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Abstract—The coronary arterial tree experiences large dis-
placements due to the contraction and expansion of the
cardiac muscle and may influence coronary haemodynamics
and stent placement. The accurate measurement of catheter
trackability forces within physiological relevant test systems
is required for optimum catheter design. The effects of
cardiac motion on coronary flowrates, pressure drops, and
stent delivery has not been previously experimentally
assessed. A cardiac simulator was designed and manufac-
tured which replicates physiological coronary flowrates and
cardiac motion within a patient-specific geometry. A motor-
ized delivery system delivered a commercially available
coronary stent system and monitored the trackability forces
along three phantom patient-specific thin walled compliant
coronary vessels supported by a dynamic cardiac phantom
model. Pressure drop variation is more sensitive to cardiac
motion than outlet flowrates. Maximum pressure drops
varied from 7 to 49 mmHg for a stenosis % area reduction of
56 to 90%. There was a strong positive linear correlation of
cumulative trackability force with the cumulative curvature.
The maximum trackability forces and curvature ranged from
0.24 to 0.87 N and 0.06 to 0.22 mm�1 respectively for all
three vessels. There were maximum and average percentage
differences in trackability forces of (23–49%) and (1.9–5.2%)
respectively when comparing a static pressure case with the
inclusion of pulsatile flow and cardiac motion. Cardiac
motion with pulsatile flow significantly altered (p value
<0.001) the trackability forces along the delivery pathways
with high local percentage variations and pressure drop
measurements.

Keywords—Coronary artery disease, Endovascular stents,

Trackability, Pressure drop, Curvature, Cardiac motion.

INTRODUCTION

The coronary arterial tree experiences large dis-
placements due to the contraction and expansion of
the cardiac muscle. Simplifications of the modeling
process are desirable due to the cost involved in
replicating cardiac muscle motion with coronary flow
rates for in vitro studies and the increased computa-
tional expense for numerical simulations. Previous
investigators have numerically analyzed the effects of
modeling simplifications on various hemodynamic
parameters within the aortic arch,24 abdominal aortic
aneurysms,9,19,29,37,38 carotids,30,52 and coronar-
ies.16,31,32,45,51 Ene et al.9 highlighted the need for
applying fluid structure interaction methods when
assessing flow and wall shear stress patterns while
static finite element analysis was sufficient for assessing
von misses stress within the arterial wall. Also, it was
shown numerically that coronary wall motion and the
phasic relation between the flow rates and arterial wall
dynamics significantly influence the temporal varia-
tions in wall shear stress and flow patterns,31,32,45,51

while the time-averaged wall shear stress (WSS) was
not appreciably affected.51 To date, no in vitro flow
assessment exists which assesses the hemodynamic ef-
fects along coronary vessels due to cardiac motion.

The delivery of coronary endovascular stents to the
vicinity of a lesion is paramount for the successful
treatment of coronary artery disease. The ease with
which a catheter follows a guidewire through a blood
vessel is termed ‘‘trackability’’.54 Trackability describes
the deliverability of a stent system along a curved
vessel up to the lesion36 which characterizes the fric-
tional forces that are felt by the clinician during
catheter placement.11 The accurate measurement of
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catheter trackability forces within physiological rele-
vant test systems is required for optimum catheter
design. Most medical device companies assess the
trackability forces for further catheter delivery devel-
opment.2 Excessive catheter delivery forces can pro-
duce vasoconstriction and injury, resulting in reactive
intimal proliferation or distal embolisation associated
with end-organ ischemia and infarction.4,5

To date, in vitro coronary trackability studies have
been examined along two-dimensional rigid pathways
comprising of various bends within plexiglass,34 high
density polyethylene,36 acrylic,15 soft vinyl chloride42

tubing and three-dimensional rigid pathways within
polytetrafluoroethylene tubing,54 and polyethylene.11

These trackability studies did not take into account the
physiological conditions of pulsatile flow, arterial wall

FIGURE 1. (a) 3D triangulated fitted surface of the cardiac muscle, (b) 3D triangulated fitted surface of the left and right coronary
arteries, (c) thin-walled flexible polyvinyl alcohol cryogel right coronary artery, (d) thin-walled flexible polyvinyl alcohol cryogel left
coronary artery, (e) steel wire positioned within coronary phantom, (f) replicated calcified stenosis within RCA, (g) hollow flexible
cardiac model with coronary vessels attached within the atrio and interventricular grooves, (h) cardiac model housed within a
polycarbonate box.
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compliance and cardiac wall motion as would be
experienced within patient-specific cases. Other
investigators have assessed various arterial geometri-
cal parameters within large26,27,46,49 to small
sized6,22,23,26,28,47 vessels, in an attempt to facilitate
endovascular interventional planning. None of these
studies have assessed the possible impact that physio-
logical conditions may have on the positioning of
coronary stents.

The objective of this study was to design and
manufacture a cardiac flow simulator based on medical
images capable of assessing the significance that car-
diac wall motion and coronary flow rates have on
coronary hemodynamics and trackability forces. Three
flowrate waveforms were replicated for the left/right
coronary vessels with the inclusion of a superimposed
cardiac motion and assessing the effects on outlet
flowrates and pressure drops. An evaluation of the
effects of varying degrees of stenosis has on pressure
drops under steady and pulsatile flow conditions were
assessed. Also, a motorized delivery system monitored
the trackability forces and delivered a commercially
available coronary stent system along three phantom
patient-specific thin walled compliant coronary vessels
under no flow, pulsatile flow and dynamic cardiac wall
conditions. To date, no such study exists which
examines trackability forces, within the coronary ves-
sels, under pulsatile flow and dynamic cardiac wall
motion.

