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Neonatal Aortic Arch
Hemodynamics and Perfusion
During Cardiopulmonary Bypass
The objective of this study is to quantify the detailed three-dimensional (3D) pulsatile
hemodynamics, mechanical loading, and perfusion characteristics of a patient-specific
neonatal aortic arch during cardiopulmonary bypass (CPB). The 3D cardiac magnetic
resonance imaging (MRI) reconstruction of a pediatric patient with a normal aortic arch
is modified based on clinical literature to represent the neonatal morphology and flow
conditions. The anatomical dimensions are verified from several literature sources. The
CPB is created virtually in the computer by clamping the ascending aorta and inserting
the computer-aided design model of the 10 Fr tapered generic cannula. Pulsatile (130
bpm) 3D blood flow velocities and pressures are computed using the commercial com-
putational fluid dynamics (CFD) software. Second order accurate CFD settings are vali-
dated against particle image velocimetry experiments in an earlier study with a complex
cardiovascular unsteady benchmark. CFD results in this manuscript are further com-
pared with the in vivo physiological CPB pressure waveforms and demonstrated excellent
agreement. Cannula inlet flow waveforms are measured from in vivo PC-MRI and 3 kg
piglet neonatal animal model physiological experiments, distributed equally between the
head-neck vessels and the descending aorta. Neonatal 3D aortic hemodynamics is also
compared with that of the pediatric and fetal aortic stages. Detailed 3D flow fields, blood
damage, wall shear stress (WSS), pressure drop, perfusion, and hemodynamic parameters
describing the pulsatile energetics are calculated for both the physiological neonatal
aorta and for the CPB aorta assembly. The primary flow structure is the high-speed
canulla jet flow (�3.0 m /s at peak flow), which eventually stagnates at the anterior
aortic arch wall and low velocity flow in the cross-clamp pouch. These structures con-
tributed to the reduced flow pulsatility (85%), increased WSS (50%), power loss (28%),
and blood damage (288%), compared with normal neonatal aortic physiology. These
drastic hemodynamic differences and associated intense biophysical loading of the
pathological CPB configuration necessitate urgent bioengineering improvements—in
hardware design, perfusion flow waveform, and configuration. This study serves to docu-
ment the baseline condition, while the methodology presented can be utilized in prelimi-
nary CPB cannula design and in optimization studies reducing animal experiments.
Coupled to a lumped-parameter model the 3D hemodynamic characteristics will aid the
surgical decision making process of the perfusion strategies in complex congenital heart
surgeries. �DOI: 10.1115/1.2978988�
Introduction
Staged palliation of complex congenital heart defects requires

pen heart surgeries very early in life. Radical surgical reconstruc-
ions of the circulation system result in drastic differences in pre-
nd postoperative systemic-to-pulmonary flow �Qp /Qs� and car-
iac loading, which can be realized through the increased physi-
logical plasticity of the neonatal patient. Prolonged cardiopulmo-
ary bypass �CPB�, Fig. 1, is usually required during these
urgeries affecting 20,000 children annually. There are well ac-
nowledged deterious effects of standard CPB techniques on neo-
ates �1�, including higher inflammation risk, premature Circle of
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Willis �2�, and unbalanced nonphysiological organ perfusion �3,4�,
resulting in temporary or permanent brain damage in up to 25% of
patients. Biomechanical design of improved neonatal CPB circuit
components, which is challenged by complex pulsatile and cavi-
tating flows, has to be customized for the patient-specific anatomy
and physiology. Geometrically scale-down versions of established
adult scale designs have historically demonstrated poor outcome
especially in blood damage indices. Most importantly, neonatal
cardiac output requirement remains relatively high, which chal-
lenges the successful biomechanical design of small diameter pe-
diatric cannulas resulting in high blood trauma due to pulsatile
jetlike flow regimes. A validated computational fluid dynamics
�CFD� analysis methodology will be instrumental in achieving
optimal hemodynamic performance and eventually will bring the
poor neonatal CPB outcome close to the adult CPB values.

Pulsatile perfusion systems �5–9�, offering several beneficial

effects �6,10–13�, have been proposed and studied extensively to
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ddress some of the challenges of neonatal cardiac assist. Rigor-
us quantitative parameters �energy equivalent pressure and sur-
lus hemodynamic energy� have been defined to compare and
valuate the pulsatile performance of CPB components on a stan-
ard basis �14,15�. During CPB, the quality of the artificially pro-
uced pulsatile waveform and pulsatile energy cascade is depen-
ent on the pump, membrane oxygenator �16�, aortic cannula, and
atient-specific vascular compliance �17�. Likewise cannula tip
nd aortic arch anatomy influence the pulsatile waveforms con-
ucted to the upstream head-neck vessels and descending aorta.
emodynamics, pulsatile energy loss, and the distribution of the

emaining pulsatile energy and cardiac output to various organ
ompartments �18� through the aortic arch junction are therefore
ltimately important. Quantitative evaluation of the CPB hemody-
amics has gained even further clinical interest as any improve-
ent in cerebral perfusion can be monitored real-time at the op-

rating room through the transcranial Doppler ultrasound �19� and
patially resolved near infrared spectroscopy, which are emerging
s standard diagnostic tools in addition to the traditional electro-
ncephalography and electrocardiography �ECG� monitoring �20�.
owever, these measurements and earlier physiological investiga-

ions in animal models provide only the global perfusion and
umped pulsatile performance peripheral to the aortic junction
21�. Detailed understanding of neonatal aortic arch hemodynam-
cs and characteristic distribution of pulsatile energy to each arte-
ial vessel is essential to achieving improved pediatric CPB can-
ula designs and optimal neonatal perfusion strategies.

