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Abstract  

The use of porous cellular structures in bone tissue engineering can provide 
mechanical and biological environments closer to the host bone. However, poor internal 
architectural designs may lead to catastrophic failure. In this work, 192 open-porous cellular 
structures were fabricated using 3D printing (3DP) techniques. The mechanical and 
biological behavior of four 3D internal structures (octahedral, pillar octahedral, cubic and 
truncated octahedral) was investigated. It was found that the pillar octahedral shape has not 
only greater stiffness and strength under compression, shear and torsion but increased rate of 
pre-osteoblastic cell proliferation. We believe bone implants can be fabricated using 3DP 
techniques and their mechanical and biological performance can be tailored by modifying the 
internal architectures.   
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1. Introduction  

Bone implants have been increasingly used to repair the defects of host bones. One 
promising approach is creating three-dimensional (3D) porous cellular structures that provide 
suitable microenvironments to achieve required osseointegration. Both porosity and pore size 
have direct influence on their functionalities for biomedical applications [1, 2]. Many 
biocompatible polymers such as polycaprolactone (PCL) and chitosan have been used in bone 
tissue regeneration as a temporary scaffold to facilitate bony ingrowth. However, their low 
mechanical strength limits their applications for load-bearing implants [3-5]. 

Polyurethane (PUR) is a biostable, biocompatible polymer [6]. Its hydrolytic stability 
leads to limited degradability which makes PUR less suitable for bone regenerations. On the 
other hand, the excellent loading bearing capacity and bio-stablility make this material a 
choice for prostheses. In vivo practice of using PUR scaffold to repair bone defects have 
demonstrated its potential for applications in osseointegratable implants [7].  

Besides the intrinsic material properties of the polymers, the internal architecture of a 
cellular structure has significant effect on its mechanical and biological behaviors [8]. 
Improved specific mechanical properties have been observed in non-stochastic geometries [9-
12]. Recently, the advances in additive manufacturing (AM) technologies make it possible to  
rapidly create cellular structures based on 3D computer-aided design (CAD) models, with 
good accuracy and reproducibility [8, 13-15].  

Sudarmadji, Tarawneh, and Wettergreen created the cellular structures based on the 
space-filling unit cells of polyhedral shapes and the mechanical performance could be easily 
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controlled by the unit dimensions [5, 8, 16]. It was reported that a cellular structure with 
cubic-shape units had similar stiffness and strength (E = 1.06–17.98 GPa and σ = 0.5–350 
MPa) as cortical and cancellous bones [13, 17-19]. On the other hand, the cellular structures 
with bone-equivalent stiffness could also be achieved using octahedral-shape units [20-22]. It 
is not clear what types of internal architectures should be adopted for bone implants.  

In general, smaller pore sizes may prevent cell penetrating within the cellular 
structures. The porosity and pore size are related to the internal unit structures. The 
mechanical response of polyhedral-shape units has been investigated under uniaxial 
compression but the role of loading mode has not been well understood. Up to now, few 
studies have been carried out to investigate the effects of 3D internal architectures on both 
mechanical and biological behavior.  

Considering VisiJet material (3D System, USA) as a derivative of PUR, it is known as 
one of the tough, biocompatible, biostable polymers and can be processed using AM 
technologies. It has 3-time greater elastic modulus and strength than PCL [23]. However, it is 
unknown if this material is suitable for bone biomedical applications especially when 
fabricated with AM technologies. 

In this work, the mechanical and biological performance of cellular structures with 
different 3D internal architectures under compression, shear and torsion was investigated. 
The stress relaxation, cell adherence and proliferation tests were also conducted to examine 
suitability of these structures as the implants.  

