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A B S T R A C T   

The development of treatments for critical-sized bone defects has been considered an important topic in the 
biomedical field because of the high demand for transplantable bone grafts. Following the concept of tissue 
engineering, implantation of biocompatible porous scaffolds carrying cells and regulating factors is the most 
efficient strategy to stimulate clinical bone regeneration. With the advancement in the development of 3D-print-
ing techniques, scaffolds with highly controllable architectures can be fabricated to further improve healing 
efficacies. However, challenges such as the limited biocompatibility of resin materials and poor cell-carrying 
capacities still exist in the application of current scaffolds. In this study, a novel biodegradable polymer, poly 
(ethylene glycol)-co-poly (glycerol sebacate) acrylate (PEGSA), was synthesized and blended with hydroxyapa-
tite (HAP) nanoparticles to produce osteoinductive and photocurable resins for 3D printing. The composites were 
optimized and applied in the fabrication of gyroid scaffolds with biomimetic characteristics and high perme-
ability, followed by the combination of bioactive hydrogels containing Wharton’s jelly-derived mesenchymal 
stem cells (WJMSC) to increase the efficiency of cell delivery. The promotion of osteogenesis from 3D-printed 
scaffolds was confirmed in-vivo while the hybrid scaffolds were proven to be great platforms for WJMSC cul-
ture and differentiation in-vitro. These results indicate that the proposed hybrid systems, combining osteoin-
ductive 3D-printed scaffolds and cell-laden hydrogels, have great potential for bone tissue engineering and are 
expected to be applied in the treatment of bone defects based on active tissue regeneration.   

1. Introduction 

Bone tissue engineering (BTE) is an emerging field aimed at pro-
moting the full recovery of bone defects using a combination of artificial 
extracellular matrix (ECM), cells and regulating factors that promote 
osteogenesis [1]. Synthetic ECM, which refers to scaffolds in most 
studies, is usually made into porous and interconnected structures with 
osteogenic biomaterials to provide a favorable microenvironment for 
cell adhesion and proliferation [2–4]. Recently, various 3D-printing 
technology have been applied to generate BTE scaffolds for fast proto-
typing, well-controlled microstructures, and customization [5–7]. 
Printing techniques based on stereolithography, such as digital light 
processing additive manufacturing (DLP-AM), are gaining attention 
because of their better printing resolution than that of common 
extrusion-based methods [8,9]. A wide variety of photocurable mate-
rials have been developed to produce BTE scaffolds via DLP-AM, 

including cell-laden hydrogels [10], bioceramics [11] and biocompat-
ible polymers [12]. Despite the specific advantages of these materials in 
different applications, few of them have led to the full in-vitro con-
struction of scaffolds similar to autografts. Therefore, the design of 
materials and scaffolds is critical for fully reconstructing bone defects 
using scaffold-based tissue engineering. 

Poly(glycerol sebacate) (PGS) is a biodegradable and biocompatible 
polyester that has been widely applied in tissue regeneration, including 
in the liver, cardiovascular system, and osteochondral system [13–15]. 
In the field of BTE, PGS has been applied as a basal scaffold material 
owing to its highly elastic and osteoconductive characteristics [16–18]. 
To further improve the biocompatibility, PGS has been combined with 
other polymers to generate a series of copolymers [19,20]. One of the 
examples: The incorporation of poly(ethylene glycol) (PEG) segments 
into the PGS backbone to synthesize PEGylated poly(glycerol sebacate) 
(PEGS) [21]. With the increased hydrophilicity contributed by PEG 
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segments, the affinity for cell adhesion is further improved, leading to 
higher osteoconductivity while preserving most of the strengths of PGS. 
In previous studies, PEGS has been confirmed to hold great potential in 
promoting bone repair [22]. Despite the suitable properties of PEGS for 
bone regeneration, the morphologies of scaffolds made with these ma-
terials usually cannot be well controlled owing to limited options in the 
fabrication methods. Hence, improvements in the processability of PEGS 
through chemical modification are required for practical applications. 

Bioceramics are commonly used as additives in polymeric materials 
for BTE because bone is naturally a combination of polymers and min-
erals [23]. Hydroxyapatite (HAP), the natural form of calcium phos-
phate mineral in bone tissue [24], is the most common bioceramic used 
in the fabrication of polymer composite scaffolds. HAP is highly osteo-
conductive and osteoinductive [25,26], and more recently, HAP has 
been used in the form of nanoparticles or microparticles to further in-
crease its efficacy [27,28]. By blending HAP particles with polymers, 
composite scaffolds have been produced, integrating the advantages of 
both polymers and minerals. 

Recently, cell-laden hydrogels have become an attractive form of cell 
delivery [29,30]. Natural polymers are often selected over synthetic 
polymers to prepare gels because of their similar physical and chemical 
properties to natural ECM. A well-known example is a hydrogel fabri-
cated with alginate and gelatin [31], which combines the osteoinductive 
property of gelatin with the low toxicity and efficient gelation process of 
alginate, making them ideal cell carriers for BTE [32]. However, cell- 
laden hydrogels still face the challenges of insufficient mechanical 
strength and low durability owing to their highly swollen nature and 
rapid degradation. To overcome these problems, polymeric scaffolds 
have been combined with hydrogels by printing along with scaffolds 
[33] or directly injected into porous spaces [34]. With the combination 
of hydrogels and porous scaffolds, the stiffness of these hybrid constructs 
can be maintained while providing a larger surface area for cell 
proliferation. 

In this study, hybrid scaffolds comprising 3D-printed constructs and 
cell-laden hydrogels were developed and characterized. Porous 3D 
scaffolds were fabricated with optimized polymer composites via DLP- 
AM, followed by integration of bioactive hydrogels to further improve 
the efficacy of the printed constructs. As demonstrated in Scheme 1, the 
resulting hybrid systems were characterized and proved to be excellent 
platforms for stem cell proliferation and differentiation. Overall, our 
design aims to provide new options with great potential for cell culture 
and delivery in BTE. 

2. Materials and methods 

2.1. Materials 

Sebacic acid (99 %), PEG (Mw = 1000 g/mol), glycerol (99 %), 
triethylamine (99.5 %), acryloyl chloride (97 %), hydroxyapatite pow-
der and nanopowder (<200 nm), diphenyl(2,4,6-trimethylbenzoyl) 
phosphine oxide (TPO, 97 %), Sudan Black B, sodium alginate, 
gelatin, calcium chloride (97 %), sodium citrate (99 %), and pNPP 
Phosphatase Assay kit were purchased from Sigma-Aldrich. Fetal bovine 
serum, DMEM, OGM, bFGF, Prestoblue reagent, CCK-8 reagent, and the 
PicoGreen dsDNA Assay Kit were purchased from Thermo Fisher Sci-
entific. DMP1 primary antibody and fluorescent secondary antibody 
were purchased from Arigo Biolaboratories. All the reagents were used 
without further purification. All data were obtained from at least three 
independent experiments. 

2.2. Hybrid scaffold preparation 

2.2.1. Synthesis of PEGSA 
The PEGS synthesis was divided into two steps, as reported previ-

ously [21] (Fig. S1a). PEG and sebacic acid (SAA) were mixed at 130 ◦C 
under nitrogen for 1 h, followed by the reaction at 40 Pa for 24 h to 
generate a linear SAA-PEG pre-polymer. Glycerol was added, and the 
reaction was allowed to proceed for 48 h to synthesize PEGS. The molar 
ratio of (PEG + glycerol) to SAA was maintained at 1:1, while the weight 
ratio of PEG was tuned from 40 to 60 %. The resulting polymers were 
named PEGS40, PEGS50, and PEGS60, respectively. 

