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bstract

The behavior of blood cells in disturbed flow regions of arteries has significant relevance for understanding atherogenesis. However, their
istribution with red blood cells (RBCs) and leukocytes is not so well studied and understood. Our three-phase computational fluid dynamics
pproach including plasma, RBCs, and leukocytes was used to numerically simulate the local hemodynamics in such a flow regime. This
odel has tracked the wall shear stress (WSS), phase distributions, and flow patterns for each phase in a concentrated suspension shear flow of

lood. Unlike other computational approaches, this approach does not require dispersion coefficients as an input. The non-Newtonian viscosity
odel was applied to a wide physiological range of hematocrits, including low shear rates. The migration and segregation of blood cells in

isturbed flow regions were computed, and the results compared favorably with available experimental data. The predicted higher leukocyte

oncentration was correlated with relatively low WSS near the stenosis having a high WSS. This behavior was attributed to flow-dependent
nteractions of the leukocytes with RBCs in pulsatile flow. This three-phase hemodynamic analysis may have application to vulnerable plaque
ormation in arteries with in vivo complex flow conditions.

2007 Published by Elsevier Ltd on behalf of IPEM.
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. Introduction

Atherosclerosis, a disorder of large arteries, is the result of
complex interaction of blood elements, disturbed flows, and

he physiological state of the endothelium, including many
athological processes [9,30]. Several studies have suggested
correlation between atherosclerotic plaque sites, preferen-

ially located at curvatures and branches, and hemodynamic
haracteristics that are induced by disturbed blood flow pat-
erns [5,25,31,33,35].

Within the past decade, many researchers [4,8,14,26,30]
ave reported the migration and adhesion of leukocytes
btained from in vitro experiments with disturbed flows,
ostly in the absence of red blood cells (RBCs), indi-

ating that atherosclerosis-susceptible regions are strongly

ssociated with abnormal low wall shear stress (WSS) and
eukocyte–endothelium interactions in human blood flows.

∗ Corresponding author at: Argonne National Laboratory, Mathematics
nd Computer Science Division, Building 308, 9700 South Cass Avenue,
rgonne, IL 60439, USA. Tel.: +1 630 252 6298; fax: +1 630 252 3250.
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owever, studies that ignored the RBC contributions, roughly
0–55% by volume in vivo, may be inadequate for extrapo-
ating to in vivo conditions [27]. Because of the high cell
umber and particulate nature of RBCs, whole blood exhibits
on-Newtonian rheology. The spatial distributions for blood
lements such as plasma, RBCs, and leukocytes may vary
ith disturbed flows in concentrated suspensions. In such
ows, aggregation of RBCs, one of the most important inter-
article phenomena of blood, is a process whereby RBCs
ollide with one another as a result of relative motion between
hem and adhere to form larger RBCs. The relative motion
etween blood cells may be due to Brownian motion, grav-
ty, electrical forces, flow hemodynamics, and so forth and
esults in dispersion of blood elements. As indicated in blood
ows through capillary tubes at low shear rates [6,13,21,28],

he shear-induced blood cell migration can be due to hemody-
amics resulting from flow-dependent interactions between
lood elements. The inward migration of RBCs was espe-

ially preferred as a result of RBC aggregation at very low
hear rates. This effect might be observed because of fluid
nertia and cell density differences, as indicated by Nobis
t al. [28]. These hemodynamic phenomena can affect the
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ffective particle size-dependent distribution in flow of mixed
uspensions of blood elements.

To investigate these complex hemodynamic characteris-
ics of blood flow, researchers [6,24,29,34] have developed

athematical models that include a constitutive equation
epending on the shear rates or the hematocrit. To com-
ute flow hemodynamics of plasma and RBCs in large-scale
ascular geometries where atherosclerosis is known to fre-
uently occur, we suggested a multiphase non-Newtonian
FD model for the concentrated suspension flow of blood

19,20]. Most of the total hemodynamic force, WSS, was due
o the RBCs but not to the plasma [19]. The model confirmed
hat the RBCs determine the rheological behavior of blood, a
esult impossible to prove with the single-phase CFD model.
he relation between hemodynamic forces and the distribu-

ion of blood elements can be considered an important factor
or the progression of atherosclerosis. Vulnerable plaques, in
articular, tend to coincide with locations at which hemo-

ynamic stresses acting on plaques due to flow obstruction
re concentrated [9]. Hence, it would be more useful to con-
ider whole blood as three-phase: a nonhomogeneous fluid
onsisting of RBCs and leukocytes suspended in plasma.

