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The treatment of bone defects in weight-bearing areas is mainly to transplant filling materials into the defect area, to provide immediate and strong support for weight-bearing. At present, the commonly used filling material is bone cement, which can only provide physical support without bone regeneration effect. The long-term stress at the interface may cause the loosening of bone cement. The ideal filling material should provide not only strong mechanical support but also promote bone regeneration. We introduce a 3D printing frame-filling structure in this study. The structure was printed with polylactic acid/bioactive glass as the frame, and bone cement as the filler. In this system, bone cement was used to provide immediate fixation, and the frame provided long-term fixation by promoting osteogenic induction and conduction between the interface. The results showed that the degradation of bioactive glass in the frame promoted osteogenic metabolism, induced M2 polarization of macrophages, and inhibited local inflammatory response. The in vivo study revealed that implantation of the frame-filling structure significantly promoted bone regeneration in the femoral bone defect area of New Zealand white rabbits. For a bone defect in a weight-bearing area, long-term stability could be obtained by bone integration through this frame-filling structure.
Keywords: bone cement, bioactive glass, 3D printing, bone regeneartion, polylactic acid
1 INTRODUCTION
Bone defect in the weight-bearing area is difficult to treat clinically. The treatment requires providing instant and stable support for the defect site, which can enable the affected limb to carry out the weight-bearing exercise as soon as possible. Currently, the main treatment is to place filling materials at the defect site to provide mechanical support for the weight-bearing area (Stahl and Yang, 2021). These materials include autologous bone, allogeneic bone, and bone cement. Polymethylmethacrylate (PMMA) is commonly applied to bone cement clinically, which is used to fill local bone defects such as joint replacement and percutaneous vertebroplasty (Laende et al., 2021; Prost et al., 2021). PMMA has high mechanical strength after curing and can provide sufficient initial mechanical support. However, due to its inert characteristic, PMMA is not easy to degrade and does not have bone regeneration bioactivity. After filling the bone defect in the weight-bearing area with bone cement alone, long-term weight-bearing may produce fatigue damage to bone cement, resulting in the failure of fixation.
For a bone defect in the weight-bearing area, the ideal treatment needs to restore weight-bearing function immediately, and more importantly, to promote new bone formation effectively for long-term biological stability. The filling material needs to provide strong initial mechanical support and show degradability and bone regeneration ability. Moreover, the filling material should display plasticity to meet the morphological diversity of bone defects. Some studies modified bone cement by adding bioactive agents, such as calcium, phosphorus, or bone morphogenesis protein, in order to increase bone induction activity (Castro-Raucci et al., 2018; Ruskin et al., 2020). However, the mixture reduced the compressive strength of bone cement and could not meet the initial stable fixation of bone defects in the weight-bearing area. Moreover, the active components were wrapped in bone cement and could not effectively exert their bioactivity.
Polylactic acid (PLA) is a polyester polymer material polymerized with lactic acid as the main raw material, which has good biocompatibility and degradability. PLA has been widely used in clinics, such as absorbable anchors for ligament or meniscus fixation, absorbable sutures, vascular stents, and other implant materials (Matsuki et al., 2018; Singhvi et al., 2019; Zhang et al., 2019). PLA has a low melting point and good plasticity. However, the disadvantage of PLA is its low biological activity, which needs to be modified to improve its performance. Bioactive glass (BG) is a silicate glass composed of SiO2, Na2O, CaO, and P2O5. It has good biocompatibility, bioactivity, and degradability. The trace elements released during the degradation, such as calcium, silicon, phosphorus, magnesium, and strontium, can exchange ions with body fluids, form a hydroxyapatite (HA) layer similar to the natural bone on the material surface, and then form a solid chemical bond with the adjacent bone surface, which can promote the formation of new bone. In addition, silicon and calcium released by BG can up-regulate osteoblast activity at the gene level to promote osteogenesis (El-Rashidy et al., 2017; Zheng et al., 2021). However, BG itself lacks reliable plasticity and low mechanical strength, which is difficult to meet the biomechanical requirements of bone defects in weight-bearing areas.
According to the requirements of mechanical support and bone induction for bone defects in weight-bearing areas, we designed a frame-filling structure with PLA, BG, and bone cement. We blended PLA with BG nanomicrospheres, and then constructed a PLA-BG framework structure by 3D printing additive manufacturing technology. 3D printing technology can prepare scaffolds according to the shape of bone defects, and the preparation process does not change the physical and chemical properties of the raw materials. The frame structure not only has the plasticity of PLA but also has the bone-induced bioactivity of BG. The degradability of the frame structure provides space for bone growth. PMMA bone cement, as the filler of the frame-filling structure, ensures the initial mechanical requirements for the bone defect in the load-bearing area.
2 MATERIALS AND METHODS
2.1 Fabrication of 3D-printed scaffold using PLA-BG filaments
PLA-BG filaments (diameter: 400 µm) were prepared according to a previous study (Distler et al., 2020). Composite filaments were produced using PLA as the bulk matrix material and BG as a filler. 45S5 BG (composition: 45 wt% SiO2−24.5 wt% CaO−24.5 wt% Na2O−6 wt% P2O5, d50 (4.0 ± 1.0) µm, d95: ≤20μm, Schott VitryxxR, Schott AG, Germany) was used. A PLA powder was selected (PLA RXP 7503, Resinex GmbH, Germany).