Next, the PEGS polymer was reacted with acryloyl chloride (AC) to 
produce PEGSA (Fig. S1b). The molar ratio of AC to glycerol was set to 
1:1.2 to maximize the degree of acrylation (Table 1). PEGS polymer and 
4-dimethylaminopyridine were dissolved in dichloromethane (DCM) at 

Scheme 1. The development process of hybrid scaffolds for BTE.  

Table 1 
Theoretical and experimental concentration of acrylate groups.  

Sample 
code 

Theoretical 
molar ratio 
(glycerol : 
AC) 

Theoretical 
concentration 
of acrylate 
group (mmol/g) 

Experimental 
molar ratio 
(glycerol :AC) 

Experimental 
concentration of 
acrylate group 
(mmol/g) 

P40 1 :1.2  2.42 1 :0.83  2.01 
P50 1 :1.2  1.86 1 :0.79  1.47 
P60 1 :1.2  1.26 1 :0.67  0.84  
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room temperature under nitrogen and mixed until the mixture became 
homogeneous. The mixture was then cooled to 0 ◦C in an ice bath. 
Triethylamine was quickly injected into the mixture, followed by a slow 
and steady injection of AC. After the injections, the ice bath was 
removed and the reaction continued at room temperature. After 24 h, 
DCM was removed by rotary evaporation and ethyl acetate was added to 
dissolve PEGSA. The salt generated during the reaction was removed via 
suction filtration. To remove excess TEA by co-vaporization, deionized 
water was added and removed using a rotary evaporator. The resulting 
products were named P40, P50, and P60 according to their polymer 
backbones. The yield of all PEGSA synthesis was around 98 %, calcu-
lated by dividing the weight of collected products by the theoretical 
weight of synthesized products. 

2.2.2. Fabrication of PEGSA and polymer composite films 
HAP micro-(<50 μm) or nanoparticles (<200 nm) were mixed with 

99 % ethanol to prepare a 20 wt% solution. The solution was sonicated 
for 30 min before being mixed with PEGSA. The final weight ratio be-
tween the PEGSAs and HAP particles was fixed at 3:1. Subsequently, 
ethanol was removed using a rotary evaporator. Photoinitiator TPO and 
99 % ethanol were added to achieve 2 % and 5 %, respectively. The 
prepared materials were homogenized, poured into molds made of 
stainless steel, and crosslinked in a 405 nm LED box. The thickness of the 
molds was 0.5 mm and the length of light exposure was 30 s per side. The 
mold thickness and light exposure time were doubled during the fabri-
cation of the samples used in the compression test. The fabrication of 
pure PEGSA films followed similar procedures. After the curing process, 
the films were cut off from the molds and soaked in 95 % w ethanol for 
one day. Subsequently, the films were washed with decreasing con-
centrations of ethanol solution (75 %, 50 %, 25 %) with the time of 1 h at 
each concentration. Finally, the films were soaked in water for one day. 
The resulting composite materials prepared with HAP microparticles 
were named HP40, HP50 and HP60 according to the PEG content of 
added PEGSAs, while similar rules were applied for the ones prepared 
with HAP nanoparticles, naming nHP40, nHP50 and nHP60 
respectively. 

2.2.3. Design and fabrication of 3D-printed scaffolds 
The design is summarized in Table 2. Basic structures were con-

structed using MathMod followed by conversion into 3D meshes using 
MeshLab. Imageware was used to tune the size of the 3D models. The 3D 
models without volume were solidified in Blender with specific wall 
thicknesses for each design. In this step, the edges were cut to ensure 
isotropic characteristics. The uncrosslinked polymer composites were 
prepared as previously described. 0.04 wt% Sudan Black B was added to 
the composites to increase the printing resolution. Gyroid scaffolds were 
fabricated using a DLP printer (built by the Cheng lab at the National 
Taiwan University of Science and Technology). The exposure time for 
the first layer was 3.6 s while the curing time for all the other layers was 
2.4 s. The ink was renewed every 20 layers during printing. The printed 
products were peeled off from the platform and soaked in 95 % ethanol, 
followed by sonication for 30 min to remove the uncrosslinked com-
posites stuck within the pores. 

2.2.4. Fabrication of cell-laden hydrogel 
The 15 wt% gelatin stock solution was prepared by dissolving gelatin 

powder in phosphate buffer saline (PBS) and the resulting solution was 
sterilized by autoclave. 1 wt% alginate solution in DI water was steril-
ized by 0.22 μm syringe filters. Sterile alginate solution was freeze-dried 
to obtain sterile alginate. The alginate solution was prepared by dis-
solving sterile alginate in PBS. The uncrosslinked hydrogels were pre-
pared by mixing gelatin stock solution, alginate stock solution, and 
DMEM. The alginate concentration was fixed at 2 wt% while the gelatin 
concentration was set at 5, 6 or 7 wt% for AG5, AG6 and AG7 respec-
tively. To prepare the cell-laden hydrogel, the cells were added to the 
hydrogel at a density of 600,000 cells/mL. The uncrosslinked cell-laden 
hydrogel was then injected directly into well plates or scaffolds, 
depending on the application. The gels were cooled in 4 ◦C fridge for 30 
min to fix the shape before crosslinking in 300 mM CaCl2 aqueous so-
lution for 30 min. The crosslinked hydrogels were washed with DMEM 
for 3 times and cultured under normal cell conditions. 

2.2.5. Fabrication of hybrid scaffolds 
To eliminate autofluorescence, the 3D-printed scaffolds were soaked 

in 0.04 wt% Sudan Black B (SBB) solution in 70 % ethanol. After 24 h, 
the scaffolds were washed in DI water three times for 30 min each. The 
scaffolds were soaked overnight in DMEM before cell seeding. The 
uncrosslinked cell-laden hydrogels were injected into the scaffolds at 
approximately 50–70 μL/sample. After checking that all pores were 
filled, the hydrogel outside the scaffolds was gently removed. The 
scaffolds combined with gels were crosslinked, as mentioned in the 
previous section, generating hG200, hG300, and hG400 according to the 
pore sizes. After gelation, the gel scaffolds were transferred to 48-well 
plates and cultured under standard conditions. The culture medium 
was replaced every two days. 

2.3. Physiochemical characterization 

2.3.1. Chemical and physical characterization 
The molecular weight of the PEGS copolymer was determined by gel 

permeation chromatography (GPC) using an Agilent HPLC column 
(ZORBAX 80 Å, 3 × 150 mm, 3.5 μm), with THF as the mobile phase. 
Fourier transform infrared (FT-IR) spectroscopy (NICOLET iS50, 
Thermo Scientific) was used to confirm the molecular structures. Nu-
clear magnetic resonance (1H NMR) spectra were recorded on a VNMRS- 
700 NMR spectrometer (with d-CHCl3). The size of the wet scaffolds was 
recorded by bright-field imaging and calculated using ImageJ. The dry 
scaffolds were imaged using an electron microscope (JEOL JSM-5600, 
USA) at a voltage of 5 kV. EDX mapping for calcium was conducted 
with the same SEM system. The pore size is defined as the diameter of 
the circular void space observed from the top view. 