e
w
e
v

ig. 1. (a) Schematic diagram of 3D tubular flow system with sudden expansion ge
sing a Cooper volume-meshing scheme based on hex elements and the GAMBIT so
n (b) shows an idealized model, like the stenosis area in a vessel. The upstream tu
nd the step height (H) = 1/2(D2 − D1). L: the reattachment point, Z0: the axial dista
D computational mesh of realistic RCA for studying case 4 adapted from Refs. [2
hows a maximum curvature of tortuous reduction in the area. The inlet area = 15 m
ing & Physics 30 (2008) 91–103

In this study, the multiphase model is extended to include
he blood rheological properties at low shear rates with leuko-
ytes. This study presents a novel numerical simulation of
eukocyte migration due to flow-dependent interactions with
BCs in disturbed flow regions. We address the hypothesis

hat the leukocytes’ adhesion to the vascular wall is deter-
ined, in part, by the relation between hemodynamic stresses

nd inhomogeneities resulting from the migration of blood
lements in suspension flows.

. Methods

.1. Flow systems

To test the underlying hypothesis of local hemodynamics
egarding the distribution and migration of blood elements,
e used a 3D in vitro tubular flow system with a sudden
xpansion geometry reported by Karino and Goldsmith [21],
here some experimental results are available (Fig. 1a). Two

xperimental cases in steady flow with the constant inlet
elocity (Ui) were investigated—case 1: the dilute flow for the

ometry for studying cases 1–3 [21], (b) 3D computational mesh generated
ftware, and (c) pulsatile inlet velocity profile for 3D tubular flow. The circle
be diameter (D1) = 151 �m, the downstream tube diameter (D2) = 504 �m,
nce to the vortex center, and Y0: the radial distance to the vortex center. (d)
,20], and (e) pulsatile inlet velocity profile for RCA [20]. The circle in (d)
m2, the outlet area = 2.2 mm2.
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otion of hardened human red cells suspended in water, and
ase 2: the concentrated flow of RBCs suspended in plasma.
he computational mesh (Fig. 1b) for flow system was gen-
rated by using the GAMBIT software (from Fluent Inc.) and
hen adapted for the multiphase 3D simulations.

To study the distribution of blood elements due to
ow-dependent interaction with RBCs, we simulated two

hree-phase cases of pulsatile flow (Fig. 1c and e) includ-
ng leukocytes—case 3: the concentrated flow in the case 2
ystem, and case 4: the concentrated flow in a long segment of
ealistic right coronary artery (RCA) used in previous work
2,20]. In the simulation, we used a 3D computational mesh
f RCA without side branches (Fig. 1d). Of specific inter-
st was the dispersion of blood elements in the disturbed
ow regions of the sudden expansion and/or the curvature
eometries, such as stenosis in a vessel, indicated by circles.

.2. Multiphase CFD model

In the non-Newtonian 3D CFD model, which treats blood
s an inhomogeneous fluid, a suspension is a multiphase sys-
em wherein two dispersed phases consisting of RBCs and
eukocytes are suspended in plasma. We have adopted the

ultiphase CFD approach proposed in Gidaspow [12] and
nderson and Jackson [1] for describing the hemodynamics
f blood flows, since this approach can excellently describe
he hemodynamics of the system of interest comprising a
arge number of closely spaced RBCs, which have a hema-
ocrit or volume fraction range of roughly 30–55% in vivo
19,20]. The concept of local mean variables was used to
ranslate the Navier–Stokes equations for the fluid and the
ewtonian equations of motion for the particles directly into

oupled continuum equations representing momentum bal-
nces. Compared with a single-phase model, the multiphase
odel includes the volume fraction for each phase, as well as
echanisms for the exchange of momentum, heat, and mass

etween the phases.

.2.1. Continuity equations
The continuity equation for each phase (k = plasma, RBCs,

eukocyte) is given by

∂(ρkεk)

∂t
+ ∇ · (ρkεk�vk) = 0, (1)

here ρ is the density, ε the volume fraction, t the time, and v

s the velocity. In addition, the volume fraction of each phase
ust sum to one as

np

k=1

εk = 1.0, (2)

here np is 3, the total number of phases. The volume fraction

ccupied by one phase cannot be occupied by other phases.
he blood mixture density, ρmix, is given by the sum of the
olume-fraction-weighted densities for the plasma, RBCs,
nd leukocytes without considering other minor blood con-

h
b
T

ing & Physics 30 (2008) 91–103 93

tituents:

mix = εplasmaρplasma + εRBCρRBC + εleukocyteρleukocyte. (3)

