Blackwell Publishing IncMalden, USAAORArtificial Organs0160-564X© 2006, Copyright the Authors; Journal compilation © 2006, International Center for Artificial Organs and Transplantation? 2006307539547Original ArticleHEMOLYSIS COMPUTATIONS IN CENTRIFUGAL
BLOOD PUMPD. ARORA ET AL.

Artificial Organs
30(7):539–547, Blackwell Publishing, Inc.
© 2006, Copyright the Authors
Journal compilation © 2006, International Center for Artificial Organs and Transplantation

Hemolysis Estimation in a Centrifugal Blood Pump Using a
Tensor-based Measure
*‡Dhruv Arora, †*Marek Behr, and -+‡Matteo Pasquali
*Department of Mechanical Engineering and Materials Science; Department of Chemical and Biomolecular Engineering;
‡Computer and Information Technology Institute (CITI) Rice University, Houston, TX 77005, USA; †Chair for
Computational Analysis of Technical Systems (CATS) Center for Computational Engineering Science (CCES) RWTH Aachen
University, Aachen, Germany

Abstract: Hemolysis in the GYRO centrifugal blood
pump, under development at the Baylor College of Medicine, Houston, TX, is numerically predicted using the
newly proposed tensor-based blood-damage model, as well
as a traditional model. Three typical operating conditions
for the pump are simulated with a special-purpose finite
element-based flow solver, and a novel approach for tracing the pathlines in discretely represented time-varying
flow in a complex domain is presented, and 271 pathlines
are traced through the pump. Hemolysis is computed along
the pathlines, and the accumulated hemolysis at the outflow is converted into standard clinical units. The cumulative hemolysis at the outlet of the pump is weighted with
the flow rate associated with the pathlines, and a temporal
average is obtained by releasing the tracer particles at dif-

ferent time intervals. Numerical predictions are compared
to experimental hemolysis studies performed according to
the American Society for Testing and Materials standards
at the Baylor College of Medicine. The tensor-based blooddamage model is found to match very well with the experimental results, whereas the traditional model overpredicts
the hemolysis. The success of the tensor-based blood-damage model is attributed to its construction, which accounts
for blood-specific physical properties and phenomena.
Hemolysis values at the typical operating conditions of the
pump are found to be within the clinically accepted range.
Key Words: Ventricular assist device—Computational
fluid dynamics—Red blood cell—Hemolysis—Normalized
index of hemolysis—Wall distance.

1 INTRODUCTION

flow characteristics (2). Hematologic design of the
pump is equally important; blood damage (hemolysis) and blood coagulation (thrombosis) are both
important aspects of the hematologic design. A clear
understanding of these processes in complex flows of
blood-handling devices is yet to be formed, and consequently, a reliable blood-damage model for numerical predictions is not yet available.
Based on the review of mechanical shear hemolysis experiments (3–6) and numerical studies (7–11),
the following characteristics are considered desirable
in an ideal blood-damage model:

Application of computational fluid dynamics
(CFD) to ventricular assist device (VAD) design has
shortened the hydraulic design cycle time, and further reduction is expected through development of
reliable and accurate virtual hemolysis prediction
techniques (1).
Traditionally, VADs were designed based on
insights from Newtonian fluid mechanics, and
adapted for blood through in vivo animal experiments; this process was time-consuming and expensive. With the advances in computational resources
and robust numerical schemes, CFD has emerged as
a reliable design tool for hydraulic design of blood
pumps, which accurately predicts performance and

