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Abstract: Flow perfusion bioreactors have been extensively investigated as a promising culture
method for bone tissue engineering, due to improved nutrient delivery and shear force-mediated
osteoblastic differentiation. However, a major drawback impeding the transition to clinically-relevant
tissue regeneration is the inability to non-destructively monitor constructs during culture. To alleviate
this shortcoming, we investigated the distribution of fluid shear forces in scaffolds cultured in
flow perfusion bioreactors using computational fluid dynamic techniques, analyzed the effects of
scaffold architecture on the shear forces and monitored tissue mineralization throughout the culture
period using microcomputed tomography. For this study, we dynamically seeded one million
adult rat mesenchymal stem cells (MSCs) on 85% porous poly(L-lactic acid) (PLLA) polymeric
spunbonded scaffolds. After taking intermittent samples over 16 days, the constructs were imaged
and reconstructed using microcomputed tomography. Fluid dynamic simulations were performed
using a custom in-house lattice Boltzmann program. By taking samples at different time points
during culture, we are able to monitor the mineralization and resulting changes in flow-induced shear
distributions in the porous scaffolds as the constructs mature into bone tissue engineered constructs,
which has not been investigated previously in the literature. From the work conducted in this study,
we proved that the average shear stress per construct consistently increases as a function of culture
time, resulting in an increase at Day 16 of 113%.

Keywords: tissue engineering; microcomputed tomography; computational fluid dynamics; shear
stress distribution; flow perfusion

1. Introduction

Every year in the United States, there are more than 500,000 bone graft surgeries [1]. In most cases,
bone will regenerate after fracture with minimal complications; however, when there is a critically-sized
defect or fracture healing is impaired, bone grafts must be used in order to regain proper bone function.
Furthermore, bone diseases such as osteoporosis, infection, skeletal defects and bone cancer may also
cause a need for bone grafts. Bone tissue engineering is a possible solution to the problems plaguing the
current bone graft therapies. Because tissue engineered bone would be made using the patient’s own
cells, immune rejection would be eliminated. For this to work, four components are needed for tissue
growth: cells that can be differentiated into bone cells, osteoconductive scaffolds acting as a matrix
while the tissue grows, growth factors and other chemical stimulation and mechanical stimulation to
encourage osteogenic differentiation. Mechanical stimulation, in particular, is implemented through
the use of bioreactors.
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Previous studies have given the indication that the shear stresses bone cells experience inside
the body are between 8 and 30 dynes/cm2 [2]. In vitro culture studies combined with computational
fluid dynamic simulation results have shown that shear stresses below 15 dynes/cm2 are conducive
to increased matrix production and osteoblastic differentiation. However, if the shear rates are too
high, detachment or cell death can occur [3]. In addition, whenever inhomogeneous cell seeding
distributions occur, especially in the case of cell aggregates, even modest shear rates that are otherwise
beneficial may result in cell detachment [4–7]. Due to this, it is important to properly model and
evaluate the flow profile inside cell-seeded scaffolds [8–11]. Ideally, the localized shear rates should
be anticipated in order to give proper fluid control. However, the largest barrier to this goal is the
continual deposition of mineralized tissue during the culture period. After the stem cells differentiate
into mature osteoblasts, both soft and hard extracellular matrices grow into the pores of the construct.
This effectively alters the flow field, due to the porosity of the scaffold decreasing, and renders
simulations performed on empty scaffolds invalid after the start of culture.

To combat this issue, we aimed to evaluate the localized fluid shear distributions throughout the
culture period, giving an indication of the effects of tissue growth on the flow-induced stress fields,
which has been extensively investigated in the literature [12–16]. Using spunbonded poly(L-lactic
acid) scaffolds and a custom flow perfusion bioreactor, we cultured rat mesenchymal stem cells
for 16 days under shear-induced differentiation flow ranges. The resulting constructs were imaged
utilizing microcomputed tomography (µCT), segmented and reconstructed following previously
published techniques [2,17,18]. This flow path allows for subsequent computational fluid dynamic
(CFD) simulations on the cultured constructs.