.2.2. Momentum equations
The momentum equation for each phase (k = plasma,

BCs, leukocyte) is given by

∂(ρkεk�vk)

∂t
+∇ · (ρkεk�vk�vk)

= −εk∇p+∇ · τk+εkρk�g+
∑

l = l, m, n

l �= k

βkl(�vl − �vk) + �Fk,

(4)

here p is the pressure, τ the stress tensor, g the gravity force,
nd F is the external forces such as virtual mass, rotational and
hear lift, electricity, and magnetism. In the drag force, βkl
epresents the interphase momentum exchange coefficients
or plasma and RBCs, plasma and leukocytes, and RBCs and
eukocytes. In order to solve the conservation equations (Eqs.
1) and (4)), the appropriate modified constitutive relations
uch as the particle–particle interaction (stress terms) and
uid–particle interaction (drag and external force terms) must
e determined for blood flows.

.3. Constitutive equations

.3.1. Plasma stress tensor
The stress tensor for the plasma phase is given by the

ewtonian form:

= εμ(∇�v + (∇�v)T) + ε

(
κ − 2

3
μ

)
∇ · �vI. (5)

ere ε, κ, and μ are volume fraction, bulk viscosity (which
s assumed to be zero), and shear viscosity for the plasma
hase, respectively, and I is a unit tensor. The plasma viscos-
ty, μplasma is treated as a Newtonian fluid having a constant
iscosity.

.3.2. RBC stress tensor
The stress tensor for the RBCs phase, the particle–particle

nteraction, is given by

= −pδ + εμ(∇�v + (∇�v)T) + ε

(
κ − 2

3
μ

)
∇ · �vI, (6)

here δ is the Kronecker delta. The pressure, pRBC, arises
s a result of the collision of the particles and represents
n interparticle pressure as a function of volume fraction of
BCs, i.e., εRBC. The κ and μ represent effective bulk and

hear viscosities for the RBCs assembly, depending on the
olume fraction of RBCs and the shear rate.
In the simulation, the interparticle pressure for a suitable
ematocrit range was negligibly small [20] because blood
ehaves like a fluid even at 98% hematocrit by volume [11].
he κRBC was assumed to be zero. The behavior of RBCs in
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hear flow was represented by the product of effective vis-
osity and the deformation tensor of the cell. A modification
f the Carreau–Yasuda viscosity model was used to describe
he non-Newtonian shear-thinning rheological behavior of
lood flow. Hence, the effective RBC shear viscosity, μRBC,
as calculated from the equation for dimensionless relative
lood mixture viscosity, η, in a non-Newtonian shear thinning
uid:

= εRBCμRBC + εplasmaμplasma + εleukocyteμleukocyte

μplasma

= m[1 + (λγ̇)2]
(n−1)/2

, (7)

here m, λ, and n are parameters defined below, and γ̇ =
∇�v + (∇�v)T) is the shear rate (1/s). The dimensionless shear
ate (γ̇) is given by 1 + (λγ̇)2.

Fig. 2 shows an empirical relation for low shear rates.

he time constant, λ, was taken to be 0.110 s and the two
arameters n and m as a function of the hematocrit, H = εRBC,
ere given by the following polynomial approximations for

ig. 2. (a) Dimensionless relative blood viscosity (η), as function of
imensionless shear rate (1 + (λγ̇)2) and hematocrit (H), obtained from
xperimental data for blood [3,38]. (b) Parameters m and n were determined
s a function of RBC volume fraction at low shear rates (1 + (λγ)2 ≤ 1.5).
he points represent the experimental data at the different hematocrits and
hear rates.
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˙ greater than 1.5 (γ̇ ≥ 6) [19]:

n = 0.8092ε3
RBC − 0.8246ε2

RBC − 0.3503εRBC + 1,

= 122.28ε3
RBC − 51.213ε2

RBC + 16.305εRBC + 1 (8)

For γ̇ less than 1.5 (γ̇ ≤ 6) at low shear rates (also see
ig. 2), these were as follows:

n − 1

k0
= −0.8913ε3

RBC + 2.0679ε2
RBC − 1.7814εRBC,

m = 70.782ε3
RBC − 22.454ε2

RBC + 9.7193εRBC + 1

(9)

ere, k0 = ln(ln γ̇)/ln γ̇ .
This model was applied to a wide physiological range

f hematocrits and the shear rate compared with the experi-
ental data [3,38]. The model included the effect of RBC

gglomeration, which is described by the increase of the
ffective RBC viscosity at low shear rates [11], as a func-
ion of the volume fraction of RBCs and the shear rate. In
he case of two-phase flow, the leukocyte term was dropped
rom Eq. (7).