2. Materials and methods 

2.1. Material and 3D printing (3DP)  
 3D cellular structures were fabricated with a photopolymerizable polymer (VisiJet® 
M3 Crystal) using 3DP technologies (ProJet® 3500SD, 3D Systems). This polymer, 
composed of urethane acrylate oligomers, has been certified by United States Pharmacopeia 
(USP) as Class VI material. It is the strictest class for plastic biocompatibility and has a 
tensile modulus of 1.594 GPa and tensile strength of 35.2 MPa, which are closer to the 
trabecular bone, i.e., 2.73 ± 1.06 GPa and 18 ± 6.4 MPa, respectively [24]. The 3DP process 
can achieve an accuracy/layer thickness of 50/30 µm and requires hydroxylated wax as a 
supporting material (VisiJet® S300) during the printing. The wax was then removed 
afterwards via melting at 70°C and multi-step cleaning with 99% isopropanol.  

2.2. 3D cellular structures 
 For comparison, different 3D internal architectures were designed using a CAD 
software (SolidWorks 15, USA) to achieve (1) no enclosed pores after unit cell replication, 
(2) different strut orientations [0°/45°/90°] along the loading directions, or (3) internal 
architecture similar to trabecular bone. Based on polyhedral geometries, four 3D internal 
architectures were designed, i.e., octahedral [± 45°], pillar octahedral [0° ± 45°], cubic [0° ± 
90°], and truncated octahedral shapes. 
 In Fig. 1a, the unit dimension (L) is 2 mm and strut size (t) is 400 µm and 500 µm. 
The cellular structures were designed and fabricated by repeating these unit cells along x, y, 
and z axes. Rectangular (10 x 20 mm) and cylindrical (10 x 30 mm) cellular structures were 
prepared to investigate the mechanical properties,  Fig. 1c.  
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 Fig. 1. The designs of open-porous cellular structures with different internal 
architectures: (I) octahedron [± 45°], (II) pillar octahedron [0° ± 45°], (III) cubic [0° ± 90°], 
and (IV) truncated octahedron. (a) small-scale unit cells (L = 2 mm), (b) internal architectures 
created by unit cells with the strut sizes (t) of 400 µm and 500 µm, (c) final models 
manufactured using 3DP methods used for cell cultures (top) and mechanical testing (middle 
and bottom). 

2.3. Characterization of morphology 
 The actual morphology of these cellular structures were characterized using helium 
gas pycnometry (Pentapyc 5200e, Quantachrome) and scanning electron microscopy (SEM, 
Quanta 200, FEI). The skeletal density of the specimens was calculated as its weight per unit 
skeletal volume [25], and the relative density (ρ*/ρs) was estimated by the ration between the 
density of cellular structures (ρ*) and the material (ρs = 1.02 g/cc). The overall porosity was 
evaluated as the ratio of the total volume of voids to the total volume of the cellular structure 
[26]. The morphology and sizes were also interpreted using SEM. The pore size is 
determined by the shape of the unit cells and t as L was fixed.  

2.4. Mechanical tests 
The total of 108 cellular structures were tested for mechanical performances. Quasi-

static compression, shear, and torsion were conducted with a strain rate of 1 mm/min 
(INSTRON 5985). A specially designed torsion fixture was fitted into a 500 N load cell. It 
can be operated in ± 45° angular displacement with a resolution of 0.001°. The compressive, 
shear, and torsional stiffness was determined from the initial linear portion of the stress-strain 
curves. The failure strength in compression (σfail), shear (Τfail), and torque was recorded at the 
peak loads.  

The four architectures with t = 500 µm were selected to conduct stress relaxation 
tests. Three specimens were tested for each structure. Two different environmental conditions 
were used, including dry and wet conditions at room temperature (25°C). All wet tests were 
conducted by immersing the specimens in PBS for 1 hour prior to the test. Quasi-static 
compression was conducted up to the failure point. With a total strain of 2.5%, the stress 
relaxation test was carried out in 5 steps, at a strain rate of 0.25% s-1 for 2 s (ramp) and 
followed by 58 s relaxation (hold).   
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2.5. Cell cytotoxicity, adherence, and proliferation 
 The L and t in individual unit cells can be adjusted to achieve similar strut, pore size, 
and porosity for the four architectures. The new CAD models have a surface area of 31.58, 
33.47, 26.91, and 33.21 mm2 for the octahedral, pillar octahedral, cubic, and truncated 
octahedral structure, respectively. The total of 84 disc-shape scaffolds with a diameter of 8 
mm, a height of 2 mm were remodeled and manufactured, exhibiting a mean t of 453 ± 36 
µm, pore size of 551 ± 55 µm, and porosity of 74 ± 4% (p = 0.12, 0.69, and 0.82, 
respectively), Fig. 1c.   
 Murine pre-osteoblastic cells, MC3T3-E1, (passage 6) were cultured in D-MEM 
(Gibco) supplemented with 10 % fetal bovine serum (FBS, Gemini) and 1% 
Penicillin/Streptomycin (Gibco) at 37°C in a 5% CO2 incubator. Proliferation media were 
changed every 2-3 days, the subconfluent cells were detached using 0.25% trypsin EDTA 
(Gibco), and then centrifuged, re-suspended and counted.  