2.3.2. Mechanical properties 
All samples were first soaked in DI water for one day, and the solid 

films were cut into cylinders with a diameter of 6 mm. The compressive 
properties were measured by TA-ElectroForce with a 225 N load cell at a 
strain rate of 0.01 mm/s. Compression of the samples was maintained 
until the detection limits were reached. The stress-strain curves were 
recorded throughout the experiments. Compressive moduli were 
calculated from the linear region (~5 % strain) of the stress-strain curve. 

2.3.3. Hydrophilicity properties 
PEGSA and the composite films were soaked in DI water until fully 

swollen and cut into cylinders with a diameter of 15.5 mm. Water 
contact angles were measured using a SEO PHOENIX-1 contact angle 
analyzer. For swelling ratio measurements, the cylinders were dried in 
50 ◦C oven for 1 d and weighed before and after soaking in DI water for 
1 d. Swelling ratios were calculated by dividing the weights of the dry 
samples by the weights in the swollen state. 

2.3.4. Hydrolysis degradation test 
The sample preparation was the same as that described for the 

Table 2 
Theoretical characteristics of gyroid scaffolds.  

Sample 
code 

Diameter 
(mm) 

Height 
(mm) 

Porosity 
(%) 

Pore size 
(μm) 

Wall 
thickness 
(μm) 

G200  6  2  95.20  260  20 
G300  6  2  94.70  360  30 
G400  6  2  95.00  510  50  
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hydrophilicity measurements. After soaking in DI water for 1 d, the 
sample was placed into 6-well plates with 10 mL of 0.1 M sodium hy-
droxide filled in each well. The plates were then placed in a 37 ◦C 
incubator for degradation. Degraded samples were collected every 2 h 
and the entire experiment lasted 8 h. The collected samples were washed 
with DI water to remove the degraded products. For samples that could 
not be moved with tweezers, filter papers and suction filtration were 
used to collect the samples. The samples were then dried in a 50 ◦C oven 
for 1 d before weighing. The percentage of the remaining mass was 
calculated by dividing the weights after degradation by the original 
weights. 

2.3.5. Porosity measurements 
The porosities were calculated based on the composite density of the 

solid control samples, which were printed with identical settings for 
scaffold fabrication. The sizes of the control samples were set to be the 
same as those of the porous samples. The solid cylinders were weighed 
and their sizes were measured using a Vernier caliper. The reference 
density of 3D printed composite was calculated using the measured 
volume and weight. A similar process was performed on the porous 
scaffolds to obtain their diameters, heights, and weights. The total vol-
umes of the gyroid scaffolds, including the pores, could be calculated, 
while the solid volumes without pores could be estimated through the 
scaffold weight and reference density. Porosity was calculated using the 
following equation: 

Porosity =

(

1 −
Volume of scaffold without pores

Volume of scaffold including pores

)

× 100%  

Volume of scaffold without pores =
Weight of scaffold
Reference density  

2.4. Biological characterization 

2.4.1. Cell culture and seeding 
Human umbilical cord Wharton’s jelly mesenchymal stem cells 

(WJMSC) with passage numbers ranging from to 4–7 were used in this 
study for biological experiments. Cells were cultured in low-glucose 
Dulbecco’s Modified Eagle Medium (DMEM) supplemented with 20 % 
fetal bovine serum, 1.6 % penicillin-streptomycin (10,000 U/mL), and 4 
ng/mL of human bFGF recombinant protein. For regular preparation of 
cells for experiments, the medium was replaced every 2–3 days. Passage 
of Cells were passaged at 90 % confluence at a subculture ratio of 1:4. All 
cell cultures were maintained at the 37 ◦C incubator with 5 % CO2. 

Before cell seeding, polymer films and 3D-printed scaffolds were 
sterilized in 70 % ethanol overnight. Next, samples were sequentially 
soaked in decreasing concentrations of ethanol solution (75 %, 50 %, 25 
%) and DI) water with the time of 1 h for each soaking step. The resulting 
samples were soaked overnight in the culture medium before cell 
seeding. Seeding density and culture conditions were set according to 
different experimental requirements, as described in the following 
sections. 

2.4.2. Cytotoxicity and cell viability test 
For cytotoxicity tests of the extracts based on ISO 10993-5, wet 

PEGSA and composite films were first cut into cylinders with a diameter 
of 6 mm and moved into 96-well plates. The medium (100 μL) was added 
to each well to prepare the extract. Polystyrene (PS) wells were used as 
positive controls for the viability calculations. At the same time, 
WJMSCs were seeded in 96-well plates with the density of 10,000 cells/ 
well. After 24 h, the medium for the cells was replaced with extraction 
medium. The cells were then cultured for 24 h and viability was 
measured using the PrestoBlue assay following the manufacturer’s in-
structions. The viability of the experimental groups was then calculated 
by dividing the absorbance of the experimental groups by the average 
absorbance of the PS groups. 

For direct culture on the cylindrical films, cells were seeded on the 
surface of the films by adding 200 μL of the cell suspension at a density of 
30,000 cells/mL. The medium was replaced every 2 days and cell 
viability was tested by the PrestoBlue assay on days 1 and 4. For the 
viability test of cell-laden hydrogels, samples were first fabricated into 
cylinders with 30 μL, and the viabilities were quantified by the CCK-8 
assay according to the manufacturer’s instructions on days 1, 4, and 7. 
In the hybrid scaffold section, control groups were prepared by direct 
cell seeding on scaffolds in 48-well plates. A cell suspension (400 μL) 
with a density of 120,000 cells/mL was added to each well. The 
experimental groups were prepared as previously described. Cell 
viability was measured using the CCK-8 assay on days 1, 4, 7, 14, and 21. 

2.4.3. Live/dead cell imaging 
The samples for live/dead cell imaging were fabricated by extruding 

30 μL of the cell-laden hydrogels directly onto well plates. The hydrogels 
were soaked in 4 μM calcein-AM for 30 min at 37 ◦C or in 3.75 μM 
propidium iodide for 20 min at room temperature to label live cells and 
dead cells, respectively. The staining results were recorded using a 
fluorescence microscope (Nexcope NIB410) and analyzed using a Bio-
Film Analyzer [35]. Viability was calculated by dividing the average 
area of dead cells by the average area of total cells. For the visualization 
of cells seeded on the scaffolds, the scaffolds were stained under the 
same conditions as mentioned above for live cell labelling. 

2.4.4. ALP activity assay 
To quantify the osteoinductive properties of the hybrid scaffolds, the 

cells were cultured in hybrid scaffolds, as previously described. The 
control group was prepared by direct seeding in 48 well plates at 48,000 
cells/well. The samples were washed with PBS and transferred to a 
microtube on days 7 and 14. Sodium citrate (55 mM) was added to 
dissolve the hydrogel, followed by centrifugation at 3000 RPM to collect 
the cells. 1 % Triton aqueous solution was then added to release the ALP 
enzyme. After removing the scaffolds, the sample solutions underwent 
three freeze-thaw cycles at 37 ◦C and − 20 ◦C. DNA concentration was 
quantified using the Quant-iT™ PicoGreen™ dsDNA Assay Kit according 
to the manufacturer’s instructions. To test ALP enzymatic activity, para- 
nitrophenyl phosphate (pNPP) was added to the sample solutions, and 
the substrate conversion was measured by optical density at 405 nm. 
After subtracting the results from the reference O.D. 650, the final ALP 
activity data were obtained by dividing the OD values by the DNA 
concentrations. 

