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Abstract: Rational design of blood-wetted devices
requires a careful consideration of shear-induced trauma
and activation of blood elements. Critical levels of shear
exposure may be established in vitro through the use of
devices specifically designed to prescribe both the magnitude and duration of shear exposure. However, it is
exceptionally difficult to create a homogeneous shearexposure history by conventional means. This study was
undertaken to develop a Blood Shearing Instrument (BSI)
with an optimized flow path which localized shear exposure
within a rotating outer ring and a stationary conical
spindle. By adjustment of the rotational speed and the gap
dimension, the BSI is designed to generate shear stress
magnitudes up to 1500 Pa for exposure time between
0.0015 and 0.20 s with a pressure drop of 100 mm Hg.

Computational fluid dynamics (CFD) revealed that a flow
path designed by first-order analysis and intuition exhibited unfavorable pressure gradient, vortices, and undesirable regions of reverse flow. An optimized design was
evolved utilizing a parameterized geometric model and
automatic mesh generation to eliminate vortices and reversal flow and to avoid unfavorable pressure gradients. Analysis of the flow and shear fields for the extreme limits of
the shear gap demonstrated an improvement in homogeneity due to shape optimization and the limitations of an
annular shear device for achieving completely uniform
shear exposure. Key Words: Hemolysis—Shear stress
history—Left ventricular assist device—Computational
fluid dynamics—Optimization.

Computational fluid dynamics (CFD) has proven
to be a valuable tool for designing blood-wetted artificial organs (1–8). When integrated with parameterized models of the geometry, automatic mesh
generation, and mathematical models of blood damage, CFD offers a faster means of optimization and
is less reliant on empiricism than traditional trialand-error approaches (3,8). With the advances in
numerical methods, computer technology, and models of blood damage related to nonphysiologic flow
conditions, CFD-based design has become a powerful tool for assessing the performance of the design
and for reducing the number of prototypes and thus
overall development cost. CFD-based design optimi-