Cubical scaffolds (length: 10 mm, width: 10 mm, height: 1 mm) were designed with an interconnected porosity and pore diameter of 400 µm using computer-aided design software solid edge (Siemens AG, Germany) and the browser-based CAD tool, Tinkercad (Autodesk Inc., United States ). PLA-BG filaments with 1 and 5% (wt) BG content were fed into a fused deposition modeling (FDM) 3D printer (Ultimaker S5 Premium, Ultimaker B.V., Netherlands), and scaffolds were produced.
2.2 Characterization of PLA-BG with different concentrations of BG
The composite scaffold PLA-BG containing 1% and 5% BG was prepared by the aforementioned method. The samples were divided into 3 groups: PLA group (PLA scaffold), 1% PBG group (PLA +1% BG composite scaffold), and 5% PBG group (PLA +5% BG composite scaffold).
2.2.1 Scanning electron microscopy
The scaffolds were frozen in liquid nitrogen and fractured with a scalpel to expose the interior. The scaffolds were examined from the top. Scaffolds were sputter-coated with gold for 40 s and imaged (SEM, 15 kV, Hitachi s-4800).
The formation of bone-like phosphorite on the surface was also observed by SEM. Briefly, the samples were immersed in SBF solution for 3 days, then frozen in liquid nitrogen and fractured with a scalpel to expose the interior. Scaffolds were sputter-coated with gold for the 40s and imaged (SEM, 15kV, Hitachi s-4800).
2.2.2 Fourier transform infrared spectrometer
The chemistry of the scaffolds was measured by FTIR (Nicolet Magna 550, Thermo-Nicolet, Madison, WI). Spectra were recorded in the ATR (attenuated total internal reflectance) mode using a Split Pea accessory (Harrick Scientific Corp., Ossining, NY) featuring a 200-µm Si internal reflection element. All the scans were recorded at a resolution of 4 cm−1. OMNIC software (Nicolet) was used for data acquisition and spectrum processing.
2.2.3 X-ray photoelectron spectrometer
The surface elemental composition of the scaffolds was assessed using XPS (Eden Prairie, MN). The photoelectrons emitted from the surface of the samples under X-ray excitation were collected at a take-off angle of 45° and were analyzed with a hemispheric electron energy analyzer operating at a pass energy of 187.9 eV. During the analysis, the base chamber pressure was in the order of 1,010 Torr.
2.2.4 Inductively coupled plasma mass spectrometer
The samples were soaked in the buffer solution (PBS) at the ratio of 0.1 g/ml, and placed on the shaking table at 37 °C for 1, 3, and 7 days 0.5 ml of solutions were collected after 1 day, 3 days, and 7 days, and kept in the refrigerator at 4°C. After dilution, the ion concentration of the extracted solution was tested by ICP-MS to obtain the ion concentration of the final leaching solution.
2.3 Biocompatibility of PLA-BG in vitro
2.3.1 Cell culture
SD rats from the laboratory animal research center of Renji Hospital Affiliated with Shanghai Jiaotong University School of Medicine were used in this study. The experimental protocol was approved by the Animal Ethical Committee of Renji Hospital Affiliated with Shanghai Jiaotong University School of Medicine. All surgical procedures were performed under general anesthesia with an intraperitoneal injection of 1% pentobarbital.
Bone marrow mesenchymal stem cells (BMSCs) from SD rats were obtained as previously described (Yu et al., 2021). SD rats (age: 2 weeks) were sacrificed by dislocating the cervical spine. Tibias and femurs were immediately dissected under aseptic circumstances. Osteoepiphysis were removed, then marrow tissues were dispersed through repeated flushing. The dispersed tissues were forcefully passed through a 19-gage needle to obtain a single-cell suspension. The cells were cultured in a-MEM (Invitrogen, Carlsbad, CA, United States ) supplemented with 10% FBS, 1% penicillin, and streptomycin. The cell suspensions were seeded in 10-cm tissue culturing dishes in a humidified atmosphere containing 5% CO2 at 37°C. The medium was changed every 2–3 days to remove nonadherent cells, and adherent cells were passaged until they get confluent. BMSCs were passaged after digestion with 0.25% trypsin/1 mM EDTA. BMSCs at third passage were used for the experiments.
The scaffolds were placed in 48-well tissue-culture polystyrene plates for cell culture experiments. Wells without scaffolds were used as controls. The scaffolds were put into polystyrene 96-well plates (non-tissue culture treated) for cell culture experiments. Scaffolds were sterilized with ethylene oxide (Anderson Products) and degassed for 2 d under a house vacuum.
2.3.2 Immunofluorescence staining of cells
The polarization of macrophages was evaluated by immunofluorescence staining of RAW cells (RAW264.7). PLA, 1%, and 5% BG-PLA extracts were immersed within DMEM respectively for 1d, the leaching solutions were collected. RAW cells were co-cultured with leaching solutions from PLA, 1% and 5% BG-PLA extracts respectively, then fixed with 3.7% formaldehyde (mass/volume in PBS buffer) for 15 min, washed in PBS, and permeabilized with 0.2% by mass Triton X-100 for 5 min. The cells were labeled with iNOS rabbit polyclonal antibody (PA3-030A, ThermoFisher) at 1:250 dilution in 0.1% BSA and incubated for 3 h s at room temperature, and then labeled with goat anti-rabbit IgG secondary antibody, Alexa Fluor 488 conjugate (green, A27034, ThermoFisher) at a dilution of 1:2000 for 45 m at room temperature. The cells were labeled with CD206 polyclonal antibody (ThermoFisher) using a dilution of 1:200 (1 h, 37°C), followed by goat anti-rabbit IgG Alexa Fluor 594 (Red, ThermoFisher). Nuclei were stained with DAPI (Blue, S36938, ThermoFisher).
