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Abstract—Direct targeting of solid tumors with chemother-
apeutic drugs and/or radioactive microspheres can be a
treatment option which minimizes side-effects and reduces
cost. Briefly, computational analysis generates particle
release maps (PRMs) which visually link upstream particle
injection regions in the main artery with associated exit
branches, some connected to tumors. The overall goal is to
compute patient-specific PRMs realistically, accurately, and
cost-effectively, which determines the suitable radial place-
ment of a micro-catheter for optimal particle injection.
Focusing in this paper on new steps towards realism and
accuracy, the impact of fluid–structure interaction on direct
drug-targeting is evaluated, using a representative hepatic
artery system with liver tumor as a test bed. Specifically, the
effect of arterial wall motion was demonstrated by modeling
a two-way fluid–structure interaction analysis with Lagrang-
ian particle tracking in the bifurcating arterial system.
Clearly, rapid computational evaluation of optimal catheter
location for tumor-targeting in a clinical application is very
important. Hence, rigid-wall cases were also compared to the
flexible scenario to establish whether PRMs generated when
based on simplifying assumptions could provide adequate
guidance towards ideal catheter placement. It was found that
the best rigid (i.e., time-averaged) geometry is the physio-
logical one that occurs during the diastolic targeting interval.

Keywords—Optimal tumor-targeting, Drug particles, Fluid–

particle dynamics, Fluid–structure interaction, Rigid-wall

assumption.

INTRODUCTION

Local intra-arterial administration of therapeutic
agents (such as chemotherapeutic drugs, multifunc-
tional nanoparticles, or radioactive microspheres) is a
promising technique for the treatment of unresectable
solid tumors, particularly for those found in the liver.
Ideally, direct injection into tumor-supplying arteries is
desired in this approach to allow for maximum drug
dosage with minimal side-effects. However, given the
difficulties in advancing the drug-infusion catheter di-
rectly to the target site (for example, due to a vessel’s
small diameter or high degree of tortuosity), direct
injection is often not feasible. Thus, the potential for
aberrant drug deposition, which can result in severe
side-effects and diminished treatment effectiveness, re-
mains.

To address this problem, a patented, direct tumor-
targeting methodology has been developed in which
precise catheter location (i.e., radial positioning in the
arterial particle-injection plane) as well as particle
velocity and infusion interval allows for the drugs to be
carried by the blood flow directly to the target site.10

These conditions can be determined via computational
simulations which predict the fluid–particle dynamics
in a given arterial system. Specifically, tens-of-thou-
sands of particles are randomly infused over the entire
arterial inlet plane and tracked through the modeled
system. Via a method of backtracking along the par-
ticle trajectories, a patient-specific particle release map
(PRM) is generated, which visually links particle
injection regions with associated exit branches, some
potentially connected to tumors. Such PRMs then
determine radial catheter positions to achieve optimal
targeting. A Computational Medical Management
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Program (CMMP) has been proposed to implement
this targeting methodology into clinical practice. This
three-stage program can be executed as follows:
(1) patient evaluation; (2) computer modeling; and
(3) clinical implementation. The first stage includes
classification of the tumor, determination of the best
treatment route, and collection of the patient’s geom-
etry and flow conditions. In the second stage, compu-
tational analyses, which use the truncated geometry
and boundary conditions from the first stage, are
performed to determine the PRMs and optimal tar-
geting conditions. In the final stage, optimal catheter
positioning and injection is achieved using a proposed
Smart Micro-Catheter (SMC) and Medicine Supply
Apparatus (MSA).

Several computational simulations and experimen-
tal bench-top tests have demonstrated this approach in
a representative hepatic artery system.2,3,5,9,11,16 While
providing an initial proof-of-concept, all of these
studies assumed rigid arterial walls. Given their
increasing stiffness in the physiological pressure range
and with a patient’s age, this may be an adequate
simplification; however, this assumption has yet to be
validated. Thus, this study models fluid–structure
interaction (FSI) and blood-particle transport in a
representative hepatic artery system (see Fig. 1) to
explore the impact of arterial wall motion on the

feasibility of direct microparticle targeting to a prede-
termined daughter branch connected to a solid tumor.