zation has already been widely used in designing
industrial pumps to increase hydraulic efficiency and
improve other performance objectives such as cavitation (9). Effective application to blood pumps,
however, requires additional quantitative models of
blood trauma and shear-induced cellular activation.
Although the precise mechanism of hemolysis still
remains elusive, many studies have shown that it is
correlated to the shear history to which blood is
exposed. A general mathematical model of hemolysis
is based on a power law of the form: D = Atatb, where
D represents damage (often measured by the liberation of hemoglobin into the plasma), t and t represent shear stress and exposure time, respectively,
such as those introduced by Blackshear (10), Leverett (11), Hellums (12), Wurzinger (13), and Giersiepen (14), Yeleswarapu (15), and others. The model
coefficients A, a, and b are empirically determined
by regressing experimental data. These models have
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been proven useful in predicting and reducing
hemolysis in blood-wetted devices. However, they
suffer from two major limitations, both arising from
the nonuniformity of shear stress and exposure
history.
The first fundamental problem with the practical
utilization of the power-law damage function is the
extrapolation of the model to time-varying, nonhomogeneous shear history within a prototype device.
The spatial nonuniformity may be addressed by
implementation of a Lagrangian particle tracking
method, wherein the damage function is applied theoretically to individual cells within the flow field. The
temporal variation however, raises the question of
how to map the damage criteria obtained by constant-shear experiments to a cyclical or arbitrary
shear history found typically along the trajectory of
a blood cell. A reasonable approach, introduced by
Yeleswarapu et al. (15), is based on a theory of “damage accumulation.” However it has yet to be thoroughly proven due to the difficulty in obtaining data
from controlled experiments.
Regression of data for the power law function ideally requires an experiment wherein both the shear
stress and exposure time are independently controllable. In addition, the flow conditions within the
shear region of the experimental device must be
reproducible. A variety of experimental devices has
been used by others, including rotating cone-plates
(16,17), and throttles through various nozzles
(18,19). The cone-plate system has been attractive
due to the relative homogeneity of the shear field.
These devices, however, may generate secondary
flow at high shear stress, and are not easily applicable
to short-exposure experiments wherein initial transients may predominate. An innovative solution
introduced by Heuser and Opitz (20) and recently
described by Paul et al. (21), utilizes a Couette-type
shear field in which shear stress level is controlled
by the speed of a rotating cylinder and the exposure
by the velocity of transverse flow across (through)
the annulus. Unfortunately, the transverse flow is an
annular Poiseuille velocity profile which is not
uniform: zero at the boundary (due to nonslip condition) and maximal at the center of the annular
gap. Consequently, the exposure history cannot be
uniform.
A further confounding factor is the flow field near
the entrance and exit of the shear space. The
entrance flow may cause undesirable shear concentrations, which will confound the assumption of uniformity of shear. The flow exiting the annular gap
may experience separation or recirculation, thereby
prolonging exposure. Indeed the damage of blood
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passing through the entrance and exit regions may
overshadow the hemolysis within the defined “shear”
region.
While the Couette-type experimental devices
appear to be most desirable in decoupling the independent variables shear and time, this flow field
within the “shear” region is known to be susceptible
to Taylor instability (21). The resulting toroidal flow
path would further disturb the uniformity of shear
and exposure. This prompted Heuser et al. (20) to
limit their experiments to shear stress less than
700 Pa, and recently Paul et al. (21) to 450 Pa, to
avoid exceeding the critical Taylor number. It should
be mentioned that previous CFD studies (22,23)
attempting to apply the power law function proposed
by Giersiepen (14) over-predicted hemolysis in simulated blood pumps.
This report presents the design optimization of a
new Blood Shearing Instrument (BSI) by advanced
CFD that aims to address some of the aforementioned limitations: (i) Taylor instability, (ii) limited
shear stress range, and (iii) nonuniformity of shear
and exposure.
MATERIALS AND METHODS
Design of the Blood Shearing Instrument (BSI)
The BSI depicted in Fig. 1 is intended to reproduce
the range of shear stress–time exposure characteristics found in high-shear cardiovascular environments (e.g., rotary blood pumps, mechanical heart
valves, hemodialysis catheters, occlusive arterial
stenoses). It features a rotating ring that surrounds a
stationary spindle, thereby creating an annular space
through which blood is sheared. This configuration is
chosen to avoid the possibility of Taylor instability,
which may occur in conventional Couette-type viscometers with spinning inner rotors (20,21). Both
rotor and spindle are slightly tapered to enable easy
adjustment of the annular shear gap (from approximately 0.127–1.27 mm) via axial positioning of the
spindle. The rotor, which is permanently mounted on
ball-bearings, is actuated by a brushless-DC motor
that is rotated between approximately 1000 and
10 000 rpm. The spindle itself is interchangeable, to
allow experimentation with various materials, surface roughness, and chemical treatments. An additional feature of the BSI is a fluid-purged seal to
prevent ingress of blood into the bearing area. This
is maintained by constant, low-volume, flush of saline
or other appropriate fluid by external positive displacement (roller) pump or pressure bag. This configuration avoids exposing blood to a mechanical
seal. Such seals result in extremely high localized
Artif Organs, Vol. 29, No. 6, 2005
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FIG. 1. Cross-sectional view of Blood Shearing Instrument (BSI).
Blood enters port at top of assembly, and traverses through
lumen, and exits through a radial outlet (bottom right). The center
hub can be moved axially in relation to the stationary housing
and the rotating “shear ring.” The top and bottom faces of shear
ring are purged with saline to obviate the need for a running
mechanical seal. Sample ports are placed at the inlet and immediately below the shear ring to measure the effects of the highshear exposure.