.3.3. Leukocyte stress tensor
The stress tensor for the leukocyte phase, the

article–particle interaction, is given by

= −pδ + εμ(∇�v + (∇�v)T) + ε

(
κ − 2

3
μ

)
∇ · �vI, (10)

here p, ε, κ, and μ are interparticle pressure, volume frac-
ion, bulk viscosity, and shear viscosities for the leukocyte
hase, respectively.

In the simulation, the pleukocyte was assumed to be zero,
ecause of a low volume fraction less than 1%. The κRBC was
lso assumed to be zero, and the μplasma was treated as 7.5cP
imes the leukocyte volume fraction.

.3.4. External forces
As a particle moves through a viscous fluid, a resis-

ance to its motion is caused by the interphase drag. The
uid–particle interaction, that is, the plasma–blood cell inter-
ction, was described by the interphase momentum exchange
oefficients, β, and velocity differences between the contin-
ous phase (cp) and dispersed phase (dp). The coefficients
re Schiller and Naumann model used in our previous work
19,20]:

= 3

4
Cd

ρcpεcpεdp
∣∣�vcp − �vdp

∣∣
ddpφ

, (11)

here the drag coefficient, Cd, on a single sphere is related

o the Reynolds number, Rep, as follows:

d = 24

Rep
[1 + 0.15 Re0.687

p ] for Rep < 1000 (12)
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d = 0.44 for Rep ≥ 1000 (13)

ep = ρcpddp
∣∣�vcp − �vdp

∣∣ φ

μcp
, (14)

here d is the diameter of blood cells and φ is the dynamic
hape factor. More drag is experienced by the agglomerate
onspherical particles in fluid [16]. The dynamic shape factor
f RBCs was used to describe the effect of RBC agglomera-
ion for γ̇ less than 1000 (γ̇ ≤ 300):

= 1.5γ̇
0.058697 (15)

Except for the shape factor of RBCs in γ̇ less than 1000,
he shape factor of RBCs and leukocytes for computing the
rag force was assumed to be spherical without the agglom-
ration, that is, φ = 1. For β between a RBC and leukocyte,

he Reynolds number is given by

ep = εRBCρRBCdleukocyte
∣∣�vRBC − �vleukocyte

∣∣ φ

εRBCμRBC + εleukocyteμleukocyte
(16)

m
e
i
c

ig. 3. Comparison of the computed velocity and the measured velocity [21] for 1% h
n water (ρ = 1.0 g/cm3, μ = 0.01 P) in the case 1: (a) velocity contours for Re = 12.2
c) velocity for PQ line through vortex center of (a), and (d) velocity for PQ line t
ased on the upstream tube diameter (D1) and the upstream mean velocity (Umean).
ing & Physics 30 (2008) 91–103 95

The coupling between the momentum equation (Eq. (4))
or the three phases is made explicitly by six drag terms. The
um of the drag forces for Eq. (4) is zero [12].

Two external forces of virtual mass and shear lift forces
or the fluid–particle interaction were relatively small com-
ared with the drag forces [20]. In this simulation, we adopted
oth models that were used in our previous work [20]. Other
xternal forces such as electrical force were neglected.

.4. Numerical approach

To obtain the numerical solution of nonlinear-coupled par-
ial differential equations given above with appropriate initial
nd boundary conditions, we used the commercial code FLU-
NT 6.1 [10], which uses a multiphase 3D Eulerian–Eulerian
odel. The numerical solution method uses an implicit,
nite-volume, unstructured mesh, staggered grid arrange-

ent. A volume fraction correction equation in the continuity

quations was used for the numerical convergence. The max-
mum residual was 10−3 for flow systems on a personal
omputer with 3.2 GHz processor. The mass flux at the inlet

ardened human red cells (dp = 7.5 �m, ρ = 1.13 g/cm3) by volume suspended
and Ui = 7.57 cm/s, (b) velocity contours for Re = 37.8 and Ui = 23.3 cm/s,

hrough vortex center of (b). Reynolds number (Re = ρmixUmeanD1/μmix) is
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nd the outlet was matched within the range of 10−9 for all
imulation cases.

