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Simulated tissue growth in tetragonal lattices with mechanical stiffness 
tuned for bone tissue engineering 

Amit M.E. Arefin *, Michael Lahowetz, Paul F. Egan 
Department of Mechanical Engineering, Texas Tech University, Lubbock, TX, 79409, USA   

A R T I C L E  I N F O   

Keywords: 
Tissue engineering 
Scaffolds 
Lattices 
Simulations 
Tissue growth 
Elastic modulus 

A B S T R A C T   

Bone tissue engineering approaches have recently begun considering 3D printed lattices as viable scaffold so
lutions due to their highly tunable geometries and mechanical efficiency. However, scaffold design remains 
challenging due to the numerous biological and mechanical trade-offs related to lattice geometry. Here, we 
investigate novel tetragonal unit cell designs by independently adjusting unit cell height and width to find 
scaffolds with improved tissue growth while maintaining suitable scaffold mechanical properties for bone tissue 
engineering. Lattice tissue growth behavior is evaluated using a curvature-based growth model while elastic 
modulus is evaluated with finite element analysis. Computationally efficient modeling approaches are imple
mented to facilitate bulk analysis of lattice design trade-offs using design maps for biological and mechanical 
functionalities in relation to unit cell height and width for two contrasting unit cell topologies. Newly designed 
tetragonal lattices demonstrate higher tissue growth per unit volume and advantageous stiffness in preferred 
directions compared to cubically symmetric unit cells. When lattice beam diameter is fixed to 200 μm, Tetra and 
BC-Tetra lattices with elastic moduli of 200 MPa–400 MPa are compared for squashed, cubic, and stretched 
topologies. Squashed Tetra lattices demonstrated higher growth rates and growth densities compared to sym
metrically cubic lattices. BC-Tetra lattices with the same range of elastic moduli show squashed lattices tend to 
achieve higher growth rates, whereas stretched lattices promote higher growth density. The results suggest 
tetragonal unit cells provide favorable properties for biological and mechanical tailoring, therefore enabling new 
strategies for diverse patient needs and applications in regenerative medicine.   

1. Introduction 

3D printing enables the design of complex geometries that are 
tunable to support improved bone tissue growth with suitable me
chanical stiffness [1–4]. Bone tissue engineering relies on implanting 
scaffold structures to regenerate tissue, which is necessary for spinal 
fusions and bone fractures that would otherwise not heal, and improve 
upon bone grafting operations used for 2.5 million people per year in the 
US and EU [5]. Despite recent efforts in bone scaffold design, clinical 
implementation of scaffolds remains limited due to a lack of under
standing of how alterations in 3D printed scaffold configuration influ
ence biological tissue growth and mechanical stiffness [6]. Issues that 
emerge from a lack of tissue growth and mechanical stiffness are partial 
bone regeneration from poor biomechanical signaling and potential 
mechanical failures [7]. Generally, scientific investigations for 3D 
printed tissue scaffolds have focused either on biological or mechanical 
functionality in isolation with symmetric unit cell structures, thereby 

only partially optimizing the scaffold [8–13]. Improving scaffold tissue 
growth and mechanical stiffness often require opposing design alter
ations, particularly when considering the geometrical design of scaffolds 
[14], since scaffold geometry influences local curvature that drives tis
sue growth and stress distributions [15,16]. Here, we consider scaffolds 
with asymmetric unit cell designs that enable tailoring of tissue growth 
and mechanical stiffness according to in vivo loading. Proposed designs 
are assessed in the context of spinal fusion, where a scaffold is implanted 
between vertebrae and subjected to axial loading Fz (Fig. 1). 

Spinal fusion treatments consist of implanting a scaffold with spec
ified stiffness and porosity to promote the fusion of adjacent vertebrae 
[17,18]. 3D printed tissue scaffolds have been investigated as a means 
for improving fusion treatments because they enable mechanical effi
ciency, high nutrient transport, and personalized design configurations 
[19,20]. Recent approaches have used 3D printed demineralized bone 
matrix and metamaterial titanium scaffolds [21,22], however, these 
types of scaffolds are limited in terms of topological 
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complexity/resolution or suitable material stiffness that can be achieved 
by polymer 3D printing for scaffolds [23]. The primary load experienced 
by the scaffold is the axial load Fz of the spine, that is distributed to each 
unit cell as fz. The unit cells patterned to form a metamaterial lattice 
inform the overall stiffness of the scaffold, where the effective elastic 
modulus of the unit cell is representative of the effective elastic modulus 
of the scaffold. Supporting vertebral fusion hardware will also result in 
modulation of forces experienced by the scaffold that enables further 
optimization of the mechanical functionality of the system. 

Many lattice design approaches have been artificially limited by 
focusing on lattices with cubic unit cell symmetry that provide 
simplicity for conducting experiments and fabrication while retaining 
the benefits of an architected material’s mechanical efficiency for 
strength per relative density [24]. Lattices are typically configured as 
scaffolds with porosities of 50%–80% necessary to facilitate voluminous 
tissue growth. Cubic unit cell symmetry limits lattices to have the same 
properties in all directions despite biomechanical loadings often 
occurring in aligned directions in tissue engineering sites [25]. There
fore, tetragonal unit cells for lattices that modify cubic unit cells by 
introducing a design parameter to alter unit cell height independently of 
unit cell length/width, as communicated in Fig. 1, could provide an 
improvement over the cubic unit cell symmetry found in commonly used 
tissue scaffold designs. 

Specifically, the mechanical property of effective elastic modulus can 
be tuned along different axes of the unit cell, therefore facilitating design 
tailoring for in vivo loading cases where loading on the scaffold is has a 
tailored stiffness response [3,26,27]. The mechanical simulation in the 
current study is conducted using finite element analysis [25]. The 
simulation predicts elastic moduli based on unit cell topology and beam 
directionality throughout a lattice [28]. The simulation is amenable to 
predicting properties of tetragonal structures since adjusting the height 
of unit cells alters elastic moduli for varied loading directions. The finite 
element simulations are used to understand the effective properties of 
the lattice as a metamaterial, since the lattice is expected to retain 
scalable structure properties when patterned as a larger lattice to fit 
constraints of an injury site when implanted [29]. Finite element sim
ulations for 3D printed structures have been well validated with 
experimental studies, and state of the art polymer 3D printed scaffolds 
have suitable stiffness for spinal fusion applications. The stiffness of 
polymer scaffolds is advantageous over commonly used titanium scaf
folds because they better match the effective elastic modulus of 
trabecular bone, which mitigates stress shielding that can lead to lower 
density bone growth. Additionally, polymer scaffolds degrade in the 
body over time which reduces risk if further complications occur after 
the initial surgery. 