shear at the interface and generate local heating,
both of which may introduce undesirable artifacts.
The saline flush is typically prescribed to be several
orders of magnitude less than the main blood flow (a
few mL/min). Accordingly its influence on the shear
rate was considered negligible.
The shear field within the annular gap is generated
by a combination of two velocity gradients: one in
the radial direction due to the rotation of the outer
ring, and the other in the stream-wise direction
caused by the pressure-driven flow through the ring.
The net shear should be primarily dominated by the
velocity gradient caused by rotation, which is principally uniform. The contribution of shear due to the
pressure-driven flow should be minimized, since it
causes a nonuniform shear which is maximal at the
walls and theoretically zero at the centerline of the
gap. Hence, in order to ensure a uniform concentration of shear stress within the gap, the ratio of the
stream-wise Reynolds number, Rex (see Eq. 1), to the
circumferential Reynolds number, ReU (see Eq. 2),
should be kept as small as possible. Furthermore, to
minimize the pressure drop, the length of the shear
gap was designed to be relatively short (3.4 mm).
Meanwhile, the entrance length of the blood lumen
was designed to be long enough compared to the
dimension of the gap to reduce the entrance and
border effects. Nevertheless, the inevitably threeArtif Organs, Vol. 29, No. 6, 2005

dimensional flow field in this device may give rise to
shear concentrations, secondary flows, and recirculation zones that may confound the requirement of
uniformity and independence of shear and exposure.
Therefore, a CFD-based optimization algorithm,
which integrates a parameterized geometry model
and automatic mesh generation, was applied to
achieve the best compromise for the flow path.
CFD-based design optimization
CFD has been used for decades to simulate and
analyze the fluid flow in many industries (24). By
replacing physical experiments with numerical simulation, it becomes possible to automate the optimization process: by iteratively modifying a design until
a specified performance index is maximized (minimized). When performed with a human expert in the
loop, the process is usually referred to as CFD-based
design improvement (9,25). When performed automatically, the designation of design optimization is
applied. Both processes have been greatly facilitated
recently by commercial CFD packages such as
STAR-CD (CD-Adapco, New York, NY, U.S.A.) and
CFX (ANSYS Inc., Canonsburg, PA, U.S.A.), which
have integrated the advanced CFD solvers with constructive solid geometry modeling and automatic
mesh generation.
In this study a novel CFD-based design optimization system was utilized incorporating both customwritten and commercial software. A commercial
CFD code, STAR-CD, was chosen as the flow solver.
It incorporates an element-based finite volume
method suitable for unstructured and structured
mesh with various turbulence models. It solves
steady-state or transient flow with single or multiple,
rotating or stationary frames of reference, including
sliding mesh for turbomachinery and rotary blood
pumps.
The flow geometry of the BSI was modeled parametrically based on B-spline curves and B-spline
surfaces (26). An automatic mesh-generation code
based on the elliptic method (27) was developed to
generate the multiblock structured mesh with highquality hexahedral cells to capture the complex flow
field in the gap and volute. In order to accurately
predict the reversal flow and eddies in BSI, particularly flow details within the gap, a highly refined mesh
was used as shown in Fig. 2. A grid independency
check was performed for all the cases to ensure a
reasonable CPU time and appropriate density of
mesh cells. It was found that about 300 000 cells
across the gap region and in total about 1 000 000
cells for the whole computational domain were
appropriate for the simulation.
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Here, the subscript U represents the circumferential
direction, and S indicates the stream-wise direction.
Extensive CFD studies were performed for the BSI
considering various gap dimensions d from a nominal
value of 0.127 to 1.27 mm, flow rates between 0.1 and
1.0 L/min, and the rotational speed ranging from
1000 to 10 000 rpm. For all the low flow (0.1 L/min)
cases studied, the CFD studies showed quite uniform
flow fields and localized shear stress distribution
within the gap without separation and vortices
upstream and downstream of the gap. This was
observed for all combinations of gap dimensions d
and rotational speed studied. However, for the highflow cases (1.0 L/min), separation and vortices were
found just downstream of the gap for the initial
design. This was especially true for the highest rotational speeds studied (10 000 rpm)
Two representative extreme cases, in which there
is quite serious separation and recirculation downstream of the gap for the initial design, are presented
here to demonstrate the effect of shape optimization
upon the elimination of these undesirable flow features. The independent design parameters for these
two cases are detailed in Table 1.
For Case 1, a laminar flow condition was assumed
based on both Reynolds numbers of ReS and ReU.
For Case 2, although ReS is low, the ReU is relatively
high. Therefore, a low-Reynolds k–e turbulence
model was used in this study. At the inlet of the flow
domain a uniform axial flow velocity was imposed.
At the outlet, zero stream-wise gradients were
imposed for all variables. A second-order Linear
Upwind Differencing (LUD) scheme (29) was
employed in this study to assure accurate numerical
solutions within the gap.
The shear stress in blood is comprised of viscous
shear stress and Reynolds stress components, and its
tensor is described by the following equation:

(a)

(b)

Ê ∂ui ∂u j ˆ
t ij = mÁ
+
˜ - rui¢u ¢j
Ë ∂x j ∂xi ¯

FIG. 2. Surface mesh of outer region of flowpath with about
1 000 000 cells. (a) Middle part including the rotational ring
(arrow); (b) Bottom part including the volute.

Blood was modeled as a Newtonian fluid with a
density of 1040 kg/m3 and a viscosity of 0.0035 Pa-s
for these studies, which was justified based on the
shear range under consideration (28). The Reynolds
numbers in circumferential and stream-wise directions within the gap are defined, respectively, by:
rWRi d
ReU =
m
rVS d
Re S =
m

(3)

Where m is the fluid dynamic viscosity, and the last
term on the right-hand side of Eq. 3 is the Reynolds
stress tensor given by:
Ê ∂ui ∂u j ˆ 2
-rui¢u ¢j = m t Á
+
˜ - rkd ij
Ë ∂x j ∂xi ¯ 3

(4)

TABLE 1. Main parameters for two computational cases

(1)
(2)

Case 1
Case 2

Gap (mm)

Flow rate
(L/min)

rpm

ReU

ReS

0.127
1.270

1.0
1.0

10 000
10 000

557.6
5576

71
71

Artif Organs, Vol. 29, No. 6, 2005

486

J. WU ET AL.

Where mt is the turbulent viscosity, and d is the Kronecker delta. For laminar flow the Reynolds stress
tensor is zero.
For simplicity, a scalar stress as proposed by Bludszuweit (30) can be obtained by the equation:
1
2
È1
˘2
(5)
t = Í Â (t ii - t jj ) + Â t ij2 ˙
Î6
˚
Because blood contains about 45% red blood cells
and about 55% plasma, strictly speaking, blood
should be simulated by CFD based on transient
Lagrangian (or Eulerian) multiphase flow models,
where the plasma is taken as the continuous phase,
while the red blood cells are taken as the dispersed
phase. The motion of both phases interacts strongly
via interphase momentum, mass, and heat transfer
effects. In this way, the shear stress acting on red
blood cells and the loading history can be accurately
solved. However, due to the numerical difficulties in
solving the multiphase flows and prohibitive CPU
time involved, very few practical applications of
multiphase flow models to CFD simulation of blood
flows can be found. A reasonably accepted alternative is the use of a Lagrangian particle-tracking
approach by postprocessing. A number of virtual
particles are released from the inlet of the computational domain, which allows the shear stress history
through the domain to be computed. Because the
flow is almost axially symmetrical within the gap,
only 30 particles along a radial direction at the inlet
of the domain were released for each case.

RESULTS AND DISCUSSION
The initial flow geometry was defined based on
first-order analysis and intuitive design. The basic
parameters: gap size, length, and rotational speed
were determined from closed-form solutions. The
upstream and downstream contours were prescribed
to achieve a smooth streamlined flow path devoid of
sharp corners or crevices. This initial design was
simulated and subsequently revised approximately
five times to achieve a final “optimized” design. The
flow simulations for each of the iterations were
analyzed according to the objectives referenced
above, particularly pressure drop, shear concentration, and flow stagnation. Improvements were made
based on intuitive perturbations of the geometry,
using the parametric geometric model, to minimize
shear concentrations, pressure drop, and regions of
stagnation.
The pressure contour plots for the region of primary interest, the annular gap between spindle and
ring, are shown in Fig. 3. The original geometry is
Artif Organs, Vol. 29, No. 6, 2005