1 The physical properties of blood must be
accounted for resulting in a hemolysis model that
is blood sample-specific. For example, the mean
cell volume (MCV) for RBCs vary from species to
species (MCVhuman blood > MCVbovine blood) and the
hemolysis model should account for this difference. Moreover, the phenomena associated with
blood, for example, the tank-treading motion (12),
should also be taken into account.
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2 Blood flow conditions (e.g., the hemo-incompatibility of blood-contacting surfaces, blood-air contact, thermal hemolysis, etc.) can affect hemolysis
measurements and the model should be sensitive
to these effects.
3 The numerical hemolysis predictions must be consistent with both steady and unsteady simple shear
hemolysis data. This implies that the model should
capture the red blood cell (RBC) behavior in the
flow, and account for the viscoelastic nature of
blood. Presently, there is a shortage of unsteady
simple shear flow hemolysis data in the literature.
4 The model must be three-dimensional (3D) in construction in order to account for the complex flow
features in common blood-handling devices. In
other words, the model should be related to the
rate-of-strain and vorticity tensors.
5 From the implementation perspective, the model
should be simple to integrate into the CFD analysis. Moreover, the numerical hemolysis predictions
should be easily translated into standard clinical
metric of hemolysis—the normalized index of
hemolysis (NIH) (13) for direct experimental validation.
In general, hemolysis in a steady simple shear flow
experiment can be related to the shear rate and exposure time through a power-law form. The most commonly used correlation for steady simple shear
experiments is the one proposed by Giersiepen et al.
(6), which is valid for time scales relevant to flows in
blood pumps:
DHb
= 3.62 ¥ 10 -7 s 2.416 Dt 0.785,
Hb

(1)

where DHb is the ratio of plasma-free hemoglobin
Hb
(pfHb) to the total hemoglobin in the sample, σ is
the shear stress (Pa), and ∆t is the exposure time (s).
It is important to note that σ in correlation (1)
refers to the steady shear stress. In the past, several
studies applied (1) to compute hemolysis in complex
3D transient flows by replacing σ with a scalar representation of the instantaneous stress tensor t, such
1
t : t . This method of computing hemolysis
2
is hereafter called “stress-based” method. This
method only partially accounts for (3) and (5) from
the aforementioned list of ideal blood-damage model
characteristics.
Recently, a tensor-based model for hemolysis prediction was proposed; the model was developed
based on an analogy between RBCs and fluid droplets (14,15). In this model, instantaneous deforma-

tion of an individual RBC is computed as it flows
through the device, and a scalar σ corresponding to
an equivalent deformation in a steady simple shear
flow is used in eq. 1 (1); this method is called “strainbased,” and the details are reported in (14). The
strain-based method incorporates several ideal
blood-damage model characteristics (1, 3, 4, and 5).
Previously, construction and implementation of
the strain-based model were demonstrated in (14) for
a fictitious two-dimensional blood pump. Here, the
performance of the strain-based model is evaluated
in a complex 3D time-dependent flow in the GYRO
centrifugal blood pump, under development at Baylor College of Medicine, Houston, Texas (16).
In the hemolysis section, the experimental measurements of hemolysis at three typical operating
conditions for the GYRO blood pump are reported.
Equations governing the blood flow, finite element
method-based solution technique, and pathline tracing method are presented. Then, we will briefly recall
the strain-based model and present numerical predictions of hemolysis inside the pump for both
strain- and stress-based models. Finally a discussion
of the results and a summary of this work are
presented.
2 HEMOLYSIS EXPERIMENTS
Mock-loop hemolysis experiments were conducted
at the Baylor College of Medicine according to the
American Society for Testing and Materials (ASTM)
standard (13). Three different operating conditions
for the horizontal top-contact configuration of the
GYRO blood pump were used for these experiments
with bovine blood samples. Figure 1 shows the pump
in top-contact configuration, in which the impeller
and housing are in contact in the top female bearing
Top female bearing
Male pivot

as, s =
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Bottom female bearing

FIG. 1. GYRO pump in top-contact configuration.
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and have a finite clearance in the bottom female
bearing. In the GYRO pump, the impeller, driven by
a magnetic coupling, levitates due to hydraulic lift
generated by impeller rotation. The rotation speed at
which the impeller levitates is a function of flow conditions and magnetic coupling. The experiments were
carried out for 6 h and repeated five times, and the
blood was drawn from the sampling port every
60 min. The hemolysis was measured using a TMB
(tetra-methyl benzidine) calorimetric assay (Sigma
Diagnostic Kit no. 527, St. Louis, MO, U.S.A.). The
hemolysis was reported in NIH; based on the ASTMstandard definition, NIH is equivalent to the hemoglobin released per pass of blood volume through the
DHb
blood pump, therefore it is related to
as:
Hb
DHb Ê
Hct ˆ
¥ 1¥ k,
Hb Ë
100 ¯
(2)
where Hct is the blood hematocrit (45% for a healthy
person and 37% for normal bovine blood) and κ is
the hemoglobin content of blood (150 g/L for a
healthy person). Table 1 lists the operating conditions for the in vitro hemolysis experiments. A complete experimental study of hemolysis in various
configurations of GYRO pump—vertical top- and
bottom-contact, and horizontal top- and bottomcontact—are performed by Yuri et al. (17,18).
NIH (g/100 L blood) = 100 ¥