All disc-shape scaffolds were sterilized with 70% ethanol overnight and rinsed three 
times with sterile phosphate-buffered saline (PBS), then dried under UV tissue culture hood. 
Biocompatibility of the 3DP parts was first tested in 7 days by adopting indirect cell-culture 
techniques. The cell survival rates of the 3DP specimens were calculated using the ratio of 
cell viability to the seeded-cells. Then cells were directly seeded onto the scaffolds at a 
density of 5 x 104 cells/scaffold and allowed to adhere to the scaffold overnight in 250 ml of 
proliferation media in a 48-well tissue culture plate. The scaffolds were placed into the new 
plate in the following day, which denoted as the day 1. The cell-seeded scaffolds were 
harvested on day 1, 4 and 7. The survival rate, cell adherence and proliferation were 
quantified by DNA assay (CyQuant NF, Invitrogen) at different time points.  
 The pre-osteoblastic cell morphologies were evaluated with SEM. After removing 
from the culture media, these scaffolds were rinsed twice with PBS and fixed with 3% 
glutaraldehyde. Then, the scaffolds were further rinsed with 0.1 M cacodylate buffer, 
followed by post-fixation with 1% osmium tetroxide for 1 h. After rinsing with demineralized 
water, the scaffolds were subsequently dehydrated using graded ethanol of 50, 70, 90 and 
100%, then immersed twice into hexamethyldisilazane (HMDS, Sigma) for 30 min each and 
left for drying overnight before an inspection with SEM.  

2.6. Data analysis 
 Descriptive and analytical approaches were used in the data analysis. Paired t-tests 
assessed significant differences of the stiffness acquired with dry and wet condition. One-way 
ANOVA was used to test for significant differences in each independent factor between the 
four architectures. Two-way ANOVA was used to test for significant differences in stepped 
stress-relaxation tests. The independent factors in this two-way ANOVA were time and the 
condition applied. Statistical analysis was performed in SPSS v21 (IBM Corp, USA) and the 
significance threshold was set to p ≤ 0.05.    

3. Results and discussion 

3.1. Cellular structures fabricated using 3DP  
3DP techniques used powder-based polymer and wax-like material as the support 

material to fabricate the cellular structures. Strut orientations [0°/45°/90°] of a unit cell 
affected the density of the 3DP cellular structures (Table 1). A cube-shaped unit cell, 
presenting the horizontal [0°] and vertical [± 90°] struts along the building axis, had a greater 
density than unit cells whose struts aligned in an inclination [± 45°] (ρ = 1.36 ± 0.02 g/cc and 
1.19 ± 0.02 g/cc). By contrast, 3DP cellular structures with the ± 45° struts exhibited a greater 
porous surface than the cube-shaped unit, as a result of the stair-stepping effect [27] 
associated with powder-based fabrication methods. Therefore, the strut density fabricated 
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with 3DP techniques varied with the degrees between strut alignment and building axis. The 
3DP techniques, in this work, created a surface pore of 40 µm especially on the overhanging 
features, as shown in Fig. 10c.  

Table 1 Design and actual morphological features of the cellular structures.  