2.4.5. Immunohistochemistry and quantification 
Samples for immunohistochemical staining were prepared as previ-

ously described. The hybrid scaffolds were fixed with 10 % formalde-
hyde in TBS for 1 h, followed by permeabilization and blocking with 5 % 
FBS in 2 % Triton at 4 ◦C overnight. Goat-anti-human DMP1 was diluted 
200-fold, according to the manufacturer’s instructions, and added to the 
samples. After incubation at 4 ◦C overnight, the samples were incubated 
with 100-fold Donkey-anti-goat IgG (TRITC conjugated) diluted in 5 % 
FBS for 60 min at room temperature. DAPI solution was added to visu-
alize nuclei. Imaging was performed immediately after the entire 
staining process using a fluorescence microscope (Nexcope NIB410). 
BioFilmAnalyzer was used to calculate the area ratio of the DMP1 signal, 
which was obtained by dividing the pixel number of the DMP1 channel 
by the pixel number of the DAPI channel. 

2.4.6. In-vivo experiments 
G200 and G400 scaffolds were prepared and sterilized as described 

above. All scaffolds were soaked in PBS before implantation. A critical- 
sized defect was created in the central parietal bone of each 8-week old 
male rat (Sprague Dawley; National Laboratory Animal Center, Taipei, 
Taiwan) under general anesthesia by administering Zoletil and Rompun. 
The defects (5 mm in diameter) were created using a trephine bur under 
saline irrigation. For the experimental groups, scaffolds were implanted 
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immediately after defect creation, whereas the defects of the control 
groups were left untreated (n = 3 for each group). Recovery of loco-
motion was confirmed before subsequent animal maintenance. All in 
vivo experimental procedures in this study were reviewed and approved 
by the Institutional Animal Welfare Guidelines of Taipei Veterans Gen-
eral Hospital. 

μ-CT scanning by Milabs U-CTHR (resolution:10 μm) was applied to 
live rats at weeks 4 and 8 after surgery. The new bone volume ratio (BV/ 
TV) and relative bone density were directly calculated from the recon-
structed 3D files using ITK-SNAP and ImageJ. A cylindrical region (φ 5 
mm × 2 mm depth) within the defect was set as the volume of interest 
(VOI). BV/TV was defined as the new bone volume percentage in the 
VOI, while the relative bone density was calculated by dividing the in-
tensity of voxels in the VOI with that of the surrounding native bone. All 
animals were sacrificed after being maintained for 8 weeks. Calvarial 
samples were then retrieved and decalcified for histological analysis. 
The sections were then embedded in paraffin. Sections were stained with 
hematoxylin− eosin (H&E) and Masson’s trichrome (MT). The stained 
cells were imaged using an optical microscope, as described previously. 
New bone ratio in histological experiments were defined as the ratio of 
new bone areas in total defected area, which were calculated from MT 
images by ImageJ. 

3. Results and discussion 

3.1. Synthesis and characterization of PEGSA prepolymers 

PEGS were first synthesized as polymer backbones and then chemi-
cally modified with acrylate groups to generate PEGSA as the main 
component in the photocurable resin. As reported previously by A. Patel 
et al., PEGS with PEG content ranging from 40 to 60 % was better 

material for cell culture compared to the ones with other weight ratios 
[21]. Hence, the PEG content of PEGS was set to 40–60 % in this study. 
The molecular weight and polydispersity index (PDI) of the synthesized 
PEGS were measured using GPC, as shown in Table S1. All copolymers 
had a Mn of 4000 ± 400 Da, with PDI ranging from 1.37 to 1.60. For the 
incorporation of the acrylate group, the ratio between glycerol and 
acryloyl chloride (AC) was set at 1:1.2, to maximize the substitution of 
the hydroxyl groups (Table 1). 

In the 1H NMR spectra (Fig. S2a–b), the protons of methylene groups 
on sebacic acid contributed to the peaks at 1.25 ppm, 1.58 ppm and 2.28 
ppm while the peaks from 4.08 to 4.16 ppm and 5.10–5.25 ppm were 
assigned to the protons of glycerol. The peaks at 3.66 ppm were 
observed from the methylene protons of PEG, indicating the incorpo-
ration of PEG segment. In addition, the acrylation of PEGS was 
confirmed by the peaks assigned to the alkenyl hydrogens of acrylate 
groups at 5.86 ppm, 6.12 ppm and 6.24 ppm (Fig. S2b). In the FT-IR 
spectra, a strong absorption band was found at 1740 cm− 1 and a 
broad band at 3450 cm− 1, corresponding to carbonyl groups (C––O 
stretch) from ester group and hydroxyl groups (–OH stretch) respec-
tively (Fig. S2b). In the spectrum of P40, the absorption band at 1640 
cm− 1 was an indication of the addition of acrylate group through the 
C––C stretching, meanwhile, the stretching at 3450 cm− 1 pointed to-
ward the –OH groups on PEGS backbone. With the addition of acrylate 
groups, it was clear that besides the appearance of C––C stretching, the 
3450 cm− 1 band also decreased in signal intensity. Similar observation 
could be made from the NMR and FTIR spectra of the polymers with 
different PEG ratio (Fig. S3–4), proving the successful synthesis of PEGS 
and PEGSA. 

To quantify the substitution of hydroxyl groups under different PEG 
ratio, the degree of acrylation was calculated by comparing the integrals 
of the peaks at 1.58 ppm (position “b”) and 6.12 ppm (position “h”) in 

Fig. 1. Physical characterizations on composites including compression test (a), swelling ratio test (b), contact angle measurement (c) and hydrolysis degradation 
test (d–f). 
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the 1H NMR spectra of PEGSAs (Fig. S2b). The concentration of acrylate 
groups within the polymer matrix was then calculated (Table 1). With 
fewer glycerol molecules within the polymer backbones, it was expected 
that a higher PEG content would result in a lower concentration of 
acrylate groups. The results showed that more PEG led to a lower degree 
of acrylation, resulting in an even lower acrylate group concentration. 
This phenomenon can be explained by the formation of more PGS 
oligomers in the PEGS matrix with fewer incorporated PEG segments. In 
the second step of the PEGS synthesis (Fig. S1a), the SAA-PEG prepol-
ymer, glycerol, and the remaining sebacic acid were all involved in the 
polycondensation reaction, providing the opportunity for the formation 
of a pure PGS chain. Since the amounts of glycerol and sebacic acid in 
PEGS40 synthesis were far greater than others, the chance to produce 
PGS oligomers was far greater than that for the formation of other 
polymers. These PGS chains were more reactive than PEGS, increasing 
the overall acrylation efficiency. 

3.2. Material selection for 3D-printed BTE scaffolds 

To prepare a 3D-printing resin with photocrosslinking ability and 
sufficient osteoinductivity, polymer composites were fabricated by 
adding HAP particles to PEGSA polymer matrices. The weight ratio of 
PEGSA to HAP was set at 3:1 to ensure sufficient photocrosslinking 
ability and osteoinductivity. The PEG weight ratio and HAP particle size 
were set as the variables in the composite formula. The PEG content was 
the key factor in the determination of crosslinking density and hydro-
philicity, while the HAP particle size could affect the efficiencies of 
photocuring and mineral encapsulation. To select the most suitable 
formula for BTE, its physical properties, biocompatibility, and printing 
qualities were tested and discussed. 