In this manuscript, we hypothesized that the levels of fluid shear present at the walls of a scaffold,
where the cells are located, will increase as a function of culture time. Previous studies have
assumed that (1) the shear field predicted using a non-cultured scaffold is representative of cultured
constructs and (2) that the average wall shear experienced by the cells is constant throughout a culture
period [18,19]. The intention of this study is to use CFD simulations in conjunction with microcomputed
tomography of mature constructs and biochemical assays to bring to light the relationship between
the localized shear field and culture time, which would give researchers the ability to predict the
time-dependent shear distribution in conjunction with the growing extracellular matrix within three
dimensional scaffolds exposed to flow perfusion.

2. Results

2.1. Construct Cellularity

In order to validate the presence of cells in the constructs, we conducted a destructive dsDNA
quantification assay. As shown in Figure 1, there is a slight decrease in scaffold cellularity between
Day 1 and Day 4, and a statistically steady cellularity through the end of culture. The vertical dotted
line between Day 1 and Day 4 indicates the switch in flow rate from 0.15 mL/min–0.5 mL/min. Hence
the decrease between these two days represents a loss of cells either due to cell detachment or as
a result of cell death [20,21]. This loss is a common occurrence, as MSCs display weak adherence to
poly(L-lactic acid) (PLLA). The horizontal dashed line represents the amount of cells initially seeded
on the constructs. The ratio between this line and Day 1 is known as the seeding efficiency, which in
this case is 40%.
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Figure 1. Construct cellularity for each construct over the culture period. The horizontal dashed line
indicates the initial amount of cells seeded. The vertical dotted line indicates the switch in flow rates,
from 0.15 mL/min during seeding to 0.5 mL/min for culture. Values are given as the mean ± the
standard error of the mean (n = 4).

2.2. Calcium Deposition

Calcium deposition was measured using a calcium assay at each sacrificial time point, with results
shown in Figure 2. As seen in the graph, there is a sharp increase in calcium deposition around
Day 8. In conjunction with the calcium assay, we rendered a 3D representation of the constructs
(Figures 3 and 4), which were imaged using µCT. Extensive mineralized tissue can be seen in samples
sacrificed after Day 8, while samples prior to that time displayed only minor mineralized tissue. It can
be noted that the largest standard deviation in mineralization was observed in samples sacrificed on
Day 8, a time point that matches the onset of extensive mineralization (Figure 3). A similar spike in
mineralized tissue can be seen around Day 11.

Figure 2. Calcium levels present within each construct over the culture period. The horizontal dotted
line represents the background signal for an empty construct. Values are given as the mean ± the
standard error of the mean (n = 4). The # signifies the significantly lowest value (p < 0.01).
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Figure 3. Summary of mineralized tissue (hard extracellular matrix (ECM)) deposited in cultured
constructs rendered during microcomputed tomography (µCT) with Simple Viewer for samples taken
on Days 8, 11 and 16, respectively.

Figure 4. (Left) 2D grayscale view of the scaffold after µCT imaging. The top row is a view of the entire
scaffold, while the bottom row is a magnified view of the indicated area of interest. (Right) 2D view of
the scaffold after µCT imaging with ECM indicated in red.
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2.3. Shear Stress Distributions over Time

The localized fluid shear stress distributions for the reconstructions at each intermittent time point
are shown in Figure 5, where light blue is Day 1, green is Day 4, red is Day 8 and dark blue is Day 11.
The data presented show a pronounced increase in shear stress levels with an increase in culture time,
which is evident by the rightwards shift in distributions shown in the graph.

Figure 5. Wall shear stress distributions based on the day a construct was removed from culture and imaged.

2.4. Effects of Calcium Deposition on Localized Shear Fields

Figure 6 shows isometric sections of reconstructed scaffolds, with wall shear stress heat maps
overlaid on top. It is evident that there are higher levels of shear stress present during the later time
points, which is supported by the distributions shown in Figure 5. As pore size decreases, bottlenecks
occur resulting in increased fluid velocity and, subsequently, increased shear stress (yellow and red
colors in the figure). Furthermore, these increased levels of shear stress are more widely distributed as
culture time increases.