METHODS

To demonstrate the impact of arterial wall motion
on the feasibility of direct microsphere targeting, two-
way FSI with Lagrangian particle tracking was mod-
eled in a representative hepatic artery system, and
PRMs were generated and analyzed throughout the
cardiac pulse. Two rigid-wall cases at the approximate
diastolic and time-averaged geometries were also
compared to this flexible-wall scenario to determine
whether PRMs generated using the rigid-wall
assumption could provide adequate guidance towards
best catheter placement.

The two-way FSI analysis was accomplished using
the ANSYS� MFX Multi-field solver which coupled
the fluid code, ANSYS� CFX�, with the structural
code, ANSYS� MechanicalTM, via a routine in which
the individual solvers successively computed and pas-
sed information (i.e., displacements and forces) across
the fluid–solid interface until convergence was
achieved within each time step. For the rigid-wall
cases, only the fluid solver, ANSYS� CFX�, was
required. The following sections summarize the meth-
ods used to perform these analyses.

Representative Hepatic Artery System

The representative hepatic artery system, whose
dimensions were prescribed using population-averaged
values, consists of the common hepatic artery (CHA),
gastroduodenal artery (GDA), proper hepatic artery
(PHA), left and right hepatic arteries (LHA and RHA,
respectively), and four daughter branches bifurcating
from the LHA and RHA (D1–D4), as illustrated in
Fig. 1a. The GDA, which leads to the gastrointestinal
(GI) tract, was included in this system to model a worst
case scenario in which the catheter cannot be advanced
past the GDA bifurcation. For the FSI and fluid–
particle analyses, symmetry was assumed along the z–x
plane in order to reduce the computational expense.
Also, because patient-specific geometries obtained
from in vivo imaging are already in a pressurized state,
this system was assumed to be around the diastolic
minimum pressure.

To generate the structural domain, a uniform wall
thickness of 0.378 mm was extruded outward from the
lumen wall. This thickness assumed negligible adven-
titia thickness and was obtained by using the mea-
surements of Hirokawa et al.7 who found the average
thicknesses of the intima and media of 57 hepatic
arteries from 36 human cadavers to be 120 and
258 lm, respectively.
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FIGURE 1. (a) Representative hepatic artery system and (b)
associated physiological inlet flow and outlet pressure
waveforms. The colors at each outlet in (a) correspond to their
injection region in the PRM.
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Governing Equations

Fluid Transport

For transient, incompressible fluid flow under iso-
thermal conditions, the mass and momentum conser-
vation equations are:

@ui
@xi
¼ 0; ð1Þ

q
@ui
@t
þ @ujui

@xj

� �
¼� @p

@xi
þ qgiþ

@

@xj
g _cð Þ @ui

@xj
þ @uj
@xi

� �� �
;

ð2Þ

where ui is the velocity vector, xi is the spatial vector,
p is the pressure, q is the fluid density, gi is the gravita-
tional acceleration vector, and g _cð Þ is the fluid dynamic
viscosity as a function of the shear rate. To account for
the fluid–structure interface motion, the transient terms
in the conservation equations require differentiation of
integrals whose integrand and limits are functions of
time. Using the Leibniz theorem where Wj is the velocity
of the control volume boundary, the mass and momen-
tum conservation equations (in integral form) respec-
tively become1: Z

CS

uj �Wj
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Blood can be sufficiently modeled with a constant
density (1060 kg m23) and a non-Newtonian shear-
thinning viscosity. Here, a simplified Quemada vis-
cosity model was used in the form:

g _cð Þ ¼ max l0;
ffiffiffiffiffiffi
g1
p þ

ffiffiffiffiffi
s0
p
ffiffiffi
k
p
þ

ffiffiffi
_c
p

� �2
" #

;

where l0 (minimum viscosity) is 0.03090 g cm21 s21,
g1 (asymptotic viscosity) is 0.02654 g cm21 s21, s0
(apparent yield stress) is 0.04360 g cm21 s21, k (shear
stress modifier) is 0.02181 s21, and _c is the shear rate.4