Although tetragonal configurations enable mechanical tailoring, it is 
less obvious how they affect biological functionality, which includes 
processes for tissue growth, vascularization, and nutrient transport 
[30–32]. Here, we focus on the growth of the tissue itself, as it is the 
primary biological functionality for scaffolds and is dependent directly 
on the design of the scaffold. Tissue growth is primarily driven by the 
geometry of the scaffold [33,34], and when considering tissue-growth 
on complex surfaces, such as 3D printed lattices, is difficult to predict 
based on the geometry of the lattice alone, thereby necessitating nu
merical or simulation approaches for evaluation. There are several 
methods for predicting tissue growth informed by biological experi
ments that include surface tension [35], curvature-based growth [36], 
mechanobiological algorithms [37], continuum tissue growth [38], and 
agent-based growth models [39]. Mechanical stimulation is not typically 
included in many modeling approaches to avoid model complexity and 
to gain time-efficiency when evaluating on the basis of scaffold geom
etry alone [40,41], which is particularly important when considering a 
large number of design alternatives. Recent simulations in 
curvature-based tissue growth have been adopted as an efficient means 
of evaluating 3D printed scaffolds [42]. Results have demonstrated 
cubic lattices have halted tissue growth, meaning tissue growth stops 
and only partially regenerates tissue to fill the scaffold porous volume. 
Investigation of tetragonal lattices therefore presents an opportunity to 
improve upon these designs, by introducing further planar pore sizes/
shapes for a single unit cell. These design decisions enable bridging of 
tissues to fill smaller pore shapes to avoid scenarios of tissue growth 
halting due to lack of concave curvature initially found in beam-based 
lattices [12], which can be evaluated through investigations with 
curvature-driven growth models. 

There has been much work to validate curvature-based tissue growth 
models with both in vitro and in vivo experimentation that motivates the 
use of computational methods to investigate novel scaffold designs and 
evaluate them at a much faster rate than possible through further 
resource-intensive experiments [43]. Linear tension driving tissue 
growth has been studied in simple pore shapes, relating substrate ge
ometry to curved tissue fronts [44]. A voxel-based simulation environ
ment was then developed to study curvature-driven growth on complex 
surfaces that led to initial quantified predictions for how the scaffold 
geometry drives tissue growth [45]. In simple 2D pores, substrate ge
ometry plays a minimal role in quantified differences relating to shape 
optimization [46], but 3D printed structures with open pores lead to a 
much more complex set of trade-offs [12]. Differences in pore size for 3D 
printed scaffolds have been evaluated for titanium scaffolds of different 
shapes and validated with in vitro studies with subsequent numerical 
simulations agreeing with the experiments [47]. Further efforts 
demonstrated how curvature-driven growth is affected by fluid trans
port related to nutrient availability, however, these lead to highly 
expensive simulations for investigating limited scaffold design decisions 
in relation to tissue growth [47]. A more recent effort has demonstrated 
curvature-based tissue growth simulations corresponding to in vivo 
bovine bone growth [36] and further in vitro studies demonstrating the 
exponential increase in tissue growth time with larger pores [35]. The 
large body of evidence supporting curvature-based growth models with 
empirical validation, and their recent use for efficient evaluation of 
tissue growth on 3D printed structures, situates the approach well for 
bulk investigation of 3D printed scaffolds with novel topologies. 

Once simulations are completed, there is a need to compare designs 
to determine which scaffolds are most promising for bone tissue engi
neering, which is challenging since biological and mechanical scaffold 
requirements are often conflicting. Mechanical and biological simula
tion results are investigated for tunable lattices in this study by para
metric sweeping of design parameters describing a lattice’s unit cell 
dimensions which are later used to create design maps to investigate 
how multiple independent parameters influence specific scaffold prop
erties such as tissue growth rates or elastic modulus. Design maps have 
recently been used as a means to compare scaffolds based on tissue 

Fig. 1. Scaffold lattice designed for spinal fusion. Design approach 
demonstrating tetragonal unit cell patterned to form a scaffold implanted in 
spine between two vertebrae, with spinal axial load Fz that is experienced as 
load fz for each unit cell. Key design parameters are also indicated. 
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growth [12], where scaffolds had increased growth with increased 
surface-volume ratio and topology dependency. Elastic modulus and 
manufacturability have been used in design maps for titanium structures 
with octet unit cells to find suitable stiffness for scaffolds that addi
tionally resulted in tissue growth [48,49]. Design mapping requires 
computationally efficient models to conduct bulk analysis that provides 
high numbers of evaluations to select candidate designs that could later 
be investigated more in-depth for specific application requirements that 
drive design selection. After design selection, lattice fabrication is 
possible with stereolithography 3D printing using biocompatible mate
rials, which demonstrates the feasibility of printing these types of 
structures for clinical tissue engineering applications [50]. 

The goal of this paper is to investigate a novel approach for tuning 
tetragonal unit cells by altering unit cell height to form squashed/ 
stretched unit cell geometries that result in improved tissue growth rate/ 
volume while retaining suitable mechanical stiffness for bone tissue 
engineering. Investigations conducted in this paper benefit from 
computational exploration of controlled alterations of lattice structures 
at a much faster rate than experiments. Tetragonal lattices are compared 
to lattices with cubic unit cell symmetry as a control, by generating 
lattices with porosities suitable for bone tissue engineering. Tissue 
growth simulations and finite element analysis are conducted to provide 
insight into the behavior of tetragonal scaffolds in comparison to the 
control condition, followed by a mapping of the design space. These 
investigations enable the discovery and justification of potentially high- 
performing scaffold designs enabled by tetragonal unit cell configura
tions that are suitable for bone fusion and provide capabilities surpass
ing those of conventional lattice designs. This study is a stepping stone 
towards understanding and optimizing the trade-offs of biological and 
mechanical functionalities with computational engineering design 
methodologies in personalized medicine, and could promote the dis
covery of advantageous strategies for configuring lattices on a patient- 
specific basis using 3D printing. 