2.3.3 Confocal microscopy
Confocal microscopy (Nikon A1R) was used to measure cell morphology on PLA, 1% and 5% BG-PLA scaffolds. High-resolution images were captured for nuclei (Blue, DAPI, Beyotime) and actin (Red, 5 μg/ml, FITC-Phalloidin, Cytoskeleton). DAPI staining of nuclei was used to make sure that cell morphology was assessed for single cells. FITC-phalloidin stained actin images were used to assess cell morphology.
2.3.4 Osteogenic differentiation analysis
Osteogenic differentiation of BMSCs was measured by Alkaline Phosphatase (ALP) assay, alizarin red staining, and Sirius red staining.
For ALP assay, PLA, 1%, and 5% BG-PLA extracts were immersed within DMEM respectively for 7 days. Supernatants from each group (n = 5) were co-cultured with BMSCs for 7 and 14 days. Cells were extracted into an assay buffer containing 50 mM Tris-HCl, 0.1% Triton-X-100, and 0.9% NaCl (pH 7.6), and the lysate was frozen at −70°C. The lysate samples were thawed, and enzyme activity was analyzed using 0.1 mM 4-p-nitrophenylphosphate as a substrate in an assay buffer containing 0.1 M Tris and 1 mM MgCl2 (pH 10.0, Sigma-Aldrich). After incubation at room temperature for 30min, the reaction was stopped by the addition of 0.1 M NaOH, and the absorbance was measured at 405 nm with a plate reader (Spectramax plus384, United States ). Five parallel samples were measured in triplicate. The protein content was determined by Bio-Rad Protein Assay (Bio-Rad Laboratories) with bovine serum albumin as standard. The specific ALP activity was calculated as absorbance at 405 nm/protein mg/ml. For ALP histochemical staining (n = 4), the cells were washed with PBS, fixed with citrate-acetone formaldehyde fixative, washed with deionized water, and stained for enzyme activity with the alkaline solution containing naphthol AS-BI phosphate and fast red violet LB base according to the manufacturer’s instruction (alkaline phosphate kit, Sigma-Aldrich).
For alizarin red staining, BMSCs were washed two times with PBS followed by fixation in 96% ethanol for 15 min at room temperature. 1% of Alizarin red solution (Sigma-Aldrich) was added to the fixed cells and incubated for 60 min at room temperature with gentle rotation. Finally, cells were carefully washed three times with PBS and dried. Pictures were taken with an optical microscope (DFC295, Leica) at ×20 magnification.
For Sirius red staining, cells were washed two times with PBS followed by fixation in 96% ethanol for 15 min at room temperature, then incubated in 0.1% Sirius Red solution (Sigma-Aldrich) for 60 min, washing twice in PBS, dehydrating in 100% ethanol, and then clearing in xylene. Pictures were taken with an optical microscope (DFC295, Leica) at ×20 magnification.
2.3.5 Cell viability test
Cell viability was assessed by the CCK-8 test. BMSCs were plated at a density of 5 × 103 cells/well in a 96-well plate in a 0.1 ml culture medium. The cells were cultured for 24 h and then starved for 24 h in a serum-free DMEM medium. Then the cells were co-cultured with supernatants from each group (n = 5) for 1, 3, and 7 days at 37°C. On each day, the culture medium and supernatants were replaced and the cells were counted using CCK-8 (Dojindo, Kyushu Island, Japan). Briefly, 10 µL of the kit reagent was added to each well and the cells were incubated for 2 h. Cell viability was determined by measuring the absorbance at 450 and 655 nm with a microplate reader (Microplate Reader 680; Bio-Rad Laboratories, Hercules, CA, United States ). Each experimental condition was analyzed in five wells.
2.3.6 RT-PCR
The difference in osteogenic differentiation ability in gene expression level was examined by quantitative RT-PCR. After BMSCs were co-cultured with leaching solutions from PLA, 1% and 5% BG-PLA extracts respectively, the mRNA expression of OPN, OCN, ALP, and RUNX2 were examined for 3, 7, and 14 days. Total RNA was isolated using TRIzol reagent (Invitrogen), according to the manufacturer’s standard instructions. For reverse transcription of mRNA, random-primed cDNA was synthesized from 2 mg of total RNA using a PrimeScript RT reagent kit (TaKaRa, Dalian, China). Real-time PCR was performed using 2 µL of cDNA product in a 25 µL reaction volume with a 7,500 Real-Time PCR System (Applied Biosystems, Singapore). SYBR Premix Ex Taq II (Takara Biotechnology), specific primers, and 2 µL of cDNA were used in each PCR reaction (95°C for 30 s, 40 cycles of denaturation at 94°C for 5 s, annealing, and extension at 60°C for 30 s). Sense and antisense primers were designed with Primer Express 5.0 based on published cDNA sequences. GAPDH was used as an internal control gene. All real-time PCR reactions were performed in triplicate, and results after calibration with GAPDH expression were calculated using the △△CT method and are presented as fold increase, relative to non-stimulated control
2.4 Characteristics and biocompatibility of PLA-BG/BC
2.4.1 Preparation of PLA-BG/BC
The silica gel mold was prepared through 3D printing mold pouring. The mold had a hole of 1 cm wide, 1 cm long, and 2 mm high, which was fit for the printing stent. The bone cement was prepared after the printing stent was placed. As soon as the viscosity of BC met the requirements, 100 mg of BC was added to each stent and extruded into the gap structure of the stent. The samples were obtained after drying.
