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1  |   INTRODUCTION

The introduction of extracorporeal circulation using heart lung 
machine has opened the door to a broad range of cardiac oper-
ations that represent the standard repertoire of modern cardiac 
surgery. However, a standard setup of heart lung machines con-
tains a number of components with increased risk of triggering 
adverse events, that is, thrombogenesis and hemolysis.1,2 Here, 

particularly the oxygenator and the hardshell venous reservoir 
have been demonstrated to play a major role in blood compo-
nent activation and respective damage.3,4 Computational fluid 
dynamics (CFD) based procedures are being increasingly used 
to investigate blood flow characteristics. Various computational 
models, for the vascular blood flow with different emphases, 
were presented by a number of researchers.5‒11 Computational 
investigation of the blood flow in artificial organs and biomedical 
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Abstract
Extracorporeal circulation using heart-lung-machines is associated with a profound 
activation of corpuscular and plasmatic components of circulating blood, which 
can also lead to deleterious events such as systemic inflammatory response and he-
molysis. Individual components used to install the extracorporeal circulation have 
an impact on the level of activation, most predominantly membrane oxygenators 
and hardshell venous reservoirs as used in extracorporeal systems. The blood flows 
in two different hardshell reservoirs are computationally investigated. A special  
emphasis is placed on the prediction of an onset of transition and turbulence gen-
eration. Reynolds-averaged numerical simulations (RANS) based on a transitional 
turbulence model, as well as large eddy simulations (LES) are applied to achieve an 
accurate prediction. In the LES analysis, the non-Newtonian behavior of the blood is 
considered via the Carreau model. Blood damage potential is quantified applying the 
Modified Index of Hemolysis (MIH) based on the predicted flow fields. The results 
indicate that the flows in both reservoirs remain predominantly laminar. For one 
of the reservoirs, considerable turbulence generation is observed near the exit site, 
caused by the specific design for the connection with the drainage tube. This differ-
ence causes the MIH of this reservoir to be nearly twice as large as compared to the 
alternative design. However, a substantial improvement of these performance criteria 
can be expected by a local geometry modification.
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devices such as heart pumps in various designs has equally at-
tracted attention.12‒15 A further field where CFD approaches 
have been extensively utilized comprises design engineering 
and performance monitoring of heart valves.16‒19

One of the early CFD analyses of oxygenators (includ-
ing the membrane and the hardshell reservoir) is due to Gage  
et al,20 who investigated a commercial membrane oxygen-
ator computationally and experimentally, with emphasis on 
the pressure drop. A Newtonian behavior for the blood was 
assumed, along with the assumption of a laminar flow. A 
further computational investigation of a membrane oxygen-
ator along with X-ray imaging was presented by Jones et al,21 
who again assumed a laminar flow and a Newtonian blood 
behavior. They placed an emphasis upon the mathematical 
modelling of the flow through the membrane, modelling the 
latter as a porous medium. A more detailed modelling of the 
membrane by resolving the microstructures was performed 
by Pelosi et al22 for a prototype hollow-fiber membrane ox-
ygenator with integrated heat exchanger. Here, a Newtonian 
behavior for the blood was assumed. However, unlike the pre-
viously cited analyses20,21 Pelosi and coworkers22 assumed 
blood flow not to be laminar, but considered the presence 
of turbulence by means of a Reynolds-averaged numerical 
simulation (RANS) based23 two-equation model, namely the 
k-ω model.24 The emphasis in the latter work was placed on 
the prediction of the thrombogenic potential resulting from 
flow-related mechanical factors.22

The modelling applied in the present work differs from 
the previous studies20‒22 in several points. The membrane is 
not included in the present solution domain. However, the 
applied models for the fluid flow are more sophisticated. The 
non-Newtonian blood behavior is considered, and flow tur-
bulence is treated by more accurate models.

In the present study, the flow in two different hardshell ve-
nous reservoirs of a cardiopulmonary bypass (CPB) circuit is 
analyzed, without attempting to model the flow through the 
closely attached oxygenator membrane. Both reservoirs are 
commercially available products. Sorin (today: LivaNova, 
London, UK) Dual Avant has been used in our unit for quite 
a long time, and LivaNova Inspire has been introduced as a 
modern alternative. As already pointed out above, hardshell 
venous reservoirs are known to be a critical component of ex-
tracorporeal circulation. Hence, we designed this study with 
the aim of gaining an increased insight into the changes of pre-
dicted hemocompatibility that result from a change in design.