Particle Transport

Particle transport was modeled with the Lagrangian
particle tracking approach which employs the conser-
vation of momentum (i.e., the particle’s time rate of
change of linear momentum is balanced by the forces
acting on the particle):

mp
dupi
dt
¼
X

Fp
i ; ð5Þ

where mp is the particle’s mass, upi is the velocity vector
of the particle, and Fp

i is a force vector acting on the
particle. Here, the only forces acting on the particle
were assumed to be the drag force and the pressure
gradient force. Based on the assumption of dilute
particle suspensions, only one-way fluid–particle cou-
pling was modeled. At the walls, the interaction was
assumed to be purely elastic. Thus, the parallel and
perpendicular restitution coefficients were both set to
one in all simulations. To mimic the radioembolization
procedure, the injected microspheres were modeled
after one of two commercially available radioactive
microspheres on the market. Specifically, they have a
density of 1600 kg m23 and a maximum, average, and
minimum diameter of 60, 32, and 20 lm, respectively,
with a standard deviation of 10 lm.

Structural Dynamics

The vessel wall motion was modeled using the
conservation of momentum:

qwall

@2ûi
@t2
¼ @rji

@xj
þ fi; ð6Þ

where qwall is the vessel wall density, ûi is the displace-
ment vector for the vessel wall, rji is the mechanical
stress tensor, and fi are body force vectors. Due to the
physiological pressures and the distensibility of the
vessel walls, the structure can undergo large strains.
Hence, large deformation analysis was employed.

For the simulation of vessel-wall response, the re-
sults of recent inflation tests on swine and human ca-
daver hepatic arteries were utilized.6,13 As revealed by
these tests, the hepatic arteries can exhibit about a 20%
diameter increase in the physiological pressure range
(around 75–170 mmHg)6 as well as stiffening with
increasing loads.6,13 This is mostly due to their elastin
and collagen content and structure. In studying iliac
arteries, Roach and Burton17 concluded that this
behavior was attributed to the continuous stretch and
recruitment of initially wavy collagen fibers.

To model this hyperelastic response, the 2nd order
Yeoh model (i.e., 2nd-order reduced polynomial
model) was employed:

w ¼ a I1 � 3ð Þ þ b I1 � 3ð Þ2; ð7Þ

where I1 is the first invariant of the left Cauchy–Green
deformation tensor, and a and b are the material
constants. This model is commonly used for abdominal
aortic aneurysm modeling15 and is a convenient choice
for the current study. Here, the material constants were
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determined using the swine hepatic artery pressure–
diameter data of He et al.,6 due to the limited data
available on human hepatic arteries. Given their
comparable response, as demonstrated in Li et al.,13

this approximation was deemed acceptable (see
Fig. 2a). Furthermore, while arteries often exhibit an
anisotropic response, isotropy was assumed due to the
lack of available bi- or multi-axial tensile test data.

For arteries in which only pressure–diameter data
are available, the analytical pressure–radius relation-
ship of a flexible, thick-walled cylinder can be used to
estimate the elastic properties. Derived from the equi-
librium equation and neglecting body forces,8 this
relation can be written as:

pi ¼
Zr0
ri

rhh � rrrð Þ dr
r
; ð8Þ

where rhh is the circumferential stress, rrr is the radial
stress, ri is the deformed internal radius, ro is the de-

formed outer radius, r ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
R2 � R2

i þ r2i

q
(if kz ¼ 1 and

there are no residual stresses), R is the un-deformed
radius, and Ri is the un-deformed internal radius.
Neglecting residual stresses, the difference in the cir-
cumferential and radial stresses for a 2nd order Yeoh
material is given as:

rhh � rrr ¼ 2aþ 4b
R
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After substituting Eq. (9) into Eq. (8) and convert-
ing the integral such that it depends on the reference
radii rather than the deformed radii, the pressure–
radius relation becomes:

pi¼
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Using a MATLAB routine, this relation was
numerically integrated, and the pressure was solved at
various deformed radii. The material constants, a and
b, were estimated by comparing the model pressure–
diameter relation to the experimental pressure–diame-
ter data. Assuming the given hepatic artery system to be
at its diastolic state, the approximate diastolic pressure
was subtracted from the actual pressure before being
applied to the wall. Thus, the model was fit to the data
ranging from 9 to 27 kPa (67.5–202.5 mmHg) by
shifting the pressure–diameter data by 9 kPa along the
pressure axis before curve fitting. The resulting a and b
values were 0.043 and 0.1 MPa, respectively. Figure 2b
illustrates the fit for pressures above 72.18 mmHg (i.e.,
the estimated diastolic pressure in the representative
hepatic arteries). The density and Poisson ratio were set
to typical values of 1120 kg m23 and 0.45, respectively.

Boundary Conditions

For the present representative hepatic artery system,
population-averaged flow rates and distributions as
well as a patient’s pressure waveform were used to
approximate the physiological flow conditions (see
Basciano2 for details). At the inlet a parabolic velocity
profile was assumed, while at the outlets the two or
three-element Windkessel (WK2 and WK3) models
were employed to prevent un-physiological wave
reflections for the flexible case. The WK3 model relates
the pressure and flow rate via the differential equation:

dP

dt
þ P

CRd
¼ Rp

dQ

dt
þ 1

C
1þ Rp

Rd

� �
Q; ð11Þ

where P is the pressure, Q is the flow rate, t is the time,
Rp is the proximal resistance, Rd is the distal resistance,
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FIGURE 2. (a) Comparison of swine and human incremental
elastic modulus vs. pressure6,13; (b) second-order Yeoh
model fit to swine hepatic artery diameter-pressure data6 in
the physiological pressure range.
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and C is the capacitance. The time derivative of the
flow rate can be approximated by the first order,
backward difference approximation, and Eq. (11) was
discretized by the forward Euler method:

Pi � Pi�1 þ Dt Rp
Qi�1 �Qi�2

Dt

� �
þ 1

C
1þ Rp

Rd

� �
Qi�1

�

� Pi�1
CRd

�
: ð12Þ

To obtain the WK2 model, Rp is set to zero.
The Windkessel parameters (resistances and capac-

itance) were adjusted such that the inlet flow rate and
outlet pressures matched the realistic waveforms given
in Fig. 1b and were consistent between the flexible and
rigid cases. The best parameters (provided in Table 1)
resulted in WK2 models at the outlets. For the
remaining fluid boundaries, the wall was set as the
fluid–solid interface while the z–x plane was prescribed
as the symmetry plane. For the structural domain
(vessel wall), the daughter vessel outlet planes were
fixed in all degrees of freedom while the inlet and
symmetry planes were fixed in the normal direction.
For the GDA outlet plane, rotations were fixed as well
as motion in the normal direction. The vessel inner
wall was set as the fluid–solid interface while the outer
wall remained free. Finally, the inner curve of the
CHA–PHA vessels was fixed to prevent un-physio-
logical translation of the artery. For the rigid cases, the
flow and pressure waveforms of Fig. 1b were directly
prescribed at the inlet and outlet boundaries, and the
no velocity slip condition was assumed on the walls.

In all, three cases were run: (1) flexible, (2) rigid-
diastolic (rigid walls at the approximate diastolic
geometry), and (3) rigid-time-averaged (rigid walls at
the approximate time-averaged pressure geometry).
Two pulses were modeled to achieve pulsatile inde-
pendence, and particles were uniformly released across
the inlet plane at a rate of 50,000 particles per second
in the third pulse. One additional pulse was simulated
to allow a majority of the particles to exit the domain.