3 EQUATIONS GOVERNING BLOOD FLOW
AND SOLUTION PROCEDURE
For the hydraulic analysis of the blood flow in a
VAD, the basic variables are velocity u and pressure
p. In a bounded domain Ω with boundary Γ, u and p
are governed by the momentum and mass conservation equations; for an incompressible fluid,
Ê ∂u
ˆ
r
+ u ◊ ∇u - f - —◊ T = 0 ,
Ë ∂t
¯

(3)

—·u = 0,

(4)

where ρ is blood density (1058 kg/m3), u is velocity,
T is stress, and f denotes body forces per unit mass
TABLE 1. Operating conditions under consideration for
numerical and experimental hemolysis studies
Operating
condition
A
B
C

Orientation

rpm

Flow rate
(L/min)

Pressure
head (mm Hg)

Horizontal,
top-contact
Horizontal,
top-contact
Horizontal,
top-contact

1600

3.8

56.5

2000

5.0

100.0

2350

6.8

108.0

FIG. 2. Finite element mesh showing a portion of the shear slip
mesh along with the surface mesh for the GYRO centrifugal
blood pump.

(e.g., gravity). Blood is a shear-thinning viscoelastic
fluid, however, as a first approximation, it is considered to be a Newtonian fluid, and consequently:
T = −pI + t, t = µ (—u + —uT ),

(5)

where µ is the dynamic viscosity of blood (∼3.5 P at
high shear rate) and t is the viscous stress. In this
case, Eqs. 3 and 4 reduce to the incompressible
Navier–Stokes equations. Body force is neglected in
the analysis presented here.
The well-established deformable-spatial-domain/
stabilized space-time (DSD/SST) finite element
approach is applied to solve Eqs. 3 and 4 (19,20). The
moving impeller of the centrifugal blood pump is
treated with the shear-slip mesh update method
(SSMUM) (21). Details of the hydraulic performance analysis of the GYRO centrifugal blood pump
using the DSD/SST and SSMUM method are
reported in (2). A hybrid structured/unstructured
finite element mesh, created for the DSD/SST–
SSMUM method, is shown in Fig. 2; it consists of
1 017 731 tetrahedral elements and 350 162 spacetime nodes. The flow conditions in the pump are prescribed by specifying the impeller rotation speed and
velocity profile at the inflow. The impeller is constrained to complete 1 revolution in 100 steps, and
the CFD time step is set accordingly. For the operating conditions A, B, and C shown in Table 1, the
CFD time steps used are 3.75 × 10−4, 3.00 × 10−4, and
2.55 × 10−4 s, respectively. The velocity and pressure
data are recorded every five time steps (18° rotation).
This implies that the CFD data for different operating conditions are available at intervals of 1.875 ×
10−3, 1.500 × 10−3, and 1.3043 × 10−3 s, respectively.
Artif Organs, Vol. 30, No. 7, 2006
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The flow and rotation of the impeller are ramped up
from zero to the desired value over the initial 40
steps, and data are recorded after the flow is fully
developed. Forces on the impeller are used to detect
fully developed flow conditions; these forces stabilize
after 7–8 revolutions depending on impeller speed
and flow rate. The results reported hereafter are computed during the 11th revolution of the impeller. At
each time step, four Newton–Raphson iterations are
used to solve the nonlinear discretized system, and a
generalized minimal residual GMRES (22) solver is
used to solve the linear system at each iteration. The
computation of 100 time steps required 6 h on 32
processors of a 1.7 GHz Pentium 4 PC cluster.
A forward Euler technique is used to trace pathlines through the pump, and the hemolysis is computed with both stress- and strain-based models in
the Lagrangian frame moving along the pathlines. In
the case of 3D pump, the storage requirements of a
refined CFD data (every time step) are nontrivial,
and thus data are stored only for every 18° rotation
of the six-vaned impeller. Subsequently, the data
required for tracer time steps, which are smaller than
CFD time steps by two orders of magnitude, are
generated using a linear temporal interpolation
between two consecutive CFD time steps. The tracer
time steps for the three operating conditions (A,
B, and C) shown in Table 1 are 1.125 × 10−5, 0.900 ×
10−5 and 0.786 × 10−5 s, respectively. Details of the
tracing procedure employing the forward Euler
scheme are presented in (14). One complete rotation
of the impeller is simulated at fully developed conditions, and the pathlines are traced through the pump
by cycling over this data as shown in Fig. 3. In the
figure, solid lines represent the discrete CFD data
spaced at every 18° rotation of the impeller. The
smaller intervals between the two solid lines represent the tracer time steps; a linear interpolation is
employed to obtain data at the tracer locations. After
one complete revolution, the CFD data are recycled.
This procedure assumes that periodic fully developed
flow features in the pump with time periods greater
than 1 revolution time are insignificant.
The forward Euler tracing in a sparse CFD data
leads to a significant number of pathlines abruptly