Hemodynamic studies that investigate the effects of cannula
rientation are limited to ventricle-assist devices with idealized
eometries �22,23�, catheterization �24�, and venous cannulation
25�; exclusively in adult applications neglecting the neonatal
tate. Andersen et al. �26� analyzed in vitro hemodynamics of six
ifferent 22 Fr adult CPB cannulas and proposed a novel diffuser
ip prototype with significantly reduced pressure drop and turbu-
ent stress. Experimental in vitro studies either ignored the intra-
ascular cannula tip protrusion �27� or the exact aortic cross-
lamp anatomy as a first approximation. Sophisticated CFD
nalysis techniques are also employed but with idealized aortic
rch geometries and usually without including the head-neck
ranches �23�. While these studies provide significant information
n blood damage and wall shear stress loading, the pulsatile per-

ig. 1 A schematic of the cardiopulmonary bypass „CPB… cir-
uit. CPB procedures are used extensively during cardiac sur-
ery to withdraw venous blood from the right atrium and pump

t through an oxygenator, and then return the oxygenated blood
o the patient through the ascending thoracic aorta, bypassing
he heart and the lungs. During CPB, the heart is usually ar-
ested and the cardiac surgeon performs the operation on the
otionless heart. A cannula is inserted into the patient’s right

trium to drain venous return. The venous blood is fed into the
enous reservoir by gravity. The blood is pumped through the
embrane oxygenator and an arterial filter removes any air

ubbles and blood emboli. The blood is then returned into the
orta distal to a cross-clamp „LA: left atrium….
ormance and its distribution to the arterial system have not been
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modeled. In this study we are able to reconstruct the complete
generic CFD model of the neonatal CPB cannulation based on a
real pediatric patient-specific aorta morphology through the recent
advances in patient-specific surgical planning paradigms and the
virtual surgery modeling experience �28–30�.

Studied by the pioneer investigators, hemodynamics of the nor-
mal adult-scale aorta is a classical topic of cardiovascular fluid
mechanics �31–33�. In recent literature, wall shear stress and 3D
effects have been presented in idealized aortic arch models with
neglected head-neck branches at relatively low nonphysiological
Reynolds numbers �34�. The effects of realistic inflow boundary
conditions, such as the left ventricle pumping action, are observed
to produce minor effects on helical flow structures and influenced
wall shear stress distributions only in the ascending aorta region
�35�. Again with neglected head-neck vessels, Morris et al. �36�
presented the hemodynamic characteristics of an adult aortic arch
in a patient-specific study that explored the effects of 3D recon-
struction from computed tomography �CT� data. An unsteady
pressure drop of �1 kPa is correctly predicted in a combined
CFD/MRI patient-specific descending aorta study �37�. Likewise,
the MRI data that are reconstructed throughout the cardiac cycle
enabled CFD simulations with specified vessel wall motion where
aortic valve downstream velocity profiles are studied in a segment
of ascending aorta �38� as well as coronary inflow with a rotary
aortic root �39,40�. Utilizing a Chimera �overset� mesh allows
practical inclusion of head-neck vessels in structured grid CFD
models of the aorta �41� showing higher WSS values at the roots
of these vessels. While these studies provided important informa-
tion on the biofluid dynamics of a normal aortic arch, the anatomi-
cal size, unsteadiness, and inflow conditions influence the aortic
hemodynamics considerably. This is illustrated in the recent stud-
ies on mouse aortas governed by lower peak Reynolds and Wom-
ersley numbers ��250 and �2� where significantly higher wall
shear stresses are reported �42,43� compared with the human aor-
tic arch, where low and oscillatory WSSs are significantly corre-
lated with spatial protein expressions �43�. Similarly the neonatal
aortic arch is a critical physiological time point specifically for
congenital surgical planning and deserves a detailed hemody-
namic investigation as the left ventricle aortic flow rate doubles
during fetal to neonatal transition with the closure of the ductus
arteriosus �44�. While this study focuses on the aortic arch flow
fields, several pulsatile patient-specific CFD studies have also
been performed on thoracic aneurysms �45–49�.

The objective of this study is to develop a second-order accu-
rate transient CFD model of the neonatal aortic arch and virtually
simulate the pathological condition of CPB cannulation hemody-
namics. Cannula and aortic arch are integrated during CPB and
are analyzed as an assembly. CFD results are compared with the
in vivo measurements. The present manuscript is intended to
document the baseline hemodynamics and performance that are
typically achieved with a generic neonatal CPB cannula configu-
ration. Further improved configurations and optimized cannula de-
signs could be studied with the presented model. In this manu-
script CPB hemodynamic parameters are also compared with the
corresponding patient-specific neonatal and pediatric normal aor-
tic flow fields.

2 Methods

2.1 Patient-Specific 3D Neonatal Aorta Morphology. Accu-
rate study of the neonatal CPB hemodynamics requires patient-
specific aortic morphology. In this study a three-dimensional �3D�
aortic arch reconstruction from cardiac magnetic resonance imag-
ing �MRI� of a pediatric patient �age: 10 years, body surface area:
1.32 m2� with a normal aortic morphology �NIH-Georgia Tech
Fontan Anatomy Database ID: CHOP30� was scaled down to rep-
resent a neonatal aortic arch with a body surface area �BSA� of
0.1872 m2. This BSA also corresponds to the well established 3
kg piglet neonatal animal model �50� where in vivo physiological

measurements during CPB were available for validation from the
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arlier studies �17,21�. The scale-down factor for linear dimen-
ions was calculated to be 0.4324 �51,52�. The primary dimen-
ions of both models were further verified by clinical measure-
ents from healthy neonatal �53� and pediatric �54� subjects. 3D

natomical reconstruction techniques developed for complex con-
enital vascular anatomies have been described earlier �55–58�
nd were applied to the present problem with minor changes.

2.2 PC-MRI Acquisition and Analysis. This study utilized a
iemens 1.5 T whole body MRI scanner for the acquisition of
atient-specific boundary conditions. Retrospectively triggered,
hrough-plane, phase-encoded velocity mapping was performed
n a plane perpendicular to the flow in the ascending aorta posi-
ioned approximately 2 mm above the aortic valve. The velocity
ncoding used was �150 cm /s. The effective repetition time was
0 ms, which yielded 30 cardiac phases, the echo time was 2.5
s, and the image matrix size was 128�256 pixels. The field of

iew was about 30 mm and a rectangular field of view was used.
he slice thickness was 5 mm. The ascending aorta was then
emi-automatically segmented using a gradient based active con-
our scheme and flow was quantified throughout the cardiac cycle.

2.3 Virtual CPB Cannulation. Three-dimensional surgeon
ketches describing the pediatric CPB cannulation using a 10 Fr
annula are prepared for the 3D aortic reconstruction, Fig. 2. Us-
ng these sketches the CPB is created virtually in the computer by
ross-clamping the ascending aorta �59� and inserting the
omputer-aided design model of the 10 Fr tapered generic cannula
OD: 3.3 mm, ID: 2.46 mm�. Cannula and aortic arch are oriented
ith respect to each other to simulate a typical standard pediatric
PB configuration, Fig. 2. Generic cannula dimensions are se-

ected to be similar to a DLP75010 �measured as OD: 3.23 mm
nd ID: 2.41 mm� aortic cannula since in vivo physiological mea-
urements are available.