2  |   OUTLINE OF THE 
MATHEMATICAL AND 
COMPUTATIONAL MODELLING

In the present study, the computational analysis was per-
formed based on the finite volume method (FVM)25 utilizing 

the general-purpose CFD code ANSYS Fluent 18.0.26 Since 
the oxygenator membrane was not modelled, the solution do-
main in the present study is the reservoir between the outer 
surface of the membrane (ie, where the blood leaves the 
membrane) as the inlet, and the drainage tube as the outlet 
boundaries. The problem was investigated for a constant flow 
rate and a constant filling level. Thus, the boundary condi-
tions were in steady-state. The applied boundary conditions 
will be discussed in the following section, in more detail.

The flow in the hardshell reservoir can exhibit, in general, 
laminar and turbulent behavior at the same time in different 
regions, depending on the geometry and operating conditions. 
Both Gage and Jones and colleagues20,21 assumed a laminar 
flow throughout, whereas turbulent flow was assumed in the 
study of Pelosi22 based on RANS. In all cases, a Newtonian 
behavior was assumed for the blood.20‒22 However, as the 
strain rate can vary over a wide range in the reservoir, exhib-
iting large differences in flow velocities, the non-Newtonian 
behavior may not be negligible.

In the present work, an unsteady approach was applied 
within the framework of an LES formulation, in order to be 
able to resolve possible transitional/turbulent flow accurately. 
Here, the so-called implicit LES (ILES) approach was pre-
ferred,27,28 where no subgrid-scale viscosity was used, as-
suming the numerical dissipation to sufficiently mimic the 
effect of the unresolved turbulent motion. The non-Newtonian  
behavior of the blood was considered via the Carreau viscos-
ity model,29 which assumes the following relationship for the 
molecular viscosity (μ):

In Equation 1, 𝛾̇ denotes the local shear rate (in s–1), while 
μ0 and μ∞ represent the viscosity values at zero and infinitely 
large shear rates, respectively. The relaxation time (λ) and the 
power index (n) are the further model parameters. For human 
blood, the model parameters are provided as: μ0 = 0.056 Pa·s, 
μ∞ = 0.00345 Pa·s, λ = 3.313 s, and n = 0.3568.29 The blood 
density (ρ) was assumed to be 1060 kg/m3.

To be meaningful, an LES study requires a sufficiently 
fine grid resolution compared to the turbulent length scales. 
The smallest length scale of turbulence is the so-called 
Kolmogorov length scale (η). For a Newtonian fluid η is de-
fined by the following expression23

where ν and ε denote the molecular kinematic viscosity and 
the dissipation rate of turbulence kinetic energy, respec-
tively. An LES analysis does not contain explicit informa-
tion on ε. For obtaining an estimation on the Kolmogorov 
length scales, RANS calculations were performed in 

(1)𝜇=𝜇∞+
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advance, using the four-equation transitional SST tur-
bulence model,30,31 which can cope with the transitional 
flow behavior (flow being laminar or turbulent in differ-
ent regions), and where the ε field is explicitly obtained by 
solving a modelled transport equation. Here a Newtonian 
material behavior was assumed, since the model does not 
accommodate for a non-Newtonian behavior. However, in 
doing so, the lowest possible viscosity (μ∞) was assigned 
as the fluid viscosity for assuring that the most demanding 
conditions are covered. The characteristic local mesh size 
(Δ) of the computational grid was obtained by the cube 
root of the local cell volume (V) of the three-dimensional 
finite volume mesh, that is,

The grid resolution was quantified by the so-called “grid 
index” (GI), which is the ratio of the Δ to the η, that is,

According to the investigation of Celik et al,32 for an ac-
curate LES prediction, the following criterion needs to be ful-
filled by the computational grid

Thus, within the above-mentioned RANS framework 
using the transitional SST turbulence model, the finite vol-
ume mesh was locally refined in such a way that the condition 
(5) was fulfilled everywhere in the solution domain. In the 
present analysis, the criterion was applied even more strin-
gently, requiring the fulfillment of GI ≤ 5, so that the grid 
was no doubt adequately fine for an LES investigation. The 
resulting grids were then used in the subsequent unsteady 
LES analysis considering the non-Newtonian blood behavior. 
The grids generated this way that turned out to have nearly 
10 million finite volume cells.