Types 
Design parameters Actual parameters (n = 5) 

Density 
(g/cc) Strut size Pore size Porosity Strut size Pore size Porosity 

(µm) (µm) (%) (µm) x, y (µm) (%) 

Octahedron 400 
500 

870 
730 

76.6 
65.9 

460 ± 19 
530 ± 13 

606 ± 50 
421 ± 62 

73.15 ± 2.2 
61.35 ± 2.4 1.19 ± 0.01 

Pillar 
octahedron 

400 
500 

870 
730 

73.7 
62.1 

460 ± 21 
583 ± 37 

625 ± 48 
426 ± 45 

69.79 ± 3.4 
53.82 ± 3.3 1.18 ± 0.02 

Cubic 400 
500 

1,600 
1,500 

83.7 
78.2 

450 ± 31 
535 ± 21 

2,042 ± 84 
1,695 ± 130 

87.65 ± 2.4 
80.61 ± 2.5 1.36 ± 0.02 

Truncated 
octahedron 

400 
500 

700 
700 

73.3 
68.7 

435 ± 34 
508 ± 38 

348 ± 59 
269 ± 25 

74.14 ± 3.1 
63.60 ± 3.3 1.21 ± 0.02 

The cellular structures fabricated with 3DP techniques yielded similar strut sizes for 
each polyhedral shape (p = 0.65 and 0.07 for t = 400 µm and 500 µm). The design strut size 
(t) of 400 µm and 500 µm offered the pore sizes in the x, y direction between 269 µm to 
1,695 µm and resultant porosities ranged from 53.82% to 87.65%.  

 
 Fig. 2. Correlation between the target component design porosities and actual design 
porosities of different internal architectures. A least-square regression line is fit to the data to 
show correlation.   

The design and actual porosities fabricated with 3DP are in good agreement, as shown 
in  Fig. 2. However, the least-squares regression fit did not pass through the origin, 
illustrating that the manufactured porosity was consistently 12% less than the design porosity 
for the cellular structures. The cellular structures fabricated with 3DP techniques here had a 
greater accuracy for controlling porosity (R2 = 0.902, standard error (SE) 12%) than those 
fabricated with selective laser sintering (SLS) techniques (R2 = 0.8611, SE 27.8%) [13]. 

3.2. Mechanical tests 
The mechanical behavior of polyhedral unit cells was investigated under uniaxial 

compression [8, 16, 28]. This study showed that only compression was insufficient to 
interpret the overall performances of these units. The mechanical behaviors of the four 
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internal architectures under different loadings are shown in Table 2. It is clear the strut size, t 
and the geometries all affect the mechanical properties in compression, shear, and torsion.  

 
Table 2 Mechanical properties of the cellular structures. 

 Compression Shear Torsion 

 Stiffness σfail  Stiffness  Τfail Stiffness Torque 

 (MPa) (MPa) (MPa) (MPa) (N.mm/θ) (N.mm) 
Strut size (t = 400 µm) 
Octahedron 2.47 ± 0.3 0.25 ± 0.05 2.92 ± 0.07 0.23 ± 0.01 4.33 ± 0.24 69.2 ± 40 

Pillar 
Octahedron 15.26 ± 0.9 0.65 ± 0.10 9.87 ± 0.09 0.31 ± 0.02 5.48 ± 1.82 78.9 ± 24 

Cubic 31.44 ± 0.3 0.24 ± 0.01 0.14 ± 0.10 0.09 ± 0.01 0.71 ± 0.29 17.1 ± 10 
Truncated 

Octahedron 6.37 ± 0.1 0.19 ± 0.03 2.66 ± 0.03 0.11 ± 0.01 1.70 ± 0.47 36.6 ± 8 

Strut size (t = 500 µm) 
Octahedron 16.80 ± 0.9 1.02 ± 0.8 8.08 ± 0.05 0.38 ± 0.03 9.43 ± 0.50 200.2 ± 22 

Pillar 
Octahedron 26.94 ± 0.4 1.69 ± 0.02 18.93 ± 0.2 0.56 ± 0.02 9.52 ± 0.68 156.3 ± 30 