This configuration now corresponds to a complete generic
odel of the neonatal CPB cannulation based on a real patient-

pecific aorta morphology made possible through the recent ad-
ances in patient-specific surgical planning technologies �60� and
ur virtual surgery experience �28–30�.

2.4 Computational Fluid Dynamics

2.4.1 Grid Generation. High-quality tetrahedral grids are gen-
rated using GAMBIT �Fluent Inc., Lebanon, NH� with three differ-
nt refinement levels for both neonatal aortic arch and CPB con-
guration models, Fig. 3. The parameters used in grid generation
re summarized in Table 1. To achieve good convergence in un-
teady CFD simulations strict mesh quality checks are performed.

2.4.2 Solver Parameters. The CFD model is based on a recent

Ao clamp

10Fr

top view

Ao clamp

10Fr

top view

ig. 2 „Left… Surgeon sketches of the CPB assembly, including
he aortic cross-clamp location, are prepared by pediatric sur-
eon; top and bottom views. „Right… CPB cannulation „tapered
0 Fr… is created “virtually” on the computer based on the
atient-specific “surgical planning” modeling protocols.
xperimentally validated second-order accurate incompressible
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model that is specially developed to resolve high-frequency time-
dependent flow instabilities that are encountered in complex car-
diovascular anatomies �61�. The simulations are performed using
FLUENT version 6.3.26, with blood properties taken consistent with
previous numerical studies ��=1060 kg /m3, �=3.71
�10−3 Pa s�. Flow is incompressible and assumed Newtonian.
The unsteady implicit pressure based solver with second-order
implicit time advancement scheme, which has broader stability
and faster convergence characteristics for unsteady incompress-
ible flows, is chosen. The continuity equation and the linearized
momentum equations are solved sequentially using a segregated
algorithm. The pressure-velocity coupling algorithm is set as
pressure-implicit with splitting of operators �PISO� with skewness
correction in order to improve the convergence in transient calcu-
lations in close vicinity of distorted cells. Since the entire flow
domain was meshed with tetrahedral elements, second-order dis-
cretization of pressure and momentum terms is necessary to elimi-
nate numerical diffusion in calculations. Therefore, second-order
upwind scheme is applied to discretize the convective terms in
momentum equations. The curved nature of anatomic geometry
yielded a considerable swirl rate, which is taken into account by
setting the pressure staggering option �PRESTO� scheme as the
pressure interpolation method. Second-order accurate discretiza-
tion of pressure terms yielded prominently better results for the
cannula model. The convergence is achieved by obtaining a pre-
liminary solution with first-order discretization methods and then
setting this as an initial condition to advance second-order accu-
racy. In addition, the derivatives are evaluated by the node based
gradient method, which offers a second-order spatial accuracy for
the unstructured computational grid. The simulations are contin-
ued for three cycles, which is found to be sufficient for the
start-up effects to disappear and the flow to become periodic.

The convergence is monitored by means of the velocity moni-
tors assigned at the designated points of the flow domain �i.e.,
velocity inlet, aortic arch, and descending aorta�. In addition, the
residual of continuity equation is reduced to at least 10−6 at all
time steps. Simulations are performed using both Windows and
Linux systems operating on a 3.2 GHz, 32 bit Intel Pentium 4

Fig. 3 Close-up view of the tetrahedral grids at the cannula tip
region for the CPB Ao model. The grids are shown on an axial
plane that goes through the aortic arch.

Table 1 Mesh numbers and parameters used for the normal
neonatal model „normal Ao… and for the aorta-cannula CPB as-
sembly „CPB Ao…

Model Coarse Medium Fine

Normal Ao 158,565 329,580 598
CPB Ao 132,290 246,547 436,207
Mesh density 1.35 1.0 0.8
DECEMBER 2008, Vol. 130 / 061012-3
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rocessor with 3.0 GB RAM with the “Hyper-Threading” option
nd eight parallel Itanium2 Montvale 9130M dual-core processors
ith 8.0 GB RAM shared memory respectively. Computations

ook approximately 40 h �18 h in high-performance parallel set-
ing� to simulate two converged cycles with a period of 0.635 s.

2.4.3 Neonatal Animal Model and Boundary Conditions. The
otal cardiac output is specified to be 0.894 L/min for the neonatal
ealthy patient based on the 0.1872 m2 BSA �62�. A normal new-
orn heart rate of 130 bpm is also used in this model. Based on
hese two values, the actual in vivo aortic flow waveforms �3.49
/min and 50.68 bpm� of the 10 year old patient-specific aortic
orphology, acquired through PC-MRI measurements, are scaled

nd used as boundary conditions for the CFD simulations, Fig. 4.
or robust functioning of boundary conditions the small in vivo
ackflow is neglected.

For the CPB model with a 10 Fr aortic bypass cannulla, the in
ivo inlet flow waveforms measured from an earlier 3 kg piglet
nimal experiment �17,21� with DLP75010 cannula are used, Fig.
. During this experiment the pump flow rate was fixed delivering
n average of 0.6 L/min at a frequency of �94 bpm. These ve-
ocity inlet boundary conditions are assigned to the three-diameter
xtended inlet surfaces of the ascending aorta or cannula as a
lug-flow by means of a user defined function �UDF�. The as-
umption of a flat velocity profile at the aortic inlet has been
onfirmed from in vivo measurements �see Ref. �36� for a good
eview�.

Mass flow-split boundary conditions of FLUENT, which interpo-
ate velocity profile from the interior of the domain and scale
ased on the specified flow-split, have been explored in detail in a
revious communication �61�. This study showed that the flow-
plit boundary condition, which is very practical for cardiovascu-
ar flows with multiple outlets, performs equally well as standard
elocity or pressure outflow boundary conditions �see also the
ecent Ref. �63��. For both models, the total cardiac output is
istributed between the head-neck vessels and the descending
orta �DAo� with the two ratios ranging from 40/60 �correspond-
ng to the in vivo patient-specific PC-MRI� to 50/50. An equal
50/50� total cardiac output share between the head-neck and the
Ao is a valid assumption for a normal newborn flow-split �64�.
low-split during the actual CPB varies considerably �65� but it is

ikely to be maintained between these two flow-splits. All outlets
re extended nine diameters normal to the vessel cross section.
he flow-split weighting coefficients of head-neck vessels are cal-
ulated proportional to the area of each artery as 0.2, 0.08, and
.12 for the innominate, left common carotid, and left subclavian
rteries �LSAs�, respectively �for the 40/60 split case�. The vessel

ig. 4 Inlet flow waveforms specified in neonatal aorta, 10
ear old pediatric aorta, and neonatal cardiopulmonary bypass
annula
urfaces are treated as rigid and impermeable walls.