The samples were divided into 4 groups: PLA group (PLA polylactic acid scaffold), PBG group (PLA +1% BG composite scaffold), PLA-BC group (PLA + PMMA bone cement composite scaffold), and PBG-BC group (PLA +1% BG + PMMA bone cement composite scaffold).
2.4.2 Scaffold characteristic test
The micromorphology of the scaffolds was detected by SEM. The chemistry of the scaffolds was measured by FTIR. The surface elemental composition of the scaffolds was assessed using XPS. The degradation of the complex was detected by ICP. The specific methods were mentioned earlier.
PLA, PBG, PLA/BC, and PBG/BC were respectively soaked in Tris HCl for 6 months. PH values and sample weight changes were detected for all the samples each week for 6 months.
2.4.3 Cell experiments of PLA-BG/BC
Cytotoxicity and Cell viability tests were conducted using CCK-8 and MTT assay. Cell morphology was measured by confocal microscopy. The polarization of macrophages was evaluated by immunofluorescence staining of RAW cells. Osteogenic differentiation of BMSCs was measured by ALP assay and RT-PCR. The specific methods were mentioned earlier.
2.5 In vivo experiment
3D printed composite scaffolds were implanted into the femoral tunnel of New Zealand rabbits to detect the short-term and long-term fixation effects of various implants (BC, PLA, PBG, PLA-BC, and PBG-BC). The operation process and animal feeding were carried out in Shanghai Jiagan Biotechnology Co., Ltd., with the approval of its ethics committee. The animal experiment was strictly in accordance with the relevant regulations and provisions on the protection of experimental animals formulated by it.
2.5.1 Surgical procedure and scaffold implantation
Thirty New Zealand white rabbits (aged 8–12 weeks and average weight of 3 kg) were randomly divided into 5 groups (BC group, PLA group, PBG group, PLA-BC group, and PBG-BC group), with 6 rabbits in each group. Each rabbit were implanted a sample scaffold in the femoral trochanter of the right hind limb, and the materials were randomly labeled.
Before surgery, samples (BC, PLA, PBG, PLA-BC, and PBG-BC, 5 mm × 5 mm×1 mm) were sterilized by γ Radiation. The rabbits were injected with 1% Pentobarbital Sodium (pentobarbital, 80 mg/kg) intravenously. Local disinfection was carried out after skin preparation of the right hind limb. A 1–2 cm longitudinal incision was conducted at the trochanter, exposing the femoral trochanter, and peeling off the periosteum. Using a 1 mm wide bone chisel, a transverse slotting was made at the tuberosity, with a depth of 5–6 mm and the length of 5–6 mm. Then the sample was implanted into the slot so that the lateral edge of the sample was submerged into the femoral trochanter by about 0.5 mm. The wound was closed layer by layer. Penicillin (800000 units/day) was given intravenously 1–3 days after the operation to prevent infection. The rabbits were sacrificed at 4 and 12 weeks after the operation, and the femoral were removed for general observation, then the specimens were fixed with 10% formalin solution for the following analysis.
2.5.2 Micro-CT
The femur samples were photographed by X-ray and then scanned by micro-CT (sky scan 1,076, aartselaar, Belgium). The parameters were 100 kV and 80 μA. The resolution is 18 µm. The rotation angle of scanning was set to 360°. The sky scan TM CT analyzer software was used for three-dimensional reconstruction and quantitative analysis. The parameters included: bone volume fraction (BV/TV), bone area volume ratio (BS/BV), number of trabeculae (TB.N), and trabecular thickness (TB.Th).
2.6 Statistical analysis
Data were presented as mean ± standard deviation (SD). Two-tailed analysis of variance (ANOVA) was used for statistical analysis. The differences were considered significant when p < 0.05.
3 RESULTS
3.1 % PLA-BG bad better properties and biocompatibility
The scaffolds were successfully prepared by the FDM method (Figure 1). The in vitro results showed that 1% BG-PLA had good biocompatibility, and could promote adhesion, proliferation, and differentiation of BMSCs. 1% BG-PLA showed no toxicity, and the degradation environment of which was neutral. Moreover, it could promote the polarization of macrophages toward M2, and inhibit its polarization towards M1, which is conducive to tissue repair. Therefore, 1% BG-PLA was chosen for the next experiments.
[image: Figure 1]FIGURE 1 | Photos of samples. (A) PBG; (B) PBG-BC.
3.1.1 Both 1% and 5% PLA-BG had an amorphous structure
XPS and FTIR were performed to identify the characteristics of PLA, 1% and 5% BG-PLA (Figure 2). The results of XPS revealed that the 3 groups showed obvious steamed bread peaks, indicating the amorphous structure prepared by the 3D method. After adding BG, the waveform did not change significantly, because BG is also amorphous material. The results of FTIR showed peaks at 1,650, 1,250, and 1,130 cm−1, which are the characteristic peaks of PLA. After adding BG, there were stretching vibration peaks of Si-O and Si-O-Si around 950 and 1,100 cm−1. While no significant difference was observed between 1% and 5% BG-PLA, which might be due to the small content of BG that participated in the energy reaction of the infrared spectrum.
[image: Figure 2]FIGURE 2 | (A) XPS and IR spectra of PLA, 1% and 5% BG-PLA; (B) XPS and IR spectra of PLA, PBG, PLA-BC, and PBG-BC.