Model Validation

To validate the FSI model setup and computations,
a two-way FSI analysis mimicking the experimental

study of Kung et al.12 was performed (Figs. 3 and 4).
In this study, fluid flow in a deformable, straight tube
having a diameter of 2 cm, a wall thickness of 0.08 cm,
and a length of 25 cm was modeled (see Fig. 3a). The
deformable wall was made of silicone, and the fluid
was a 40% glycerol solution with 0.5% gadolinium
and a viscosity of 0.0461 poise. A pulsatile flow rate,
given in Fig. 3a, was applied at the inlet using a pul-
satile pump while a four-element Windkessel module,
which was constructed using capillary tubes and trap-
ped air in a Plexiglas box, was imposed at the outlet to
achieve physiological flow rates and pressures.

In the numerical simulation, axisymmetry was
assumed and, thus, only half of the geometry was
analyzed. The density and Poisson ratio of the silicone
wall were set to typical values for blood vessels, i.e.,
1120 kg m23 and 0.45, respectively, while the density
of the glycerol solution was set to a typical value for
blood, i.e., 1050 kg m23. The elastic modulus of the
silicone tube was determined by numerically modeling
the static inflation tests and adjusting the modulus to
achieve an adequate fit with the experimental pressure–
diameter data. This resulted in a modulus of 1.6 MPa,
as demonstrated in Fig. 3b. At the fluid inlet, a uni-
form velocity was imposed using the measured inlet
flow rate waveform from the experiment while a 3-
element Windkessel (WK3) model was imposed at the
outlet. The resistances and capacitance for this model
were obtained by fitting Eq. (11) to the measured outlet
flow rate and pressure in Kung et al.12 The best fit
produced: Rp = 2.843 9 107 Pa s m23, Rd =

3.844 9 108 Pa s m23, and C = 1.384 9 1029 m3 Pa21.
Finally, the wall was set as the fluid–solid interface, and
the remaining faces were prescribed as symmetry planes.
For the vessel wall (structure), both ends (inlet and
outlet) were fixed in all degrees of freedom while sym-
metry conditions were prescribed on the symmetry
planes. The outer boundary of the vessel wall was set to
be free while the inner wall was set as the fluid–solid
interface. Finally, while the vessel’s bottom edge was
further constrained in the experiment to mimic the spine,
this was found to have little effect on the results. Thus,
for computational reasons, this constraint was excluded
in the final results.

Figure 4a demonstrates the good agreement between
the flow rate and pressure at the center cross-section, L2,
of the 25 cm long tube (see Fig. 3 for L2 position) of the
experimental and numerical results. Further, Fig. 4b
demonstrates that the numerical simulation was able to
model the increasing flow rates and decreasing pressures
along the length of the vessel. Lastly, Fig. 4c compares
the maximum total mesh displacement of the inner wall
over time to the L2 pressure waveform. This demon-
strates that the wall displacement follows the pressure
waveform and shows that the diameter changes by as

TABLE 1. WK2 parameters for the representative hepatic
artery system.

Outlet Rd (Pa s cm23) C (cm3 Pa21)

GDA 5114.3 7.249e26

D1 12,425 4.463e26

D2 16,612 3.156e26

D3 11,789 4.390e26

D4 13,688 4.131e26
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much as 3.1 mm at maximum systole from the unde-
formed state. Given these results, this analysis demon-
strates that the applied methods are able to adequately
model two-way, FSI in a deformable vessel.

Mesh Generation

Mesh independence tests were separately run in the
fluid and solid domains of the representative hepatic
artery system. For the fluid domain, tetrahedral ele-
ments were utilized with inflation layers near the wall
to capture the steep velocity gradients in this region.
Steady velocity contours and PRMs were compared
for three mesh refinements (coarse: 610,346 elements;
intermediate: 1,335,280; fine: 2,223,159). The inter-
mediate mesh demonstrated little difference with the
next refined mesh (i.e., the fine mesh); thus, this mesh
was chosen for the fluid analyses due to its adequate
compromise between accuracy and efficiency. For the
structural domain, a hex-dominant mesh was em-
ployed. Here, static pressure tests were run in two
mesh refinements (0.5 vs. 0.25 mm maximum element
size). The difference between the maximum displace-
ments for these two mesh sizes was less than 1%.
Thus, the larger element sizing was used. The final
structural mesh consisted of 6,556 elements and 27,216
nodes.