Not only the spatial but also the temporal resolution 
should be sufficiently fine. A time-step size (Δt) of 10–5 s 
was applied, which resulted in cell Courant numbers25,26 
substantially lower than unity, which can be considered to 
be adequate for the present analysis. In time discretization 
a second-order accurate backward differencing scheme25,26 
was used. For the spatial discretization of the convective 
terms, the third-order accurate Monotonic Upwind Scheme 
for Conservation Laws (MUSCL) scheme25,26 was applied. 
The velocity-pressure coupling was treated by the Semi-
Implicit Method for Pressure-Linked Equations-Consistent 
(SIMPLEC) pressure-correction algorithm.25,26

The potential of hemolysis associated with the de-
sign of each device was computationally assessed by the 

dimensionless modified index of hemolysis (MIH).34 The 
MIH measures the increase in plasma-free hemoglobin, nor-
malized by the total quantity of hemoglobin in the volume of 
blood in the circuit. By definition, MIH = 1 means that one 
millionth of the erythrocytes in the circuit are damaged.34 For 
the calculation of MIH, the method proposed by Garon and 
Farinas35 was used, where MIH was estimated from

In the above equation, D is related to a linearized damage 
fraction. Garon and Farinas35 propose the following relation-
ship for the calculation of D

In Equation 7, V denotes the device volume and Q is the 
volume flow rate through the device. The quantity σ to be 
integrated over the device volume (Equation 7), represents 
the stress responsible for blood damage. This is related to the 
scalar stress τ based on the Von Mises criterion through the 
following relationship35

with

where σ1, σ2, and σ3 denote the principal stresses.

3  |   TEST CASES CONSIDERED

The hardshell reservoirs corresponding to Sorin Dual Avant 
and LivaNova Inspire are denoted as reservoir 1 (R 1) and 
reservoir (R 2), respectively. The solution domains for the 
modelled geometries of the hardshell reservoirs are shown in 
Figure 1, in perspective view, where the red colored surface 
represents the inlet boundary of the domain.

The modelled geometries (Figure 1) closely resemble the 
geometries of the two existing products. However, it shall 
also be noted that the resemblance is not perfect and contains 
some simplifications in detail. For both cases a filling level 
of 1000 mL was assumed. The solution domain contains the 
fluid region only. Therefore, the geometries shown in Figure 1  
cover the geometry lower than the level of 1000 mL filling.

Outlines of the solution domains are shown in Figure 2 
in side view, where the different boundary types are also 
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indicated (the inlet boundaries were already indicated as the 
red colored surfaces in Figure 1). In Figure 2, the different 
concepts for the blood inflow between the two hardshell res-
ervoir designs are also indicated by the red arrows. In R 1, 
blood is introduced vertically upward at the base of the de-
vice (Figure 2A). In R 2, the blood is introduced by a long 
lance (indicated by a dashed line) in the vertically downward 
direction behind the membrane (Figure 2B). For both cases, 
a volume flow rate of 4 L/s was assumed. As the velocity 
distribution over the inlet boundary was not known in detail, 
a homogeneous velocity distribution normal to the inlet sur-
face was assumed. In general, flow resistance leads to flow 
homogenization. Thus, due to the comparably high flow  
resistances by the membranes, a homogeneous velocity dis-
tribution may be assumed to be reasonable.

The outlet boundary was placed at a section of the drain-
age tube, at a position nearly 3-5 diameters downstream from 
the tube inlet section (Figure 2). At the outlet, a constant 
gauge pressure was applied along with zero normal gradient 
for the remaining variables. The free-surface was modelled 
as a plain, “slip” boundary. Thus, any interaction between 
blood and air across this surface was neglected, such as wave 
formation, or shear stresses. On the walls, no-slip conditions 
apply.

At this stage, a difference in the geometries shall be em-
phasized, which turns out to be important for the flow charac-
teristics. This is the way how the drainage tube is connected 
with the reservoir. For R 1, the strongly inclined reservoir 
bottom makes a large angle with the tube axis, resulting in 
a sharp corner at their connection (Figure 2A). For R 2, the 
horizontal reservoir bottom makes a right angle with the tube 
axis without resulting in such a sharp angle at the connection 
(Figure 2B).