Multiphase CFD models generally have been validated
y comparing calculated results with the measured data for
patial and temporal velocities and concentrations obtained
rom experimental techniques [12,18,22]. The current CFD
odels with the non-Newtonian shear-thinning model were

nitially validated for a neutrally buoyant dense suspension
ow and the application of blood flows [19]. Computational
esults compared favorably with available experimental data
n cases 1 and 2.

The boundary conditions for zero slip velocity at rigid

alls were employed for each phase in the simulations. For

nitial conditions, the velocities were set to zero. More spec-
fied physics models of the non-Newtonian shear-thinning
iscosity, the transient inlet-mixture velocity waveforms, the

w
t
v
v

ig. 4. Comparison of driving forces (Eqs. (9) and (15)) determining the distribu
lasma (ρ = 1.02 g/cm3, μ = 0.02 P) of the case 2 (Ui = 11 cm/s). Computational sim
ith both Eqs. (9) and (15) for the effect of RBC agglomeration at low shear rates.

n (a). The color indicates the RBC volume fraction and WSS. The direction for gra
ing & Physics 30 (2008) 91–103

ift force, and the drag force were programmed into the FLU-
NT code as individual subroutines. All simulations were
arried out in the 3D computational domain.

. Results

We applied our multiphase CFD model including the con-
titutive relations in order to estimate the hemodynamics and
istributions of blood elements in disturbed flow regions. As
xpected, the two-phase dilute flow simulation (case 1) of
ardened human red cells in steady-state condition agreed

ell with experimental results [21] in the vortex forma-

ions, reattachment points, and velocity profiles (Fig. 3). The
elocities on the PQ line of the cross section through the
ortex center showed the best match to the measured veloc-

tion of 45% RBCs (dp = 8.2 �m, ρ = 1.10 g/cm3) by volume suspended in
ulations (a) and (b) without Eqs. (9) and (15), (c) with only Eq. (9), and (d)
The cross sections of (b)–(d) were obtained from the A–A′ slice indicated
vity is negative Z.
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Table 1
Comparison of computational (Fig. 3a and b) and experimental [21] particle velocity magnitude (mm/s) in vortex regions

Location Re = 12.2 Re = 37.8

Experiment Computation Experiment Computation

O 0.54 0.92 2.44 5.17
A 0.64 0.36 3.59 3.88
B 0.36 0.26 3.03 1.41
C 1.46 0.82 6.93 4.05
D 11.8 13.7 94.1 92.1
E
F
G

i
b
T

(
E
s
w
t

a
t
i
i
o

0.3 0.27
3.3 2.61

48.6 50.97

ties. The velocities at all points indicated in Fig. 3a and
agreed within the same order of magnitude, as shown in

able 1.
We also studied two-phase concentrated flow behavior

case 2) with 45% RBCs suspended in plasma. Two terms,

qs. (9) and (15), added to determine driving force at low
hear rates, were estimated at the same condition (Fig. 4),
here the inlet velocity (Ui) was 11 cm/s. The primary vor-

ices formed close to the wall of A–A′ slice. There were

s
f
o
p

Fig. 5. Computed (a) RBC volume fraction and (b) WS
0.84 1.29
0.95 3.73

272 283

lso tiny secondary vortices (points B and B′) with rela-
ive lower RBC volume fraction. The secondary ones moved
nward along the wall of the A–A′ slice with the decrease of
nlet velocity (Ui). The relative higher RBC volume fraction
ccurred around the reattachment regions (L) of the down-

tream tube wall, as also predicted in dilute flow (Fig. 3) and
ound in the in vitro experimental results [8,30]. The thin layer
f the relative higher plasma volume fraction (red cell poor-
lasma region) was predicted near the wall of the upstream

S with the increased inlet velocities in case 2.
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ube, as observed in experiments of blood flow through small
ertical tubes [6].

With the non-Newtonian viscosity model (Eq. (7)) having
he parameters of Eq. (9) at low shear rates (Fig. 4c), the
BC volume fraction in the secondary vortex region forming
ring type on the wall of A–A′ slice decreased from 0.27 to
.2. The RBC volume fraction in the edge of the slice, on the
ther hand, increased to 0.75 and then decreased to near the
.45 by adding the effect of the shape factor (Eq. (15)) for
rag forces (Fig. 4d). The WSS of Fig. 4c slightly decreased
n the region of the secondary vortex when compared with
ther cases (Fig. 4b and d).