Cubic 59.76 ± 0.5 1.01 ± 0.07 2.59 ± 0.04 0.17 ± 0.02 1.07 ± 0.64 26.9 ± 12 
Truncated 

Octahedron 25.14 ± 0.2 0.72 ± 0.1 7.96 ± 0.02 0.31 ± 0.01 2.20 ± 0.49 43.9 ± 18 

 Fig. 3 shows the stiffness of the cellular structure with t = 500 µm. The cubic unit cell 
has the greatest stiffness under compression (59.76 MPa) but its stiffness under shear and 
torsion is very low (2.59 MPa & 1.07 MPa, respectively). The octahedron and truncated 
octahedron have similar shear stiffness. Compared with the truncated octahedral type, the 
octahedron has a greater torsional stiffness (9.43 MPa vs 2.2 MPa) but a lower compression 
stiffness (16.80 MPa vs 25.14 MPa). In contrast to the octahedron, the pillar octahedron 
exhibits increased compressive stiffness (26.94 MPa). It also has the greatest shear and 
torsional stiffness (18.93 MPa and 9.52 MPa, respectively). Because of the vertical struts 
combined with the ±45° struts in octahedral unit cells, the pillar octahedron [0°, ±45°] is the 
best internal architecture in terms of stiffness and strength subject to compression, shear, and 
torsion. 
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 Fig. 3. Stress-strain curves of cellular structures under (a) compression, (b) shear and 
(c) torsion. The structural stiffness is shown in (d).  

The failure modes of these cellular structures under compression are shown in Fig. 4.  
Buckling occurs in the cubic unit cell before the final failure. By contrast, deformation in the 
octahedral and truncated octahedral unit cells is dominated by shear band at about 45°. The 
advantages of the vertical struts in pillar octahedral unit cells include stronger resistance to 
buckling and improved stiffness and failure strength under shear and torsion loads.  

 
Fig. 4. Deformation modes of cellular structures (t = 500 µm) at strains of 0.1 and 0.2. 

The relationship between stiffness of cellular structures in compression (𝐸∗) and 
porosity (𝜑) was studied. Based on Gibson and Ashby model [29], they can be correlated as  

𝐸∗ = 𝐸𝑠 1− 𝜑 𝑒∁!       (1) 

where 𝐸𝑠 is the elastic modulus of material (1,539 MPa for VisiJet) and ∁ is a constant 
dependent on the geometry. Fitting this equation with the experimental data, the ∁ for 
octahedral, pillar octahedral, cubic, and truncated octahedral unit cells (L = 2 mm) is -6.513, -
5.339, -2.023, and -5.286, respectively. The estimated 𝐸∗ with porosity is shown in Fig. 5. 
Obviously, the cubic structure has the highest modulus in compression, consistent with the 
experimental observation.  
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Fig. 5. Variation of effective elastic modulus with porosity. 

 On the other hand, the viscoelastic properties, often observed in biological or wet 
environments are important for the materials to be used as implants. Thus, mechanical tests 
under wet condition and stress relaxation tests were conducted. After immersing these 3D 
cellular structures into PBS solution, to different extent, the compressive stiffness is reduced, 
as shown in Fig. 6. For octahedron, pillar octahedron, and truncated octahedron structures, 
increased ductility (elongation > 30%) was achieved but for the cubic shape, the ductility was 
less than 5%, similar to that under dry condition.         

 
 Fig. 6. (a) Stiffness under dry and wet conditions, (b) stress-strain curves under dry 
condition and (c) stress-strain curves under wet condition. 

Under both dry and wet conditions, the stress relaxation test was carried out in 5 
steps, at a strain rate of 0.25% s-1 for 2 s (ramp) and followed by 58 s relaxation (hold). All 
the cellular structures showed the progressive increase in stress with strain except the cubic 
structure at the last step due to the cracking. As shown in Fig. 7, the pillar octahedral 
structure has the greatest accumulated stress up to 0.63 ± 0.07 MPa and 0.44 ± 0.05 MPa 
under dry and wet conditions, but less than 0.3 MPa for octahedron and truncated octahedron 
structures.          
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 Fig. 7. Stress relaxation behavior under (a) dry and (b) wet conditions of 3DP cellular 
structures.  
 Fig. 8 shows the relaxation rate for the first stage. The octahedral, pillar octahedral, 
and truncated octahedral structures are relaxed up to 50% and the cubic is relaxed up to 40% 
in dry. The relaxation rate is increased under the wet condition in all structures and the 
maximum is around about 80%, comparable to the 85% in chitosan scaffolds but much higher 
than synthetic polymer PCL which has 30% relaxation [30].  
 