shown in Fig. 3a,c, and the optimized geometry is
shown in Fig. 3b,d. For Case 1 (small gap), because
the stream-wise velocity magnitude is comparable
to the circumferential velocity along the wall, the
computed pressure drop is relatively high (about
22 400 Pa for the initial design) through the gap. For
the initial design in Case 1, due to the relatively
sudden expansion of the area downstream of the gap,
the blood flow was observed to form a small unfavorable stream-wise pressure gradient downstream of
the gap (see Fig. 3a). The optimized design alleviates
the downstream kinetic energy concentration by
smoothing the area downstream of the gap. The
resulting pressure distribution as shown in Fig. 3b is
more uniform, and does not display such an unfavorable pressure gradient as in Fig. 3a.
The pressure adjacent to the rotational ring is
approximately proportional to W2r 2 due to the effects
of centrifugal force. Therefore, the isobaric surfaces
are canted to the normal direction when the gap
becomes wider, as displayed in Fig. 3c,d. For the
original design with an acute conical angle, an unfavorable streamwise pressure gradient within and
downstream the gap is exhibited (see Fig. 3c). The
optimized design with a large conical angle, presents
no such unfavorable streamwise pressure gradient
(see Fig. 3d).
Figure 4a–d show the flow velocity patterns within
a r–z plane near the gap for both designs. For both
initial and optimized designs in Case 1, the streamwise velocity within the gap presents a quite uniform
distribution (not shown). However, for the initial
design, a distinct vortex downstream of the gap was
observed—as illustrated in Fig. 4a. This is clearly a
consequence of the downstream unfavorable pressure gradient as observed in Fig. 3a. For the optimized design in Case 1 (Fig. 4b), the modified
geometry was found to produce a uniform pattern
within and downstream of the gap without any vortices. For the original design with large gap, Case 2
(Fig. 4c), the unfavorable streamwise pressure gradient causes a stagnation zone to move upward into the
gap on the spindle, where a large toroidal vortex is
established. The optimized design however, does not
display any such vortex. Although the velocity downstream of the gap along the spindle wall is somewhat
retarded, there is a sufficient favorable streamwise
pressure gradient to overcome drag forces, providing
positive axial flow through the passage (see Fig. 4d).
The computed scalar shear stresses within the gap
in Cases 1 and 2 for two designs are shown in Fig. 5,
which illustrates that both designs present a quite
high concentration of shear stress within the gap, as
desired. For the very small gap of d = 0.127 mm (Case
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FIG. 3. Computed pressure contours within the gap through an
r–z cut plane. (a) Initial design (Case 1); (b) Optimized design
(Case 1); (c) Initial design (Case 2); and (d) Optimized design
(Case 2).

(d)

FIG. 5. Computed shear stress within the gap through an r–z cut
plane.

(b)

(a)
{Vr, Vz}

{Vr, Vz}

(m/s)

(m/s)

(d)

(c)
{Vr, Vz}

{Vr, Vz}

(m/s)

(m/s)

FIG. 4. Computed velocity vectors downstream of the gap
through an r–z cut plane. (a) Initial design (Case 1); (b) Optimized
design (Case 1); (c) Initial design (Case 2); and (d) Optimized
design (Case 2).