We also estimated the effect of the inlet velocity (Ui) in
he CFD model including both Eqs. (7) and (15) (Fig. 5).

ith the increase of the inlet velocity (Ui), the secondary
ortex moved outward along the wall of the A–A′ slice and
hen stayed at the corner between the edge of the slice and the
all of the downstream tube. The lower RBC volume fraction
as computed in this corner. The computed dimensionless

eattachment distance indicated by L/H linearly increased as
function of the inlet velocity (Fig. 6a), in agreement with

xperimental results [21] within 8% error of the multiphase
FD computation, which is more accurate than the single-
hase CFD computation.

The predicted phenomena on the distribution of RBC vol-
me fraction as a function of the inlet velocity (Fig. 5a)
howed a trend similar to the behavior captured by photomi-
rographs in experiments [21], in which RBCs were observed
o migrate out of the vortex. The WSS was lower in the reat-
achment regions and at the corner of the expansion enclosed
y the larger primary annular vortex and the wall (Fig. 5b).
he dimensionless axial distance to the vortex center (Z0/H)

inearly increased as a function of the inlet velocity (Fig. 6b).
he dimensionless radial distance to the vortex center (Y0/H)
onverged to 0.57 as a function of the inlet velocity (Fig. 6b).
oth distances were calculated from the multiphase CFD
omputation.

The migration behavior of blood cell in the vortex of the
isturbed flow regions was estimated from hemodynamics
Fig. 7) obtained from the PQ line through the vortex cen-
er, as shown in Fig. 3. The velocity distributions showed
parabolic profile with 45% RBCs by volume in the core
egion of expansion. On the other hand, they showed a circu-
ating flow with the vortex formation due to reverse flow in
he annular region of expansion, in which low velocity (i.e.,

c
T
d
(

able 2
omparison of hemodynamic values averaged for a cardiac cycle (0.735 s) in the p

Point 1 Point 2

SSa (N/m2) 2.82 1.98
BCb (%) 17.33 23.11
eukocyteb (%) −2.60 5.40
iscositya (Kg/m-s) 0.0039 0.0047

old values signify maximum hemodynamic value.
a Total mixture value is volume-fraction-averaged value.
b % value = ((A − A0)/A0) × 100, A: hemodynamic value; A0: initial hemodynami
ig. 6. Comparison of (a) the reattachment point (L) and (b) axial and radial
istance to the vortex center in steady-state flow as a function of inlet velocity
Ui) in case 2.

ow shear rate) exists with high RBC viscosity. In the case of
.24 cm/s, RBC viscosity in the vortex region increased when
ompared with other inlet velocities as a result of the effect
f Eqs. (9) and (15) at the low shear rate and the high RBC
olume fraction. The RBC volume fraction was depleted in
he vortex center of the annular region.

Three-phase concentrated flow behavior of blood (case 3)
ncluding 0.5% leukocytes by volume was studied at the same

onfiguration with a pulsatile inlet velocity profile (Fig. 8).
he inlet velocity was a sine function periodic with a car-
iac cycle time (t0) of 1 s and an average velocity of 55 cm/s
Fig. 1c). The segregation of blood elements was described

oints of Fig. 10

Point 3-1 Point 3-2 Point 4

1.21 0.55 0.67
22.67 11.78 −1.11
7.20 3.60 2.80
0.0059 0.0064 0.0041

c value; A0 for RBC: 0.45; A0 for leukocyte: 0.005.
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ig. 7. Hemodynamic factors obtained from the PQ line through vortex cen
aried with the inlet velocity.

s their distribution indicated by volume fraction averaged

or a 1 s period. The leukocytes were trapped in the vortex
egions, especially in the tiny secondary vortex, in which a
ower RBC concentration was computed, as observed also by
xperiments [21].

w
T
p
F

ig. 8. Comparison of distributions of blood elements predicted from the three-p
eukocytes (dp = 18 �m, ρ = 1.064 g/cm3) by initial volume of case 3. The color i
veraged for t = 1 s, where the inlet velocity of the sine function is periodic with per
own in Fig. 3, with the different inlet velocities (Ui) in case 2. The PQ line