3.1.2 The surface of PLA-BG was rough and presented some micron granular substances. 5% PLA-BG showed more BG particles on the surface
The surfaces of three different 3D printing scaffolds were observed by SEM (Figure 3). The diameter of the scaffold fiber was 400 microns, and the gap was also 400 microns. Further amplification revealed that the surface of PLA was relatively smooth. After adding BG, the surfaces became rough and presented some micron granular substances, corresponding to the doped BG particles. The amount of BG particles on the scaffold surface with 5% content was significantly more than that with 1% BG content.
[image: Figure 3]FIGURE 3 | SEM of scaffolds. (A) PLA; (B) PLA with 1% BG (1%BG-PLA); (C) PLA with 5% BG (5% BG-PLA).
3.1.3 Bone-like phosphorite were formed on the surface of PLA-BG. Ion exchange was more intense on the surface of 5% PLA-BG
After the samples were immersed in SBF solution for 3 days, the formation of bone-like phosphorite on the surface was observed by SEM (Figure 4). Barely any changes were found on the surface of PLA, which was still relatively smooth. Mineralized sediments were found on the surface of 1% and 5% BG-PLA samples, which were typically bone-like phosphorite morphology. This might be due to the fact that BG can induce the formation of surface mineralization by ion exchange and silicon hydroxyl. The amount and distribution of bone-like phosphorite on the 1% surface were less than that on the 5% sample surface, indicating that the ion exchange on the 5% sample surface was more intense, and more mineralized deposits were formed.
[image: Figure 4]FIGURE 4 | SEM of PLA, 1% and 5% BG-PLA after soaking in SBF solution for 3 days.
3.1.4 PLA-BG could promote M2 polarization of macrophages
RT-PCR and immunofluorescence staining were used to evaluate the inducing effect on macrophage polarization of the scaffolds (Figure 5). The results of PCR showed that PLA-BG significantly inhibited the expression of IL-1 and iNOS, while promoting the expression of ARG1 and IL-10. It was suggested that the addition of BG was conducive to the M2 polarization of macrophages. For immunofluorescence staining, green fluorescence represented iNOS and red fluorescence was CD206. The results showed that the degradation or dissolution products of PLA were conducive to the polarization of macrophages towards M1. While after BG was added, the dissolution or degradation products were conducive to the polarization of macrophages in the M2 direction.
[image: Figure 5]FIGURE 5 | Inducing effect on macrophage polarization of cells RAW264 cultured with leaching solutions from PLA, 1% and 5% BG-PLA. (A). RT-PCR; (B) Immunofluorescence.
3.1.5 1% PLA-BG showed a better proliferation effect
Cell proliferation was evaluated by the CCK-8 experiment (Figure 6). The results revealed that 1% PLA-BG had a significant promoting effect on cell proliferation during full-time period. While 5% BG-PLA did not show a better promoting effect compared with 1% PLA-BG, even the inhibition of cell proliferation was detected relative to PLA at some time points such as 12 h.
[image: Figure 6]FIGURE 6 | Coculture of BMSCs with scaffolds. (A) CCK-8 experiment; (B) 3D CLSM pictures of cells on scaffolds (24 h); (C) SEM images of cells adhered on scaffolds (12 h).
3.1.6 1% and 5% PLA-BG both had better adhesion morphology with more pseudopodia
BMSCs were cultured on PLA scaffolds, 1% and 5% BG-PLA scaffolds for 12 or 24 h. Cell adhesion was observed using CLSM (24 h) and SEM (12 h), respectively (Figure 6). After a coculture of 12 h, the cells began to attach to the sample surface, cells on both 5% and 1% BG-PLA scaffolds had more pseudopodia extending out and attached more rapidly. After coculture of 24 h, the cells exhibited typical spindle morphology. Both 1% and 5% BG-PLA had better adhesion morphology with more pseudopodia.
3.1.7 BG-PLA showed osteogenic differentiation ability
The osteogenic activity was evaluated by ALP staining, Alizarin red staining, and Sirius red staining (Figure 7). In 1% and 5% PLA-BG groups, more ALP expression was found by ALP staining, more calcium nodule deposition was found via Alizarin red staining, and more collagen formation was found by Sirius red staining. Statistical analysis showed that the positive dyeing areas in 1% and 5% PLA-BG groups were significantly larger than that of the PLA group.
[image: Figure 7]FIGURE 7 | (A). Evaluation of osteogenic differentiation of hBMSCs cultured with leaching solutions from PLA, 1% and 5% BG-PLA. a: ALP staining and statistical analysis; b: Alizarin red staining and statistical analysis; c: Sirius red staining and statistical analysis. (B). Relative expression of osteogenesis-related genes.
RT-PCR was performed to evaluate the relative expression of osteogenesis-related genes (Figure 7). In 1% and 5% BG-PLA groups, an increased expression of osteoblast markers was shown in comparison to that of the PLA group, indicating that BG induced osteogenic activity.
3.2 PBG-BC provided sufficient initial mechanical strength, good biocompatibility, and effective osteogenic induction
The addition of BC provided the initial mechanical strength, without affecting the biocompatibility and osteogenic induction of PBG.
3.2.1 Addition of BC maintained the amorphous structure of PBG
The composition of the PBG-BC surface was analyzed by XPS and FTIR (Figure 2). The characteristic peak of PBG and PMMA was found after BC was filled into PBG, indicating the completion of composite scaffolds containing PMMA and changes in the characteristics of the original PBG.