0°

36°

72°

108°

144°

180°

1 revolution

216°

252°

288°

nth

324°

360°

(n + 1)th

FIG. 3. Discrete CFD scheme for 1 revolution of the impeller and
intermediate steps for pathline tracing.
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FIG. 4. Particle trace close to the no-slip boundary. Dashed line
represents tracer trajectory (a) with elastic bounce on the wall
and (b) with wall-repelling force.

terminating at the domain walls; the problem persists
with reduced tracer time steps. A more accurate but
costly scheme of computing pathlines employing
fourth order Runge–Kutta method gives the same
results, although it allows greater tracer time step size
than the forward Euler method. Tracer particles hitting the wall and leaving the fluid domain are only a
numerical artifact, and in some commercial postprocessing packages, this problem is dealt with by either
terminating the traces leaving the domain or by
imposing an elastic collision on the domain walls. The
latter case is shown in Fig. 4a. In the case of tracer
particles bouncing elastically off the domain walls,
continuity of the pathlines is maintained, but a
discontinuity in particle orientation presents difficulties for tracer particle-based computations along
pathlines, such as cell deformation tracking.
A remedy to this problem is devised by introducing
a wall-repelling force on the tracer particles. The force
is inversely proportional to the distance of the tracer
point from the nearest wall, which is computed along
with velocity and pressure using an interpolated
distance function. The particle trajectory is shown in
Fig. 4b; the method ensures a continuity of pathline
and particle orientation. Computation of the distance
function is further described in the next subsection.
3.1 Wall distance computation
The computation of an exact distance of a tracer
point from the closest wall is difficult in the case of
unstructured meshes due to the following reasons:
1 The problem is of the order M, for each tracer
point at each tracer step, where M is the number
of nodes on the boundary.
2 The problem is difficult to parallelize as it requires
very high communication, which becomes timeconsuming especially for large problems.
The problem is simplified by constructing a partial
differential equation (PDE) for an interpolated distance function D, and solving it along with the basic
variables of velocity and pressure. The Eikonal equa2
tion ∇D = 1 is the basis for the PDE. Fares et al.
(23) proposed a PDE for the interpolated G, which
is the inverse of the wall distance G = 1/D. Adding a

HEMOLYSIS COMPUTATIONS IN CENTRIFUGAL BLOOD PUMP
diffusion and generation term, they proposed the
inverse wall distance equation as:
—·(G—G) + (α − 1)G—2G − γG4 = 0,

(6)

where α and γ are constants.
Here, a term αG—2G is added to tune the distance
function near the edges and corners, and α > 0 as the
added term is a diffusion-like term, which must be
positive (G is also positive). To compensate for the
additional elliptic term, the source term G4 is multiplied by a factor γ= 1 + 2α.
At the physical walls of the flow domain (no-slip
boundaries) Gwall = g, and for far-field, inflow, and
outflow boundaries, it is assumed that n·—G = 0 (n is
the unit vector normal to the boundary).
3.2 Galerkin formulation for wall distance equation
The Galerkin form of Eq. 6 is given as: Find
G h Œ SGh such that " W h ŒVGh:

Ú

Ω

[

4

]

W h ∇ ◊ (G h ∇G h ) + (a - 1)G h ∇ 2G h - g (G h ) dW = 0.
(7)

The finite element interpolation and weighting function spaces are defined as:
SGh = [G h G h ŒH 1h (W), G h =˙ g h on Gg ],

(8)

V = [G G ŒH (W), G =˙ 0 on Gg ].

(9)

h
G

h

h

h

1h

h

h

Hereafter, G and W are referred to as G and W,
respectively. In Eq. 7, the first two terms are integrated by parts, and the integrals on boundary Γh are
dropped as n·—G = 0 on all non-Dirichlet boundaries.
The weak form then appears as: Find G Œ SGh such
that " W ŒVGh :

(1 - a)ÚΩ ∇(WG)∇GdW - Ú W ∇W ◊ (G∇G)dW g Ú W WG 4 dW = 0

(10)

A 3D implementation of Eq. 10 is employed to
compute the wall distance along with the basic variables (velocity and pressure) in the GYRO centrifugal blood pump. A high diffusive parameter (α = 0.5)
is used to activate the interpolated function only in
the first layer of elements along any solid surface.
Moreover, the highly diffusive nature of the wall distance function retains the convergence characteristics for the enhanced equation system, thereby
reducing the cost of computing an extra unknown.
4 STRAIN- AND STRESS-BASED HEMOLYSIS
MODELS
4.1 Strain-based model
The mammalian RBCs are biconcave disks with a
viscoelastic membrane that encapsulates Newtonian
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liquid (hemoglobin), and the cells are suspended in
a Newtonian medium (plasma). When blood is at
rest, the RBCs form coin stack-shaped structures
(rouleaux); these structures break and blood cells are
individually suspended when blood is set into
motion. Owing to the biconcave shape, an RBC has
40% excess surface area compared to a sphere of the
same volume. The excess surface area allows the
RBC to undergo both volume and surface areapreserving deformations. It is observed that RBCs
assume an ellipsoidal shape and remain oriented
along the flow direction in a simple shear flow. This
behavior of RBCs is very similar to that of fluid droplets neutrally suspended in another immiscible fluid.
Above 10/s shear rate, the RBC loses its biconcave
shape, and the RBC membrane begins to stretch,
develops pores, and starts releasing its hemoglobin
into the plasma, resulting in hemolysis. Barring catastrophic hemolysis, which occurs at shear rates above
42 000/s (24), the RBCs gradually return to their
original shape as the shear rate of flow is reduced.
The RBCs are also known to show a tank-treading
phenomenon under the influence of shear flow,
where the viscoelastic membrane of the cell revolves
around the enclosed fluid, while the cell remains
aligned with the flow.
Based on the analogy between RBCs and neutrally suspended fluid droplets, a blood-damage
model is constructed. The shape of the droplets,
as well as RBCs, can be represented by a morphology tensor S. Maffetone and Minale (25)
proposed a droplet deformation equation, and it
is modified here to account for the tank-treading motion shown by the RBCs. Thus, at any
instant:
˜ ◊ S + S ◊ E˜ ) + f3 (W
˜ ◊S - S◊W
˜ ),
So = - f1 [S - ρ(S)I] + f2 (E
(11)
where:
So =

dS
3III
,
− (W ⋅ S − S ⋅ W), ρ(S) =
dt
II

(12)

Ẽ and W̃ are the rate of strain and relative vorticity
tensor, respectively, and II and III are second and
third invariants of S, respectively:
II =

1
2
tr(S) - tr(S 2 ) , III = det(S).
2

[

]

(13)

f1, f2 and f3, are constant parameters set according to
the physical properties of blood.
To account for the instantaneous rotation of the
tank-treading cell, the rotating reference frame
defined by the unit eigenvectors ẽ i of S is considered;
the rotation tensor W is hence computed as:
Artif Organs, Vol. 30, No. 7, 2006
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de˜ i
Ê ∂ e˜ i
ˆ
= e˜ i
+ u ◊ —e˜ i .
Ë ∂t
¯
dt