Similar calculations were done for a realistic human RCA

ith nonuniform geometry varied along the length (case 4).
he inlet velocity was a pulsatile flow with the cardiac cycle
eriod of 0.735 s, as described in Jung et al. [20] and shown in
ig. 1e. A quasi-steady-state condition was established after a

hase CFD simulation consisting of 54.5% plasma, 45% RBCs, and 0.5%
ndicates the volume fractions of RBCs and leukocytes. The values were
iod 2πt/t0 (t0 = 1 s) and magnitude of 25 cm/s.
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Fig. 9. Quasi-steady state conditions for the three-phase simulation in the
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ardiac cycle time of 14 s (Fig. 9). This state occurred because
f the limit cycle behavior of slowly established leukocyte
uildup. The maximum curvature having a tortuous reduction
rea (Fig. 10), like stenosis, was compared with the sudden
xpansion geometry in the 3D in vitro tubular flow system
escribed in cases 2 and 3. Typical leukocyte concentration
nd WSS versus cardiac cycle time at the two points in Fig. 10
re presented (Fig. 11). The hemodynamic values averaged
or a cardiac period of 0.735 s are given in Table 2. High WSS
nd the lowest leukocyte volume fraction were predicted at
he reduction area of the maximum curvature on the inside
CA curvature, namely, the stenosis region. Depending on

he distance from this region to the upstream and downstream
egions, the middle WSS corresponded with the highest RBC
nd leukocyte volume fractions. Relatively low WSS cor-
elated with high leukocyte volume fraction was predicted
ownstream and upstream of this curvature, in which leuko-

yte segregation due to RBCs interactions was observed.
igh leukocyte depositions were generally predicted at the

everse pressure gradient over the flow direction. High viscos-

realistic RCA (case 4). RBC and leukocyte volume fraction were obtained
at a point of maximum curvature indicated in Fig. 1d.

ig. 10. Snap shot of hemodynamic factors at the diastole in the maximum curvature of the RCA [20] indicated by a circle (Fig. 1d): (1) point with highest
SS, (2) point of maximum RBC buildup, (3-1) point of upstream and maximum leukocyte buildup, (3-2) point of upstream, and (4) point of downstream.

Fig. 11. Temporal variations of the leukocyte and the WSS upstream (3-1) and downstream (4) indicated in Fig. 10.
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ty was also predicted upstream, where RBC and leukocyte
oncentrations are higher than those downstream.

. Discussion and conclusions

A critical review of the biomedical literature shows that
ingle-phase CFD models, which treat blood as a homoge-
eous fluid, cannot provide the information on hemodynamic
actors needed to quantify the interactive effects and the
patial distribution of particulate matter. In the computational
odeling including blood cells, the interactions between
BCs and leukocytes were analyzed by using a 2D lattice
oltzmann approach in a capillary tube [34]. RBC defor-
ation and hydrodynamic interactions were investigated by

sing adaptive computational meshes in intermediate-sized
icrovessels [7]. However, those approaches for modeling

ndividual particle motion are limited to simple geometry
nd few blood cell counts. Because of the significant amount
f computing time required, they are not currently applicable
o large-scale vascular geometries of the flow comprising a
onsiderable number of closely spaced blood cells [24].

A particle trajectory model considering particle–wall
nteractions was suggested for large-scale vascular geome-
ries, as an image-based CFD model [24]. For dilute flow,
he dominant forces proved to be the drag and pressure
radient terms; other contributions were negligible. The
odel indicated the probability of blood particle deposition

n femoral bypass graft anastomosis. However, the model
as limited to dilute flow of a relatively small number of

ells (less than 50,000 particles) compared with whole blood
ells (109 cells/ml for RBC). The influence of RBCs on the
onocyte trajectories was treated by a dispersion coefficient.

n this case, the effect of RBC interactions could not be
orrectly estimated for whole blood of the concentrated
uspension shear flow.

An image-based multiphase non-Newtonian CFD model
ncluding RBCs was suggested to test the underlying
ypotheses of local hemodynamics for blood flow using the
oncept of local mean variables [19,20]. This approach does
ot require dispersion coefficients as an input. Local vol-
me fraction and flow patterns for each blood elements were
omputed. The dominant driving forces proved to be the
article–particle interaction and the fluid–particle interac-
ion, especially drag terms [20]. Two terms, Eqs. (9) and (15),
dded in both driving forces were used to describe the distri-
ution of blood elements resulting from RBC agglomeration
t low shear rates (Fig. 4). The added shape factor is simi-
ar to a correction to the drag due to the presence of other
articles in fluid [12]. This factor controls high packing of
lood cells at low shear rates, which may cause divergence
n the numerical simulation, as shown in the effect due to

nterparticle pressure or the radial distribution function.

