during remodeling is rather a “set bandwidth,”’ i.e., there is a fi-
nite range of shear values under which normal tissue maintenance
occurs. This possibility, however, would seem unlikely here,
given that the shear near the anastomoses in our simulations is
many times higher than “normal” shear. Typically, much smaller
sustained increases in shear (�50%) can initiate vessel remodel-
ing and diameter enlargement [6].

Second, the fistula remodeling is driven by competing biologi-
cal processes which are stimulated by different mechanical
stresses, e.g., increased fluid pressure and circumferential stress in
the vein wall versus increased shear acting along the endothelial
layer. For example, during the initial remodeling phase, the vessel
must increase its size and mass through cellular proliferation and
increased extracellular matrix synthesis [7]. Increased wall stress
due to the increased transmural venous pressure is known to stim-
ulate matrix synthesis and smooth muscle cell proliferation [36],
which favor increases in wall mass. On the contrary, the increased
shear on the endothelium upregulates nitric-oxide (which inhibits
smooth muscle cell proliferation) and increases the production of
matrix metalloproteinases [37] (which degrade the extracellular
matrix) which, in combination, possibly disfavors increases in
wall mass. When remodeling ceases, it could be because such
competing mechanobological processes are in balance with one
another [38]. It is, therefore, possible that the kinetics of the fistu-
lae growth and remodeling in this study have reached a “stable
equilibrium point” and thus do not continue remodeling. The
margin of stability of these equilibria and, therefore, the clinical
function of the fistulae, is an important topic for further study.

Study Limitations. We acknowledge the small sample size of
this study as a limitation. As such, only some of the correlations pre-
sented in Table 3 are statistically significant at the 95% level. Larger
sample sizes are thus needed to ensure a robust validation of these
correlations. Nevertheless, this study represents one of the largest
cohorts to date for patient specific computational hemodynamic
studies of AV fistulae. Second, we do not have longitudinal data of
the fistulae anatomies. We do not know if significant remodeling
was occurring either immediately before or after the time of our ex-
amination. Nonetheless, we would consider such an occurrence
unlikely given that the fistulae were at least two years old and were
fully functioning at the time of the examination. Most of the remod-
eling occurs in a 12 week period immediately after fistula creation.
Remodeling after the initial 12 week period is rare [27,31].

Conclusions

We present evidence of high nonhomeostatic shear stresses and
their lack of a negative effect on the clinical functionality of these
fistulae. Instead, we suggest that there is a partial but incomplete
restoration of a homeostatic shear stress. Our study further
provides evidence against the “high wall shear stress” theory of
dialysis access site failure due to occlusive stenoses [32]. There-
fore, we suggest that the alternative “low wall shear stress” theory
[12] needs to be further investigated as a factor in fistula stenosis
formation and failure. Furthermore, due to the transitional flows
generated at the anastomoses, measurements of shear stress based
on velocity measurements and simplifying assumptions such as
Poiseuille’s law are highly compromised in AV fistulae. Finally,
our results here confirm previous computational hemodynamic
studies [13,30] of AV fistulae, which reported concentrations of
very high wall shear stress in the proximal vein and at the anasto-
moses. Our study strengthens this evidence by collecting data

Fig. 7 Space- and- time-averaged shear (Eq. (3)) in Pa at 5 mm
increments along the proximal artery and proximal vein of
patient 3. The symbols represent the simulated values in the ar-
tery (Sim. Art.) and vein (Sim. Vein), while the solid lines are the
shear predicted by Poiseuille’s law for the artery (Pois. Art.) and
vein (Pois. Vein) with the same flow rate and average diameter.
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from multiple patients rather than a single patient. In future stud-
ies, it is important to study the fistulae longitudinally, particularly
in the first three months after surgery, when remodeling and pat-
ency loss are at their most rapid rates [5,27]. Last, we hope to
quantify the hemodynamics in failing fistula in future studies in
order to understand the specific mechanism whereby mechanical
stresses initiate pathological remodeling.
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Appendix: Computational Mesh Resolution Study

A test of computational mesh resolution was performed to
determine that the spatial and temporal resolution were adequate
in the simulation. We studied patient 1 in more detail as a
representative case. Successive meshes were implemented with a
prismatic boundary layer and tetrahedral cells. Characteristic tet-
rahedra widths are 0.40, 0.25, and 0.15 mm, corresponding to cell
counts of 0.338� 106, 1.35� 106, and 5.92� 106, respectively.
The time step size was 0.4 ls to 0.25 ls to 0.2 ls in each
refinement. The flow was computed over five cardiac cycles. We
compared the TAWSS between successive refinements. The sur-
face-area-weighted root-mean-square difference of the TAWSS
was �24% between the 0.338� 106 and 1.35� 106 mesh and was
�16% between the 1.35 and 5.92� 106 mesh. Similarly, the
weighted RMS difference of the duty factor was 5:9% and 3:8%,
using a threshold value of 10 Pa and 17% and 4.2%, using a
threshold value of 15 Pa. The largest differences were computed
at the anastomosis near the impingement region.

The large differences are due to the fact that the flow is chaotic
and each simulated cycle represents a different realization of a
stochastic process. For example, the time averaged shear stress
between individual cardiac cycles varied by as much 10–20% at
the anastomosis impingement point. With a finite number of
cycles computed, the error between the computed averaged
shear stress and true averaged shear stress is approximately
2� S:D=

ffiffiffi
n
p

, where n is the number of cycles and S:D: is the
standard deviation of the process. With five cycles computed and
a standard deviation of 15%, the error of the average due to the
finite number of cycles is �13%. Recomputing the averaged root-
mean-square difference of the TAWSS, but excluding the anasto-
mosis from the calculation (where the flow is most chaotic), we
calculate a difference in the wall shear stress as �17% between
the coarsest and medium mesh and 5:4% between the medium and
the finest mesh. We therefore consider the contribution of the
mesh discretization to the error to be about 5%.

We also estimate the thickness of the boundary layer at the
impingement region using the theory of Phares et al. [29]. Their theory
was derived from solutions of the boundary layer equations for circu-
lar jets impinging onto flat walls. The boundary layer d is estimated as

d � C
ffiffiffiffiffiffi
�D

U

r
(A1)

where � is the kinematic viscosity, D is the diameter of the jet, U
is the peak velocity of the jet, and C is a constant approximately
equal to 3. Using the diameter of the artery, 4.6 mm, and the peak

inflow velocity, 1.26 m/s, we obtain a boundary layer thickness of
d � 0.3 mm. The prismatic near-wall computational cells are
0.08–0.12 mm in thickness and are four layers thick. The total
prism layer thickness is about 0.4 mm.

The relatively large differences calculated here are, therefore,
attributable to the chaotic flow field, rather than the discretization
error. The variability in the shear stress between the two finest
meshes contributes a small portion to the error. This error is com-
parable to, but not larger than, the uncertainty in the geometric
(612%) and physiological parameters (e.g., flow rate: 613%)
from the patient specific models extracted from medical
images, which can compound uncertainties in wall shear stress to
30�40% [19].
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