61012-4 / Vol. 130, DECEMBER 2008
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2.5 Hemodynamic Performance Parameters. The main fo-
cus of the present study is to characterize the pulsatile hemody-
namic performance and the detailed pulsatile energy characteris-
tics of neonatal aortic arch both at normal and during CPB.
Quantitative parameters calculated from CFD solutions include
energy equivalent pressure �EEP� �mm Hg�, surplus hemody-
namic energy �SHE� �ergs /cm3�, pulsatile energy dissipation
�Ploss, mW�, and dissipation function ��, mW /m3�.

EEP =� Q · Pdt/� Qdt �1�

SHE = 1332 · �EEP −� Pdt/T� �2�

Ploss = 	inlet
P · Q − 	

outlets

P · Q �3�

� = 2�
� �u

�x
�2

+ � �v
�y
�2

+ � �w

�z
�2� + � �u

�y
+

�v
�x
�2

+ � �w

�y
+

�v
�z
�2

+ � �w

�x
+

�u

�z
�2

�4�

In the above equations, the average flow rate �Q� and total
pressure �P� values at the arterial branches are obtained through in
vitro experiments or computational simulations. The three veloc-
ity components are denoted by �u ,v ,w�, the spatial coordinates
are denoted by �x ,y ,z�, and the cardiac cycle is denoted by �T� in
seconds.

While the former two parameters, Eqs. �1� and �2�, have been
utilized extensively in literature �14,15,66� to quantify the pulsa-
tility performance, the later power loss parameter �57,67,68�, Eq.
�3�, is presented in this manuscript as an index of temporal pulsa-
tile energy loss. SHE represents the extra hemodynamic energy in
blood flow available due to the pulsatile pressure and flow wave-
forms over the integrated mean pressure and mean flow rate. For
cannula tip design purposes, the spatial distribution of the dissi-
pation function, Eq. �4�, within the aortic junction will highlight
the exact locations and time-points of energy losses and therefore
will be a useful parameter for targeted cannula design and auto-
mated optimization studies.

The 3D CFD results provide not only the global systemic post-
cannula pulsatility performance, which was employed and pre-
sented in all previous studies, but also the distribution of pulsatil-
ity to the main organ compartments through the peripheral arterial
vessels. Pulsatile energies delivered to the descending aorta, in-
nominate artery, left common carotid, and left subclavian artery
are presented in Sec. 3.

In addition to the pulsatile performance parameters and flow
structures, blood damages in normal neonatal and CPB configu-
rations are estimated through wall shear stress values �peak and
average� and standard stress and residence-time hemolysis models
�69�, in which the blood damage fraction is given by

DGW = �3.62e−7��2.416 · t0.785 �5�
While sophisticated blood damage models that are integral to

the CFD studies are highly acknowledged and available in litera-
ture �70–73�, our objective is only to demonstrate and quantify the
relative differences in blood damage in normal and pathological
CPB configurations.

3 Results

3.1 CFD Model Verification and Validation. The normal
neonatal and the CPB aorta model CFD simulations are performed
with three increasing mesh sizes for grid verification study. Both
models demonstrated good grid convergence and conclusions are

similar. Typical changes between coarse-to-medium and medium-
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o-fine grids are plotted for a fixed region in the aortic arch, in the
PB neonatal aorta model, Fig. 5. Velocity profiles are found to
e very similar for medium and fine grids. In terms of grid veri-
cation, the aorta model with CPB is found to be a more chal-

enging configuration compared with the normal neonatal aorta
odel and therefore is reported in this manuscript.
For the CPB model CFD results are also compared with the in

ivo physiological measurements of a neonatal 3 kg CPB piglet
odel �17,21�. Both the calculated precannula pressure drop and

ostcannula arterial pressure waveforms are similar in morphol-
gy to the experimental measurements at all grid sizes, Fig. 6. We
stimate the postcannula arterial static pressure as the vessel area
eighted average pressure of all arterial outlets. In the CFD
odel this quantity is also very close to the descending aorta

ressure waveform. Therefore, both the fine and medium grid neo-
atal CPB models predicted the in vivo unsteady pressure drop
ith acceptable accuracy. For medium grid computations the car-
iac averaged bias errors are 5.1% and 7.4% for pre- and postcan-
ula pressure waveforms. Inlet precannula pressure peaks are pre-
icted to be lower in the CFD results compared with the in vivo
easurements �average of 17.2% difference�. These results imply

Fig. 5 Comparisons of flow profiles for grid ver
tors are plotted along the midsection of the ao
comparison of velocity profiles along section a
flow-split at t=0.475 s „see Fig. 3….
hat the medium grid results can be used for unsteady performance

ournal of Biomechanical Engineering
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predictions and comparative design evaluation. All plotted pres-
sure drops in Fig. 6 are for the 40/60 head-neck to DAo flow-split
ratio, the pressure waveform morphology for the 50/50 case was
closely similar to the 40/60 split, and the calculated pressure drop
is maximum 2.0% lower than the 40/60 split case.

For the numerical time-step used in this study �0.001 s� there
were no phase differences in the solutions obtained with different
grid sizes as shown in Fig. 6.

3.2 Flow Structures (Neonatal Versus Neonatal With CPB
Cannula). In general, the neonatal aortic flow fields are observed
to be highly uniform throughout the cardiac cycle. Only during
mid-deceleration, flow starts to swirl and separate from the infe-
rior wall of the aortic arch. This regime transforms into short
residence-time unstable swirling structures during end-systole due
to flow deceleration. These structures are illustrated in Fig. 7�a�
for different time-points in the cardiac cycle. As expected, intro-
duction of the aortic cannula altered the uniform flow state of the
normal neonatal arch dramatically and several swirling complex
flow regions are introduced for the entire cardiac cycle as pre-
sented in Fig. 7�a�. This novel flow field experiences a competi-

ation study. Velocity magnitudes „m/s… and vec-
arch. The top right corner shows the detailed

CPB cannula model with 60/40 DAo/head-neck
ific
rtic
-a.
tion between the decelerating cannula jet flow and the outflow
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ead-neck suction. Due to the low flow rate through the head-neck
essels, the inflow inertia needs to be attenuated before streaming
o these vessels. This creates rotational flow �particles typically
equire three to four turns to exit the aorta� and a regional low
elocity region inside of the flow domain. While the location of
his region changes dynamically over the cardiac cycle, it is ap-
roximately located at the start of the DAo. Pressure field gener-
ted by the head-neck outlets interacts with the jet flow in a novel
ay and deflects its structure caudally, while this effect has been
ffset by the DAo flow once the cannula jet exits the arch region.