2. Design and simulation methods 

2.1. Computational methodology 

A flowchart is presented in Fig. 2 that demonstrates the computa
tional methodology for carrying out work to evaluate tetragonal unit cell 
lattices and aid design selection based on their tissue growth behavior 
and mechanical stiffness relevant to spinal fusion applications. There are 
four phases identified for the flow chart: (1) Design generation of 
parametrically altered tetragonal structures, (2) Simulations to evaluate 
tissue growth and mechanical properties, (3) Mapping of designs based 
on their evaluated outputs, and (4) Assessing trade-offs and selecting 
designs according to constraints imposed by the bone fusion application. 

2.2. Structural design 

Scaffolds are designed with tetragonal lattice structures, according to 
Bravais lattice structure topological connections that have one param
eter h describing the unit cell height and one parameter w describing the 
width of the unit cell that describes lengths of its square planar base 
(Fig. 3). Structures were generated using a python script that specified 
Abaqus (version 6.19–1) to arrange beams to form unit cells that are 
then patterned to form a lattice. 

The first topology considered is a simple tetragonal (referred to as 
Tetra) configuration of a unit cell that has beams arranged on each unit 
cell edge (Fig. 3A). The second unit cell topology is a body-centered 
tetragonal (referred to as BC-Tetra) unit cell that has beams arranged 
on each unit cell edge and one beam from each unit cell corner to the 
volumetric center (Fig. 3B). According to the definition used here, cubic 
unit cell structures (e.g. Cube and BC-Cube) are special cases of tetrag
onal structures (e.g. Tetra and BC-Tetra) when height is equal to width, 
meaning all Cube and BC-Cube unit cells are specific cases of Tetra and 
BC-Tetra unit cells that have cubic symmetry. All unit cell beams 
generated have circular cross-sections with a diameter of 200 μm, which 
is representative of beam diameters that facilitate tissue growth and are 
achievable with 3D printing processes. 

2.3. Tissue growth simulation 

The curvature-based tissue growth simulation for the tetragonal 
structures is adapted from past approaches and implemented in a voxel- 
based environment [12] and well-validated experimentally in vitro and 

Fig. 2. Flowchart demonstrating computational design approach. Steps include (1) Parametric deign generation, (2) Simulation for tissue growth and me
chanical properties, (3) Parametric design mapping of simulation results, and (4) Design selection according to trade-off analysis for scaffold constraints. 

Fig. 3. Tetragonal unit cell design parameterizations. Designs consist of a 
A) Tetra unit cell and B) BC-Tetra unit cell with parameters describing unit cell 
height h and width w. Images exported from Abaqus. 
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in vivo [35,36]. Here, a brief description of the curvature-based tissue 
growth simulation is provided with highlights for alterations to the 
method for implementation with tetragonal unit cell structures that was 
implemented using python code in a three-dimensional voxel environ
ment. The python code was modified from previous efforts to enable the 
generation and simulation of tetragonal structures that have unit cell 
height-adjustable independently of unit cell width. The voxel environ
ment was visualized in ParaView (version 5.6.0) by reading.csv files 
specifying the voxel location and state throughout the environment at 
each time step of the simulation. Unit cell designs were created in a 
virtual environment that consists of four types of voxels that represent 
the structure, tissue, interface, and void volume, as demonstrated in 
Fig. 4. 

In Fig. 4 structure voxels represent the 3D printed lattice volume. 
Tissue voxels represent deposited tissue that includes the initially seeded 
tissue on the structure or newly grown tissue throughout the simulation. 
Interface voxels represent the tissue growth front where new tissue may 
grow if local curvature is positive (i.e. concave). Void voxels represent 
space where tissue may eventually grow. The virtual environment has a 
height of h/2, where h is the height of a unit cell and a width of w/ 2 
where w is the width of a unit cell. Beams are generated to form unit cell 
topologies by placing structure voxels in the environment according to a 
specified configuration. Only one-eighth of a unit cell is constructed to 
reduce the computational cost of each simulation. The behavior of 
growth at the boundaries of the virtual environment is mirrored during 
simulations which assumes symmetrical unit cells are replicated to form 
a continuous lattice structure. 

The virtual environment is created by placing structure voxels to 
form a structure based on specified design parameters. Tissue voxels are 
placed adjacent to the structure voxels to represent initial seeded tissue 
on the structure. Interface voxels are placed adjacent to the tissue voxels 
to represent the boundary between the void space and advancing tissue 
front. The ratio of the volume of solid structure/tissue and the volume of 
void space concerning each interface voxel is calculated with a spherical 
scanning mask. Mask radius mr dictates the voxel length ds according to 

ds=
cr

mr
(1) 

The parameter cr represents the reach of cells to mechanically sense 
their environment. According to previous curvature-based models, cell 
reach cr is held at a constant 55 μm and 5.5 voxels is a suitable mask 

radius for most cases to ensure accurate/consistent simulation, therefore 
defining the voxel length ds as 10 μm [51,52]. A higher mask radius 
improves the resolution of the simulation which requires more compu
tational time for evaluation and in some cases improves accu
racy/consistency of simulations results. If the number of voxels making 
up the mask increases, then the voxels represent a smaller distance in the 
virtual environment due to the constant physical constraint of the cell 
reach based on osteoblast size. The voxel representation for the scanning 
mask is demonstrated in Fig. 4 that has a diameter equal to 2⋅mr and is 
applied to interface voxels each step of the simulation. Therefore, 
increasing the mask radius also increases the computational time 
required for the simulation and has diminishing returns on accuracy, 
thereby motivating the use of the smallest mask size that returns consist 
results, which was determined as 6.5 voxel radius. 

In every simulation step, the scanning mask calculates the local 
curvature, κ for each interface voxel according to the following equation 
for voxels present in a single scanning mask: 

κ =
16

3 . cr

(
mon

mon + moff
−

1
2

)

(2) 

The scanning mask is applied to each interface voxel during the 
simulation where the type of each voxel within the mask is counted to 
determine mon and moff . In equation (2), mon represents the number of 
voxels that are not void (either structure voxel or tissue voxel) and moff 

represents void voxels (either void voxel or interface voxel). The total 
number of voxels (mon + ​ moff) making up the scanning mask is constant 
throughout the simulation, however, mon and moff are local variables 
that are determined based on distribution of different voxels within the 
scanning mask each time curvature is calculated. If local curvature is 
positive, it means there is a greater number of structure/tissue voxels in 
the mask than void/interface voxels, and therefore mon > ​ moff . The 
equation determines if the curvature is concave and therefore positive 
when more than half of the voxels in the scanning masks are counted for 
by mon. When scanning interface voxels, if κ is positive the curvature is 
concave and the interface voxel turns into the tissue for the next step, but 
if κ is non-positive (zero or negative), it remains an interface voxel for 
the next simulation step. 