(a)

(b)

Figure 6. Summary of wall shear stress heat maps for constructs cultured under osteoconductive
conditions. (a) Wall shear heat maps for Day 1 (far left) to Day 11 (far right) obtained using the custom
lattice Boltzmann method code. (b) Scale bar: values given in g

cm·s2 .
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2.5. Average Wall Shear Stress

Figure 7 displays the average wall shear stress calculated from simulations following construct
culture, resection, imaging and reconstruction. Indeed, the results do show a continuous increase in
shear as culture time increases, which is consistent with the results presented in Figure 5. The most
significant takeaway from this graph is the large jump in average wall shear between Day 4 and Day 8,
due to matrix clogging the pores, consistent with the calcium deposition results (Figure 2).

Figure 7. Summary of average shear stress per layer for a 0.5 mL/min flow rate. Values are given as
the mean ± the standard error of the mean (n = 3). Significance calculated via analysis of variance
(ANOVA) with the Tukey honest significant difference (HSD) post-hoc analysis.

3. Discussion

Following destructive analysis of the constructs, we evaluated the average wall shear stress
per construct as a function of culture time. As seen in Figure 7, the average shear stress remains
statistically the same throughout the first four days of culture; however, after Day 8, there is a continual
increase in the value to the end of the culture period (113% by Day 16). This finding is in agreement
with theoretical estimations of shear forces in scaffolds having similar levels of tissue formation [13].
Furthermore, it also confirms our hypothesis about bone tissue engineered cultures; that the shear
stress experienced by the cells will increase significantly during culture, if the circulation fluid flow
remains constant. We attribute this to extracellular matrix deposition resulting in a clogging of the
construct pores. By holding the circulation fluid flow constant and simultaneously decreasing the
pore sizes, we effectively are increasing the fluid velocity within the construct interior and, along with
it, the wall shear stress. Considering the influence of shear rate on osteoblastic differentiation, it is
evident that a continuous increased shear rate exposure will potentially accelerate the differentiation
towards an osteoblastic lineage. Obviously, if the initial shear rates are near the range of flow-induced
detachment, the observed increase could lead to undesirable detachment, implying the need for further
investigating the shear levels at which detachment occurs.

After evaluating the construct reconstructions, we can see a clear correlation to the amount of
mineralized tissue and an overall increase in the magnitude of wall shear experienced within the
pores of the construct. Indeed, this relationship is obvious in both Figure 5, showing the frequency
distributions, and Figure 6, which shows the wall shear heat maps. For the former, the distributions
show an increased frequency of elevated shear stress as culture time increases, supporting the
aforementioned increase in average wall shear stress. This finding is consistent when evaluating
the heat maps. As culture time increases, there is a higher density of elevated shear seen within the
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constructs. This increase is most pronounced after Days 8–11, which, according to the reconstructions,
are when large amounts of mineralized tissue starts depositing.

Additionally, the scaffold cellularity and the levels of mineralized tissue deposited were evaluated.
As seen in Figure 1, a seeding efficiency of 40% was achieved, higher than most perfusion-based seeding
methods, and can be directly attributed to the oscillatory seeding protocol we established in previous
studies. Following the complete seeding process, the seeding efficiency drops further to 28% at Day 4
with the addition of a higher unidirectional fluid flow established at the end of Day 1. We believe that
the decrease in cellularity seen between Day 1 and Day 4 is due to the change from basic maintenance
flow employed immediately after seeding until Day 1 (0.15 mL/min) to culture flow beyond Day 1
(0.5 mL/min), and potentially causing a portion of cells to detach from the scaffold, especially those
that form aggregates that are loosely bound to the surface. However, it must be noted that this drop
can also be attributed to cell death or apoptosis, as seen in previous studies [4,5].