(14)

Finally, W̃ is the relative vorticity W − W. The first
term on the right-hand side of Eq. 11 recovers the
shape of the droplet in the absence of a shear flow;
this generalized recovery term is made RBC-specific by setting f1. The second term represents the
nonaffine deformation of the droplet. The third
term captures the tank-treading motion, which
reduces the relative vorticity seen by the droplet.
The ellipsoidal shape and orientation are identified
by the eigenvalues of S. To capture the instantaneous RBC deformation specifically, f1 = 5.0/s. In a
steady shear flow of intensity g. , the droplet
remains at fixed orientation to the flow (W = 0),
and the steady-state droplet deformation equation
becomes:
f1 [S - ρ(S)I] = f 2 (—u ◊ S + S ◊ —uT )

(15)

The L, B, and W, which denote the three semiaxial
lengths of the droplet, are easily computed from S in
Eq. 15. An RBC, which has 40% excess surface area
as compared to a droplet of same volume, undergoes 6% areal strain before hemolyzing (26). Therefore, an RBC should stretch to 1.40 × 1.06 times its
original surface area at catastrophic hemolysis.
Matching the droplet area with hemolyzing RBC
area gives:
f2 = f3 = 1.25 × 10−3.

(16)

The three parameters f1, f2, and f3 together incorporate relaxation time of RBC membrane (∼200 ms)
(27), tank-treading, and critical areal strain limit into
the hemolysis model.
The instantaneous shape of the droplet, obtained
from Eq. 11 in a general flow, is used to compute
instantaneous shape distortion l = (L–B)/(L + B),
where L and B are the largest and smallest axis
lengths of the ellipsoidal droplet, respectively. An
.
effective steady shear flow intensity geff corresponding to the distortion l, and steady shear stress σeff are
computed as:
g˙ eff =

f12 l 2
, s eff = m g˙ eff .
(1 - l 2 ) f22

Ê
Á m blood
Ë

f12 l 2 ˆ
˜
(1 - l 2 f22 ) ¯

2.416

Dt -0.215
(18)
4.2 Stress-based model
In the case of the stress-based models, an instantaneous response of the RBCs to shear is assumed.
Thus, a scalar σ is obtained from the instantaneous
1
t : t , and used directly in Eq. 1
T, for example, s =
2
Figure 5 schematically compares the stress- and
strain-based hemolysis models in the blood pump.
The steady simple shear hemolysis experiment
results can be written in two different forms. The
traditional stress-based model, which utilizes the
instantaneous measure of the stress, is based on
the hemolysis-versus-shear-stress form, and the
tensor-based model (strain-based) utilizes the instantaneous strain of the RBCs and adopts the
hemolysis-versus-strain approach.
4.3 Hemolysis computations along pathlines
The flow is simulated numerically, and then the
pathlines are traced through the pump using the forward Euler scheme combined with a wall-repelling
force. Thus, along a pathline at the (n + 1)th tracer
time step (see Fig. 3), the new tracer position xn+1 is
computed as:
1-G
∇G
x n +1 = x n + u∆t + X
u∆t
,
(19)
G42444
∇3
G
144
A1

where xn is the previous tracer position, u is the local
velocity of the tracer particle, ∆t is the pathline time
step size (1.125 × 10−5 s), and A1 is the wall effect
proportional to the step size (xn+1 − xn) acting normal
to the wall. For the wall distance computation, G = 0
at all physical boundaries, and G is normalized with
its maximum value in the domain when computing
the increment A1. When A1 = 0, the update reduces
to forward Euler method. Parameter χ is selected to

(17)