Tissue growth behavior is tracked at the initial simulation step once 
the tissue is seeded and calculated each subsequent step. Measured 
design properties and behaviors for evaluation are scaffold porosity P, 
tissue growth density gd, and tissue growth rate gr. 

Fig. 4. Tissue Growth Simulation. A) Voxel environment for one-eighth of a Tetra-BC unit cell with height h and width w with simulated tissue growth. Voxels 
represent structure, tissue, and interface voxels in addition to the void voxels in the scanning mask. B) Voxels making up scanning mask with radius mr . Images 
exported from ParaView. 
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All the voxels in the environment are tracked to calculate the 
porosity of the scaffold over time. The ratio of the number of void and 
interface voxels in the environment to the total number of voxels in the 
environment are used to calculate the porosity: 

P=
vvoid + vinterface

vtotal
(3)  

here, P is the porosity, vvoid is the void-volume measured by the number 
of void voxels, vinterface is the void-volume measured by the number of 
interface voxels and vtotal is the volume of the total environment 
measured by the total number of voxels in the environment. 

The tissue growth density gd is the ratio of the volume of tissue to the 
volume of the environment and is calculated by counting the number of 
tissue voxels and comparing to the total number of voxels: 

gd =
v tissue

vtotal
(4)  

with v tissue as the tissue volume. The tissue growth rate gr is the tissue 
growth density per unit time step: 

gr =
gd

t
(5)  

where t is the total number of time steps required for the growth. The 
time step value is taken when the simulation converges, whether it is 
from complete or halted void filling behavior. Convergence occurs when 
there are no remaining interface voxels with positive curvature. 

2.4. Mechanical stiffness simulation 

A finite element analysis with beam elements is used to calculate the 
elastic modulus of the designed lattice structures. Abaqus software is 
implemented using python scripting to generate beams patterned as unit 
cells and then organized to form a lattice structure [25]. Each structure 
has 27 unit cells in a 3 × 3 × 3 patterning. The relative elastic modulus is 
calculated by determining the ratio between the effective elastic 
modulus of the lattice compared to the elastic modulus of the base 
material used to construct the lattice [53]. When standard biocompat
ible polymers such as polylactic acid or methacrylic acid are considered 
as the base material, their elastic modulus is estimated as 2000 MPa 
[54]. The mechanical response of the lattice is approximated from a 
quadratic finite element analysis based on the Euler-Bernoulli beam 
theorem that is carried out using the python script to automate evalu
ations in Abaqus. Each beam in the evaluation was sub-divided into 
three finite elements. All evaluations assumed linear elastic material 
behavior. Data is output that details the relative elastic modulus of the 
structure that is used to map mechanical properties in relation to the 

specified design configuration. Fig. 5 shows the boundary conditions of 
the simulation. 

The boundary conditions are selected to represent a uniaxial loading 
case for compression, similar to compression loading in the spine or 
mechanical testing compression experiments and constrained to miti
gate rotation to provide a measure of the effective elastic modulus. The 
simulation is conducted by applying a unidirectional displacement δ 
equal to 1% of the lattice height to the nodes on the face of the lattice 
perpendicular to a face with fixed displacement. The simulation calcu
lates the displacement used to calculate the longitudinal effective elastic 
modulus Ez of the lattice with the following equation: 

Ez =
Fz

Az
.
H
δz

(6)  

here, Fz is the reaction force in z direction, H is the scaffold height 
(aligned parallelly with z direction), Az is the area of the scaffold surface 
perpendicular to the displacement (i.e. perpendicular to z direction), δz 
is height displacement is assumed as δz = 0.01h. 

The effective transverse elastic modulus Exin the x-direction uses the 
following equation: 

Ex =
Fx

Ax
.
w
δx

(7)  

here, Fx is the reaction force in x direction, w is the scaffold width 
(aligned parallelly with x direction), Ax is the area of the scaffold surface 
perpendicular to the displacement (i.e. perpendicular to x direction), δx 
is width displacement assumed as δx = 0.01w. Here, the boundary 
conditions from Fig. 5 are changed so that the displacement in the x- 
direction of the lattice is fixed (rather than z) and the loading is 
perpendicular to this fixed face. Since the width and length of the lattice 
are the same in all configurations, it is assumed Ey is equivalent to Ex.

3. Results 

3.1. Design generation 

Design maps are first generated to determine how the independent 
design parameters of unit cell height and width affect scaffold porosity. 
The map is created by calculating the porosity of the scaffold before cell 
seeding for Tetra and BC-Tetra unit cells. Porosity is calculated by 
comparing the ratio of void voxels to the total number of voxels for each 
generated structure. Fig. 6 shows the porosity map for the Tetra struc
ture with the unit cell height and width ranging from 300 μm to 800 μm 
in 50 μm increments. 

The porosity of the Tetra lattices in Fig. 6A ranges from 33% to 86%. 
The design map shows that as both height and width increase the 
porosity increases, due to the larger pore sizes created in the scaffold as 
unit cell size becomes larger relative to the fixed diameter beams. There 
is a nonlinear relationship between porosity and the independent design 
parameters, which is evidenced by the concave curves of constant 
porosity present on the map, which is highlighted for porosities of 50% 
and 70%. 

For the BC-Tetra structure, porosity is mapped as height and width 
are swept from 500 μm to 1500 μm in 100 μm increments (Fig. 6B). The 
porosity ranges in Fig. 6B from 29% to 88%. The design map shows that 
porosity increases as height and width increase, with a similar nonlinear 
relationship to the Tetra unit cells. However, since Tetra unit cells do not 
have diagonal beams present in BC-Tetra unit cells, the Tetra design 
achieves the same porosity as the BC-Tetra unit cell at a smaller unit cell 
size. For instance, at 50% porosity, the Tetra unit cell having a height of 
600 μm has a width of 310 μm while the BC-Tetra unit cell having the 
same height of 600 μm has a width of 690 μm. Designs are present in the 
50%–80% range of porosity suitable for bone tissue engineering for both 
topologies and are therefore valid structures for continued analysis for 
investigating behaviors in trade-offs with biological and mechanical 

Fig. 5. Boundary conditions of the mechanical simulation. Each lattice is 
subject to an applied force distributed across one z-plane face with opposing 
face fixed. Constraints impede displacement for faces on x and y-planes and 
impede rotation. Images exported from Abaqus. 
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simulations. 