MATERIALS AND METHODS

Patient-Specific Cardiac Geometry Reconstruction

A cardio-gated multi-detector computed tomogra-
phy scanned data set of a cardiac muscle, with no
pathological defects comprising of the right (RCA) and
left (LCA) coronary arteries, was obtained from the
imaging software company, Materialise (Belgium) for
a 57 year old male. This data set had a pixel size of
0.488 mm with a slice increment of 0.625 mm. The
LCA bifurcated into the left anterior descending artery
(LAD) and the left circumflex artery (LCX). A three-
dimensional triangulated fitted surface of the cardiac

muscle with the four chambers and the myocardium
(Fig. 1a), and the left/right coronary arteries (Fig. 1b)
were obtained by thresholding and segmentation
techniques within the commercial available imaging
software package Mimics V13.1 (Materialise, Leuven,
Belgium). The cartesian co-ordinate of the centrelines
and corresponding orthogonal best-fit diameters for
both the RCA and LCA were generated at 1 mm
increments. These centrelines and diameters were fur-
ther smoothed by least square polynomial fits within
Matlab v7.1.0. (Mathworks, USA). The degree of
polynomial for each operation was based on the vari-
ance of the data sets as previously explained.24 These
coronary vessels had lumen diameter variations of 2–
5 mm, with centreline lengths of the RCA, LAD, and
LCX being 140, 67 and 100 mm respectively. The
centreline curvature k(l) was parameterised in terms of
the vessel’s centreline length (l) and was calculated at
1 mm increments using a standard formula from the
Frenet–Serret theory of differential geometry given by

kðlÞ ¼ jr0ðlÞ � r00ðlÞj
½r0ðlÞ�3

; ð1Þ

where r¢(l) and r¢¢ (l) are the first and the second
derivatives of the vessels centreline with respect to the
centreline length (l) and |r¢(l) 9 r¢¢(l)| is the absolute
value of the cross product. Table 1 summarizes these
geometrical parameters.

Coronary Arteries Phantom Fabrication

The lost wax technique was used to create the flex-
ible coronary models. This consisted of generating
molds on a CAD/CAM software Pro-Engineer/Man-
ufacture (PCT, Wildfire 4.0, PTC, Needham, MA) and
machining two sets of aluminum molds on a 4-axis
CNC milling centre (Hurco UK, VM1). The first set of
molds created the inner low melting point alloy
(LMPA) core. The LMPA cores were inserted into a
second set of outer molds. The outer arterial wall was
replicated by a hydrogel polymer mixture comprising
of dimethyl sulfoxide (Sigma-Aldrich, Ireland Ltd,
Ireland) and de-ionized water in a ratio of 4:1 by
weight, to which 15% of polyvinyl alcohol powder by

TABLE 1. Summary of curvature, diameter, and length for the RCA, LAD, and LCX vessels.

Parameter

Vessel

RCA LAD LCX

Range Mean ± SD Range Mean ± SD Range Mean ± SD

Curvature (mm�1) 0.0025–0.2229 0.0387 ± 0.0427 0.0012–0.1791 0.0402 ± 0.0287 0.0017–0.0767 0.0303 ± 0.0169

Diameter (mm) 2.476–3.987 3.268 ± 0.573 1.492–4.939 2.615 ± 0.810 2.266–3.815 2.903 ± 0.308

Length (mm) 140 67 100
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weight was added. Once injected into the mold, the
hydrogel was subjected to six freeze–thaw cycles of
�17 �C to 4 �C for a minimum of 12 h per cycle. Once
cured the mixture became a polyvinyl alcohol cryogel
(PVA-C) with a Young’s Modulus range of 210–
370 kPa as tested on a uni-axial tensile testing machine
(Instron 5544, UK) equipped with ±10 N static load
cell and a standard video extensometer. The LMPA
was removed resulting in flexible thin-walled coronary
vessels (Figs. 1c and 1d). A constant compliance value
along each arterial length was manufactured by vary-
ing the wall thickness from 1.00 to 0.47 mm for all
three models. The compliance values were measured at
different locations (n = 7) along each model by sub-
jecting the models to pulsatile flow conditions and
simultaneously measuring the pressure with a 3F
pressure catheter (Scisence Inc., Canada) and outer
wall diameters with a CCD camera (Dalsa 4M30,
Dalsa USA, Falcon 4M30) and analyzed within the
Vision Assist Software (National Instruments, UK).
The models had a compliance value range of 0.021–
0.037 mm2/mmHg at physiological pressures of 80–
120 mmHg which was within the physiological com-
pliance range of 0.01–0.06 mm2/mmHg as acquired
clinically by endovascular ultrasound.1,39,48 Each
model was dissected at 5 mm increments along its
length, providing 12–20 cross sectional slices for each
vessel segment. Each cross-section was placed under a
calibrated 4 Megapixel CCD camera (Dalsa USA,
Falcon 4M30) with a resolution of 0.0211 mm per
pixel and analyzed with the Vision Assistant software
(National Instruments, UK). 12 values were obtained
radially and these were averaged for each section. The
average circumferential wall thickness variation was
7%. The co-efficient of friction was 0.04–0.06 as tested
by an in-house co-efficient of friction testing fixture
which was attached to the tensile testing machine as
specified within the BS ISO 8295; 2004 standard for
determining the co-efficient of friction for plastics, film
and sheeting. This co-efficient of friction values for
PVA-C was within the range of 0.01–0.05 found by21,33

and within the arterial values of 0.03–0.06.8,43 Three
sized diameter stenosis of 2, 1.5, and 1 mm corre-
sponding to % area reductions of 56, 75, and 89%
respectively were created within the RCA coronary
model (Figs. 1e and 1f). The calcified plaque was
replicated with a silicone elastomer Elastosil M4641
(Wacker, Germany) which had a stiffness value of
1800 ± 200 kPa that was within the range for calcified
plaques of 2190 ± 990 kPa.18 Steel wires were ma-
chined to the required diameters with a length of
15 mm and positioned within the RCA vessel (Fig. 1e).
This length was within the in vivo length values of
16 ± 8.19 mm reported by Kousera et al.17 The sili-

cone elastomer was injected through the wall thus
filling the void. Once cured the wire was removed
leaving the stenosis (Fig. 1f).