The most apparent characteristic of the CPB perfusion in the
ortic arch is the presence of a high-speed jet that emerges from
he 10 Fr tapered cannula tip. The jet eventually hits to the ante-
ior wall of the descending aorta and bifurcates into the left sub-
lavian and descending aorta. The cannula jet that splits into the
eft subclavian creates a recirculation zone at the entrance of this
essel. This flow structure is illustrated through the plotted path
ines, Fig. 7�b�, where particles are released from the inlet can-
ulla. The Reynolds and Womersley numbers during peak flow for
his jet are calculated to be 1936 and 2, respectively, based on a
.46 mm cannula diameter. Average Reynolds numbers are 1516
nd 427 for the cannula inlet and descending aorta, respectively.
ypical velocity fields are compared in Fig. 7�c�.
During the cardiac cycle, the left subclavian artery is found to

e perfused through swirling flow streams. Most importantly the
nnominate artery perfused through a tortuous pathway, which is
ssisted by the low pressure suction created by the exiting jet.
low swirls �inner product of vorticity and velocity vector� in the
utflow branches are calculated along the cardiac cycle, and av-
rage values are presented in Table 2 as an index of flow distur-
ance, recirculation, and high drag in these vessels. Nonphysi-
logical flow swirl values are recorded at the left common carotid
nd subclavian arteries of the CPB model. Reduction of flow swirl
n these vessels is also apparent from the particle flow pathways.
his phenomenon is associated with the reduced flow energy as

hese two vessels receive blood flow deep from the DAo entrance
nd after following several complex swirls. The majority of the

ig. 6 Comparisons of the calculated pressure waveforms
ith in vivo physiological measurements for three grid refine-
ent levels. „Top… Precannula pressure. „Bottom… Postcannula
ressure. The head-neck to descending aorta flow-split ratio is
0/60. Only one period of the experimental measurements is
hown for clarity.
articles that end up at the anterior wall of the aortic arch also
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perfuse the head-neck vessels. Low velocity complex stagnant
flow is observed in almost all parts of the pouch region of the
aortic cross-clamp throughout the cardiac cycle, Figs. 7�c� and
8�c�. Flow structures do not differ significantly between the 50/50
and 60/40 DAo/head-neck split cases; the latter features a larger
percentage of particle pathlines going to the DAo and lesser cross-
clamp pouch perfusion.

3.3 Flow Structures (Normal Pediatric Versus Normal
Neonatal Aorta). The nondimensional numbers calculated for the
normal pediatric �unscaled� 10 year old pediatric aorta and the
neonatal aorta are summarized in Table 3. Pulsatile effects, based
on ascending aorta diameter, are more important for pediatric flow
compared with the neonatal aorta. At these physiological time-
points the velocity profiles during the acceleration and decelera-
tion phases are plotted in Figs. 8�a� and 8�b� to demonstrate the
changes in flow skewness with growth. During acceleration phase
it is observed that flow skewness in the ascending aorta is along
the posterior-posterior-right and posterior-posterior-left quadrants
for the neonatal and age 10 original size aorta geometries, respec-
tively. Further investigation on the neonatal aorta model �having
50/50 head-neck/DAo flow-split ratio� with a nonphysiological
40/60 head-neck/DAo flow-split ratio shows that skewness is also
influenced by the flow-split, shifting it more toward the posterior-
posterior-left quadrants �results not presented�. Flow skewness at
the descending aorta is along the anterior-right direction for all of
the normal models studied.

During the peak and deceleration phases flow separation at the
ascending aorta alters the flow profiles. At the ascending aorta
maximum flow is observed through the anterior-right direction for
both models. Descending aorta profiles are skewed toward the
anterior-left direction.

Compared with the adult aortic flow simulations where head-
neck to DAo flow-split is lower �15/85�, the pediatric �40/60� and
neonatal �50/50� flow-splits demonstrate increasingly more uni-
form velocity distribution in the aortic arch and the peak in the
arch velocity profile also shifts toward the centerline.

3.4 Pulsatile Energy Cascade. Hemodynamic parameters
that portray the pulsatile energy cascade in the aortic arch are
tabulated in Table 4. SHE parameter represents the extra pulsatile
energy that is delivered to each of the arterial vessels and influ-
ences the gross tissue perfusion. For the normal neonatal aorta the
quality of pulsatile flow is considerably high and remains high at
all arterial branches. On average, under normal physiological con-
ditions, 60% and 13% of the inlet pulsatility are delivered to the
head-neck vessels and descending aorta, respectively. In compari-
son, for the CPB configuration, only 9% of the inlet SHE is avail-
able at the left subclavian and DAo vessels. In the remaining
head-neck vessels of the CPB model flow pulsatility is almost
zero. Variations in the pulsatile branches of the head-neck vessels
indicate that pulsatile energetics depend on geometry and cannula
orientation, in addition to the pulsatile precanulla flow waveform.