3.2. Tissue growth simulations 

Biological behaviors of unit cells are investigated by comparing 
tetragonal lattices to cubic lattices with controlled design parameters 
and porosity values. Differences in tissue growth are expected to occur 
due to tetragonal lattices introducing planar pores with higher/lower 
aspect ratios than present in cubic lattices. These comparisons are con
ducted by first generating a 42% porous cubic Tetra unit cell with equal 
unit cell height and width of 350 μm that demonstrates complete void 
filling behavior in 29 time steps, then increasing Tetra unit cell height 
and width to 440 μm for a porosity 55% when tissue growth halts at 28 
time steps, therefore resulting in partial void filling behavior. A 
stretched Tetra unit cell is then generated by extending the height to 660 
μm but keeping the 350 μm width of the first structure as to reach the 
55% porosity of the second structure and retains complete void filling 
behavior with convergence at a time step of 77, as demonstrated in Fig. 7 
with simulation renderings at key time steps in Fig. 8. 

Figs. 7 and 8 show how tissue grows in the simulated configurations 
from initial seeding to the final time step when the last structure has 
converged. It is observed that a stretched Tetra lattice avoids halted 
growth if one of its pores closes to provide a continued curved surface 
throughout the entire simulation. All the pores in the small cubic 
configuration close at the same time, whereas the larger cubic config
uration has halted tissue growth as the pores remain open. The stretched 
Tetra configuration shows its square pore close early in the simulation 
that ensures complete void filling behavior. 

Next, the tissue growth for controlled comparison of a squashed BC- 
Tetra structure was investigated and compared to BC-Tetra structures 
with cubic configurations. For the first sample design of the BC-Tetra 
topology, a cubic unit cell height of 700 μm is selected along with an 
equal width, which gives an initial porosity of 52% that has complete 
void filling behavior in 59 time steps. The height and width of this cubic 
unit cell is then increased to 900 μm to provide an initial porosity of 68% 
with partial void filling behavior that halts at a time step of 191. Next, a 
squashed BC-Tetra design was generated by setting its height to that of 
the smaller cubic structure of 700 μm and expanding its width to 1050 
μm until it reaches 68% porosity equal to the larger cubic structure. This 
squashed BC-Tetra has complete void filling behavior at time step of 
289, with results for all unit cells demonstrated as a growth vs time-step 
plot in Fig. 9 and with simulation renderings at key time steps in Fig. 10. 

Figs. 9 and 10 show how tissue grows in the selected configurations. 
The figures demonstrate that a squashed tetragonal lattice avoids halted 
growth because it reaches a point where the smallest inner pore closes 
between prior to time step 160. The closing of the smaller pore in this 
squashed BC-Tetra design and the smaller cubic BC-Tetra design pro
vides a concave curved surface for sustained growth whereas growth 
halts for the larger cubic BC-Tetra design. 

When considering both the Tetra and BC-Tetra cases results 
demonstrate it is possible to generate a height-adjusted design that is 
either stretched or squashed with complete void filling behavior at a 
higher porosity than is possible with cubic configurations. Therefore, the 
tetragonal lattice topologies with non-equal height and width achieve 
higher tissue growth density since they provide more tissue growth for a 
given porosity than cubic unit cells with equal height and width. 

3.3. Mechanical property simulations 

Simulations were conducted to investigate the mechanical behavior 
of height-adjusted tetragonal lattices in comparison to cubic tetragonal 
lattices and determine their elastic moduli. Finite element analysis is 
conducted in Fig. 11 for two Tetra lattice structures of equal 62% 
porosity, with the first cubic structure having a unit cell height and 
width of 450 μm and a second stretched Tetra unit cell with a unit cell 
height of 800 μm and a unit cell width of 350 μm. 

Fig. 11 results demonstrate that loads are carried along members 
aligned with the loading direction, whereas orthogonal members do not 
carry loads. Both structures reach the same maximum Von Mises stress 
of 1.99 MPa although their effective elastic moduli differ. The cubic 
Tetra structure has an effective longitudinal elastic modulus of 480 MPa 
while the stretched Tetra structure has a higher effective longitudinal 
elastic modulus value of 697 MPa. 

The finite element analysis is then conducted with BC-Tetra lattice 
structures with cubic and stretched unit cell configurations. The cubic 

Fig. 6. Porosity maps for Tetra and BC-Tetra lattices. Unit cell height and width are altered as independent variables as porosity is determined and plotted. The 
lines inside the map indicate design configurations that all have porosities of 50% of 70% along the line. Each plotted data point represents a unique design with 
porosity calculated to generate the map. 

Fig. 7. Tissue growth simulation for Tetra lattices. Change in porosity per 
time step as tissue fills void space for lattices with unit cells of height h and 
width w. 
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BC-Tetra structure has a unit cell height and width of 700 μm that makes 
it 60% porous and the stretched BC-Tetra structure has a unit cell height 
of 1500 μm unit cell and width of 600 μm with an equivalent 60% 
porosity to the cubic configuration. Simulation results are presented in 
Fig. 12. 

Results demonstrate a maximum Von-Mises stress of 2.05 MPa in the 
cubic BC-Tetra structure and lower maximum stress of 1.4 MPa. In the 
stretched BC-Tetra structure. In both structures, stress is highest for 
members along the loading direction but also some load is carried by 
diagonal members. As the height increases for the BC-Tetra structure, 
the inner beams (body-centered beams) become more aligned towards 
the loading direction in the z-axis and carry a larger proportion of the 
loading, thereby leading to lower maximum stress in the stretched BC- 
Tetra structure. These differences are also observed by an effective 
elastic modulus of 11.77 MPa for the cubic BC-Tetra structure, compared 

to a higher effective elastic modulus of 29.23 MPa for the stretched BC- 
Tetra structure. 

3.4. Design mapping 

Biological and mechanical simulations were conducted for all the 
designs evaluated in Fig. 6 are mapped using height and width as in
dependent parameters. Fig. 13 shows the results for four design maps of 
the Tetra lattice topology, with maps generated for tissue growth den
sity, tissue growth rate, longitudinal elastic modulus, and transverse 
elastic modulus. 