In Figure 2, a spike in calcium production is seen between Day 4 and Day 8. The point at which the
spike occurs remains a critical parameter in bone tissue engineering research and better understanding
of the factors influencing it will result in more efficient scheduling of culturing bone tissue engineering
constructs in vitro. Recent studies identifying the initiation of extensive osteoblastic differentiation
using nondestructive metabolic monitoring may allow us in future studies to better predict the exact
timing of mineralization and thus allow for accurate prediction of the end of the culture period [5].

Figures 3 and 4 demonstrate qualitatively that the mineralized tissue begins developing from the
outer layer of the top surface of the scaffold directly exposed to the fluid flow. This result contradicts
our previous assumption of a homogeneous cell distribution and cannot be justified by any localized
fluid shear forces. It is potentially an artifact due to the scaffold radius being slightly larger than the
bioreactor cassette, which causes both a more snug fit, but also a decreased porosity at the edges in
contact with the wall; thusly, this presents an environment where cells can attach in greater numbers
due the larger surface area available for attachment. Such a phenomenon is not expected to occur in
rigid three-dimensional scaffold, but it will persist whenever deformable meshes are utilized, as is in
this case.

In addition, Figure 3 shows an increase in mineralized tissue found utilizing µCT between Day 8
and Day 11. We believe this lag time is due to the cells beginning to deposit calcium that is not dense
enough to be picked up during imaging segmentation around Day 8. Along with this, Figure 4 shows
the 2D images obtained from µCT with the growing tissue highlighted in red. These images illustrate
the state of the construct at the end of culture and give insight into the density of mineralization that
would occur if culture continued. It is to be expected that the soft tissue visualized in the image will
eventually transition into fully-mineralized tissue.

4. Materials and Methods

4.1. Scaffold Manufacturing

Poly(L-lactic acid) (PLLA; Grade 6251D; 1.4% D enantiomer; 108,500 MW; 1.87 PDI; NatureWorks
LLC) non-woven fiber mesh scaffolds were produced via spunbonding, as previously indicated [22].
Scaffolds were cut from an 8 mm-thick PLLA mat, resulting in a porosity of 88% and a radius of 3.5 mm.
A Nikon HFX-II microscope (Nikon Corporation, Tokyo, Japan) was used to evaluate fiber diameter,
found to be 24.5 µm, and was confirmed by scanning electron microscopy, shown in Figure 8.

4.2. Cell Expansion, Seeding and Culture

Adult mesenchymal stem cells were extracted from the tibias and femurs of male Wistar
rats (Harlan Laboratories, Inc., Indianapolis, IN, USA) using methods identified in previous
publications [1,4]. Cells were cultured at 37 ◦C and 5% CO2 in standard minimum essential medium
eagle alpha modification (α-MEM) (Invitrogen, Thermo Fisher Scientific corporation, Waltham, MA,
USA) supplemented with 10% fetal bovine serum (Atlanta Biologicals, Flowery Branch, GA, USA) and
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1% antibiotic-antimycotic (Invitrogen). Passage 2 cells were used for this study at a density of two
million cells/mL for scaffold seeding.

We prepped the scaffolds for cell seeding using an established pre-wetting technique [5]. Vacuum
air removal of scaffolds was conducted in 75% ethanol. Pre-wet scaffolds were placed in cassettes
within a flow perfusion bioreactor for one hour in α-MEM to remove any remaining ethanol [23,24].
Schematics of the perfusion system used for this study may be found in Figure 9. Following the
removal of ethanol, two million MSCs/150 µL of osteogenic α-MEM were pipetted in each scaffold
chamber. The seeding mixture was dynamically perfused at 0.15 mL/min, forwards and backwards,
in five-minute intervals for two hours. Osteogenic media consist of standard α-MEM supplemented
with dexamethasone, beta-glycerophosphate and ascorbic acid, which have been shown to induce
osteogenic differentiation [25]. After dynamic seeding, the bioreactor was allowed to rest for two hours,
without flow, to facilitate cell attachment. Finally, osteogenic α-MEM was continuously perfused at
a rate of 0.5 mL/min for the remainder of the culture period. Scaffolds were collected for analysis at
Days 1, 4, 8, 11 and 16.