Cardiac Muscle Phantom Replication

A two part silicone mixture (Essil 291/292, Axson,
France) with the addition of 55% silicone fluid (Not-
cutt 200/5CS, UK) by weight was used to replicate the
heart muscle. The Young’s modulus was 116 kPa. This
Young’s modulus was within the cardiac muscular
tissue range as found by Yin et al.50 for uni-axial
tensile testing data for human myocardium in the fi-
brous direction. A rigid solid polycarbonate outer
cardiac wall was produced using stereolithography
(SLA) with a slice thickness of 0.05 mm and the inner
right and left ventricular lumens were manufactured
using by fused deposition modeling (FDM) (Stratasys,
Prodigy Plus FDM, Stratasys Inc USA) from ABS
plastic with a slice thickness of 0.17 mm. The rapid
prototyped (RP) cardiac models were reversed cast to
produce wax and silicone replicas. The parts were
positioned within a casting box which was filled with
molding silicone (Essil 291/292 with 30% added sili-
cone fluid) to produce three silicone blocks. This sili-
cone mixture was degassed in a vacuum chamber for
30 min and cured for 24 h at room temperature. These
blocks were then split by a scalpel and the RP parts
removed, producing three sets of silicone molds. The
ventricle molds incorporated fillers for recreating wax
castings while the cardiac mold contained injection
ports and risers for injection molding. The ventricles
were produced by pouring molten wax (Hyfill B659,
Remet, UK) at 80 �C into a filler hole located in the
top of the mold. Once cured, the silicone mold was
opened and the wax replicas removed. Both the right
and left wax ventricular replicas were positioned
within the outer silicone mold using the T-shaped
locators. Silicone (Essil 291/292) with 55% added sil-
icone fluid was mixed, degassed and injected into the
silicone mold using a handheld syringe pump. Once
cured, the wax cores were melted at a temperature of
80 �C to produce the hollow heart model as shown in
Fig. 1g. The wall thickness of the left ventricle varied
from 7 to 12 mm, and the right ventricle varied from 3
to 5 mm. This variation in wall thicknesses was gen-
erated directly from the CT scanned data sets. The
PVA-C coronary models were positioned within the
atrio and interventricular grooves between the ventri-
cles and atriums upon the silicone cardiac model and
adhered within the groves by silicone (Essil 291/292
with 55% silicone fluid). The cardiac model was
housed within a polycarbonate box for trackablitiy
testing (Fig. 1h).
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Physiological Flow Simulation

The coronary flowrate waveforms with a period of
0.85 s were simulated by a programmable ball screw
linear stage (ATS 15010-2, Aerotech Inc, UK) com-
prising of a built in 1000 line noncontact rotary en-
coder, capable of velocities up to 115 mm/s, with an
accuracy of +2, �5 lm carrying a maximum load of
45 kg. A double acting piston pump configuration
was connected onto the linear stage to accurately
replicate the complex coronary waveforms. The
coronary blood pressure was controlled by a throttle
valve downstream of the model section and moni-
tored by in-line pressure transducers (KH-68075-40,
Cole-Parmer, USA). The pressure transducers were
positioned 10 mm upstream and downstream of each
vessel’s inlet and outlet respectively connected to luer
lock fittings. The coronary flow rates were validated
by an ultrasonic clip-on flow sensor (ME-5PXL,
Transonic Systems Inc, USA) in which the calibrated
tygon tubing for the clip-on flow sensors were posi-
tioned just before and after the the upstream and
downstream luer lock pressure connections respec-
tively. Pneumatic in-line flow connections and tubes
provided a smooth and leakfree interface within the
flow system. The blood was mimicked with a water/
glycerol mixture that had a viscosity of 0.004 Pa s as
found by a digital viscometer (Brookfield DV-II
+PRO, Brookfield laboratories, Middleboro, MA,
USA).

Cardiac Motion Simulation

The two ventricles were connected to a closed
pumping system which simulated the ventricular mo-
tion. Each ventricle was connected to a piston pump
(SMC Pneumatics, Ireland Ltd) using a non-compliant
tubing filled with a fixed volume of deionised water.
The pump’s displacement was controlled by a second
linear actuator (Aerotech Inc, UK), which controlled
ventricular contraction (systole) and expansion (dias-
tole). This closed system displaced the required stroke
volume. A phase lag of one-fifth of a cardiac cycle12

between the coronary flow rates and ventricular dis-
placement was imposed. A data acquisition card (USB-
6009, National Instruments, Berkshire, UK) acquired
the input data from the flow and pressure sensors with
a sampling rate of 500 Hz. A dedicated software pro-
gram was written in Labview V8.6 (National Instru-
ments, Berkshire, UK) controlled, monitored and
displayed all the measured parameters. The full con-
figuration of the coronary and cardiac circuit with data
acquisition/control are shown in Figs. 2a and 2b.

Catheter Delivery

The catheter trackability forces were assessed within
each vessel using a commercially available balloon
expandable coronary stent system. The stent was
delivered through a 7F (Ø2.33 mm) guide catheter
over a Ø0.36 mm floppy tip guidewire. The proximal

FIGURE 2. (a) cardiac simulator set-up, (b) zoomed in view of the attached cardiac phantom muscle within the simulator,
and (c) motorized catheter delivery rig.

MORRIS et al.434



end of the catheter was attached to a motorized
insertion rig (Fig. 2c) with an attached ±25 N force
gage (AGF25 N, Mecmesin Ltd, UK) with a resolu-
tion of 0.005 N which delivered the stent delivery
system at a constant speed of 8 mm/s and was deliv-
ered at the start of the flowrate pulse. This delivery
speed was within the range of 1–10 mm/s applied by
others.11,15,34,36,42,54 A delivery speed of 5 mm/s cor-
responds to an approximate speed for delivery by a
cardiologist.34 The catheter delivery system was deliv-
ered within each vessel for the following three cases;

Case 1 A static internal arterial pressure of 100
mmHg.

Case 2 Pulsatile flow and pressure as prescribed
by Fig. 3, with no cardiac motion.

Case 3 Pulsatile flow and pressure as prescribed
by Fig. 3 with cardiac motion as given by
Fig. 4a.

The catheter was repeatedly tracked five times for
all configuration states.

Numerical Obtained Wall Shear Stress (WSS) Values

The WSS was calculated within Ansys CFX for all
coronary vessel geometries as shown in Figs. 1c and 1d.

The Navier–Strokes equations were solved by the finite
volume method by applying the second order backward
Euler scheme. The inlet and outlet boundary conditions
for each vessel were based on the experimentally
obtained values as shown in Fig. 3. The fluid was
modeled as a Newtonian fluid with a viscosity of
0.004 Pa s. Thewalls were assumed rigid. The finalmesh
had over 200,000 tetrahedral elements as generated
within theAnsys ICEMmodule.Grid independencewas
insured with less than a 2% variation in WSS between
mesh densities. Along the cross-section there was a
greater density of cells towards the proximal layer with
cell sizes in contact with the wall being three times
smaller than cells within the center of the flow field for
each tested mesh density. Pulse cycle independence was
foundafter the third cyclewith a time step size of 0.005 s.

RESULTS

Figure 3 shows the comparison of the in vitro
replication of the LAD, LCX13 and RCA51 flowrate
waveforms with a period of 0.83 s. There was a max-
imum difference of 10.3, 10.8, and 9.3% between the
required and measured flow rates within the LAD,
LCX and RCA respectively. The pressure pulse for

FIGURE 3. Physiological flow rates and pressures for (a) LAD, (b) LCX, and (c) RCA. The filled circle represents the end of the first
cycle. End diastolic (ED) and end systolic (ES) are shown by the cross.
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each model was within the physiological pressure
ranges for all coronary vessels.44 The corresponding
systolic/diastolic pressures in mmHg varied from 118/
83, 114/98 and 108/85 for the LAD, LCX and RCA
respectively.