4  |   RESULTS AND DISCUSSION

4.1  |  Preliminary RANS results using the 
transitional SST turbulence model

As already explained above, this part of the analysis was  
performed for obtaining an initial impression of turbulence 
generation as well as for designing a computational grid 
that can sufficiently resolve the turbulent scales. Since state- 
of-the-art turbulence models, like the presently applied four-
equation transitional SST model, cannot accommodate for 
non-Newtonian behavior, a Newtonian blood behavior was 
assumed. Here, the constant blood viscosity was assumed to 
be given by μ∞. The Reynolds number (Re) can be calculated 
at the inlet and the outlet boundaries from Re = ρUL/μ∞, 
where U is the local cross-sectional bulk velocity and L is the 
corresponding representative length scale. At the inlet, defin-
ing L to be the height of the inflow boundary, a Reynolds 
number lower than or about 100 can be calculated, which 
implies, locally, a laminar flow. At the drainage tube, defin-
ing L to be the tube diameter, due to the much higher local 
flow velocity, the local Reynolds number turns out to be 
about 3300. This is above 2300, which is generally assumed 
to be the upper limit of the laminar mode of the pipe flow for 
Newtonian flow. Based on this, turbulent flow at the exits of 
the reservoirs can be expected. As the flow continuously ac-
celerates from the inlet toward the outlet boundary, it is pos-
sible that transitional flow and onset of turbulence can occur 
within the device, depending on the geometry. The present 
RANS analysis based on a four-equation transitional SST tur-
bulence model is the preliminary step for this investigation. 
Assuming isotropic turbulence, the representative turbulent 
fluctuation velocity in magnitude (u′) can be obtained from 

F I G U R E  1   Three-dimensional views of solution domains for 
modelled hardshell venous reservoir geometries in perspective view, 
A, Reservoir 1, B, Reservoir 2. Red: inlet boundaries. [Color figure 
can be viewed at wileyonlinelibrary.com]

www.wileyonlinelibrary.com
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the calculated (transitional SST model) turbulence kinetic en-
ergy (k) as

Based on a reference time-averaged flow velocity Uref, a 
turbulence intensity (Tu) can be defined as

As the reference time-averaged flow velocity, the bulk flow 
speed at the drainage tube was used (Uref = 1.33 m/s). The 
distribution of the percentage turbulence intensity (Tu) in a 

plane through the middle of the device is displayed in Figure 
3. Please note that the scales of the plots for the two devices 
differ by a factor of 1000. Figure 3B shows that practically 
no turbulence is generated in R 2. For R 1, it can be observed 
that there is no substantial turbulence generation within the 
reservoir. However, just at the exit, a considerable amount of 
turbulence is generated (the maximum value is 33%), due to 
the strong shear layer caused by the sharp corner and induced 
inhomogeneous flow field (Figure 3A).

4.2  |  LES results

As already mentioned above, these calculations were per-
formed considering the non-Newtonian blood behavior 

(10)u� =

√
2

3
k

(11)Tu=
u�

Uref

F I G U R E  2   Outlines of solution domains for modelled hardshell venous reservoir geometries in side view, A, Reservoir 1, B, Reservoir 2. 
Continuous red lines indicate the inlet boundaries in the respective geometry. Dashed red line in (B) indicates the blood introducing lance. 
Red arrows indicate the change of main blood flow direction from vertical to horizontal within the apparatus. This is added as background 
information for better understanding but not relevant for the present calculations, since the present solution domains start at the indicated inlet 
boundaries (red lines). [Color figure can be viewed at wileyonlinelibrary.com]