3.2.1. Physical properties 
Compressive modulus, hydrophilicity properties, and degradation 

profile of the polymer composites were measured to determine the 
essential physical properties. As shown in Fig. 1, the PEG weight ratio 
and size of the HAP particles contribute differently to each physical 
property. More PEG was assumed to result in better hydrophilicity and 
lower crosslinking density, because PEG is a highly hydrophilic polymer 
that determines the acrylate group concentration. Moreover, there was a 
correlation between the degradation rate and material hydrophilicity. 
As the PEG content increased, a weaker compressive modulus, higher 
swelling ratio, smaller water contact angle, and faster degradation were 
observed (Fig. 1a–f). On the other hand, different effects from the 
addition of HAP were observed between the microcomposites and 
nanocomposites. After combining PEGSA with microparticles, it was 
observed that the degradation rate and mechanical properties remained 
roughly the same, while the incorporation of nanoparticles obviously 
decreased the compressive modulus and accelerated degradation 
(Fig. 1a, d, f). In the hydrophilicity measurements, differences between 
PEGSA and the polymer composites were only observed for materials 
with higher PEG contents. The addition of microparticles led to a lower 
swelling ratio, whereas the opposite trend was observed for the nano-
composites (Fig. 1b). As for the contact angle, both particles increased in 
number, and the effect was stronger for the composites with 
nanoparticles. 

The addition of HAP, which resulted in opaque materials, may lower 
the photocuring efficiency, leading to a lower PEGSA crosslinking den-
sity. This light-blocking effect could be more severe for nanoparticles 
because of their larger surface areas. In addition, the nanoparticles were 
more efficient in separating the polymer chains, leading to even fewer 
crosslinks. As a result, the mechanical properties of the nanocomposites 
were weaker, and their degradation rates were faster than those of the 
pure polymers. Another possible situation for the composites is particle 
loss during the washing process. The water absorption ability of HAP is 
rather limited; therefore, it was expected that the composites containing 
HAP may present a lower swelling ratio, explaining the few cases in 

which the water uptake decreased. On the other hand, when particles 
were lost, empty spaces could be filled during swelling, leading to a 
larger swelling ratio. Such an effect could be even more severe for cases 
with nanoparticles, as smaller particles are easier to flush away. How-
ever, the discussion above cannot be attributed to the observation in the 
contact angle tests. Studies have shown that the contact angle of pure 
HAP minerals is only approximately 10◦ [36]; therefore, the contact 
angle of polymer composites should decrease upon the addition of HAP. 
A possible reason for this is that more PGS segments were exposed on the 
surface with the addition of HAP, which decreased surface wettability. 
This was supported by the work of Zhang et al., who showed that for 
copolymers containing both hydrophilic and hydrophobic segments, 
microphase separation could occur during or after scaffold fabrication 
[37]. The addition of HAP may facilitate this process because some of 
the particles act as seeds for the nucleation of PEG crystallization. Once 
more PEG segments formed crystals with HAP, it was expected that the 
interaction between water and PEG would become weaker, leading to an 
increase in the contact angle. Moreover, this phenomenon could be more 
significant for nanocomposites because smaller particles lead to a higher 
nucleation efficiency. Nevertheless, the aforementioned conditions did 
not affect the successful fabrication of BTE materials. The compressive 
moduli of all composites reached the minimum requirement for 
inducing osteogenesis (>40 kPa) [38] and most contact angles were 
within a suitable range for cell adhesion and proliferation (55–75◦) [39]. 
For the selection of the composite formula, materials fabricated with 
PEGS40 and nanoparticles were considered more favorable than the 
others because of their significantly higher compressive moduli and 
faster degradation rates. Further characterization should be performed 
to determine the final formula for the 3D-printing resin. 

3.2.2. Biocompatibility 
To evaluate the biocompatibility of the candidate materials, 

Fig. 2. Cell viability on composite materials (a–b) and printing test with HP40 
(c) or nHP40 (d), demonstrated by both SEM and EDX (Ca) images. 
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cytotoxicity tests and direct cell culture of the films were conducted. In 
this study, Wharton’s jelly-derived mesenchymal stem cells (WJMSC) 
were used as the test target. These cells have been proven to hold great 
potential in BTE due to their similar osteogenic potential compared to 
bone marrow-derived mesenchymal stem cells [40] but less immuno-
genicity in autograft and allogenic transplantation [41]. Cytotoxicity 
tests were first performed on the extracts prepared with the PEGSAs and 
polymer composites. In the result of cytotoxicity test, the viability of 
cells cultured in PEGSA extracts increased with PEG content (Fig. S5). 
Since common sources of toxicity came from the byproducts or 
remaining reagents from the acrylation process, polymers with more 
PEG was less toxic for cells because less chemical reagents were added in 
the synthesis. In contrast, the cell viability of composite groups all 
maintained around 100 % (Fig. S5b, c). Possible explanations for this 
phenomenon was that the remaining toxic chemicals were washed out 
more efficiently in the cases of polymer composites due to their 
increased hydrophilicity compared to pure PEGSAs. Nevertheless, the 
viability of cells treated with the extracts was all above 70 % compared 

to polystyrene control group, which reached the safety standard of 
biomaterials as ISO 10993-5 indicated [42]. 

To test the potential for cell proliferation on material surfaces, stem 
cells were directly seeded and cultured on the composites. The cell 
viability at days 1 and 4 was quantified using the PrestoBlue assay 
(Fig. 2a–b). The viability of cells on all composites increased from days 1 
to 4, confirming the feasibility of the materials in promoting cell adhe-
sion and proliferation. It was also observed that the viability of cells 
cultured on HP60 and nHP60 was clearly lower on day 1 than that of 
cells cultured on other PEG ratios, indicating fewer initial cell attach-
ments. The poorer cell-material interactions could be explained by two 
factors: surface wettability and mechanical strength. Because appro-
priate surface wettability is necessary for cell adhesion, HP60 and 
nHP60, with contact angles relatively far from the suitable range, were 
expected to form weaker connections with the cells. In addition, the 
mechanical properties play an important role in triggering the function 
of adhesive proteins on cell membranes. It has been reported that stiffer 
surfaces usually lead to more stable cell adhesion [43] thus, the low 

Fig. 3. Design and characterization of 3D-printed G200 (a, d, g, j), G300 (b, e, h) and G400 (c, f, i) including digital design (a–c), optical imaging (d–e), SEM (g–j) and 
compression tests (k–l). 
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compressive moduli of HP60 and nHP60 could significantly decrease the 
connecting stability between cells and materials. Therefore, in terms of 
the need for stable cell culture, materials fabricated with P40 or P50 are 
ideal candidates for future applications. Considering the mechanical 
properties, hydrophilicity, degradability, and biocompatibility, HP40 
and nHP40 were concluded to be the best candidates for 3D scaffold 
fabrication. 

3.2.3. Printing quality 
To further ensure a suitable particle size of HAP for 3D printing, 

composites containing micro-and nanoparticles were used in the pre-
liminary test of scaffold fabrication. The overall printed structures of 
both scaffolds were similar, as indicated in Fig. S6. However, large dif-
ferences were observed in the SEM images obtained at high magnifica-
tion. In contrast to the smooth surface of nHP40 scaffolds, the surfaces of 
scaffolds fabricated with HP40 were very rough due the exposed HAP 
particles (Fig. 2c–d). Because the diameters of some HAP microparticles 
were greater than the designed wall thickness, it was inevitable that 
these microparticles could not be fully encapsulated in the walls, leaving 
behind the coarse surface. Although rough surfaces were considered 
beneficial for cell adhesion, a large decrease in cell viability on HP40 
scaffolds could occur as the exposed microparticles may fall off from the 
scaffolds during normal handling, which removes the cells adhered to 
them as well. In the EDX mapping of calcium element, it was found that 
the HAP particles on nHP40 scaffolds were more evenly distributed than 
the ones on HP40 scaffolds. Hence, it was expected that nHP40 could 
provide more uniform osteoinductive environments for cell culture. 
Moreover, the microparticles were easily stocked within the pores dur-
ing fabrication, which significantly lowered the possibility of successful 
printing. To ensure the integrity of the scaffold and maintain the overall 
printing quality, nHP40 was selected as the final material for 3D 
printing. 