Tissue growth density from Fig. 13A demonstrates when the height 
and width of the unit cell are equal for cubic configurations that further 
increases to height/width results in tissue growth density increases until 
tissue growth behavior halts at a unit cell height/width of 400 μm. 

Fig. 8. Simulation rendering demonstrating tissue filling behavior of Tetra lattices. Voxels represent structure (black), tissue (gray), interface (green). Tissue 
voxels replace interface voxels with positive curvature each time step. Images exported from Paraview. 
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However, increasing height or width while setting the other equal to 
350 μm results in complete void filling behavior with greater tissue 
growth density for higher values. The highest tissue growth density for 
cubic unit cells with equal height and width is 48%, whereas lattices 
with increased height achieve tissue growth density as high as 80%. 
Fig. 13B demonstrates that tissue growth rate is highest for smaller 
height and widths, but decreases significantly once scaffolds reach a 
porosity higher than 50%, with a range from 0.033 dt− 1 to 0.002 dt− 1 

when considering the full map. Fig. 13C demonstrates the longitudinal 
elastic modulus which is elastic modulus along the z-axis that demon
strates a decrease in elastic modulus as width increases, however it re
mains nearly constant for all values of height. The consistency with 
height occurs because regardless of the height of the structure the same 
loads are carried with proportional displacement, whereas for width 
alterations the displacement remains constant while the dimensions of 
the structure increase, thereby decreasing elastic modulus according to 
equation (6). Fig. 13D demonstrates the transverse elastic modulus 
which is elastic modulus along the x-axis that follows a similar trend to 
tissue growth rate, such that the transverse elastic modulus decreases for 
larger unit cells from 1000 MPa to 160 MPa when considering the 
highest and lowest values on the map. 

Design maps were also created for the BC-Tetra lattice topology by 
using height and width as independent parameters and covering larger 
unit cell structures compared to the Tetra lattices to ensure suitable 
porosities for tissue engineering are evaluated. Results are demonstrated 
in Fig. 14 for outputs of tissue growth density, tissue growth rate, lon
gitudinal elastic modulus, and transverse elastic modulus. 

In the tissue growth density map of Fig. 14A, tissue growth increases 
for higher heights and widths until halting occurs when void filling 
behavior no longer occurs. In the map, the highest tissue growth density 
for unit cells with equal height and width is around 64%, whereas 
stretched BC-Tetra unit cells with increased height achieve tissue growth 
density as high as 81%. In contrast to Tetra unit cells, the BC-Tetra unit 
cells have void filling behavior that creates a curved interface on the 
map, as opposed to the constant height/width lines for the Tetra struc
tures. Fig. 14B demonstrates the tissue growth has similar behavior to 
Tetra unit cells in that it decreases for higher heights and widths. The 
longitudinal elastic modulus for BC-Tetra unit cells in Fig. 14C demon
strates different behavior than those of Tetra unit cells, with longitudinal 
elastic modulus increasing with height and decreasing with width. The 
increase in height occurs because greater stretching of BC-Tetra unit 
cells results in a higher proportion of diagonal beams aligned with the 
loading direction. The transverse elastic modulus in Fig. 14D demon
strates similar behavior to Tetra unit cells, such that increasing the 
height or width of the unit cell decreases the elastic modulus. These 
results demonstrate the relationships of biological and mechanical be
haviors to the parametric design of Tetra and BC-Tetra unit cells and 

how each unit cell type enables different ways of manipulating design 
parameters to achieve desired behaviors and property trade-offs. The 
biological maps show that tetragonal unit cells help in achieving higher 
growth density that was not achievable with cubic unit cells, whereas 
mechanical maps show that tetragonal unit cells add more flexibility 
over elastic modulus tuning. 

3.5. Scaffold trade-offs 

Based on trends from design maps, tetragonal lattices of both to
pologies enable tailoring for property trade-offs according to a given 
application. However, only a subset of these lattices has specified 
properties appropriate for bone tissue engineering, which is considered 
by constraining the longitudinal elastic modulus in the range of 200 
MPa–400 MPa that is appropriate for spinal fusion applications [55]. All 
the designs considered in the previous design maps fall within this range 
of longitudinal elastic modulus when plotted for growth rate vs growth 
density comparison in Fig. 15. 

Fig. 15 demonstrates that each plot has a low growth density-low 
growth rate region being produced because of halted tissue growth, 
which represents the cluster of data points in the bottom left portion of 
each plot. Each plot has another region that includes high growth 
density-high growth rate lattices. This high growth density-high growth 
rate region indicates that there is a trade-off between the growth rate 
and growth density, meaning a higher growth rate induces lower growth 
density and vice versa that follows a linear relationship. The highest 
growth rate found in the plot for Tetra lattices is more than 0.008 dt− 1 

for which the growth density is a bit more than 0.6, while the highest 
growth rate for BC-Tetra lattices is more than 0.02 dt− 1 for which the 
growth density is a bit more than 0.4. 

Fig. 15A shows that for the studied Tetra designs, high growth 
density-high growth rate is possible only with squashed lattices, all of 
the cubic and stretched designs have halted growth. This occurs because 
the squashed designs create smaller pore aspect ratios that enable pore 
bridging and sustained growth that is not achieved for the larger gaps in 
symmetrical and stretched structures. A lattice with Tetra unit cells 
highlighted from Fig. 15A represents a maximized growth rate scaffold 
that has a unit cell width of 550 μm and a height of 300 μm. A second 
lattice with unit cells width a width of 750 μm and a height of 350 μm 
represents a design with maximized growth density. 