Convergence and Computer Resources

For the fluid flow, the solution was considered to be
converged when the RMS mass and momentum resid-
uals were less than 1e25. Additionally, a conservation
target of 0.01 (1%) was set to ensure domain mass
balance. Convergence of the forces and displacements
at the interface was set to 0.01. The time step was set to
0.005 s. With these settings, the FSI case took the CPU,
having 40 GB of RAM and using 10 processors of the
3.33 GHz, dual six-core Intel Xeon X5680 processor,
approximately 3.5 days to complete, while the rigid
cases took approximately 11–14 h to complete.

RESULTS AND DISCUSSION

Arterial Wall Displacement

As demonstrated previously, the hepatic arteries can
exhibit large deformations under the physiological
pressures they bear. Using the material model esti-
mated from the measured response of swine hepatic
arteries, a two-way FSI analysis was run in a repre-
sentative hepatic artery system. Figure 5a illustrates
the inner-wall displacement of the flexible case at its
diastolic and systolic states as well as the differences in
the approximate diameters for both states. This
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diameter increase ranged from about 15% in D2 to
about 27% in the CHA. Figure 5b demonstrates how
the size of the PRM (inlet region) changes over the
cardiac pulse. Included in this figure are the approxi-
mate rigid-diastolic and rigid-time averaged inlet
diameters which remain constant. For the flexible case,
the diameter changed more drastically in intervals 1
and 2 (the first 20% of the cardiac cycle), while in the
last 60% of the cardiac cycle less rapid changes oc-
curred. Thus, targeting may be more readily achieved
during the diastolic phase. This is further demon-

strated in Figs. 5c and 5d, which are a plot of the
approximate CHA, PHA, LHA, RHA, and D1–D4
diameters over time and a comparison of the LHA
diameter and pressure over time, respectively. As ex-
pected, the change in the LHA diameter closely fol-
lowed the pressure waveform.

Blood Flow

In order to more readily compare the flexible and
rigid scenarios, the inlet flow and outlet pressure
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waveforms were kept the same, or very similar, among
the cases as demonstrated in Fig. 6a. Thus, the flow
rates or pressures at the intermediate locations were
subject to the effects of the wall motion. Comparing
the flow waveforms at the CHA, PHA, LHA, and
RHA locations, Fig. 6b demonstrates that the flexible
scenario exhibits lower flow rates in systole and higher
or equal flow rates in diastole compared to the rigid
cases. This is due to the Windkessel effect which acts to
store fluid during systole and ejects it during diastole.

Comparing the rigid cases, the flow rates in the
CHA were essentially equivalent. However, the rigid-
time averaged case exhibited higher flow rates in the
PHA compared to the rigid-diastolic case at the same
location. As a result, both the LHA and RHA flow
rates were also increased. Because the only significant
difference between the rigid cases was the geometry, it
was concluded that the expansion of the PHA and
distal arteries in the time-averaged geometry causes a
decrease in the resistance to these arteries compared to
the diastolic case. This is because the resistance is
proportional to the inverse of the radius to the fourth

power according to Poiseuille’s law. This phenomenon
is also demonstrated by the pressure differences
between the CHA and PHA for each case, as seen in
Fig. 6c. For the rigid-diastolic case, there is a larger
pressure difference between the CHA and PHA at
systole. This is because the PHA and downstream
arteries are smaller and, hence, exhibit a higher resis-
tance to flow than the other cases. At diastole, the
rigid-diastolic and flexible scenarios exhibit similar
pressure differences because the geometries are rela-
tively the same during this phase of the pulse. The
result of these different resistances is demonstrated in
Fig. 6d which illustrates the time-averaged outflow
distributions for each case. For the rigid-time averaged
scenario, the GDA outflow is decreased so that the
daughter vessel outflows increase. Despite the signifi-
cant differences between the flow-rate magnitudes
among the flexible and rigid-diastolic cases, their time-
averaged outflow distributions are quite similar due to
the specification of the WK2 parameters for the flexible
case which preserved the flow distributions of the rigid
case.
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Diastolic