Because in a steady shear flow, there is a oneto-one correspondence of shear stress and distortion, a strain-based hemolysis model is constructed by requiring that the strain- and stressbased models yield the same results in steady
shearing; using rate of hemolysis (time derivative
of Eq. 1) along with Eq. 17 yields a strain-based
relationship:
Artif Organs, Vol. 30, No. 7, 2006

d Ê —Hb ˆ
= 2.8417 ¥ 10 -7
dt Ë Hb ¯

Steady simple shear
hemolysis experiment

Strain-based

Stress-based
Hemolysis

Ω = e˜ i

Hemolysis
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Shear stress

Strain

FIG. 5. Stress- and strain-based hemolysis predictions for the
centrifugal blood pump.
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5.776e – 04

4.332e – 04

2.888e – 04

1.444e – 04

Y
Y

X

X

Z

0.000e + 04

Z

Rate of hemolysis
4.994e – 08

3.746e – 08

2.498e – 08

1.251e – 08

Y
Y
Z

FIG. 7. Two characteristic pathlines through the GYRO pump.
Pathline in (a) reaches outlet in 1 revolution, while pathline in (b)
remains in pump for 5 revolutions.

X

X

3.249e – 08

Z

FIG. 6. A set of pathlines through the pump. Top two images
show the accumulated hemolysis, while bottom two images show
the rate of hemolysis.

ensure that all pathlines introduced at the pump
inflow appear at the outflow; typically, χ= 1.0.
The pathline tracing and numerical integration
of hemolysis are done with a particle tracing code
developed in-house. Figure 6 shows a set of representative pathlines through the pump; the top row
depicts the hemolysis accumulated, while the rate of
hemolysis is shown in the bottom row. Figure 7 shows
two characteristic pathlines; while Figure 7a shows
a particle reaching the outlet after 1 revolution
through the pump, Figure 7b shows a particle remaining in the pump for a considerably longer time.
To compute statistically meaningful averages with
the pathlines, 271 tracer particles are released at the
inlet of the pump for each of the three operating
conditions. Figure 8a shows the initial positions of
the tracer particles at the inlet. The hemolysis accumulated along each pathline is recorded and a simple
a

average of 271 pathlines at the outlet can be
computed to obtain bulk flow hemolysis inside
the pump. However, from the initial positions of the
tracer particles, it is clear that hemolysis along the
wall of the inlet is overrepresented when compared
with the flow at the center. Moreover, each pathline
represents a volume fraction of the bulk flow, and
thus a flow rate weighted average of the 271 pathlines
is computed. For a continuous hemolysis field h(r),
the volume averaging can be computed as:
havg =

Ú

R
0

2 pr u(r ) h(r ) dr

Ú

R
0

2 pr u(r ) dr

,

(20)

where R is the radius of the inlet and u(r) is the
velocity along inflow (see Fig. 8a).
The GYRO blood pump has a six-vaned impeller,
and under fully developed conditions, the flows past
all impeller vanes remain identical. However, the relative position of the impeller and inlet cannula at the
time of the release of the tracer particle can significantly affect the pathlines originating from the same
point. Thus, for the operating condition A, the 271
pathlines are released at different impeller starting

b
1.65
1.6
1.55

Y

1.5
1.45

FIG. 8. (a) Initial distribution of tracer particle at the inlet of the pump. (b) Tracer
paths originating from O but released at
different impeller positions.

O
r

1.4

dr

1.35
1.3
1.25

–0.4 −0.35 −0.3 −0.25 −0.2 −0.15 −0.1 −0.05

0

X
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TABLE 2. Comparison of numerical hemolysis prediction
using stress- and strain-based methods with experimental
hemolysis measurements at three operating conditions of the
GYRO pump

Operating
condition

Computational hemolysis
(NIH)

Experimental
hemolysis (NIH)

Stress-based

Strain-based

Mean

SD

0°
18°
A 36°
54°
72°

0.0378
0.0382
0.0385
0.0373
0.0394

0.0073
0.0078
0.0081
0.0074
0.0075

0.0072

na

Average

0.0382

0.0076

B
C

0.0518
0.0945

0.0084
0.0139

0.0070
0.0210

±0.0016
na

The experimental hemolysis data were provided by Dr. Koichi
Yuri at the Center for Artificial Organ Development, Baylor College of Medicine, Houston [28].
Flow rate-weighted SD values of strain-based hemolysis prediction for operating conditions A, B, and C are 0.00076, 0.00088, and
0.0036, respectively.
na, not available.