 

Fig. 8. Maximum stress relaxation corresponding to the first step. 
 The stress relaxation at different steps can be normalized by translating the stress 
pattern for each step to its origin based on the quasi-linear viscoelastic theory [31]. The time-
dependent stress relaxation function, G(t) can be expressed by 

   𝐺 𝑡 =   𝜎 𝑡 𝜎! 𝜀        (2) 

where 𝜎! 𝜀  is the maximum stress at each strain 𝜀  step. The G(t) for both dry and wet 
condition is shown in Fig. 9 For octahedral, pillar octahedral and truncated octahedral 
structures, the relaxation is more significant at the first step and gradually weakened at the 
following steps. However, no consistent trend can be found in the cubic structure. Except the 
first step, no significant difference in relaxation can be identified between the dry and wet 
conditions for the octahedral and pillar octahedral structures. By contrast, the relaxation 
becomes more significant difference for the cubic and truncated octahedral structure under 
wet condition.  
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 Fig. 9. Relaxation function G(t) of (a) octahedron, (b) pillar octahedron, (c) truncated 
octahedron, and (d) cubic shape under dry and wet conditions. (*) indicating a statistical 
difference between the dry and wet conditions. 
3.3. Cell culture 

Previous research suggested that over 60% porosity and pore sizes larger than 300 µm 
could promote bone formation and vascularization [10, 32]. In this work, the interconnected 
porous networks of 3DP cellular structures provide a pore size of 551 ± 55 µm and porosity 
of 74 ± 4%. Therefore, these structures are expected to be suitable for bone cell growth. 

On the other hand, smaller pores may increase the surface area for protein adsorption, 
ion exchange, and bone-like apatite formation [10, 14]. With 3DP techniques, small pores can 
be created in the surface of polymer structures, especially when strut orientations aligned in 
angles [± 45°] with the printing direction, as adopted in the octahedron, pillar octahedron and 
truncated octahedron structures in this work. Another arguable thing is the retained wax after 
printing could be cytotoxic. However, Macdonald et al. reported the presence of wax coating 
on polymer surface is not harmful to the cells [33]. The possible reason is that the potential 
cell toxicity by ultra-fine particles (UFP) produced in incomplete photopolymerization can be 
mediated by the wax materials as physical barriers to diffusion. In this work, the pre-
osteoblastic cells survival rate is 85 ± 4% in 7 days and no sign of cytotoxicity was observed, 
confirming the suitability as implant materials. SEM images confirmed pre-osteoblastic cell 
adhesion and proliferation on the specimen surfaces (Fig. 10). The pre-osteoblastic cell 
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morphology was compared in the different structures. The spindle-shape pre-osteoblasts, 
presented in networks were observed on the surfaces in all structures.  

 

 
 Fig. 10. SEM images showing surface roughness of (a) cubic and (b) octahedral unit 
cells, (c) Smaller pores (40 µm) on the surface after printing on the overhanging features, (d) 
cell adhesion and (e) and (f) cell coverage after 4 and 7 days.  