3.3. Design and characterization of 3D-printed scaffolds 

Three types of scaffold designs were proposed to produce BTE scaf-
folds with nHP40 via DLP-AM. The detailed morphology of the pores was 
designed into a gyroid, a structural unit with a triply periodic minimal 
surface, and zero-mean curvature [44]. It is one of the most popular 
structures in scaffold design owing to its biomimetic shapes [45], good 
mechanical performance under high porosity [46] and super high 
permeability for cell infiltration [47]. In addition, the pore sizes were set 
at 200, 300, and 400 μm for G200, G300, and G400, respectively, which 
has been suggested as the most suitable range for balancing the 
permeability and capability of tissue growth [48]. The porosities of 
scaffolds were all set to 80 % for better comparison in biological eval-
uations. However, 3D printing through photocuring often leads to 
larger-than-designed products owing to overcuring. To reach the tar-
geted pore sizes and porosities, a series of trial-and-error processes led to 
adjustments in digital 3D designs, including pore sizes and wall 
thicknesses. 

Based on the results from adjusted designs shown in Table 2 and 
Fig. 3a–c, scaffolds were 3D printed and imaged by optical camera and 
SEM (Fig. 3d–f and Fig. 3g–j). From the optical images, it was 

demonstrated that the general morphologies of the printed scaffolds 
were similar to those of the digital designs, while there were obvious 
differences in pore sizes and wall thickness compared to the theoretical 
3D model, as predicted in the design process. To obtain the experimental 
size parameters of the printed products, measurements were performed 
on the bright-field images of the wet samples. As shown in Table 3, the 
pore sizes were close to the targeted values, while the wall thickness 
increased, possibly owing to inevitable overcuring. Nevertheless, the 
porosities of the scaffolds were all approximately 82 % according the 
calculations, ensuring approximately equal spaces for cell culture. 

The detailed morphology and mechanical properties of the scaffolds 
were characterized using SEM and compression tests, respectively. As 
shown in the SEM images, unexpected grated patterns were found on the 
scaffold surfaces (Fig. 3g–j) due to the limited printing precision in the z- 
axis because DLP printing operated through layer-by-layer photocuring 
processes. However, it was expected that such microstructures might be 
beneficial for cell adhesion, as the width of these gratings was approx-
imately 5–10 μm, which falls within the range for contact guidance for 
cells [49]. In the mechanical property tests, the stress-strain curves of 
the scaffolds were recorded, and the compressive modulus was calcu-
lated from the linear region of the plot (Fig. 3k). It was then revealed 
that the moduli of all the scaffolds were similar (Fig. 3l), providing 
similar conditions for subsequent experiments. These data suggest that 
the designed gyroid scaffolds were successfully fabricated by 3D print-
ing, confirming the preparation for future biological experiments. 

3.4. In-vivo evaluation of bone regeneration efficacy of 3D-printed 
scaffolds 

To characterize in in-vivo biocompatibility and osteogenic capability, 
3D-printed scaffolds were implanted into critical-sized bone defects in 
rats (Fig. 4a). G200 and G400 were selected to investigate the influence 
of the pore size. After surgery, micro-CT was performed on live animals 
at weeks 4 and 8 to monitor defect recovery. New bone formation was 
confirmed in both the scaffold groups (Fig. 4b). Subsequent image an-
alyses showed a significantly higher new bone volume ratio for G400 at 
all time, which reached around 60 % at week 8 (Fig. 4c). The major 
differences between the two scaffolds in the new bone volume ratio 
demonstrated the effect of variations in the surface area and perme-
ability. On the other hand, relative bone densities for regenerated tissue 
were found to be similar in both scaffold groups, suggesting nearly 
identical progression of mineralization (Fig. 4d). 

Calvarial samples were collected and fixed for histological analysis 
after the rats were euthanized at week 8. The results of H&E staining 
(Fig. 4e) showed that most of the scaffolds were still intact, indicating a 
limited degree of degradation within 8 weeks of implantation. In addi-
tion, most of the new bone was observed to form on top of the scaffolds, 
while fibrotic tissues were found inside the porous structures. Minimal 
immune response was also confirmed by the absence of a fibrous capsule 
around the scaffolds. In the subsequent validation using Masson’s tri-
chrome staining, similar observations were made from the images 
(Fig. 4f). New bone ratios from histological staining were also analyzed, 
indicating that 32.54 ± 3.26 % and 66.88 ± 8.79 % of the defected area 
was regenerated in G200 and G400 groups respectively. Collectively, 
these results suggested that both scaffolds were effective in stimulating 
osteogenesis. 

With minimal formation of the fibrous capsule, it was expected that 
most scaffold structures would be covered by soft tissues in the early 
stage of implantation. The larger surface area of the G200 scaffolds 
could lead to recruitment of more cells for attachment at this stage. 
Because the two scaffolds shared the same porosity, each individual pore 
in the G200 scaffolds was more rapidly filled with tissues. In the work of 
Guillaume et al., it was shown that the sufficient surface exposure of 
HAP on scaffolds was effective in promoting osteogenesis [50]. How-
ever, despite the higher exposure of nHAP in G200, thus stronger 
attraction, the poorer permeability led to a lower number of migrated 

Table 3 
Experimental characteristics of gyroid scaffolds.  

Sample 
code 

Diameter 
(mm) 

Height 
(mm) 

Porosity 
(%) 

Pore size 
(μm) 

Wall 
thickness 
(μm) 

G200 5.92 ± 0.04 2.00 ±
0.02 

82.44 ±
1.22 

205.1 ±
10.3 

47.05 ± 1.77 

G300 5.90 ± 0.03 2.03 ±
0.03 

83.44 ±
1.29 

303.2 ±
14.5 

45.29 ± 2.12 

G400 5.91 ± 0.03 2.10 ±
0.01 

81.47 ±
0.58 

401.1 ±
23.2 

77.06 ± 4.85  
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stem cells, which finally led to less bone regeneration. As the perme-
ability was significantly higher in G400, this phenomenon was less 
obvious, yet the smaller amount of fibrotic tissue in the pores still 
impeded complete bone regeneration. To overcome this problem, ECM- 
based hydrogels containing stem cells have been proposed for several 

reasons. First, efficient stem cell delivery into the center of the scaffolds 
leads to simultaneous local osteogenesis in the pores. Second, the 
infused hydrogels could act as physical barriers against rapidly prolif-
erating fibroblasts immediately after implantation, leaving more space 
for new bone formation. Similar anti-fibrosis concepts using hydrogels 

Fig. 4. In-vivo bone regeneration with 3D-printed scaffolds: (a) schematic diagram, (b) μCT images, (c) bone volume to total volume ratio (BV/TV), (d) Relative bone 
density (RBD), (e) H&E staining results, (f) Masson’s trichrome staining results. Scale bar in (b): 4 mm, White scale bars in (e-f): 1 mm, Black scale bars in (e–f): 200 
μm. White stars representing scaffold while yellow stars representing new bone in (e–f). 
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were presented by Feng et al. [51]. Finally, hydrogels made with ECM- 
related proteins further increased the overall biocompatibility of the 
scaffolds during tissue regeneration. Therefore, in the following sec-
tions, cell-laden hydrogels are fabricated, optimized, and combined with 
3D-printed scaffolds as hybrid systems for stem cell culture and 
differentiation. 