Figure 8. Common synthetic polymeric scaffolds used for tissue engineering. Scaffolds manufactured
using spunbonding and imaged using scanning electron microscopy (SEM).

Figure 9. Schematic of the custom in-house perfusion bioreactor system. The right image shows the
combination of the bioreactor body, scaffold cassettes and stand.

4.3. Construct Cellularity

The number of cells present in each construct was evaluated using the fluorescent PicoGreen®

dsDNA assay (Invitrogen). At each sacrificial time point, the construct was removed from the cassette
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and rinsed in PBS to remove any cells not adhered to the scaffold. Subsequently, the scaffolds were
cut into eight pieces, placed in 1 mL of deionized (DI) H2O and stored at −20 ◦C. Each construct
underwent three freeze/thaw cycles to lyse the cells. Fluorescent analysis was conducted on a Synergy
HT Multi-Mode Microplate Reader (BioTek Instruments, Inc., Winooski, VT, USA) at an excitation
wavelength of 480 nm and an emission wavelength of 520 nm. All samples and standards were run in
triplicate. Resulting values were then divided by the previously-determined dsDNA content per cell.

4.4. Construct Calcium Deposition

Calcium deposition was measured utilizing the scaffolds following the freeze/thaw cycles of
the previous section. The solution was measured with a calcium colorimetric assay (Sigma-Aldrich
Corporation, St. Louis, MO, USA, Cat. # MAK022). Samples were read on a Synergy HT Multi-Mode
Microplate Reader (Bio-Tek) at an absorbance of 575 nm. All samples and standards were run in triplicate.

4.5. Imaging and Reconstruction

Micro-computed tomography was used to non-destructively scan the scaffolds at a resolution of
20 µm and 45 kV energy (Quantum FX, Perkin Elmer, Waltham, MA, USA; L10101, Hamamatsu
Photonics, Hamamatsu, Japan; PaxScan 1313, Varian Medical Systems, Palo Alto, CA, USA).
The resulting 2D image slices were filtered, thresholded and stacked using the open-source
visualization software 3D Slicer (slicer.org). Following reconstruction, the porosity of the digital
scaffold was measured and compared to the actual spunbonded scaffolds in order to assure a proper
segmentation. Using methods described in a previous publication, we also identified in each construct
three different materials (polymer scaffold, soft tissue and mineralized tissue). This was done using
a segmentation method that allowed us to distinguish between the aforementioned materials, based on
their attenuation to X-rays and structural differences. Details for the methodology appear in a previous
study [26]. For this study, we investigated a total of six time points (three constructs per time point).

4.6. CFD Simulations

Simulations were performed via the lattice Boltzmann method implemented using a previously-
validated custom in-house lattice Boltzmann code, which has been extensively utilized for computing
surface shear stresses on µCT reconstructions [2,17,27].

Lattice Boltzmann Simulations

The lattice Boltzmann method (LBM) is a numerical technique for simulating fluid flow that
consists of solving the discrete Boltzmann equation [28,29]. In addition to its computational
advantages such as inherent parallelizability on high-end parallel computers [30,31] and relative
ease of implementation, LBM techniques have been used in a wide spectrum of applications including
turbulence [32], non-Newtonian flows [33–35] and multiphase flows [36]. More importantly, for the
present application, LBM is especially appropriate for modeling pore-scale flow through porous media
(such as scaffolds) due to the simplicity with which it handles complicated boundaries [2,12,18].