Figure 4a shows the physiologically representative
stroke volume waveform10 that was imposed on car-
diac phantom. The cardiac motion during three phases
of the contraction cycle during systole is shown in
Figs. 4b–4d for both the anterior and right views.
Figures 5 and 6 shows the outlet flowrates and pres-
sure drops along each vessel’s length for all three

vessels with and without cardiac motion. The flowrates
and pressure drops for one cardiac cycle are shown in
Figs. 5a, 5c, 5e, 6a, 6c, and 6e, respectively while the
time-averaged flowrates and pressure drops are shown
in Figs. 5b, 5d, 5f, 6b, 6d and 6f respectively. The time-
averaged flowrates and pressure drops were calculated
by Eqs. (2) and (3) with the results plotted against time
as shown in Figs. 5 and 6 to shown the variation over
one cardiac cycle

Q
�

avg
ðtÞ ¼ 1

t

Z t

0

Q
�
ðtÞ

� �
dt; ð2Þ

FIGURE 4. (a) Displaced ventricular volume; three phases of the contraction cycle during systole shown for the anterior and right
views (b–d). ED is end diastolic, ES is end systolic, and Mid is midway between ED and ES.
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DPavgðtÞ ¼
1

t

Z t

0

ðDPðtÞÞdt: ð3Þ

Table 2 summarizes Figs. 5 and 6 in terms of range,
mean and standard deviation. Without cardiac motion
the flowrates varied from (77 to 118 mL/min), (56 to
70 mL/min), and (74 to 95 mL/min) for the RCA,
LAD, and LCX respectively with slight variations in
flowrate ranges occurring with the inclusion of cardiac
motion. The corresponding pressure drops as shown in
Table 2 for no cardiac motion varied from (2 to

28 mmHg), (�0.9 to 49 mmHg), and (�7.4 to
27 mmHg) for the RCA, LAD, and LCX respectively.
While pressure drop changes with cardiac motion
varied from (5 to 31 mmHg), (�2 to 45 mmHg), and
(�4 to 20 mmHg) for the RCA, LAD, and LCX
respectively. The pairwise percentage difference com-
parison with inclusion of cardiac motion on outlet
flowrates and pressure drops are given in Table 3. The
negative and positive sign given in Table 3 indicates
that the cardiac motion either decreased or increased
the % difference values respectively. This pairwise
comparison showed less than a 4% and up to 30%

FIGURE 5. The effects of cardiac motion vs. no cardiac motion on outlet and time-averaged flowrates for the RCA (a and b), LCX
(c and d), and LAD (e and f).
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FIGURE 6. The effects of cardiac motion vs. no cardiac motion on the pressure drop and time-averaged pressure drops along the
coronary vessels for the RCA (a and b), LCX (c and d), and LAD (e and f).

TABLE 2. The mean and range values for the outlet flowrates and pressure drops occurring along the RCA, LAD, and LCX vessels
with/without cardiac motion.

Vessel

Without cardiac motion With cardiac motion

Outlet flowrate (mL/min) Pressure drop (mmHg) Outlet flowrate (mL/min) Pressure drop (mmHg)

Range Mean ± SD Range Mean ± SD Range Mean ± SD Range Mean ± SD

RCA 77.0–117.8 95.6 ± 14.4 1.8 to 28.0 12.1 ± 6.4 78.6–118.5 95.8 ± 11.8 5.1 to 31.2 15.7 ± 6.8

LAD 56.2–70.0 63.9 ± 3.1 �0.9 to 39.7 10.0 ± 6.4 54.6–68.6 63.3 ± 3.4 �2.2 to 45 10.23 ± 7.7

LCX 73.7–94.7 84.4 ± 5.3 �7.4 to 27.1 5.3 ± 6.3 73.0–89.6 82.2 ± 4.1 �4.2 to 20.31 6.9 ± 5.9
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mean variation between the outlet flowrates and pres-
sure drops respectively. This suggests that pressure
drop variation is more sensitive to cardiac motion than
outlet flowrates as can be seen by the interquartile
range values (Table 3).

To assess if there were any significant difference due
to the inclusion of cardiac motion on outlet flowrates
and pressure drops over one cardiac cycle, the non-
parametric Mann–Whitney pairwise comparison at the
95% confidence interval (CI) was conducted within the
statistical software MINITAB 16.2.0 (State College,
PA, USA) (Table 4) and was confirmed by the
Krushkal-Wallis test. P values of <0.05 were deemed
significant. The negative and positive sign indicates
that the cardiac motion either decreased or increased
the values respectively as shown in Table 4. The per-
centage variation in CI is given in the round brackets.
The cardiac motion had a significant difference on
outlet flowrates for the LCX vessel (p = 0.002) during
one cardiac cycle, with no significant difference found
for the RCA and LAD vessels (p> 0.08). While the
cardiac motion significantly changed (p< 0.009) the
pressure drops for two out of the three vessels (RCA
and LCX).

The pressure drop along the varying degrees of
stenosis is shown in Fig. 7 for the steady flow (Fig. 7a)
and the time-averaged (Fig. 7b) and maximum pres-
sure drop (Fig. 7c) conditions. Figure 7a also shows

the superimposed time-averaged and maximum pres-
sure drop pulsatile flow on the steady flow conditions
which agreed with the steady pressure drop measure-
ments. The pressure drop measurements shown in
Fig. 7 correspond to the pressure drop occurring
across the stenosis. This pressure drop across the
stenosis was found by subtracting the pressure drop
measurement across the stenosis vessel from an un-
blocked vessel. The time-averaged pressure drop with a
Reynolds number of 110 varied from 2.5 mmHg (56%
area occlusion) to 13.4 mmHg (89% area occlusion)
while the maximum pulsatile pressure drop with a
Reynolds number of 313 varied from 7 to 49 mmHg.
The pressure drops varied in a quadratic trend
(r2> 0.99) for the steady flowrates (Fig. 7a) which
agree with the findings of Steinman et al.41 for a
stenosis within a giant intracranial aneurysm. For the
three percentage stenosis area reductions, the pressure
drop varied in an exponential manner which follows a
similar non-linear trend found by Kamangar et al.14

There was no noticeable difference in pressure drop
across the stenosis with the inclusion of cardiac mo-
tion.