ΔDCHA1 = 1.59 mm

ΔDCHA2 = 1.38 mm

ΔDCHA3 = 1.19 mm

ΔDPHA1 = 0.95 mm

ΔDPHA2 = 0.75 mm

ΔDPHA3 = 0.65 mm

ΔDLHA = 0.42 mm

ΔDD2 = 0.29 mm
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FIGURE 5. (a) Wall displacement for the FSI scenario; (b) inlet diameter changes over time (demonstrating the PRM size changes
over the cardiac cycle); (c) diameter vs. time for various locations along the vessel length (boxed measurements from (a) corre-
spond to the locations for this plot); and (d) diameter and pressure comparison for the LHA location.

E. M. CHILDRESS AND C. KLEINSTREUER468



Upon close inspection of Fig. 7, the velocity vectors
near the wall of the flexible case point in the direction
of the wall motion. Thus, when the vessel expands up
to systolic pressure, the vectors point outwards. When
the vessel contracts to diastolic pressure, the vectors
point inwards. This effect is minimized away from the
wall (i.e., towards the center of the vessel). Because this
secondary flow is quite small compared to the axial
flow, it will likely not have as much of an effect on the
particle trajectories as a change in geometric shape.
This is demonstrated by the similarities in the flow
features between the flexible and rigid scenarios. Here,
the rigid-time-averaged case better represents the flex-
ible case at systole while the rigid-diastolic case better
mimics the flexible case at diastole. So, it is expected
that use of the systolic geometry will provide an even
better match at systole. However, because this geom-
etry is only attained in a small interval of the pulse, it

would likely not provide the best approximation of the
blood and particle transport throughout the pulse.
Thus, the time-averaged geometry may be the best
compromise between the systolic and diastolic geom-
etries. In the end, this demonstrates the critical role
that geometry plays in the blood flow field which will
ultimately affect particle transport and tumor-target-
ing.

Particle Trajectories

For all three cases, PRMs were generated for ten
equal intervals (i.e., 0.107 s-intervals) of the cardiac
cycle (see Fig. 1b for a demonstration of this division).
Figure 8a illustrates the PRMs for the flexible case
which shows both distinct and overlapping injection
regions. Of importance in the direct tumor-targeting
methodology is the ability to target only a pre-selected
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vessel. Thus, the overlapping regions should often be
eliminated from consideration. To do this, the inlet
plane was divided into subsections to create an inlet
grid. Then, subsections were identified in which only
one vessel was targeted (see also Fig. 8a). The dark
blue subsections represent regions where zero or mul-
tiple vessels were targeted. This methodology was also
used to eliminate overlapping regions between multiple
intervals, or when comparing with the rigid PRMs.

As demonstrated by the size of the PRM (see also
Fig. 5b), the maximum inlet diameter was reached by
interval 3 and then decreased until the cycle was re-
peated at interval 1. The greatest change in flow rate
and/or diameter occurred either in or immediately
succeeding intervals 1, 2, and 10. Thus, there were
fewer and/or smaller injection regions, especially for

daughter vessel D2, in these intervals. However, given
the distinct injection regions for the remaining inter-
vals, this case shows that direct tumor-targeting would
be possible in the presence of flexible walls. This was
further demonstrated by the matching subsections over
multiple intervals, as shown in Fig. 8b. However, it
should be noted that the right side of the PRMs (which
was fixed at the center-right point) had fewer differ-
ences throughout the pulse than the left, which was
free to move. Thus, it is clear that the restriction of
arterial motion due to the presence of external organs/
tissue can play a significant role in the particle trajec-
tories and PRM generation, as well as optimal catheter
placement and hence direct tumor-targeting.

The next step was to determine whether the PRMs
from the rigid scenarios could adequately approximate
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Geometry

1.8900
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FIGURE 7. Velocity contours and vectors at the symmetry and CHA planes of the flexible and rigid scenarios for systolic and
diastolic flows. The secondary velocity vectors in the CHA planes are scaled up for visualization.
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the catheter position for the flexible scenario. Figure 9
illustrates the comparisons between these cases. The
‘‘Actual Matching’’ column illustrates the matching
subsections when the rigid and flexible PRMs were
directly compared (aligned at the stationary right-
center point). The ‘‘Scaled Matching’’ column provides
the matching subsections after the size of the PRMs
were made equivalent. This last comparison demon-
strates how the shapes of the injection regions mat-
ched.