3.5. Selection of cell-laden hydrogel for hybrid scaffold fabrication 

Cell-laden hydrogels were fabricated by mixing gelatin, alginate, and 
WJMSC, followed by gelation with calcium ions. The alginate concen-
tration was set at 2 %, while the gelatin concentration varied from 5, 6 
and 7 % for AG5, AG6, and AG7, respectively. Gelatin, the denatured 
form of collagen, functions as an ECM-like component in hydrogels; 
thus, its concentration should be tailored to achieve sufficient biocom-
patibility. Therefore, the hydrogels were optimized through two types of 
biocompatibility tests: live/dead staining and long-term proliferation 
tests. Live/dead staining was conducted to characterize the cell damage 
caused by the fabrication procedures because cells may die in some of 
the experimental steps, including hydrogel mixing, cooling, or cross-
linking. As shown in Fig. 5a, the number of living cells was significantly 
larger than the number of dead cells, which ensured safety during 
hydrogel fabrication. The fluorescent signals in the images were further 
analyzed to quantify cell viability. All cell viabilities were above 90 %, 
as indicated in Table S2. Similar results were found in experiments 
repeatedly performed on cell-laden hydrogels that had been cultured for 
1 d (Fig. 5b), confirming that cell viability was well maintained. 

To identify the most suitable gel for long-term cell culture, cell-laden 
hydrogels were cultured for one week and cell viability was quantified. 
The viability of cells encapsulated in the hydrogels increased throughout 
the experiment (Fig. 5c), suggesting that the cells could proliferate 
within the polymer matrix. The viability results of AG7 on day 7 were 

clearly lower than those of the others, while no significant differences 
were observed on the same day between AG5 and AG6. In addition, the 
average viability results of AG5 at each time point were always above 
those of AG6, whereas similar conditions were also observed between 
AG6 and AG7. However, as previously indicated, the viability results on 
day 1 should be roughly the same for all hydrogels because the number 
of live cells was quite similar according to live/dead staining. Other 
factors, rather than native biocompatibility, may exist in the experi-
ments, leading to this phenomenon. The difference in the diffusion ef-
ficiency of the viability test reagent is the most significant factor. The 
WST-8 molecules in the CCK-8 assay were only reduced once they 
diffused across the hydrogel and contacted cells. Since the diffusion 
efficiency was highly dependent on the solute concentration within the 
hydrogel, it was expected that gels with relatively lower concentrations 
of gelatin, such as AG5, would allow more efficient diffusion of the 
viability reagents, resulting in more WST-8 reduction. 

To better compare the cell proliferation capacity without diffusion 
issues, the viability results at days 4 and 7 were normalized with the data 
at day 1 for each individual group, representing the relative viabilities 
within 7 days (Fig. 5d). The cell proliferation results of AG6 on day 7 
were the highest among all the experimental groups. Generally, cell 
proliferation is positively correlated with gelatin concentration, as 
gelatin is commonly added to increase the biocompatibility of alginate 
hydrogels [52]. The unexpected proliferation trends may be due to 
differences in diffusion efficiency. The oxygen and nutrient diffusion 
coefficients in cell-laden hydrogels are negatively correlated with 
polymer concentration [53]. With more gelatin added to the hydrogels, 
the density of the bulk matrix increased, so less nutrients and oxygen 
could diffuse into the cells, leading to slower proliferation. It was hy-
pothesized that the outstanding viability of AG6 on day 7 was a result of 
balanced biocompatibility and nutrient diffusion. Consequently, AG6 
was chosen as the cell-laden hydrogel to generate hybrid systems for 

Fig. 5. Biocompatibility tests of Wharton’s jelly-derived mesenchymal stem cells (WJMSC) on cell-laden hydrogel: (a–b) live/dead staining ((a) for day 0; (b) for day 
1). (c–d) One-week cell viability tests. 
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further applications. 

3.6. In-vitro culture of WJMSC on hybrid scaffolds 

Hybrid scaffolds were produced by the integration of AG6 into the 
scaffolds (Fig. 6b). To evaluate the advantages of hybrid scaffolds on cell 
viability, the constructs were cultured for 3 weeks, and live cell imaging 
was conducted to confirm cell morphology and distribution. It was 
shown that cells in the control groups, which were prepared by direct 
seeding with cell suspension (Fig. 6a), were evenly distributed on the 
scaffolds at day 1 (Fig. 7a–c), and then reached confluency at day 7 
(Fig. 7d–f). Afterwards, the cells formed clusters across the scaffold 
pores on day 14 (Fig. 7g–i) and day 21 (Fig. 7j–l). It was observed that 
the efficiency of the cells to cover the pores was negatively correlated 
with pore sizes (Fig. 7j–l), which fits the hypothesis made in the previous 

animal work section. Such phenomena can be explained by two factors: 
the surface area of the scaffolds and the cell number required for cluster 
formation. The surface area of the scaffolds with smaller pore sizes was 
larger, which meant that there were more starting areas for cluster 
formation. Meanwhile, the cell number required for the smaller pores to 
cross the structures was much less than that required for the larger 
pores, which further reduced the time required. On the other hand, a 
delayed seeding process on the scaffolds was observed in the experi-
mental groups. Cells delivered by AG6 were considered to remain within 
the gels at day 1 (Fig. 8a–c) because of their spherical shape. It was until 
day 7 that the cells started to adhere to the scaffolds, while some cells 
were still within the hydrogels (Fig. 8d–f). At day 14, fewer cells were 
observed in the encapsulated form (Fig. 8g–i). Similar cell clusters were 
observed in the control groups, which formed around the pores and fully 
covered most of the pores on day 21 (Fig. 8j–l). Compared with the 

Fig. 6. Schematic diagram of the preparation for in-vitro study on hybrid scaffolds: (a) Control groups with direct cell seeding, (b) experimental groups with cell 
seeding by hydrogels. 

Fig. 7. Live cell imaging of G200 (a, d, g, j), G300 (b, e, h, k) and G400 (c, f, i, l) at day 1 (a–c), 7 (d–f), 14 (g–i) and 21 (i–l).  
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control groups, cells initially delivered by hydrogels covered pores with 
a greater area at the end of the experiments, suggesting that gel-assisted 
seeding led to more stable cell cluster formation. Moreover, the hydrogel 
remaining in the first week could act as a barrier against soft-tissue 
penetration in clinical applications, as mentioned above. It was then 
suggested that cell seeding with hydrogels is more beneficial than the 
traditional methods. 

To compare cell viabilities under different seeding methods, the 
CCK-8 assay was performed throughout the culture processes 
(Fig. 8m–n). The cell viabilities of the control groups increased rapidly 
from day 4 to day 14 but eventually decreased at day 21. In addition, 
there were no obvious differences in cell proliferation between scaffolds 
with different pore sizes (Fig. 8m). In contrast, cells initially seeded with 
hydrogels started fast proliferation from day 7 to day 21, and the via-
bilities were all maintained at the last time point (Fig. 8n). As for the 

comparison between the scaffolds in the experimental groups, the pro-
liferation trends of all gel scaffolds were shown to be similar without 
significant differences. Therefore, it could be concluded that the cell 
seeding method affected cell viability, whereas pore sizes seemed to 
have little effect on both the control and experimental groups. 