The average trackability forces (FT) of the five tests
for delivering the coronary stent delivery system within
the RCA, LAD, and LCX hydrogel models are shown
in Figs. 8a–8c for all three tested scenarios with the
superimposed centreline curvature. For the static

TABLE 3. Pairwise percentage difference comparison of outlet flowrates and pressure drops for simulations with cardiac motion
vs. without cardiac motion.

Vessel

% pairwise comparison—with cardiac motion vs. without cardiac motion

Outlet flowrate Pressure drop

IQR Mean SD IQR Mean SD

RCA �2.7, +4.3 �0.9 4.2 �17.3, +39.9 +29.9 57.2

LAD �3.2, +0.9 �1.4 3.7 �11.9, +20.2 +6.8 396.2

LCX �6.3, +1.4 �3.9 5.7 +5.8, +52.9 +26.4 224.2

A positive or negative sign refers to an increase or decrease in percentage difference respectively. IQR refers to interquartile range at the 25th

and 75th percentile. SD refers to standard deviation.

TABLE 4. Pairwise comparison of the outlet flowrates and pressure drops based on the Mann–Whitney method at the 95%
confidence interval (CI).

Vessel

Pairwise comparison—cardiac motion vs. no cardiac motion

RCA LAD LCX

CI p value CI p value CI p value

Flowrate (mL/min) �2.450, +4.790, 0.2205 �1.429, +0.211 0.0861 �3.652, �0.722 0.0018

(�2.6, +5.3) (�2.2, +0.03) �4.06, �0.90

Pressure drop (mmHg) +1.612, +5.318 0.0002 �0.854, +1.370 0.3333 +0.329, +3.373 0.0089

(+14.4, +47.7) (�8.5, +13.6) (+8.06, +82.6)

p values <0.05 were deemed significant. A positive or negative sign refers to an increase or decrease in value respectively. Percentage

variations are given within the round brackets.
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scenario (Case 1) the trackability forces ranged from
(0.238 to 0.851 N), (0.329 to 0.784 N), and (0.454 to
0.626 N) for the RCA, LAD, and LCX respectively,
while with the inclusion of pulsatile flow and cardiac
motion (Case 3) the trackability forces ranged from
(0.467 to 0.823 N), (0.309 to 0.773 N), and (0.419 to
0.871 N) for the RCA, LAD, and LCX respectively
(Table 5). Table 6 summarizes the main percentage
differences between all three cases with maximum and
average percentage differences of (23–56%) and (0.3–
11%) respectively with standard deviations of (5–
16%). To assess if there was a significant difference in
trackability forces between all three scenarios along the
three vessel paths, the non-parametric Mann–Whitney
pairwise comparison at the 95% confidence interval
(CI) was conducted within the statistical software
MINITAB 16.2.0 (State College, PA, USA) (Table 7).
There was a significant difference for all pairwise
comparisons (p< 0.0001).

A correlation analysis was conducted between the
centreline curvature and the trackability forces for all

vessels over the entire length of each model as shown in
Figs. 9a–9c. To further investigate, if a correlation
exists between the data sets, the cumulative trackability
force (FCT(l)) (Eq. 4) and the cumulative curvature
(kC(l)) (Eq. 5) was obtained by integrating the track-
ability force and curvature along the vessel’s length (l)
and plotted against each other as shown in Figs. 9d–9f

FCTðlÞ ¼
Z l

0

FTðlÞdl ð4Þ

kCTðlÞ ¼
Z l

0

kTðlÞdl: ð5Þ

As shown in Figs. 9d–9f, there was a good correla-
tion between the cumulative trackability force and the
cumulative curvature with R2 values of 0.9744, 0.9912,
and 0.9665 for the LAD, LCX, and RCA respectively.
Furthermore, the slopes of each line were quite similar

FIGURE 7. The measured pressure drops based on the RCA waveform across the three sized stenosis for (a) steady flow with
superimposed maximum and time-averaged pressure drops, (b) time-averaged pulsatile pressure drop, and (c) maximum pulsatile
pressure drop.
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with values of 0.9, 0.6, and 0.4 9 10�3 mm/N for the
LAD, LCX, and RCA models respectively.

A 1 mm diameter catheter was delivered across the
three sized stenosis to assess the catheter pushability
forces required to cross a stenosis. There was no
noticeable increase in force for the 56 and 75% area

stenosis while a force of 2.7 N was obtained to cross
the 89% stenosis.

The WSS values at maximum velocity along the
outer wall are shown in Fig. 10. The WSS values were
the same circumfentially along all models except at
regions of high curvatures which occurred at a length

FIGURE 8. The curvature and trackability forces along the length for the for the static, pulsatile flow and cardiac motion cases in
(a) LAD, (b) LCX, and (c) RCA.
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ratios of 0.75–0.85 and 0.85–1 for the RCA and LCX
respectively. For these two locations there was an
average of 2- and 1.2-fold increase in the outer wall
WSS when compared with the inner wall. The
numerically obtained WSS values were correlated with
experimentally found trackability forces of Case 1 with
a positive linear relationship shown for the RCA and
LAD (Figs. 10b and 10c) and a negative linear rela-
tionship for the LCX (Fig. 10c).

DISCUSSION

In vitro vascular models are an attractive platform
for hemodynamic assessment for understanding

hemodynamic parameters and validating numerical
simulations and preclinical device testing with most
medical device companies evaluating their stent deliv-
ery systems along curved pathways.2 Previous in vitro
coronary trackability studies were conducted in two-
dimensional rigid pathways with unspecified co-effi-
cient of friction values.11,15,34,36,42,54 Also, these studies
were not based on patient-specific geometries. Previous
in vitro studies have excluded the effects of pulsatile
flow/pressure and cardiac motion on the coronary
vasculature. As far as the authors are aware this is the
first hemodynamic and catheter trackability study
which experimentally examined various hemodynamic
parameters within healthy/diseased cases and delivered
a coronary stent delivery system within a thin-walled

TABLE 5. The trackability force values in Newtons for all three scenarios occurring within the RCA, LAD, and LCX vessels.

Scenario

Vessel

RCA LAD LCX

Range Mean ± SD Range Mean ± SD Range Mean ± SD

Case 1 0.238–0.851 0.618 ± 0.119 0.329–0.784 0.639 ± 0.036 0.454–0.626 0.538 ± 0.014

Case 2 0.535–0.898 0.688 ± 0.093 0.329–0.777 0.639 ± 0.063 0.406–0.775 0.580 ± 0.013

Case 3 0.467–0.823 0.632 ± 0.101 0.309–0.773 0.647 ± 0.080 0.419–0.871 0.580 ± 0.115

Case 1 is for static pressure only, Case 2 is for pulsatile flow and pressure only, and Case 3 is for pulsatile flow/pressure and cardiac motion.