Overall, the rigid cases provided better fits to the
flexible case during the diastolic phase of the pulse
when less rapid changes in geometry occurred. The
time-averaged case generates a better overall match
when directly comparing its PRMs with the flexible
scenario. For the scaled match, the time-averaged case
provides a better match for intervals 1 through 7 while
the diastolic case results in a superior match for
intervals 8 through 10. This is due to their better
geometric match to the flexible case during these

intervals. Referring back to the blood flow results, the
decreased resistance of the PHA and distal arteries in
the time-averaged case caused the relative GDA injec-
tion region to decrease and the remaining injection
regions to increase compared to the diastolic case.
Nevertheless, the time-averaged case provides a better
overall match to the flexible scenario.

LIMITATIONS

Several assumptions were made in this analysis that
should be addressed in future studies. First, the entire
representative hepatic arterial system was assumed to
have the same wall thickness and exhibit the same
arterial response (i.e., using the model of Eq. (7) and
Fig. 2b for the entire system). While the uniform
thickness allowed for increasing stiffness in the distal
arteries (due to their larger thickness to diameter
ratio), future work should address the effects of
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FIGURE 8. Flexible scenario (a) PRMs (left; the corresponding outlet colors are given in Fig. 1a) and subsections for single vessel
targeting (right; D1 5 red, D2 5 pale blue, D3 5 aqua, D4 5 orange, GDA 5 yellow, none/multiple branches 5 dark blue); and (b)
matching subsections over multiple intervals.
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increasing elastic moduli from the larger to smaller
arteries and variable wall thickness. This work should
also include more accurate wall models for each of the

hepatic artery generations once they become available.
In summary, while presently a uniform material model
for the entire system was deemed acceptable to determine

Scaled MatchingScaled MatchingFlexible Actual MatchingRigid-Diastolic
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FIGURE 9. Flexible and rigid PRM comparisons—matching subsections for single vessel targeting.
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the effects of wall motion on blood flow and particle
transport, future data sets may be directly integrated into
the modeling framework.

The present work also assumed that the inner
CHA–PHA curve and daughter vessel outlets were
fixed to prevent un-physiological translation of the
system, and no external tissue support was applied on
the outer wall. Thus, future studies should consider
more advanced constraints, such as the Robin
boundary condition suggested in Moireau et al.14

Also, one-way coupling was assumed between the
fluid and particles. This assumption is adequate for
modeling dilute particle suspensions; however, two-
way coupling should be modeled for dense particle
suspensions.

It is also important to mention that the peak pres-
sure decreased down the length of the arterial system.
This is in contrast with the aorta where a ‘‘peaking
phenomenon’’ occurs due to wave reflections from
bifurcations and changing stiffness. While it does not
occur in every arterial system (for example, the coro-
nary arteries) due to increasing admittance in the distal
arteries, it should be confirmed for the present arterial
system. The absence of this phenomenon may be
physiological, but it may also be a result of the
assumed boundary conditions. However, this should
not affect the conclusions of this work.

CONCLUSIONS

The feasibility of direct tumor-targeting in the pre-
sence of arterial wall motion was demonstrated by
modeling a two-way FSI analysis with Lagrangian
particle tracking in a representative hepatic artery
system. Rigid cases were also compared to the flexible
scenario to establish whether PRMs that are generated
using the assumption of rigid walls could provide
adequate guidance for catheter placement. It was
found that the best rigid geometry is one that best
represents the physiological geometry in the targeting
interval (most likely the time-averaged geometry over
this interval). Due to its less significant geometric
changes, the diastolic phase of the pulse may be this
ideal targeting interval. Finally, for the present test
case, the computer-time ratio of flexible over rigid was
about 7:1.
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