Fig. 15B shows that for the studied BC-Tetra designs, a high growth 
density-high growth rate region includes all three possible height ad
justments: squashed, cubes, and stretched. The reason this occurs for BC- 
Tetra designs is due to the extra beams meeting in the center of each unit 
cell. The extra beams facilitate more localized curvature for sustained 
tissue growth in comparison to the void centers for the Tetra designs. 
The height adjustment makes it possible to tune the functionality trade- 
off of tissue growth rate and tissue growth density beyond the capabil
ities of the cubic unit cells that are traditionally considered when 
designing tissue scaffolds. Namely, the height adjustments of the Tetra 
cells lead to increase growth rate and growth density for squashed 
configurations, and BC-Tetra unit cells enable enhanced capabilities not 
possible from cubic unit cells when considering maximizing tissue 
growth rate or tissue growth density. Fig. 15B illustrates two lattices 
with BC-Tetra unit cells that are highlighted with capabilities beyond 
cubic configurations. The first lattice has squashed BC-Tetra unit cells 
with a width of 600 μm and a height of 500 μm that demonstrates a 
configuration with maximized growth rate, whereas the second lattice 
has stretched BC-Tetra unit cells with a width of 800 μm and a height of 
1200 μm that demonstrates a design with maximized growth density. 
Overall, these results demonstrate the potential to tune lattice structures 
by altering unit cell width and height independently to achieve 
advanced capabilities that enable greater and improved optimal solu
tions for bone tissue engineering depending on the desired needs of a 
patient. 

Fig. 9. Tissue growth simulation for BC-Tetra lattices. Change in porosity 
per time step as tissue fills void space for lattices with unit cells of height h and 
width w. 
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4. Discussion 

Computational design exploration and evaluation were conducted 
when considering a class of Bravais lattices with tetragonal topologies 
for configuring bone tissue scaffolds studied through computational 
simulations. Investigations in tissue growth and mechanical stiffness 
demonstrated the benefits of stretching/squashing tetragonal unit cell 
structures to produce lattices with higher growth densities and direc
tionally favorable elastic moduli in comparison to cubically symmetric 
designs. Design maps were generated to evaluate the tissue growth and 
mechanical properties of the tetragonal lattices through evaluating 

tissue growth density, tissue growth rate, and longitudinal/transverse 
elastic moduli. These maps enable the evaluation of a design space not 
previously explored, by considering complex lattices structures with 
multiple independent design parameters [48]. 

The design maps created in Fig. 6 demonstrate the porosity achieved 
by Tetra and BC-Tetra lattices with different height/width values, 
therefore enabling the identification of relevant configurations with 
porosities of 50%–80% suitable for bone tissue engineering. All lattices 
considered in the design map and throughout the study have a fixed 
beam diameter of 200 μm, which is achievable by printing with selective 
laser sintering that can achieve a minimum of 200 μm beam diameter 

Fig. 10. Simulation rendering for tissue filling behavior of BC-Tetra lattices. Voxels represent structure (black), tissue (gray), interface (blue). Tissue voxels 
replace interface voxels with positive curvature each time step. Images exported from Paraview. 
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and possibly some stereolithography technologies [25,56]. Larger beam 
diameters have been considered for tissue scaffold lattices in the past, 
which are potentially easier to manufacture, however, when comparing 
tissue growth rates, generally lower beam diameters are preferred and in 
theory, a smaller beam size does not adversely affect mechanical per
formance if constructed with few printing defects [12]. 

Biology and mechanics simulations were investigated for selected 
unit cell configurations to determine how tissue growth and compres
sion behavior differs for cubic and stretched/squashed Tetra and BC- 
Tetra unit cells. Biological simulations in Fig. 8 show that unit cells 
having no diagonal beam can avoid halted growth if tissue growth closes 

planar pores prior to halting since the grown tissue provide the later 
support for growth. Mechanical simulations in Figs. 11 and 12 demon
strate height adjustments do not affect the Von Mises Stress in lattices 
without diagonal beams but affect the Von Mises Stress with diagonal 
beams since the beam alignment changes for the diagonal beams. 

Design maps in Figs. 13 and 14 demonstrate how tissue growth 
density, tissue growth rate, and elastic modulus change in scaffolds due 
to changes in unit cell parameters. The longitudinal elastic modulus is 
primarily dependent on the width of the Tetra lattices and is signifi
cantly influenced by the internal body-centered beam-alignment in the 
case of BC-Tetra lattices. Thus, the newly introduced design maps 

Fig. 11. Von Mises Stress for cubic Tetra and Tetra lattices. A) Cube structure with 62% porosity B) Tetra structure with 62% porosity. Von Mises Stress values 
depicted as color plots. Images exported from Abaqus. 

Fig. 12. Von Mises Stress for cubic BC-Tetra and BC-Tetra lattices. A) BC-Cube structure with 60% porosity B) BC-Tetra structure with 60% porosity. Von Mises 
Stress values are depicted as color plots. Images exported from Abaqus. 
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provide flexibility in selecting scaffolds from a wide range of tissue 
growth density, tissue growth rate, and elastic modulus property values 
and tunings. Design maps in Figs. 13 and 14 are in agreement with the 
literature on lattice behaviors. For instance, if initial porosity increases 
for the lattices with the same height and width, elastic modulus de
creases, while tissue growth density increases until it reaches the halting 
behavior [12,57]. This is important from both biological and mechanical 
points of view. For instance, biologically a high tissue growth density is 
better for ensuring a large volume of tissue to promote biological ac
tivity such as mineralization, but a high tissue growth rate is important 
for amassing the tissue quickly for improved recovery speed. The elastic 
modulus of the scaffold should be the same or slightly less than the host 
bone tissue to confirm the load-carrying capability (too low of elastic 
modulus can cause inability to carry the load) and avoid stress shielding 
(too high of elastic modulus can cause stress shielding) [58]. Therefore, 
design maps are an important tool to provide flexibility to select 
fine-tuned scaffolds. 

Fig. 15 demonstrates selected cases of unit cell parameters and how 
the selection of unit cell parameters can change the tissue growth den
sity and tissue growth rate for a fixed elastic modulus relevant to bone 
tissue engineering. However, the ranges of tissue growth rates and 
elastic moduli that are preferable vary significantly depending on the 
bone type, defect type, and the host body. For instance, tibial defects 
naturally tend to recover in less time than calvarial defects and thus a 
higher tissue growth rate would facilitate a more natural course of re
covery for tibial defects. Normally, the elastic modulus of human 
trabecular bone can range from 10 MPa to 3000 MPa [59]. Since bone is 
comprised of heterogeneous materials, elastic modulus varies even 
within a single bone structure [60]. Moreover, the host bone property of 

one patient is potentially drastically different from another patient and 
thus patient-specific scaffold design becomes more relevant [61]. 
Therefore, there is a need for continued adaption for the selection of 
scaffold design from design maps depending on the application. How
ever, once design maps are created, they facilitate efficient optimization 
to find strong candidate designs that can be confirmed with more so
phisticated mechanobiological simulations or experimental studies. 