TABLE 6. The pairwise percentage difference comparison of trackability forces for all three cases.

Vessel

% difference—pairwise comparison

Case 2 vs. Case 1 Case 3 vs. Case 1 Case 3 vs. Case 2

Maximum Average SD Maximum Average SD Maximum Average SD

LAD +29.4 +0.3 5.4 +22.6 +1.9 9.2 �47.3 +1.4 9.9

LCX +32.8 +5.9 10.9 +34.6 +5.2 13.0 �44.5 �1.6 16.0

RCA +56.5 +10.7 7.8 +49.0 +2.3 9.8 �27.0 �9.7 8.4

A positive or negative sign refers to an increase or decrease in percentage difference respectively. SD refers to standard deviation. Case 1 is

for static pressure only, Case 2 is for pulsatile flow and pressure only and Case 3 is for pulsatile flow/pressure and cardiac motion.

TABLE 7. Pairwise comparison of the trackability forces in Newtons based on the Mann–Whitney method at the 95%
confidence interval (CI).

Vessel

Pairwise comparison

Case 1 vs. Case 2 Case 1 vs. Case 3 Case 2 vs. Case 3

CI p value CI p value CI p value

LAD +0.01009, +0.01406

(+1.4, +1.9)

<0.0001 +0.01230, +0.01772 <0.0001 +0.00485, +0.01019 <0.0001

(+1.7, +2.4) (+0.7, +1.4)

LCX �0.02860, �0.02474 <0.0001 �0.03692, �0.02995 <0.0001 +0.00346, +0.00822 <0.0001

(�5.3, �4.6) (�6.9, �5.6) (+0.6, +1.5)

RCA �0.07579, �0.06987 <0.0001 �0.01583, �0.00978 <0.0001 +0.05692, +0.06234 <0.0001

(�12.3, �11.3) (�2.6, �1.6) (+8.4, +9.2)

p values <0.05 were deemed significant. A positive or negative sign refers to an increase or decrease in value respectively. Percentage

variations are given within the round brackets.
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flexible patient-specific coronary phantom models
supported within the heart grooves of a dynamic car-
diac phantom which replicating the arterial’s co-effi-
cient of friction values. This study assessed the
influence that pulsatile flow and cardiac motion may
have on the hemodynamics and trackability forces.

The cardiac simulator produced excellent cycle-to-
cycle flowrate repeatability which followed the com-
plex shape of the coronary flowrates. The pressure was
within physiological upper and lower limits and can be
controlled by varying the outlet valve resistance and
incorporating an air chamber downstream of the
phantom models. The pressure within the coronary
vessels is much more out of phase when compared to
other vessels within the cardiovascular system as the
maximum flowrate occurs during the diastolic phase,
while maximum pressure occurs during the systolic
phase.7,25 This out of phase phenomenon cannot be

replicated by our current cardiac simulator. This
would be resolved by incorporating a programmable
outlet valve which would vary the outlet resistance
during the cardiac cycle thus replicating coronary
blood pressure accurately. Analyzing the video evi-
dence as shown in Fig. 4, the cardiac motion has a
non-homogenous deformation with the largest defor-
mation occurring mid-way between the base and apex
of the heart which is similar to the in vivo measure-
ments within canines40 and healthy adults.3 Bogaert
and Rademakers3 observed by magnetic resonance
myocardial tagging that the left ventricular wall flat-
tens towards the apex similar to observed dynamic
deformation of our cardiac phantom.

Simplifications to the modeling process are desirable
due to the cost involved in replicating cardiac muscle
motion with coronary flowrates. The contraction and
expansion of the cardiac muscle generates large dis-

FIGURE 9. A correlation of curvature against trackability forces (a) RCA, (b) LAD, and (c) LCX; a correlation of cumulative
curvature against cumulative trackability forces (d) RCA, (e) LAD, and (f) LCX.
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placements within the coronary arterial tree. Others
have assessed numerically the impact of moving wall
boundaries within the aorta,9,19,29,37,38 carotids,30,52

and coronaries16,31,32,45,51 on arterial hemodynamics.
Ene et al.9 concluded that moving wall boundaries are
required for assessing flow patterns and wall shear
stress patterns while static pressure conditions were
sufficient for assessing von misses stress within the
arterial wall. Our study found that the outlet flowrates
was significantly affected throughout the pulse cycle
within the LCX (p = 0.0018), while small temporal
variations occurred along the length for all three ves-
sels. Cardiac motion significantly affected the pressure
drop for the RCA and LCX (p< 0.009) with mean
increases of 30 and 26% for the RCA and LCX vessels
respectively. The RCA and LCX are both located on
the arterio-ventricular grooves. These arteries are
subjected to cardiac muscle compressions and distor-
tions. The LAD had a very similar trend in magnitude
and shape for the simulation with and without cardiac
motion with a lower mean increase of 6% and no
significant difference in pressure drop during one pulse
cycle (p = 0.33). The LAD is not as susceptible to the
motion of the ventricle as the other two vessels as it is
located on the thick walled septum between the two

ventricles which prevents much of the arterial con-
striction. This finding is in agreement with X-ray
coronary angiography data which found lower dis-
placements occurring for the LAD when compared
with the LCX.53 Others have shown that the phasic
relation between the flow rates and arterial wall
dynamics caused by coronary wall motion significantly
influences the temporal variations in wall shear stress
and flow patterns31,32,45,51 while the time-averaged wall
shear stress was not appreciably affected.51 This is in
agreement with our findings for outlet flowrates, with
no noticeable changes in time-averaged outlet flow-
rates for the LAD and LCX vessels. Kolandavel et al.16

found that coronary wall motion altered the time-av-
eraged species transport process of oxygen and low-
density lipoproteins within coronary vessels.