The seeding efficiency (%) for each architectural design was calculated by taking into 
account the initial number of cells that were seeded to the scaffold and the numbers of cells 
that actually adhere to the scaffolds. Fig. 11a. shows that the internal architecture has an 
influence on cell seeding efficiency. Pre-osteoblastic cells were more likely to adhere to the 
octahedron (7.2%), pillar octahedron (5.1 %) and cubic (4.4 %) rather than truncated 
octahedral shape (3.7%). However, only the comparison between the octahedron and 
truncated octahedron was significant (p = 0.02). Surface hydrophilicity of a polymer is 
important for homogeneous and sufficient cell seeding and growth [34]. Polyurethane 
acrylate has better wettability than the surface of electrospun PCL, measured through water 
contact angle testing (70° vs 123°) [34, 35]. However, the seeding efficiency of this study 
was less than that of the electrospun PCL scaffolds [36]. This highlights the effect of 
architectures on seeding efficiency. As the pore size and porosity of each design are similar, 
the difference in seeding efficiency could be attributed to the flow characteristics and 
different surface roughness related to individual unit geometry. Unit geometry directly 
controls the tortuosity, a measure of flow distance that travels in the porous materials [37]. 
The strut intersection in the middle of octahedral type diverts the fluid from the straight 
direction and slows the flow rate. The low flow rate when pipetting a cell suspension onto the 
octahedral and pillar octahedral shapes would favor cell adherence, while the high flow rates 
of cubic and truncated octahedral shape contribute to cell deposition at the bottom of the well. 
In addition, the greater seeding efficiency of the ± 45° typed structures than the cubic type 
could be explained by the greater porous surfaces of the overhanging features fabricated with 
3DP, Fig. 10. 



12 
 

 
 Fig. 11. (a) The numbers of pre-osteoblastic cells attached to the different cellular 
structures, (b & c) comparison the rates of cell proliferation within 7 days after cell seeding. 

Cell proliferation test was conducted in all cellular structures. DNA content analysis 
was used to identify the number of growing cells. To compare the proliferation rates between 
the different structures, cell number was normalized using the number of attached cells at 
different times divided by the number of cells attached on day 1. Although high data scatter 
was observed, the pre-osteoblastic cells proliferated are significantly faster in the pillar 
octahedral and truncated octahedral structures on day 7 (p < 0.01), Fig. 11b. The greater cell 
proliferation of the pillar octahedron and truncated octahedron could be attributed to the 
greater surface areas of these polyhedral structures, compared with the cubic and octahedron.   

As observed in this work, high relative density and lower porosity in a cellular 
structure can lead to increased strength and stiffness, consistent with previous reports [38, 
39]. It is interesting to note that the mechanical response from a cellular structure depends on 
the loading modes. To this end, for axially loaded applications such as bone implants to fix 
long-bone defects, the cubic structure is the best choice because of its high stiffness under 
compressive force. High fatigue life under compression loading was observed in cubic unit 
cells [17, 39].  On the other hand, when subjected to a combined loading (compression, shear 
and torsion) such as femoral hip implants, the pillar octahedron is an appropriate architecture 
as it provides the greatest shear and torsional stiffness and high compressive stiffness. Note 
that the pillar octahedral structure also has the greatest accumulated stress during the stress 
relaxation test. Together with its better cell proliferation rate, pillar octahedral structure has 
demonstrated balanced mechanical and biological properties.  

4. Conclusion  
Using 3DP techniques, we have successfully fabricated 3D cellular structures with 

precisely controlled internal architectures. Combined small and large pores (40~550 µm) and 
high porosity of 74 % have been achieved. The internal structures play a key role in 
determining the overall mechanical and biological performance. The cubic structure [0° ± 
90°] has much higher compression stiffness but lower shear and torsion stiffness than that in 
octahedron type structures [± 45°]. The pillar octahedron structure, combined the strut 
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characteristics featured along 0° and ± 45°, demonstrate high compression, shear and 
torsional stiffness (26.94 MPa, 18.93 MPa and 9.52 MPa, respectively). A reduction in 
stiffness has been observed in wet condition due to relaxation of the polymer. However, the 
pillar octahedron structure is insensitive to the wet condition. The structures with ± 45° strut 
alignments tends to increase the cell adherence due to higher porous surfaces. The greater 
surface areas of pillar octahedral structure significantly increase pre-osteoblastic cell 
proliferation than other structures. Therefore, the pillar octahedron is considered to have 
balanced mechanical and biological properties. We believe these findings may benefit the 
design and fabrication of advanced implants.  
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