To explain the different proliferation trends between the two seeding 
methods, it was hypothesized that the time point of cells in contact with 
scaffold surfaces played an important role, which was supported by the 
imaging results. In the control groups, cells immediately interacted with 
the polymer after seeding and grew in a 2-D manner in the first 4 days, 
followed by the formation of multiple cell layers until day 14 (Fig. 7a–i). 
A possible reason for the decreased viability at day 21 was that the cell 
clusters formed too fast on the surfaces, which caused hypoxia or even 
necrosis due to a lack of oxygen and nutrients inside the pores. Studies 
have shown that cells in the center of solid clusters with diameters >500 

Fig. 8. Biocompatibility tests of hybrid scaffolds: (a–l) Live cell imaging of hG200 (a, d, g, j), hG300 (b, e, h, k) and hG400 (c, f, i, l) at day 1 (a–c), 7 (d–f), 14 (g–i) 
and 21 (i–l). (m–n) Cell viability tests of scaffold only (m) and hybrid scaffolds (n). 
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μm cannot survive [54]. In contrast, cells encapsulated in the hydrogels 
proliferated slowly during the first week, implying that most cells did 
not adhere to the scaffold surfaces. This explanation is consistent with 
the live cell images taken on day 1 (Fig. 8a–c). As shown in the blown up 
illustration in Fig. 8n, it was hypothesized that some cells in hG200 and 
hG300 began to contact the scaffolds at day 4, while similar situations 
for hG400 were found at day 7. After cell adhesion, as demonstrated in 

Fig. 8d–f, the overall proliferation trends resembled those of the control 
groups, which was mostly contributed by the cell growth on polymer 
composites. Although the delayed cell adhesion in the hybrid scaffolds 
led to slightly slower proliferation, it could possibly be the key to 
forming cell clusters with fewer diffusion issues. Considering the sta-
bility of the cell clusters after long-term culture, hybrid scaffolds were 
chosen over scaffolds with direct seeding for future studies. 

Fig. 9. Evaluation of osteogenic differentiation on hybrid scaffolds: (a) ALP activity assay. (b) Quantification of DMP1 IHC staining. (c) DMP1 IHC staining results at 
day 21. 

Y.-T. Chen et al.                                                                                                                                                                                                                                



Biomaterials Advances 153 (2023) 213562

14

3.7. In-vitro osteogenic differentiation on hybrid scaffolds 

In BTE, scaffolds could either be directly implanted into defect sites 
to facilitate regeneration or served as platforms for in-vitro bone for-
mation. Bone constructs produced in-vitro could be applied as trans-
plantable grafts or disease models for drug screening. Therefore, 
scaffolds capable of stimulating osteogenesis in-vitro were considered to 
hold great potential in various BTE applications. To further identify the 
most suitable hybrid scaffold design for BTE, differentiation tests were 
performed to evaluate osteogenesis progression. In the early stages of 
osteogenic differentiation, alkaline phosphatase (ALP) is the most well- 
known marker for its high expression in osteoblasts. During bone 
regeneration, ALP is secreted to maintain the phosphate concentration 
necessary for mineralization [55]. Therefore, the enzymatic activity of 
ALP per DNA unit was measured for samples collected on days 7 and 14, 
which is the time required for osteoblast formation under osteogenic 
conditions [56]. As indicated in Fig. 9a, the ALP activities of all scaffold 
designs were higher than those of the control groups on day 7, proving 
the osteoinduction ability of the hybrid scaffolds. It was also shown that 
the efficiency of the stimulation was negatively correlated with the pore 
size, as the data for G400 were significantly lower than those for the 
other two designs. Differences in the surface exposure of HAP may be the 
reason for the smallest surface area of G400. At day 14, it was observed 
that all ALP activities of the experimental groups decreased dramati-
cally, which could possibly be attributed to the change in cell numbers 
and cell states. It was found that cells in hybrid scaffolds started to 
proliferate rapidly from day 7 to day 14, as indicated by viability tests. 
The increase in stem cell numbers may be faster than the increase in 
osteoblast populations, supported by the fact that the cell proliferation 
rate usually slows down with the progression of differentiation [57]. The 
average ALP activity then decreased owing to the large increase in DNA 
content. Another possibility is that late-stage osteogenesis may have 
already occurred on day 14. ALP expression was largely decreased in 
mature osteocytes, which are usually formed after cultured 2–3 weeks in 
vitro with osteogenic factors. Studies have shown that weaker ALP ac-
tivity at around week 2–3 correlated with an increased population of 
mature osteocytes [58]. Therefore, late-stage osteogenesis was charac-
terized to test this hypothesis. 

Immunostaining of dentin matrix protein 1 (DMP1) was applied to 
the hybrid scaffolds cultured for 2 and 3 weeks to evaluate osteocyte 
formation. DMP1 is an acidic phosphoprotein that is specifically 
expressed in mature bone tissues and plays an important role in bone 
mineralization [59]. As shown by the fluorescence signals and subse-
quent imaging quantifications, late-stage osteogenesis occurred on all 
hybrid scaffolds but not on the control groups at day 14 (Fig. S7, 
Fig. 9b–c). In addition, the area ratio for the DMP1 signals increased 
after another week of culture. No significant differences between each 
design were observed on day 14, whereas a negative correlation be-
tween pore size and DMP1 expression was confirmed on day 21. Since 
the trend resembled that seen in the ALP activity assay at day 7, the 
possible reason may be similar, which was related to HAP exposure, as 
discussed above. The hG200 scaffold was then considered the design 
with the best performance for stem cell proliferation and differentiation. 
However, it should also be noted that even with a weaker osteoinductive 
effect for the other two designs, they still provided favorable environ-
ments for osteogenesis without the addition of external growth factors. 
In practical applications, the scaffolds can be designed into larger and 
more complex shapes, whereas the pore sizes may be re-selected ac-
cording to each clinical requirement to maximize healing efficacy. 
Nevertheless, these biological tests collectively proved the potential of 
the hybrid scaffold design for BTE. Further development should be 
conducted to extend the feasibility of hybrid systems in clinical appli-
cations, as the scaffold sizes are still far from those of human bone de-
fects. For example, improving diffusion in scaffolds by integrating the 
vasculature system could be beneficial for reconstructing large-sized 
defects. The preculture of hybrid scaffolds under external forces in 

bioreactors should also be considered as stem cells that can undergo 
more efficient osteogenic differentiation under these conditions [60]. 

4. Conclusion 

In this study, we developed a hybrid scaffold design containing 
osteoinductive 3D scaffolds and bioactive hydrogels for BTE applica-
tions. A novel biodegradable polymer PEGSA was successfully synthe-
sized and combined with HAP particles to generate a series of polymer 
composites. Through physical and biological characterization, nHP40 
was selected as the resin for 3D-printing. Three types of gyroid scaffolds 
with well-controlled pore sizes and morphologies were fabricated using 
DLP-AM. In subsequent in-vivo evaluations, 3D-printed scaffolds were 
confirmed to promote osteogenesis; however, limitations were also 
found, which led to the need for hydrogel incorporation. Bioactive 
hydrogels were fabricated, optimized, and integrated with 3D-printed 
products to generate hybrid scaffolds. These designs have been proven 
to be more beneficial in cell culture than direct seeding processes, and 
are also capable of stimulating osteogenic differentiation in vitro. In 
conclusion, the proposed hybrid scaffold design provides a promising 
strategy for cell culture and delivery in BTE. 
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