The pressure drop can affect the fractional flow re-
serve by impeding oxygen delivery to the heart muscle,
with higher flowrates and increased stenotic areas
generating a non-linear increase response in pressure
drops. Our pressure drop measurements are within the
range calculated numerically and invasively measured
trans-stenotic pressure drops across 21 left/right
coronary vessels within 19 patients by Kousera et al.17

Their pressure drops varied approximately from 5 to

FIGURE 10. (a) Computationally obtained wall shear stress (WSS) values, correlation of WSS values with trackability forces for
(b) RCA, (c) LAD, and (d) LCX. WSS values were obtained at maximum velocity occurring at a time of 0.05, 0.09 and 0.16 s for the
RCX, LAD, and LCX respectively.
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27 mmHg for a stenosis percentage areas of 66 ± 12,
diameter of 2.45 ± 0.59, length of 16.00 ± 8.19 mm
and Reynolds number of <400. Also our findings
agree with the numerically obtained pressure drops of
Kamangar et al.14 who simulated coronary waveforms
within idealized straight stenosis models of varying
lesion geometries. They found pressure drop variations
of 4.8–45 mmHg for a percentage area stenoses of 70–
90% with 10 mm lesion lengths.

Trackability describes the deliverability of a stent
system along a curved vessel up to the lesion.36 The
higher the trackability force, the greater force the
physician will have to exert to track the device to the
required location. Our results agreed with previous
two-dimensional trackability studies conducted by
Rieu et al.34 and Schmidt et al.,36 who found variations
in median trackability forces of 0.24–1.34 N for sev-
enteen coronary stent delivery systems and maximum
trackability forces of 0.35–0.6 N for five commercially
available stent delivery systems respectively. Rieu
et al.34 conducted trackability tests along a 3 mm inner
diameter two-dimensional pathway comprising of two
bends of 90� (curvature of 0.1 mm�1) and 135� (cur-
vature of 0.2 mm�1) within paraffin oil while Schmidt
et al.36 delivered the devices within a constant diameter
rigid high-density polyethylene tubing of 2.5 mm inner
diameter comprising of two bends with curvatures of
0.1 mm�1 along the same two-dimensional plane.
These curvature variations were within the range of
our three patient-specific models. Also our results
agreed with Fedel et al.11 who delivered 25 rapid ex-
change PTCA catheters from various manufactures
along a three-dimensional rigid tube pathway. They
obtained a trackability force measurement ranging
from 0.4 to 0.85 N. The heart grooves within our
cardiac model provided a rigid anchorage for all three
vessels and this may explain the agreement with pre-
vious two-dimensional trackability studies within rigid
pathways. The three-dimensional nature of our vessels
did not influence the maximum trackability forces.

The RCA vessel had a sharp increase in curvature
occurring at a length ratio of 0.55 due to the sharp
bend which had a highest overall curvature. This
increased curvature lead to a corresponding increase in
trackability force. It was difficult to assess the impact
of curvature for the other two models on trackability
forces. At the entrance to the LAD vessel there was a
steep increase in curvature with no direct increased
spike in trackability force. The arterial diameter at the
LAD entrance was 45% larger than that of the RAC at
a length ratio of 0.55 and 88% larger than the delivery
catheter. This increased size in diameter at the entrance
may explain why there was no correlation in curvature
with the trackability force as the catheter would not
travel along the centreline but rather along a straight

line path. For low curvature values of <0.1 mm�1

within vessels approaching the size of the catheter there
is no obvious correlation trend as was the case for the
LAD and LCX vessels. This lack of correlation for the
LAD and LCX (R2< 0.06) is further shown in
Figs. 9a and 9b, with a positive linear correlation for
the RCA vessel (Fig. 9c—R2 = 0.21). However, by
correlating the cumulative trackability force with the
cumulative curvature provided a strong positive linear
correlation. These cumulative values were obtained by
integrating the values along the vessel’s centreline with
slopes varying from 5 to 9 9 10�3 m�1. These cumu-
lative values have the advantage of including the vessel
in contact with the delivery catheter which may be used
to predict trackability forces along known coronary
geometries. If successfully proven using larger popu-
lations, cumulative curvature could be used as a pre-
dictive clinical tool to aid stent delivery to the lesion
vicinity, by deciding upon the most appropriate ca-
theter design option.

The question as to whether these large displace-
ments affect trackabilty forces during catheter delivery
was assessed. With the inclusion of the pulsatile flow
and cardiac motion simulations (Case 3), there were
maximum variations in trackability forces of 23, 35,
and 49% for the LAD, LCX, and RCA vessels
respectively for the static pressure scenario (Case 1)
and 47, 45, and 27% for the LAD, LCX and RCA
vessels respectively for the pulsatile flow scenario (Case
2), with average percentage variations of 2–5% and 1–
10% for Case 1 and Case 2 respectively (Fig. 8; Ta-
ble 6). Referring to Fig. 8, the trackability forces in-
crease along the length from a length ratio of 0–0.6 for
the RCA and LAD, while the LCX oscillated for the
first 20% of the vessel. As observed by the video evi-
dence, the catheter shaft was continuously in contact
with the arterial wall at multiple contact points that
varied along the course of delivery. This contributed to
the trends shown in trackability forces.

There was a significant difference between all pair-
wise comparisons (p< 0.0001) as shown in Table 7.
The lowest variation in trackability forces occurred
along the LAD for Cases 1 and 2 when compared with
Case 3, with confidence interval variations of <2.4%.
While increased confidence interval variations of 0.6–
6.9 and 1.6–12.3% occurred for the LCX and RCA
respectively. The LAD sits on the septum between the
right and left ventricles which protects it from much of
the ventricle motion. This may explain this reduced
variation in trackability forces along the LAD vessel.
The RCA and LCX arteries are subjected to arterial
constriction as these vessels are attached between the
ventricles and atriums with less protection from the
contracting chambers. When compared with the full
cardiac motion with pulsatile flow (Case 3) along the
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vessel’s length the Mann–Whitney analysis showed on
average the static simulation (Case 1) was lower than
the trackability forces within the LCX and RCA ves-
sels while the pulsatile flow with no cardiac motion
(Case 2) was on average higher for all three vessels
along the vessel’s length. Along the vessel’s length,
point variations occurred. Case 3 was higher at par-
ticular locations within the LAD (length ratio: 0.1–0.3
and 0.45) and LCX (length ratio: 0.2 and 0.3–0.6),
while Case 2 was higher in other locations along the
RCA (length ratio: 0–0.45 and 0.5–1), LCX (length
ratio: 0.6–0.75). There was no difference between all
cases along the LAD length except for two locations at
length ratios of 0.1 and 0.5. The maximum difference
between the three cases occurred within the LAD at
length ratios of 0.15 occurring during the acceleration
phase of the pulse cycle and during end diastolic, LCX
at length ratios of 0.2 occurring during the deceleration
phase of the pulse cycle and during end systolic and
RCA at a length ratio of 0.2 occurring at the start of
the flowrate cycle and during the ventricular expan-
sion. These maximum variations occurred during dif-
ferent times of the flowrate and cardiac motion cycle.
Also, these findings may be explained by the fact that
during cardiac motion (Case 3) the radius of curvature
for the all vessels changed. The cardiac motion may
have increased the radius of curvature by flattening
both ventricles as well as increasing the resistance to
the advancing catheter.