3.2.2 BC was completely filled into the gap of PBG
The surface was observed by SEM and EDS (Figures 8, 9). The surface of PLA was relatively smooth, while BG particles could be observed on the surface of PBG. The results of EDS confirmed the main elements of the skeleton structure of these scaffolds. BC was filled into the gaps of PLA-BC and PBG-BC, and the boundaries were obvious between BC and the composite scaffolds.
[image: Figure 8]FIGURE 8 | SEM of the scaffolds. (A): PLA; (B) PBG; (C) PLA-BC; (D) PBG-BC.
[image: Figure 9]FIGURE 9 | (A). EDS of PLA, PBG, PLA-BC, and PBG-BC. (B) 3D confocal microscope of PLA, PBG, PLA-BC, and PBG-BC.
3.2.3 Addition of BC did not change the surface properties of PBG
The 3D confocal microscope revealed the surfaces of the scaffolds (Figure 9). The surface roughness was significantly improved after the addition of BC. There was an obvious boundary between the surface of PBG and BC, indicating that BC did not change the original properties of the scaffolds.
3.2.4 PBG-BC showed enough compressive strength
The results of the compressive strength test showed that the compressive strength of PLA and PBG was only about 20 MPa (Figure 10). The values of PLA-BC and PBG-BC reached about 80 MPa, which was similar to that of PBG, indicating that the addition of BC significantly improved the compressive strength of the scaffolds.
[image: Figure 10]FIGURE 10 | (A). Compressive strength test of PLA, PBG, PLA-BC, and PBG-BC. (B). SEM of PLA, PBG, PLA-BC, and PBG-BC soaked in Tris-HCl for 4 and 12 weeks. (C). Sample weighing and PH test of PLA, PBG, PLA-BC, and PBG-BC soaked in Tris HCl for 24 weeks. (D). Elemental concentration analysis of Ca, P, and Si.
3.2.5 The weight and pH of PBG-BC changed slightly during degradation
Samples were soaked in Tris HCl for 24 weeks to analyze the degradation performance (Figure 10). After soaking for 4 and 12 weeks, SEM was performed to observe the surface of the samples. There was no obvious change on the surface of BC, while PLA and PBG were degraded to varying degrees. There were some defects on the surface of PLA, and small holes were observed on the surface of PBG. Similar degradation morphologies were found on the surfaces of PLA-BC and PBG-BC.
After soaking for 24 weeks, the sample weighing results showed that the weight gradually decreased in PLA and PBG groups, while the value changed slightly in PLA-BC and PBG-BC groups, indicating that the addition of BC influenced the degradation rate of scaffolds. The pH test results showed that the pH values gradually decreased in PLA and PLA-BC groups, while the values were relatively stable in PBG and PBG-BC groups, indicating that the degradation of BG could regulate the pH of the local microenvironment.
3.2.6 BC had little influence on the cell adhesion of PBG-BC.
The morphology and adhesion of BMSCs were observed by SEM and laser confocal microscope (Figure 11). The results of SEM showed that the cells had well-formed pseudopodia on the surface of PLA-BC and PBG-BC similar to that of PLA and PBG. The results of laser confocal microscopy showed that large amounts of cells were attached on the surface of PLA and PBG, except that the cells did not attach on the surface of BC.
[image: Figure 11]FIGURE 11 | (A). SEM of BMSCs cultured on the surface of PLA, PBG, PLA-BC, and PBG-BC. (B). Laser confocal microscope of BMSCs cultured on the surface of PLA, PBG, PLA-BC, and PBG-BC.
3.2.7 BC influenced little on the osteogenic induction ability of PBG
The osteogenic differentiation of BMSCs was evaluated by ALP staining, Alizarin red staining, and Sirius red staining (Figure 12). The results showed that PBG-BC could still induce osteogenic differentiation after adding BC. In the PBG-BC group, the staining area of calcium nodules was larger than that of PLA and PLA-BC, but smaller than PBG, indicating that BC affected the osteogenic ability of PBG.
[image: Figure 12]FIGURE 12 | (A). Evaluation of osteogenic differentiation of hBMSCs cultured with leaching solutions from PLA, PBG, PLA-BC, and PBG-BC. a: ALP staining and statistical analysis; b: Alizarin red staining and statistical analysis; c: Sirius red staining and statistical analysis. (B). Relative expression of osteogenesis-related genes.
RT-PCR was conducted to detect gene expressions of RUNX2, BMP-2, ALP, and OCN (Figure 12). The results showed that both PBG and PBG-BC significantly enhanced the relative expression of osteogenesis-related genes, and the addition of BC did not influence the promoting effect.
3.2.8 Ca, P, and Si were cumulatively released from both PLA-BG and PBG-BC.
Elemental concentration analysis was conducted to detect releasing profiles of PBG and PBG-BC (Figure 10). Ca, P, and Si was cumulatively released in all the groups, and tended to plateau after 2 weeks. The releasing amounts of ions were higher in PLA-BG groups than that in PBG-BC groups, indicating that BC influenced ion release. The results also suggested that the concentration of BG also affected the releasing amounts of ions. The higher the concentration of BG, the more ions were released.
3.3 PBG-BC were firmly fixed in the femoral tunnel of New Zealand rabbits and induced new bone formation at the interface
3.3.1 PBG-BC began to induce new bone formation after 4 weeks of implantation
4 weeks after implantation, Micro-CT showed that PLA and PBG were partially degraded and replaced by a small amount of new bone (Figure 13). In PLA-BC and PBG-BC groups, the implants maintained a good cubic structure. A small amount of new bone was found in the gap, and new bone in the PBG-BC group was more dense. However, a clear boundary between bone and BC could still be seen in BC groups. The measurement of local areas showed that the groups containing BG (PBG and PBG-BC) were superior to pure PLA groups (PLA and PLA-BC) and BC group in terms of BV/TV, BS/TV, TB. Th, TB.N, and BMD (Figure 13). This result further proves that BG can induce osteogenesis and bone integration.