F I G U R E  3   Distribution of 
turbulence intensity, Tu (%), in the midline 
plane of the device, A, Reservoir 1, B, 
Reservoir 2. [Color figure can be viewed at 
wileyonlinelibrary.com]

www.wileyonlinelibrary.com
www.wileyonlinelibrary.com
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(Equation 1). Distributions of the instantaneous velocity 
magnitude in planes through the midline plane of the de-
vices, as predicted by LES, are presented in Figure 4, in 
nondimensional form (nondimensionalized by Uref). It can 
be observed that the velocities in most parts of both reser-
voirs are quite low. A noticeable flow acceleration is ob-
served only in a small region just upstream of the entrance 
of the tube. The instantaneous distribution of the velocity 
field is quite inhomogeneous for R 1 in the tube, indicat-
ing a high turbulence level generated by the unfavorable 
entrance conditions of the flow from the reservoir into 

the tube (Figure 4A). This is in accordance with observa-
tions based on the preceding RANS calculation using the 
transitional SST model (Figure 3A). On the contrary, the  
instantaneous velocity distribution for R 2 is very homo-
geneous, which indicates negligibly low turbulence levels 
(Figure 4B).

For clarity, the velocity plots shown in Figure 4 are re-
capitulated as detail plots for the exit region in Figure 5. 
The highly turbulent flow structure for R 1 (Figure 5A) and  
the quite smooth flow of R 2 in comparison (Figure 5B), can 
be observed again.

F I G U R E  4   Distribution of 
nondimensional instantaneous velocity 
magnitude in the midline plane of the 
device, A, R 1, B, R 2. [Color figure can be 
viewed at wileyonlinelibrary.com]

F I G U R E  5   Distribution of 
nondimensional instantaneous velocity 
magnitude in the midline plane of the device 
as detail plot near the exit region, A, R 
1, B, R 2. [Color figure can be viewed at 
wileyonlinelibrary.com]

www.wileyonlinelibrary.com
www.wileyonlinelibrary.com
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The time-averaged pressure drops (Δp) in nondimensional 
form (nondimensionalized by ρUref

2/2) as calculated by LES 
and RANS (transitional SST model) between the inlet and out-
let boundaries of the devices are presented in Table 1. The re-
sults demonstrate that the pressure drop of R 1 is considerably 
larger (approx. 40%) compared to R 2. Moreover, LES and 
RANS predictions agree quite well. There is a perfect agree-
ment of the LES results with RANS results for R 2, whereas 
some difference is observed for R 1. These findings can be 
seen as further evidence of the unsteady nature of the flow of 
R 1 compared to the predominantly steady flow of R 2.

The predicted time-averaged MIH values for the two de-
vices are presented in Figure 6. A considerable difference be-
tween the two designs can be observed.

The calculated hemolysis potential of R 1 ranges around 
values nearly double those of R 2, according to the MIH cri-
terion (Figure 6). However, compared to other components 
of the CPB circuit where much higher MIH values are ob-
served, for example, cannulas (MIH ~ 100) or blood pumps 
(MIH ~ 1000),35 the present values are rather low and do not 
necessarily indicate a severe problem in this respect. As al-
ready stated above, blood damage during the flow through 
the membranes and further possible causes of hemolysis 
were not considered here. The present prediction (Figure 6) 
refers purely to the mechanical causes of the reservoir design. 
The comparatively inferior performance of R 1 is due to the 
design of the entrance section to the drainage tube and can be 
improved by a corresponding geometry modification.

5  |   CONCLUSIONS

Blood flow characteristics of two commercially available 
hardshell venous reservoirs, Sorin (today: LivaNova) Dual 
Avant (R 1), and LivaNova Inspire (R 2), were computation-
ally investigated.

The change in design from R 1 to R 2 improved the pre-
dicted turbulence generation strongly. For R 1, a considerable 
turbulence generation was predicted, which was caused by the 
sharp edge at the connection to the drainage tube, resulting in 
a sharp shear layer and a 40% larger pressure drop. When a 
quantification of the hemolysis potential was evaluated, R 1 
led to MIH values approximately twice those observed in R 2 
(11.21 vs. 5.66), due to the aforementioned unfavorable flow 
pattern. Although the predicted MIH values are still quite low 
when compared to other components of the CPB circuit such 
as cannulas and pumps, the MIH of R 1 may be improved by 
a corresponding geometry modification.

The change of the design from R 1 to R 2 improved the 
hemocompatibility substantially, demonstrating the critical im-
pact of hardshell venous reservoir design on their function in 
terms of hemodynamic behavior. Following these CFD based 
insights, an in vivo study––ideally involving standardized con-
ditions of a large animal study––are needed to further elaborate 
the clinical relevance of the herein presented findings.
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