Temporal changes in control volume power loss, Eq. �3�, follow
the inflow profile but slightly shifted due to pressure waveforms
for both the CPB and neonatal Ao models. The peak and average
power loss values are �310 mW, 43 mW� and �93 mW, 55 mW�
for normal and CPB aorta models. Introduction of the cannula
increases the average hydrodynamic power loss in the aortic junc-
tion by 28% compared with the normal aorta, in spite of the fact
that cannula operates at a considerably lower average cardiac out-
put �0.6 L/min versus 0.894 L/min�. The spatial distribution of this
quantity, the dissipation function, is suggested to be used as a
performance parameter to improve the cannula tip design and its
orientation. For the standard configuration, which is solely fo-
cused in this manuscript, the distribution of hydrodynamic dissi-
pation is documented along several axial sections of the aortic
arch, Fig. 9. It is observed that the shear layer due to the cannula
jet extends well into the descending aorta contributing to the in-

crease in power loss.
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3.5 Wall Shear Stress and Estimated Blood Damage. Equa-
ion �5� is integrated along the particle path lines to estimate the
lood trauma for the physiological and for the CPB cannulation
ow fields. Uniformly distributed particles �n=30� are released
rom the inlets at the end acceleration phase �t=0.03 s and t
0.075 s for neonatal and CPB models, respectively�. Integration

ime gradually increased so that 95% of all the particles have left
he solution domain for both models. Since the CPB model oper-
tes at a lower average cardiac output �0.6 L/min� compared with
he neonatal model �0.894 L/min� the integration time is slightly

Fig. 7 „a… Anterior and cranial views of
model during acceleration „t=0–0.2 s, le
right… phases. „b… Typical particle pathline
instances; mid-, late deceleration, and end
arrow indicates flow separation at the infe
„m/s… during peak flow for normal neonatal
bly „right, t=0.2 s….
arger for the former. Therefore the blood damage index reported
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here corresponds to the peak flow phase of both models. Calcu-
lated values are reported in Table 5 where CPB pathology caused
a 288% increase in blood damage fraction compared with the
physiological value.

Spatial and temporal cycle averaged values of WSS increased
55% over normal during CPB while WSS values calculated for
both models can still be considered close to the adult physiologi-
cal safe value of 10 N /m2. Furthermore peak stress values are
comparable for both models whereas the residence time and span
of the peak shear stress in the CPB configuration were much

particle pathlines for the neonatal CPB
and second deceleration „t=0.3–0.525 s,
r the neonatal Ao observed during three
stole, �t1, �t2, and �t3, respectively. The
wall of the arch. „c… Velocity magnitudes
„left, t=0.05 s… and neonatal CPB assem-
the
ft…
s fo
-sy

rior
Ao
higher compared with the physiological peak value. WSS hot-
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pots are observed at all the posterior-left walls of the head-neck
essels for the neonatal model �primary hot-spots� and only at the
eft subclavian for the CPB configuration �secondary hot-spot�,
ig. 10. Wall shear stress for the CPB model is primarily associ-
ted with the squeezed cannula jet flow at the descending aorta
nlet lumen �please see Fig. 10�. Peak and average wall shear
tress parameters are presented in Table 5 for both models.

Discussion
Surgical experience at the operating room indicates that even
inor manual alterations of the CPB cannula orientation result in
ajor changes in the cerebral blood flow of neonatal patients �74�.

Table 2 Average flow swirl over the cardiac
natal model and CPB configuration. Flow
„�� ·V� … /�V2. The head-neck/DAo flow-split ratio
ulmonary bypass „CPB… configurations; � an
tively. � is density of blood.

Swirl �m2 /kg�
Ascending

aorta
Innominate

artery

Normal Ao 0.000 0.051
CPB Ao 0.000 0.005

Fig. 8 Velocity magnitude „m/s… along the typical cross
acceleration „left… and deceleration „right… phases for n
models. The dashed line corresponds to the aortic arch

directions.
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The local hemodynamic characterization of the standard neonatal
CPB configuration highlights these three-dimensional geometrical
determinants for achieving optimal fluid flow and tissue perfusion
during CPB. The next objective of this study is to lay the founda-
tion toward an integrated multiscale lumped circulation and local
hemodynamics CPB model. While in this manuscript only two
physiological flow-splits are studied, the complete hydrodynamic
characteristic of the cannula/Ao assembly can be obtained by run-
ning batch CFD simulations at different flow-splits �including the
variations in individual head-neck vessels�. This information is
valuable as it then can easily be plugged into a lumped-parameter
model �as shown in Ref. �75� for another application� to provide

le at the aortic branches for the normal neo-
irl is normalized with dynamic pressure,
50/50 for both normal neonatal and cardiop-

V are vorticity and velocity vectors, respec-

L. common
carotid

Left
subclavian

Descending
aorta

0.005 0.023 0.055
43.625 4529.1 0.086

ctions of the ascending and descending aortas during
atal „a…, pediatric „b…, and cardiopulmonary bypass „c…
terline: „A… anterior, „P… posterior, „L… left, and „R… right
cyc
sw
is
d

se
eon
cen
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he detailed cerebral perfusion. This approach is essential for pe-
iatric applications as patients with congenital heart defects fea-
ure topologically complex circulatory networks that may also be
emodynamically unstable during particular surgical stages �first
nd second stage Fontan surgeries�. Furthermore for 15% of the
eonatal patients major branches of the Circle of Willis do not
xist �76�, while these patients are still being subjected to the
tandard perfusion strategies during CPB. An integrated lumped-
arameter model will enable the global analysis and optimization
f the perfusion strategy on a case-by-case basis, customized for
ach patient. It will also allow the evaluation of coronary perfu-
ion during CPB.

Even though in this manuscript the CPB of a normal neonatal
orta morphology is studied, the presented patient-specific analy-
is approach is equally applicable to the abnormal congenital aor-
ic arch anatomies. Most CPB strategies and protocols are very
omplex and physiologically demanding for the young patients.
hese risky CPB strategies once analyzed quantitatively could be
eemed unnecessary for some patients, favoring a simpler CPB
lan for them. For example, it can help perfusionists and surgeons
o evaluate quantitatively whether a relatively simpler coarctation
epair surgery can be undertaken without going through the com-
lex perfusion strategies of the complete arch repair cases �77�. It
ill also help to evaluate whether cerebral perfusion is affected by
atient’s shunts or aorta pulmonary collaterals thereby comple-
enting intraoperative imaging techniques �78�. In patients hav-

ng dual vena cava �29� a decision whether to clamp both vena
ava can be based on quantitative perfusion quality indices. The
fficacy of retrograde emergency perfusion can also be evaluated
or each patient prior to the surgery �79�.

In this study both the calculated pre- and postcannula pressure
aveforms matched the in vivo physiological measurements re-
arkably well: 7.4% mean difference for the postcannula. This

egree of experimental agreement in such a complex problem is
ttributable to the meticulous physiological experimentation, the
se of a recently available CFD model with specially selected
umerical parameters, attention to the details of neonatal anatomy,
nd the virtual representation of the identical patient-specific neo-
atal CPB morphology. While it is acknowledged that a formal
xperimental validation on an actual aorta geometry is essential
or conclusive model credibility, it should be noted that the same
FD model demonstrated excellent agreement with particle image
elocimetry experiments for Re numbers up to 4000 in an un-
teady complex cardiovascular benchmark test case conducted
arlier �61�. In this manuscript an in vivo comparison is presented

Table 3 Nondimensional numbers governin
patient-specific aortic arch has two curvature
Dean numbers of 891 and 701, respectively.
„*AAo Reynolds number for the CBP model is
the head-neck/DAo flow-split ratio is 50/50 for
pass „CPB… configurations.