positions; this is achieved by releasing the particles
at 0°, 18°, 36°, etc., as shown in Fig. 3, and then
cycling over the CFD data. Figure 8b shows the pathlines originating from point O shown in Fig. 8a; the
pathlines remain concurrent in the inflow cannula
but segregate in the housing due to the difference in
relative position of the impeller. The periodic release
of tracer particle is expected to capture the temporal
variations in the pathlines.
Table 2 shows the average hemolysis for the 271
pathlines at the three operating conditions. Specifically,
for operating condition A, the averages for different
release of tracer particles characterized by the relative
impeller position are also presented. A temporal average for the operating condition A is also shown.
Based on the volume of the GYRO centrifugal blood
pump (40 mL) and volume flow rates for the cases
considered, the average residence time can be estimated for the blood flowing through the pump (estimated residence time is equal to pump volume divided
by the flow rate). Table 3 presents the estimated residence time for the three operating conditions, along
with the flow rate-weighted average residence time
(numerical residence time) for the pathlines traced
through the pump. The numerical residence time for
the operating condition A is the temporal average of
all particles released at regular intervals.
5 DISCUSSION AND SUMMARY
The strain-based blood damage model is constructed based on the physical properties of RBCs,
and it is consistent with the steady and unsteady simArtif Organs, Vol. 30, No. 7, 2006

ple shear hemolysis experiments. In this study, the
strain- and stress-based models are compared to
the experimental measurements of hemolysis in the
GYRO centrifugal blood pump at three typical
operating conditions. The results from controlledtemperature mock loop hemolysis experiments
exclude the blood–air contact and thermal effects,
and are thus suitable for validating the current
hemolysis models. The numerical hemolysis predictions using the strain-based model are found to be in
good agreement with the experimental results. The
stress-based model assumes that the RBCs respond
to shearing instantaneously and irrespective of the
relative orientation of the RBC axes and principal
direction of shearing. These assumptions are violated
in GYRO blood pump because the intensity of
straining and relative orientation of RBC and straining axes change much faster than the RBC relaxation
time. Even the strain-based model shows larger deviation from the experimental value at condition C.
This is consistent with our past observations that at
higher rotation speeds, CFD predictions themselves
become less reliable (2), most likely due to shortcomings of the subgrid-scale turbulence model. The
blood pumps are complex nonlinear systems, and
flow characteristics in these depend highly on the
design and operating conditions; an increasing rotation rate can cause dramatic growth of vorticial flow
features, which can then trap and damage RBCs.
The hemolysis predictions are made along 271 pathlines traced through the blood pump with a novel
technique. Termination of pathlines on the flow
domain walls is a common problem when following
the tracer particles through discretely represented
time-dependent flow data in a complex domain. An
elastic bounce on the flow domain walls is a common
solution; although it maintains continuity of the
pathlines, a discontinuity in orientation of particle
appears. A remedy is proposed by imposing a wallrepelling force, which is inversely proportional to the
distance from the wall. An interpolated wall distance
equation is solved along with the Navier–Stokes equations, and a wall-repelling increment in the direction
normal to the flow domain boundary is added to the
forward Euler scheme of pathline tracing.
TABLE 3. Comparison of numerical residence time along
the 271 pathlines with estimated residence time obtained
from pump volume and respective flow rates
Operating
condition
A
B
C

Numerical residence
time (s)

Estimated residence
time (s)

0.3998
0.2771
0.2411

0.666
0.480
0.353

HEMOLYSIS COMPUTATIONS IN CENTRIFUGAL BLOOD PUMP
The numerical residence time of tracer particles in
the flow domain is found to be less than the estimated
value. This may be attributed to the presence of a
persistent recirculation in the flow domain. Most
tracer particles exit the pump by passing near the wall
of the outflow tube due to the presence of a previously
reported stable eddy (21). The pathlines in the pump
pass through the bulk flow volume, and the presence
of a stable eddy reduces the volume available for the
bulk flow, thereby reducing the residence time.
The prediction of hemolysis with the strain-based
model along the pathlines in the Lagrangian framework is shown to be a viable and accurate option for
virtual hemolysis prediction.
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