LBM is based on the discrete Boltzmann equation, which is an evolution equation for a particle
distribution function, calculated as a function of space and time [37] as follows:

fi(x + ei∆t, t + ∆t) = fi(x, t) + Ωi(x, t)± f fi (1)

where x represents the particle position, t is time, ∆t is the evolution time step, e is the microscopic
velocity, Ω is the collision operator, fi is the particle distribution function, f eq

i is the equilibrium particle
distribution function and f fi is the forcing factor. The terms on the right-hand side of Equation (1)
describe the three steps of the LBM algorithm: streaming, collision and forcing steps. In the streaming
stage, the particle distribution function fi at position x and time t moves in the direction of the
velocity to a new position on the lattice at time t + ∆t. The collision stage subsequently computes the
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effects of collisions that have occurred during movements in the streaming step, which is considered
a relaxation towards equilibrium. The collision term can be computed for single-relaxation time (SRT)
or multiple-relaxation time LBM models. The SRT approximation given by Bhatnagar, Gross and
Krook (BGK) [38] is common. It is expressed as:

Ωi(x, t) =
−1
τ

( fi − f eq
i ) (2)

The particle equilibrium distribution function f eq
i is given as:

f eq
i (x) = wiρ(x)

[
1 + 3

eiUi
c2 + 9

(eiUi)
2

c4 − 3
2

U2
i

c2

]
(3)

where c is the lattice speed and defined as c = ∆x
∆t , ∆x is the lattice constant, iis an index that selects

between possible discrete velocity directions (e.g., i = 0, 1, 2, . . . , 14 for the D3Q15 lattice), wi is a lattice
dependent weighting factor, ρ is the fluid density and U is the macroscopic fluid velocity. The time τ

is the time scale by which the particle distribution function relaxes to equilibrium and is related to
kinematic fluid viscosity using:

v =
1
3

(
τ − 1

2

)
(4)

During the forcing step of the algorithm, a pressure drop is specified by adding a forcing factor
f fi to the fluid particle distribution components moving in the positive stream-wise direction and by
subtracting from those in the negative direction.

The final stage of the algorithm involves computing the macroscopic fluid density ρ and velocity
U at any instant using the conservation equations of mass and momentum given as:

ρ =
n

∑
i=0

fi (5)

ρUi =
n

∑
i=0

fiei (6)

A custom-written, in-house code was developed for this work, and a detailed description may
be found in previous publications [2,17,39]. The three-dimensional, 15 lattice (D3Q15) for LBM [40],
in conjunction with the single-relaxation time approximation of the collision term given by Bhatnagar,
Gross and Krook [38], was used to perform simulations. LBM results have been validated for several
flow cases for which analytical solutions are available: forced flow in a slit, flow in a pipe and flow
through an infinite array of spheres [2].

Due to the computationally-intensive nature of fluid flow simulations in scaffolds, representative
portions cut from whole scaffolds are used. In this work, a single cuboid portion was extracted from
the center of the 3D scaffold reconstruction to avoid end effects in flow simulations. The resulting
simulation domain size was 153 µm × 277 µm × 221 µm, with the center of the domain located at the
center of the scaffold. Periodic boundary conditions were applied in all three directions, in order to
approximate the whole scaffold. In addition, it was assumed that the whole extracellular matrix (ECM)
was a rigid, non-permeable domain.

A no-slip boundary condition was applied at wall faces using the “bounce-back” technique [29].
To take advantage of the inherent LBM parallelizability, the domain was decomposed using message
passing interface [17]. Simulation convergence was defined as when the minimum, average and
highest velocities computed for the simulation domain vary by at least 0.001% for two consecutive
time steps.

In order to estimate the mechanical stimulation of the cells by the flow of the culture media,
the fluid-induced shear stresses on the surface of the scaffold were calculated following a scheme
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suggested by Porter et al. [18]. Here, the total stress stress tensor σ is represented by a summation of
the hydrostatic pressure p and the viscous (also known as deviatoric) stress tensor τ:

σij = −pδij + τij (7)

where δij is the unit tensor, such that δij is 1 if i = j and 0 if i 6= j.
While the former is assumed to be negligible, the latter is the component of the total stress tensor

that is of interest since as it is responsible for shearing the cells. Because it describes how momentum
is transported across the fluid layers due to velocity shear, it must be related to the deformation tensor:

Dij =
1
2
(5U +5UT) +

1
2
(5U −5UT) (8)