Re �AAo� ave. Re �AAo� peak

Neonatal 1128 6812
Pediatric 728 2984
CPB* 1516 1936

Table 4 Surplus hemodynamic energy „SHE…
quality for the great vessels of the neonatal a
50/50 for both normal neonatal and cardiopulm

SHE �ergs /cm3�
Ascending

aorta
Innominate

artery

Neonatal 22,326 12,914
CPB 7109 57
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in a considerably complex vascular-device interaction problem.
The only limitation of the model is the use of a rigid vessel wall
model, which is partially justified in this study through the physi-
ological waveforms as limited phase differences are observed be-
tween the inlet and outlet of the vessels for the region of interest,
both experimentally and computationally.

Introduction of the cannula altered the normal hemodynamic
conditions in the aortic arch that results in a severe pathological
state for the patient that cannot be ignored even with the moderate
less-demanding CPB waveform used in this study. Vascular
trauma indices such as wall shear stress and hemolysis are con-
siderably higher during CPB than under normal �55% and 288%,
respectively� operating conditions. In this manuscript the CPB
pathology is quantitatively presented and documented, which ur-
gently demands improved designs, optimal cannula orientations,
and waveforms to reduce the clinical consequences and improve
the outcome of CPB surgery. For example, increased WSS region
��130 Pa at peak flow� due to the CPB jet colliding directly with
the LSA and aortic isthmus periphery, Fig. 10, could possibly
result in aortic dissection �78�; therefore, a slight cranial tilt of the
cannula should be considered, which would also provide more
energetic flow to the brain. Improved head-neck perfusion should
be possible through further anterior inclination of the cannula tip.
Our results also agree with the published clinical observation that
for a standard CPB configuration, the most critical vessel for per-
fusion monitoring is the right common carotid artery �78�. Pre-
sented results will serve as a baseline for future design alternatives
that can be quantitatively evaluated. This approach will also re-
duce the number of animal experiments required during the pre-
liminary device design phase, for a typical device design which
might well amount to several hundreds. To improve the local fluid
dynamics of the CPB cannulation suggested designs can include
different side-hole arrangements and variable internal cannula di-
ameter profiles to control unsteady jet development. Furthermore
ejector-pump effect of the high-speed cannula jet, which causes
reduced flow �due to low vascular pressures as predicted in our
study�, or even “suction” from the innominate and left common
carotid branches also deserves detailed parametric hydrodynamic
investigation. The high swirling flow at the left common carotid
and left subclavian should also be reduced as high swirl increases
the wall drag almost five times, influencing the perfusion balance.

In a recent PC-MRI study, Fogel et al. have studied the in vivo
hemodynamics and flow skewness of aortic flow profiles for both
normal �80� and right �81� pediatric aortas �n=13 and n=14, re-

uid flow in the aorta models studied. The
the ascending aorta and the aortic arch with
o: ascending aorta; DAo: descending aorta

lculated based on the inlet cannula diameter…;
th normal neonatal and cardiopulmonary by-

e �DAo� ave. Re �DAo� peak Womersely

1538 9298 16.4
822 3365 9.4
422 546 2.0

gs/cm3
… as a parameter of pulsatile waveform

ic arch. The head-neck/DAo flow-split ratio is
ary bypass „CPB… configurations.

L. common
carotid

Left
subclavian

Descending
aorta

12,975 12,265 2835
1 705 656
g fl
s at
AA
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R

„er
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pectively�. While our study is limited to a single patient, similar
ow structures are observed with detailed CFD velocity distribu-

ions. During late acceleration posterior-right received the greatest
ow for the ascending aorta and the anterior descending flow rate

s slightly higher than the posterior. During the peak acceleration
nd deceleration phase posterior flow dominates in the descending
orta and the left posterior flow is the lowest in the ascending
orta. This study also presented, to our knowledge, first time in
iterature the three-dimensional hemodynamics of a normal neo-
atal aortic arch. Combined with our recent study �44� and earlier
iofluid dynamic studies of aortic arch, the hemodynamics of the
uman aorta can be quantified along the entire biological timeline
nd changes in mechanical loading can be correlated with large-

ig. 9 The distribution of dissipation function „mW/m3
…, Eq.

4…, and the development of cannula jet shear layer for the CPB
odel at t=0.425 s. DAo: descending aorta, IA: innominate ar-

ery, LCC: left common carotid artery, and LSA: left subclavian
rtery.

able 5 Wall shear stress „WSS… and index of hemolysis
106 DWG…, Eq. „5…, for the aorta models studied. The head-
eck/DAo flow-split ratio is 50/50 for both normal neonatal and
ardiopulmonary bypass „CPB… configurations.

WSS �peak�
�N /m2�

WSS �ave. peak�
�N /m2�

WSS
�cycle ave.�

�N /m2�
MIH

106 DWG

eonatal 148 39 8.3 77
PB 147 18 12.9 299

ig. 10 Wall shear stress „N/m2
… and surface traction vectors

lotted for normal and CPB aortas during peak flow. The ar-
ows indicate the primary shear stress hot-spots for both mod-
ls. For normal aorta high shear is observed at the head-neck
essels while squeezed stagnant CPB jet created high wall
hear stress at the descending aorta entrance. DAo: descend-

ng aorta, IA: innominate artery, LCC: left common carotid ar-

ery, and LSA: left subclavian artery.
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scale vascular growth. Peak Reynolds numbers for the fetal, neo-
natal, pediatric, and adult aortas are 1063, 2984, 6812, and 4000–
6000 �82,83�, respectively. During fetal-to-neonatal transition the
drastic increase in Reynolds number is associated with the closure
of ductus arteriosus, and almost a double abrupt increase in the
ascending aorta flow rate deserves further biophysical investiga-
tion �total cardiac output approximately remains constant for the
late-gestation fetal and neonatal stages�. The growth of the vessel
diameter and the cardiac output change stabilizes during pediatric
and adult stages.