[image: Figure 13]FIGURE 13 | (A). Coronal, sagittal, cross-sectional, and local enlarged images of micro-CT 4 weeks after sample implantation. a: BC, b: PLA, c: PLA-BC; d: PBG; e: PBG-BC. (B). Statistical comparative analysis of local area (2 mm × 2 mm × 1 mm around the stent) of micro-CT 4 weeks after sample implantation. f bone volume/tissue volume (BV/TV), bone surface area/tissue volume (BS/TV); g: trabecular thickness (TB. Th), trabecular number (TB. N); h: bone mineral density (BMD). *: p < 0.05.
3.3.2 PBG-BC was firmly fixed in the femoral tunnel and induced new bone constantly at the interface 12 weeks after implantation
12 weeks after implantation, micro-CT showed that PLA and BG were further degraded, more bone tissues were found in the gap, new bone was more dense in PBG and PBG-BC groups, and PLA-BC and PBG-BC groups still maintained a good cube structure (Figure 14). A clear boundary was still found in the BC group. Local area measurement of BV/TV, BS/TV, TB. Th, TB.N, and BMD showed that PBG was better than PLA, and PBG-BC was better than PLA-BC, indicating that the addition of BG promoted new bone formation (Figure 14). The values also showed that PLA-BC was lower than that of PLA, and PBG-BC was lower than that of PBG, indicating that BC had some impact on new bone formation.
[image: Figure 14]FIGURE 14 | (A). Coronal, sagittal, cross-sectional, and local enlarged images of micro-CT 12 weeks after sample implantation. a: BC, b: PLA, c: PLA-BC; d: PBG; and e: PBG-BC. (B). Statistical comparative analysis of local area (2 mm × 2 mm ×1 mm around the stent) of micro-CT 12 weeks after sample implantation. f: BV/TV, BS/TV; g: TB. Th, TB.N; h: BMD. *: p < 0.05.
4 DISCUSSION
An ideal filling system for bone defects in the weight-bearing area should provide strong initial mechanical support and bone regeneration ability. In this study, PLA and BG were prepared as frame structures by 3D printing technology, with PMMA as the filling structure. The composite has sufficient initial mechanical stability. BG can induce ion exchange during degradation, forming a local microenvironment conducive to bone regeneration, which significantly improves the long-term stability of the interface.
The frame structure is composed of PLA and BG. BG is silicate glass with good biocompatibility, degradability, and bioactivity. It is a commonly used bone tissue repair material clinically (Bento et al., 2021; Zheng et al., 2021; Daskalakis et al., 2022). BG has bone inducing effect. When BG is implanted into the body, it can exchange ions with extracellular fluid, and form a HA layer on its surface, to build a solid chemical bond with the bone surface (Daskalakis et al., 2022). In addition, different ions released by BG, such as silicon and calcium, can regulate osteoblast activity, promote extracellular matrix mineralization and accelerate new bone formation (Daskalakis et al., 2022). C Wu found that silicon ions at a certain concentration could stimulate cell proliferation, differentiation, and enhance bone mineralization and metabolism (Wu et al., 2007). P Valerio found that silicon ions could increase the cell viability of osteoblasts (Valerio et al., 2004). However, the mechanical strength of BG is too weak to be used for bone tissue repair alone. To provide mechanical strength, PLA was selected as the loading scaffold for BG. PLA is known as a degradable polymer, the degradation product is nontoxic and has good mechanical properties (Kaseem et al., 2021). The results of the study showed that the composite of the two materials not only improved the mechanical properties and elastic modulus but also met the requirements of bone induction.
The results of the degradation performance test showed that the degradation rate of pure PLA was about 20%, while the degradation rate of PLA-BG rose to 25%, indicating that the addition of BG significantly improved the degradation rate. This phenomenon may result from the interaction of degradation products of PLA and BG. After the degradation of pure PLA, the local internal environment became acidic, which resulted in the decrease in the degradation rate (Vaid et al., 2021). The degradation products of BG are alkaline (Daskalakis et al., 2022), which has an acid-base neutralization effect on the local internal environment, maintains the steady-state of the internal environment, and is conducive to the continuous occurrence of degradation. After adding bone cement, the degradation rate of PBG-BC decreased significantly to 10%, which may be due to the significant reduction of the direct contact area between the material and the surrounding tissue. The results of the ion releasing test showed that the ion concentration released by PBG-BC was significantly lower than that of PLA-BG. In addition, bone cement itself is of high quality and is barely degradable, which also may affect the degradation rate.
Cell adhesion rate and protein adsorption of the material have a significant impact on cell activity (Li et al., 2021). Pure PLA produced an acidic degradation environment, which was not conducive to cell adhesion and proliferation, so the cell adhesion and proliferation rate were low. It is reported that the pure BG powders usually resulted in a high pH value in the implanted site (Zhu et al., 2020). In our study, the combination of BG and PLA made the pH value stable within the normal physiological range, and the cell adhesion and proliferation rate were significantly higher than that of pure PLA. BG degradation products such as Ca, P, and Si are also conducive to cell proliferation and adhesion (Daskalakis et al., 2022). As for the filling structure in the system, bone cement is bioinert material, the addition of bone cement has little impact on the local environment and cell activity.