The WSS was considerable higher for the RCA
vessel. This was due to the larger curvature occurring
at mid-length which skewed the blood flow towards the
outer wall. Also the RCA had the greatest fluctuations
in WSS along the length which was caused by greater
fluctuations in centreline curvature and an increase in
maximum RCA velocity of 46 and 26% when com-
pared with the LAD and LCX respectively. There was
a week linear positive trend in WSS and trackability
forces for the RCA and LCA vessels (Figs. 10b and
10c) and a week linear negative trend for the LCX
vessel (Fig. 10d). Regions of high WSS values did not
directly correlate to the peak trackability forces. The
time-averaged WSS for the LAD and LCX was less
than 1.5 and 0.25 Pa respectively. This was due to the
relatively straight vessels of the LAD and LCX when
compared with the RCA.

The pushability of a delivery catheter across a
stenosis can increase the delivery forces depending on
the area reduction and stenosis compliance.15 Schmidt
et al.,36 found no noticeable increase in force across a
stenosis which agrees with our findings for the 56 and
75% area stenosis, while there was threefold increase in
force for delivering across the 89% stenosis when
compared to the trackability forces, due to the com-
pression of the stenosis against the advancing catheter.

Kinney et al.15 found pushability forces of 0.5–2 and
1.5–8 N for compliant and less compliant stenosis.
They experimentally delivered catheters of diameters
2.3–4.0 mm within a 6 mm rigid tube comprising of an
80% diameter reduction. Care is required in advancing
catheters through small openings so as not to damage
the advancing catheter. The torquability of a catheter
is important for navigating through tight curvatures
and cross various sized stenosis. The construction of
the catheter shaft must allow the physician to easily
twist the catheter with a very close to one-to-one tor-
que ratio between the proximal end and distal tip. This
one-to-one torque ratio will also provide better distal
tip positioning and facilitate easier arterial navigation.
Further device improvements in reducing trackability
and pushability forces includes selecting a low friction
outer layer or coating, reducing the stiffness, wall
thickness, outer diameter and distal tip profile.
Reducing the catheter profile and stiffness may assist in
reducing delivery forces but could comprise kink
resistance due to a weaker catheter structure. Also,
increased lubricity may create a false lumen as the
catheter could easily be pushed between the stenosis
and arterial wall. All of these design changes need to be
tested within various sized stenosis and vessel curva-
ture to provide the best optimized solution.

Sharper angulations result in greater shear forces
during advancement of a given catheter. Excessive
shear forces may result in intimal tearing or dissection,
rendering the vessel susceptible to thrombosis. There is
often a delayed manifestation of these injuries, with the
possibility that catheter induced injuries are not at-
tributed to the catheter delivery path.15 Mechanical
damage to biological tissues occurs when the shear
stress reaches a critical value. Kinney et al.15 showed
that shear forces of 3 ± 1.9 and 16.7 ± 6.8 N are
required to cause dissection and perforation within 48
iliac and femoral necropsy samples. Even though these
results are for a larger sized vessels, it provides a
guideline in the absent of similar studies within coro-
nary sized vessels. The trackability forces recorded
within our phantom models were much lower than
those reported forces required to cause tissue damage
and therefore it would be unlikely that tissue damage
would occur during the advancement of a stent deliv-
ery system within coronary vessels with a maximum
curvature of 0.22 mm�1, under dynamic flow and
cardiac motion. From our CFD simulations high WSS
values were found in excess of 3 Pa for the RCA and
LCX vessels. These high WSS values can induce
apoptosis of smooth muscle cells which can enhance
plaque vulnerability.35

There were several limitations to this study. The
analysis was completed using three coronary vessels
from one patient-specific cardiac model, which is not a
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full representation of a larger population. A resting
ventricular volume loading and heart rate was simu-
lated. Exercise conditions may further affect the find-
ings within this study. Unfortunately, due to the
acceleration limit on the linear actuator, higher cardiac
stroke volumes and exercise pulses were not simulated
within the current setup. To overcome this limitation
larger sized piston bores will be incorporated to facil-
itate future testing. These coronary waveforms have
multiple acceleration and deceleration phases during
one cardiac cycle which resulted in noisy pressure
waveforms as was the case for the LCX and to a lesser
degree the LAD. During testing there were less than a
5% variation in mean blood pressure between all cy-
cles. The insertion of the catheter was delivered at the
start of the flowrate waveforms. Further tests are
required to assess if insertion during different stages of
the pulse cycle affects trackability forces. Only one type
of stent delivery system was tested in this study. Dif-
ferent delivery systems may produce different tracka-
bility forces within the same vasculature. Rieu et al.34

and Schmidt et al.36 and found variations in tracka-
bility forces of (0.35–0.62 N) and (0.4–1.4 N) respec-
tively within the same pathways for a number of
commercially available stent delivery systems. Al-
though variations do exist from one stent delivery type
to another it, the authors would not expect that this
would affect the outcome of our study in showing the
differences between the three different cases. The
numerically obtained WSS values were simulated by
approximating the walls to be rigid. This can
underestimate the WSS values by as much as 10–25%
when modeling the wall as compliant as found previ-
ously for smaller sized vessels20,30,52 and 5% difference
for time-averaged WSS values.20 Malve et al.20 found
similar trends in the temporal maximum and minimum
WSS values along the bifurcation of the left coronary
artery when comparing rigid wall CFD with compliant
wall FSI.

CONCLUSION

A patient-specific cardiac test facility was designed
and developed which can produce reproducible results
and facilitates a better understanding of the interaction
between geometrical parameters, physiological condi-
tions and trackability forces. It was found that pres-
sure drop variations are more sensitive to cardiac
motion than outlet flowrates. Maximum pressure
drops varied from 7 to 49 mmHg for a stenosis % area
reduction of 56 to 90%, varying in a quadratic trend
for varying flowrates and an exponential trend for %
area reductions. There was a strong positive linear
correlation of cumulative trackability force with the

cumulative curvature. When compared to other two-
dimensional trackability studies, the three-dimensional
nature of the vessels did not influence the maximum
trackability forces as the heart grooves provided a rigid
anchorage for all three tested vessels. The inclusion of
cardiac motion with pulsatile flow significantly altered
the trackability forces along the delivery pathways
with high local percentage variations.
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