While it is well established that the Newtonian assumption is
valid for large artery flows �84�, non-Newtonian effects could still
be critical for the empirical hemolysis model that is utilized in this
study, Eq. �5�. We like to highlight that this parameter is provided
in order to “compare” normal versus the pathological neonatal
aortic arch and to evaluate its significance in relation to the other
hemodynamic performance parameters.

The major anatomical dimensions of both models are validated
rigorously with the existing clinical measurements �see Sec. 2.1�.
Whereas for the complete 3D morphological information on de-
tailed but arguably secondary geometrical variations of the normal
aorta topology such as taper, the radius of curvature does not exist
in literature, to our best knowledge, including the pediatric/
neonatal patients �even for the adult aortic arch, see Ref. �85��.
Especially reaching a statistical conclusion on these secondary
anatomical features requires risky sedated scans of a large number
of normal subjects. In addition, according to the information we
have from the normal adult aortic arch, subject-to-subject varia-
tion in the great vessels is considerable, for example, at age 20 the
aortic root radius varies from 2 cm to 3 cm ��20%� �85�. In
addition, considerable variations in the dynamic motion patterns
and normal head-neck vessel branch configurations exist �86�;
21% of normal individuals have a common origin of the brachio-
cephalic trunk and the left common carotid artery �87�. Most im-
portantly, these secondary variations will be relatively minor com-
pared with the subject-to-subject variations of the diseased aortic
morphologies that are usually encountered during CPB as the
main purpose of these surgeries is to palliate congenital cardiac
defects. Therefore given all these complex 3D variations our ap-
proach that introduces the patient-specific aspect to this study is
reasonable.

Among the 170 patients that have 3D MRI anatomical/flow
information in our database, only two are scanned at 6 months of
age. We have 15 patients less than age 2 and 35 patients at age
between 2 and 3 years old. Unfortunately neither of these patients
has the normal aortic arch anatomy. The youngest patient that
could be used in this study with a normal arch is of age 3 years
old but this patient has a mirror image right-sided aortic arch
topology. We identified only three patients with normal aortic
arches with 10, 8, and 19 years old. The 8 years old patient is
excluded as she had an unusually small aortic root diameter for
the age range �3.2 mm�. Therefore the 10 year old patient is se-
lected and the anatomical validity of this selection is confirmed
through individual discussions with three experienced pediatric
cardiologists and two pediatric surgeons. In spite of the aforemen-
tioned scarcity of the pediatric/neonatal anatomical data for re-
search purposes, it is absolutely possible to acquire presurgical
patient-specific cardiovascular data from the neonatal patients as
long as there is a valid clinical justification. Such clinical scans
are routinely performed in clinical practice for diagnosis and pre-
surgical catheterization conferences. Our manuscript illustrates
how such patient-specific 3D data could provide additional physi-
ological understanding. Finally, the justification of using a rigid
model in this study, as opposed to a compliant wall model to
estimate the pulsatile energy losses, is founded on the following.
�1� Has acceptably well agreement with the in vivo measurements
performed on an established neonatal CPB animal model. �2� As
in most arterial hemodynamic applications, for aortic flows the

use of compliant models alone does not bring much improvement
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n the accuracy of the results over simpler and computationally
ore efficient rigid models �39,40,48,88–90�. The vessel diameter

hange over the cardiac cycle is around �11% for the neonatal
ediatric stages, similar to the healthy adult human aortic arch
91–93�. �3� The present study particularly focuses on the com-
arative differences of physiological and pathological CPB states.
4� The major energy loss in the arterial system is due to the
ydrodynamic dissipation. The “pulsatile energy dissipated” at the
essel wall over the cardiac cycle is essentially zero as large ar-
erial vessels are reasonably elastic demonstrating negligible hys-
eresis �94,95�. Viscoelastic behavior of the vessel wall becomes
rominent in smaller arteries �96�. �5� Full fluid structure interac-
ion �FSI� analysis is still very challenging for surgical planning
pplications, which demand almost real-time CFD results. Par-
icular challenges are unknown and spatially varying vessel mate-
ial properties.

The computational fluid dynamics model enables us to calculate
he distribution of the pulsatile energy to each of the aortic arch
essels. This information could be quite difficult to obtain through
nimal experiments or in vitro benchtop models. The present
tudy further demonstrates that the geometry and location of the
PB cannula are critical for reduced blood damage, improved
ulsatility, and balanced perfusion. Drastic differences between
he normal and CPB hemodynamic conditions further indicate that
here is still room for improvement. A validated CFD model is a
aluable tool toward this objective, which will allow the analysis
f different CPB designs efficiently and will lead to an optimal
eonatal CPB configuration.

Conclusion
A generic, experimentally validated, second-order accurate

FD model of the patient-specific CPB model is developed. The
hysiological neonatal aortic flow is compared in detail with the
athologic state of CPB cannulation. Hemodynamic conditions
ave changed drastically with the introduction of cannula, which
an be summarized as follows.

• Disturbed flow structures are observed during CPB even
with a moderate and safe freestream cannulla jet inlet wave-
form.

• Pulsatile hemodynamic energy of the CPB configuration is
limited to the left subclavian and descending aorta and only
�9% of the inflow pulsatility left to support brain tissue
perfusion. In the normal neonatal arch �60% of the inlet
pulsatile hemodynamic energy, distributed equally, is deliv-
ered to the brain.

• While the peak WSS magnitudes are similar for both mod-
els, differences in the residence times caused an almost
double increase in the temporally and spatially averaged
wall shear stress values during a moderate CPB operation.

• Relative hemolysis index increased 288%, which demands
extra biomedical engineering design emphasis compared
with the WSS improvement.

• Power loss increased to 28%.
• Local hemodynamic performance strongly depends on the

cannulation geometry. Improperly oriented cannulas can in-
fluence perfusion and generate reduced pressure and suction
backflow at the right head-neck vessels.

In this manuscript the baseline hemodynamic state of a typical
elatively safe CPB cannulation is presented. Major differences in
erfusion quality, blood damage, and WSS loading demand im-
roved the CPB cannulation and better bioengineering designs.
ith this generic validated neonatal CPB model, optimal CPB

onfigurations, waveforms, and tip designs can be evaluated prior
o �or in place of� the preliminary animal experiments. Complex
erfusion strategies could also be analyzed once integrated with a
umped-parameter model to help the surgical decision making

rocess.
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