This tensor can be decomposed into a symmetric (rate of strain) and an anti-symmetric (vorticity)
contributions. Furthermore, we assume that the constitutive relationship between the viscous stress
and the rate of strain is linear: in other words, the fluid is Newtonian, with a constant viscosity.
Consequently, the viscous stress tensor depends only on the symmetric component of the deformation
tensor due to this assumption. Hence, the shear stress at every location within the scaffold was
calculated using the following equation, where σ is the shear stress tensor and U is local velocity vector:

σ = µ
1
2
(5U +5UT) (9)

The derivatives for the velocity field were approximated numerically using the centered finite
difference method (Equations (10)–(12)), where lu is the length of one side of an element in the LBM
model. The same was done for the partials of Uy and Uz. Following this, the symmetric strain matrices
were found by adding the 3 × 3 partials matrix for each field location to its own transpose.

dUx

dx
(i, j, k) =

Ux(i + lu, j, k)−Ux(i− lu, j, k)
2× lu

(10)

dUx

dy
(i, j, k) =

Ux(i, j + lu, k)−Ux(i, j− lu, k)
2× lu

(11)

dUx

dz
(i, j, k) =

Ux(i, j, k + lu)−Ux(i, j, k− lu)
2× lu

(12)

Finally, eigenvalues of the symmetric matrix were obtained using the Jacobi method, and the
largest absolute-value eigenvalue (i.e., largest principal component of the tensor) for each fluid voxel
was used to determine the stresses experienced by the cells.

The fluid dynamic viscosity was 0.01 g
cm·s , which is close to that of α-MEM supplemented with

10% FBS typically used in cell culturing experiments [41]. Velocity vectors used in calculations were
derived from a flow rate of 0.1 mL/min. Computed shear stress values are the largest eigenvalues
of σ. Stress maps generated using Tecplot 360 EX 2016 (Tecplot Inc., Bellevue, WA, USA) were used to
visualize computed shear stresses. Additionally, we modeled the ECM as an impermeable wall without
elasticity (static mesh) and did not distinguish between hard and soft ECM during the computations.

4.7. Statistical Analysis

A one-way analysis of variance (ANOVA) was used to compare the mean± the standard deviation
of pore measurements, in which Tukey’s honestly significant difference (HSD) test was performed to
identify significant differences (p-value < 0.05). One-way ANOVA and Tukey’s HSD were used for
the rest of the results. All statistical analysis was performed using a custom Python code utilizing the
open source Numpy, matplotlib and SciPy libraries.
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5. Conclusions

In the presented manuscript, we hypothesized that the distribution of fluid shear present at
the walls of a construct cultured under osteoconductive conditions will exhibit higher magnitudes
as culture increases. In order to accomplish this, rat mesenchymal stem cells were dynamically
seeded on 85% porous spunbonded poly(L-lactic acid) and cultured with osteogenic media for up to
16 days in a flow perfusion bioreactor. Following culture, these constructs were either destructively
evaluated with assays for cellularity and calcium deposition or imaged using µCT and reconstructed
to allow for CFD simulations to be performed. Average shear stress values and shear stress frequency
distributions obtained from simulations were compared with the assays and confirmed our original
hypothesis. In terms of the calcium quantification assay, a spike is seen around Day 8. This finding is
supported by the reconstructions, where imaging identified an increase in mineralized tissue between
Days 8 and 11. Additionally, the shear distribution heat maps show elevated magnitudes of shear
stress in the same time period. Finally, we proved that both the shear stress distributions and the
average shear stress per construct consistently increase as a function of culture time. This is due to
mineralization occurring within the pores of the scaffold, decreasing pore diameter and effectively
increasing velocity within the pores. In future studies, a correlation or algorithm may be developed
that will give users the ability to predict, for the culture period, fluid shear distributions in bone
tissue engineered cultures using µCT images of empty scaffolds, fluid dynamic simulations on the
reconstructions and nondestructive metabolic monitoring that allows for the identification of the point
of sharp increase of mineralized deposition.
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