There are limitations in the study relevant to modeling assumptions, 
such as the mechanical finite element analysis using beam-based finite 
element models to ensure rapid relative comparisons of the bulk data 
obtained. Solid modeling could improve accuracy in addition to simu
lating print defects once viable candidate designs are narrowed down 
from the bulk analysis. The biological simulation uses a voxel environ
ment that is subject to numerical rounding errors since curvature is 
calculated based on discrete voxels. An ideal scanning mask for calcu
lating curvature should approximate a continuous sphere, however, this 
results in longer computational time so a scanning mask size with an 
acceptable numerical error was selected based on past studies [31,62]. 
These assumptions are also in line with the in vivo and in vitro experi
ments suggesting one day in culture is equal to about 12 time steps in the 
simulation [46]. Further improvements in biological modeling could 
include simulating fluid shear stress, vascularization, and nutrient 
transport phenomena to improve fidelity. However, the strength of the 
currently used computational approach is an investigation of diverse 
candidate geometries that are enabled by 3D printing which creates an 
immense design space. Based on the design space size, it is more 
appropriate to map many candidate designs with computationally effi
cient methods to identify favorable designs before fine-tuning the 
structural configuration based on more computationally expensive 

Fig. 13. Design maps for Tetra lattices. (A) Tissue growth density, (B) Tissue growth rate, (C) Longitudinal elastic modulus, (D) Transverse elastic modulus. Lines 
in the map indicate initial porosity of 50% and 70%, white dots indicate halted tissue growth, black dots indicate complete tissue growth. Dots represent the run 
simulations. 
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evaluations. 
There are several areas where future work could build upon these 

studies as more computationally efficient methodologies are developed 
with further experimentation. For instance, nutrient availability plays a 
significant role in tissue growth but is exceedingly complex to compute 
due to the need to consider fluid transport, nutrient use by tissue, and 
vascularization. Generally, reduced nutrient availability is hypothesized 
to result in slowed or halted growth, generally towards the center of the 
scaffold where nutrients are least available [63]. Thereby meaning the 
growth behavior of the tissue adheres to curvature-based growth but is 
adjusted in terms of rate, especially when considering larger scaffolds. 
Generally, it is assumed the boundary layers of a scaffold would receive 
more nutrients than inner layers, which has motivated hierarchical 
design approaches to ensure sufficient tissue growth throughout the 
scaffold [50,64]. Future computational approaches could consider 
updating growth rates based on nutrient availability if interfaced with 
iterative evaluation approaches that compute the exact nutrients avail
able spatially throughout the scaffold during each time step and adjust 
growth patterns accordingly. However, such an approach would require 
vastly more computational resources making the bulk analysis con
ducted in this paper impractical. When considering the full scaffold, it is 
possible to make adjustments by implementing more complete compu
tational fluid dynamic environments [40], approximating permeability 
with the Kozeny-Carmen model [25], or considering design approaches 
that ensure complete nutrition availability such as pre-vascularization 
[65]. 

The tissue growth simulations were conducted independently from 
mechanical stiffness assessments to facilitate bulk analysis and compu
tational efficiency to compare many scaffold designs and focus on the 
growth of tissue in relation to the topological design of the scaffold. It is 

predicted that mechanical loads may result in increased tissue growth 
rates [66], however, the strain experienced by the tissue growing in the 
scaffolds that may alter their behavior in this study is very low. For 
instance, in a scaffold of 300 MPa experiencing a 1 kN loading typical of 
the spine [67], the strain is only 0.008 when a scaffold has 1 cm height 
and 2 cm width, which results in less than 1% displacement of unit cells 
in the scaffold under load. Such a low strain results in nearly no 
displacement of the scaffold, yet retains the effective elastic modulus 
and stiffness necessary to match trabecular bone’s properties and miti
gate mechanical failure. 

Since this study considers polymeric biodegradable materials for 
mechanical property assessment, such as polylactic acid, methacrylic 
acid, or polycaprolactone materials, it is assumed the materials will 
eventually degrade over time. Previous studies have demonstrated that 
the degradation rate of these polymers generally requires several years, 
which is much slower than the expected rate of bone growth to replace 
the scaffold material [68,69]. The tissue growth time calculated for the 
Tetra and BC-Tetra structures is generally several months-long prior to 
convergence, which is much faster than the degradation rate. It is 
assumed these structures have minimal swelling, which is in agreement 
with previous studies investigating polymer 3D printing materials while 
the degradation rate occurs proportional to surface-area to volume ratio 
for the structure [23,64]. 

Overall this research suggests that height-adjusted tetragonal unit 
cells achieve higher tissue growth density than non-height-adjusted 
structures of similar porosity. Although the higher tissue growth den
sity comes with trade-offs, such as lower tissue growth rate or variances 
in elastic moduli, the investigation of this new portion of the design 
space opens enormous design possibilities of finding even better char
acteristics through continued investigations. Future work may carry out 

Fig. 14. Design maps for BC-Tetra lattices. (A)Tissue growth density, (B) Tissue growth rate, (C) Longitudinal elastic modulus, (D) Transverse elastic modulus. 
Lines in the map indicate initial porosity (50% and 70%), white dots indicate halted tissue growth, black dots indicate complete tissue growth (A and B). Dots 
represent the run simulations. 
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computational investigations for assessing further nutrient transport, 
mechanobiological behaviors, or degradation phenomena for a more 
detailed assessment of biological growth in relation to scaffold design, 
while there are also many opportunities for further exploring topologies, 
materials, and scaffold layouts using computational methodologies to 
efficiently generate and assess bulk scaffold designs. 

5. Conclusion 

This study conducted a computational investigation of tetragonal 
lattices designed for tissue engineering applications with evaluations of 
biological and mechanical functionality and compared tetragonal lat
tices designed with non-equal height and width to cubic lattices with 
equal height and width as controls. The study demonstrated tetragonal 
lattices have higher tissue growth density than cubic lattices of similar 
porosity and can achieve advantageous elastic moduli in preferred 
loading directions. The biaxial parametric independence in unit cell 
design allows more flexibility for designing scaffolds with favorable 
mechanical and biological properties. These findings aid in configuring 
fine-tuned tissue scaffold designs through careful consideration of the 
biological and mechanical scaffold functionality, which is a crucial step 
in developing optimized solutions in personalized medicine. 
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