In a comparison of the dilute flow and the concentrated
ow including only one particle size (Figs. 3 and 5), the
ehavior of blood cells showed similar hemodynamic trends

s
i
p
d

ing & Physics 30 (2008) 91–103 101

n vortex formation, deposition of blood cells to the reat-
achment wall region, and WSS in disturbed flow regions,
xcept for exact positions and numerical values. In the dilute
ow, the trends were computed from the particle trajectory
odel [15,23] and the multiphase model [17] for large-scale

ystems, as observed in 3D in vivo tubular experiments [14].
When including two different particle sizes of RBCs

nd leukocytes suspended in plasma, the distribution of
lood cells can be varied because of the driving forces
etween phases in pulsatile flow. In contrast to the behavior
f cells of single particle size, leukocytes that are of larger
article size in nonhomogeneous blood flow moved to the
iny secondary vortex depending on the geometry and inlet
elocity, resulting in a computed high volume fraction of
eukocytes (Fig. 8). The distributions predicted in this study,
ompared to the behavior of RBC aggregates or latex spheres
arger than a single RBC in diameter, remained within the
ortex, as observed in the expansion flow [21].

Application of three-phase hemodynamic analysis to a
ealistic RCA (Fig. 10) predicted the relation between geom-
try and flow hemodynamics, even in the absence of a model
or biochemical interactions between blood cells and vascu-
ar surface. The distributions (segregation) of blood elements,

SS, and pressure in such complex helical flows with mul-
iple 3D curvatures can be due to the differences in blood
ell size and density, interactions between blood cells, and
nlet velocity of pulsatile flow. The transitional behavior of
BC and leukocyte depending on the WSS were calculated

Fig. 10 and Table 2). Relatively low WSS with high leuko-
yte volume fraction occur downstream and upstream of
he maximum curvature, while the highest WSS was found
t plaque location with lowest leukocyte volume fraction.
eukocyte concentration was varied by RBC dispersion and
SS distribution in such a region. The disturbed flow was

alculated near the curvature with tortuous reduction area
20], similar to those shown in Figs. 5–7. The scientific lit-
rature [25,35,36] indicates that the endothelium is more
asily penetrated by the leukocytes and proteins with the pro-
onged residence time due to vortex formation in the flow
eparation region. The relationship between shear stress and
hase distribution is an important determinant of regional
therosclerosis and subsequent plaque progression, whereas
igh tensile stress (pressure/area) upstream near the high-
st WSS (Fig. 10, point 1) is the major determinant of
laque rupture. The results of our study provide a mechanis-
ic insight into the behavior of different blood particles with

SS and tend to support recent clinical conclusions [9,33,37]
egarding the progress of atherosclerosis. Considering minor
bstruction on the curvature of artery, this multiphase model
ffers great promise in helping scientists understand how cur-
ent hemodynamic environments lead to the creation of a new
emodynamic environment that, in turn, leads to the progres-

ion of rupture-prone vulnerable plaque. With cardiovascular
maging tests such as intravascular ultrasonography, com-
uted tomography, and magnetic resonance imaging used to
etect the composition of atherosclerotic plaque [32], this
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omputational technique may become an important tool to
dvance our knowledge of intravascular hemodynamics in
rtery disease development and progression.

Before this computational technique is directly applied
o human RCA with tapering and bifurcations, further
linical, experimental, and computational work will be
ecessary to test the suggested hypothesis. The limitations
f this computational approach include the exclusion of the
eformability and variations in shape of blood constituents
hat can affect particle–particle interactions. Wall motion and
lectrical force may affect blood particle distributions near
he vascular wall. Other limitation is the lack of a detailed
escription capturing the individual blood particle behavior
n microscopic regions near the vascular wall, including
eukocyte rolling, biochemical bonding, and penetration
o the wall. Nevertheless, the three-phase model does
ffer hemodynamic insight into how leukocytes with RBC
ispersion migrate to the low WSS region, rather than to
he high WSS region. In future studies, the model combined
ith mass transfer such as oxygen and carbon dioxide will
e used to predict the effect of oxygen contributing to the
rogress of atherosclerotic plaque [21].

In this study, we have presented a model that describes
three-phase non-Newtonian concentrated flow of blood

pplied to a wide physiological range of hematocrits, includ-
ng low shear rates. The CFD simulation predicted the
igration and segregation of leukocytes to specific vascu-

ar sites, in particular the secondary vortex, which correlates
ith relatively low WSS because of the flow- and geometry-
ependent interactions with RBCs in pulsatile flow. Such
rediction is possible only with a three-phase flow model
ncluding RBCs. This hemodynamic study combined with

edical imaging research will advance our understanding
n arterial plaque progression that is able to guide therapy
f the vulnerable plaque. Multiphase CFD simulations may
ive further insight into the hemodynamic characteristics of
uch vulnerable plaque and vascular remodeling in the human
lood vessels under in vivo complex flow conditions.
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