FIG. 6. Typical particle paths from inlet to outlet, indicating
desired helical passage through the shear gap without recirculation upstream or downstream (Case 2, Optimized model).
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1), the shear stress presents a quite uniform distribution, particularly toward the lower part of the gap.
For the large gap of d = 1.27 mm (Case 2), because
the rotational effects on the spindle are weaker, there
is less homogeneity of shear across the gap (see
Fig. 5c,d). Previous work (21) and our present studies
showed that the concentration of shear stress within
the gap depends heavily on the ratio of ReS/ReU and
the absolute value of gap width, d. Uniformity of the
shear stress within the gap was more readily assured
for small gap d and small Reynolds ratio ReS/ReU. In
spite of our best attempts, these CFD studies showed
that the variation of conical angle of the spindle and
the geometric profiles did not significantly improve
the shear stress concentration within the gap,
although it can eliminate the vortices and reversal
flow.
The typical trajectories of four selected particles in
BSI for optimized design with a gap of 1.27 mm are
shown in Fig. 6. When particles enter the gap region,
they are affected by the rotational ring and thereby
flow helically downstream of the gap and finally enter
the spiral volute before exiting. The particle history
in Fig. 7 shows the change of shear stress with exposure time along the four selected particle trajectories.
Figure 8 shows the change of shear stress along the
pathline through the shear gap region. Particles are
seen to experience high shear stress and short exposure time when they pass through the shear gap
region. For particle 1 passing through the gap near
the outer rotational ring, it experiences the highest
shear stress. For particle 4, as it flows near the inner
spindle, it experiences the lowest shear stress. For
particles passing through a uniform shear stress field

Particle 1
Particle 2
Particle 3
Particle 4

Shear stress (Pa)

700

Particle 1
Particle 2
Particle 3
Particle 4

900
800
700
600
500
400
300
200
100
0
26.5

26

25.5

25

24.5

24

23.5

23

22.5

z position (mm)

FIG. 8. Axial variation of shear stress through the shear gap for
the four particles of Fig. 7.

at short time scales, the blood damage can be estimated by the direct use of the correlation of Giersiepen (14). However, if the shear stress field is
nonuniform, the total damage incurred in a particle
is assumed to be accumulated linearly within every
very short time step, Dti as proposed by Bludszuweit
(31) as in the following:
outlet

Di =

Â

3.62 ¥ 10 -7 t 2.416 Dt 0.785

(6)

i = inlet

The mean blood damage estimated for 30 particles is
listed in Table 2.
One of the objectives of this instrument will be to
validate this and other models for adult and pediatric
blood exposed to chronic mechanical support
CONCLUSIONS
A CFD-based optimization design approach, with
the integration of the parameterized geometry model
and automatic mesh generation, was described in this
study. The method was successfully applied to the
development of a specialized blood shearing instrument (BSI). Extensive CFD simulations have shown
that the velocity, pressure, and shear fields are far
more complex than would be anticipated from firstorder approximation. Secondary flows, entrance
effects, and the three-dimensionality of the flow field
conspire to confound the achievement of both uniform shear stress and exposure time isolated to a
confined shear gap.

900
800

1000

Shear stress (Pa)
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0
0

100
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300

400

500

600

Exposure time (ms)

FIG. 7. Shear stress history for four particles for Case 2 (Optimized model).
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TABLE 2. Computed mean blood damage D

700

Case 1
(Initial)
0.0096

Case 1
(Optimized)

Case 2
(Initial)

Case 2
(Optimized)

0.0091

0.0608

0.0543

DESIGN OPTIMIZATION OF BLOOD SHEARING INSTRUMENT BY CFD
Nevertheless, geometric improvements were
achieved that alleviated some of the problems associated with the initial, intuitive design. The optimized
model eliminates vortices downstream of the gap,
and achieved satisfactory performance for a very
wide range of gap widths, flow rates, and rotational
speeds. This study has demonstrated that CFD-based
optimization, incorporating a parameterized geometry model and automatic mesh generation, is a
very useful and effective means to achieve a prescribed flow performance without time intensive trial
and error.
The optimized geometry resulting from these analyses will be used to construct the Blood Shearing
Instrument, BSI, described herein, for subsequent
experimental studies of shear-induced trauma and
activation of blood-formed elements. Detailed comparison between the numerically calculated and in
vitro obtained hemolysis will be presented in a future
report. The successful application of this technique
encourages the future application to other bloodwetted devices.
Acknowledgment: This study was supported in
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University of Pittsburgh.
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