Once the scaffolds are implanted into the defect site, foreign body responses occur because of the inflammatory reactions of the host to the implants, which could delay the repairing process (Williams, 2008). An improved understanding suggested that the biomaterial-immune system interaction plays a far more important role in tissue regeneration (Loi et al., 2016; Vishwakarma et al., 2016). The interactions between implants and macrophages have an important impact on interface inflammatory response and tissue reconstruction (Liu et al., 2021). Studies have shown that macrophages can support bone formation by recruiting mesenchymal stem cells (MSC) to the defect site (Freytes et al., 2013; Wynn and Vannella, 2016). Macrophages can also enhance the angiogenesis of endothelial cells (Dong et al., 2017). It is known that the change in the microenvironment can polarize macrophages in either direction of M1 or M2 (Ma et al., 2021). M1 macrophages can secrete pro-inflammatory cytokines while M2 macrophages take part in tissue remodeling and resolution of inflammation (Loi et al., 2016). It was reported that macrophages of the M2 phenotype could enhance the expression of bone morphogenetic protein-2 (BMP-2) in macrophages, which regulated osteogenic differentiation of BMSC (Chen et al., 2014). The results of this study showed that pure PLA promoted M1 polarization of macrophages, which may be due to the acidic environment produced by PLA, and some particles dissolved by PLA have a pro-inflammatory effect. PBG induced M2 polarization of macrophages, which may be due to the degradation microenvironment caused by BG. Studies have shown that ionic products of BG could activate macrophages toward the M2 phenotype and stimulate macrophages to secrete anti-inflammatory growth factors (Dong et al., 2017).
The composites were prepared by 3D-based FDM, which is a physical process without additives in the preparation process (Grivet-Brancot et al., 2022). The method can ensure the original characteristics of the material. The preparation time is short and can be customized according to different anatomical information. The high porosity of biomaterials is conducive to the growth of cells and blood vessels. PLA-BG prepared in this study has a completely interconnected channel network, which is conducive to bone growth.
The in vivo experiments revealed the structural relationship and bone integration between scaffolds and surrounding bone tissue. 4 weeks after implantation, the composite scaffold with BG, whether or not containing bone cement, had better bone integration, indicating that BG could promote new bone formation in the early stage. The composite scaffold containing bone cement maintained a good frame structure, but no obvious osteogenic reaction was found in the simple bone cement group, indicating that bone cement can only provide the initial stability of the scaffold. After 12 weeks of implantation, with the continuous degradation of PBG, a large number of new bones filled the space after degradation, while new bone formation in the simple bone cement group was still not obvious, indicating that PBG can continuously promote osteogenesis. PBG-BC maintained a good cubic structure, but the formation of new bone was worse than PBG, which may be due to the space occupied by bone cement could not form new bone. Although PBG had the best bone ingrowth performance, the scaffold may fail in the early stage without the support provided by bone cement.
5 CONCLUSION
PBG-BC could provide immediate and stable fixation for a bone defect in a load-bearing area. It also had the characteristics of continuous osteogenic induction. The continuous degradation of PBG provided space for bone growth. During the degradation process, the release of various elements promoted osteogenic metabolism, regulated the local microenvironment, induced M2 polarization of macrophages, inhibited local inflammatory response, and provided long-term stability via bone integration.
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In this study, porous Ti-55531(Fe) was fabricated by selective laser melting (SLM) with different laser scanning speeds. The microstructures, surface morphology, inner defects, porosity, microhardness, and compressive behaviors were studied. The variation of lattice constant and hardness were analyzed. The results show that all the specimens have a density of ∼1 g/cm3, and a Vicker’s hardness with a range of 280–320 Hv0.1. The porosity of the SLM-produced materials is greater than the designed value (77%) and increases from 77.33% to 82.33% with the increase of laser scanning speed from 500 mm/s to 1,500 mm/s. Continuous irregular columnar dendrites, a large number of gas-induced defects with small size between 20 and 60 μm and a deep molten pool form in the specimens fabricated with a laser scanning speed less than 1,000 mm/s. Some defects, elongated voids and interrupted columnar dendrites are identified in the specimens fabricated with the laser scanning speed more than 1,000 mm/s caused by the insufficient input energy. All specimens with different laser scanning speeds show the single ß phase patterns. The compressive strength of the specimens with the laser scanning speed of 500 mm/s is maintained at 32 MPa and the compressive strength decreases with the increase of laser scanning speed. The specimens with a scanning speed of 500 mm/s present the best mechanical properties and surface quality.
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INTRODUCTION
Recently, 3D-architected metamaterials with micro-lattice structures have shown considerable weight reduction efficiency, flexible design capability and especially potential applications in battery electrodes, shock energy damping, acoustic, biological implants, and thermal sensors or stretchable electronics (Barba et al., 2020; Yu et al., 2020; Zhang et al., 2020; Kelly et al., 2021a; Kelly et al., 2021b; Salmi, 2021; Timercan et al., 2021; du Plessis et al., 2022). Meanwhile, additive manufacturing (AM) is widely accepted as a new forming process for high performance components in aerospace, medical, energy and automotive applications due to its unique features of rapid prototyping, complex or customized processing and high efficiency (Chen et al., 2021). Various micro truss lattice structures can be achieved by AM method without limit of configuration of cell and the complexity of the structural surface. Selective laser melting (SLM) emerging as an advanced manufacturing technologies to fuse powders track-by-track and grow layer-by-layer under the control of a CAD model, is capable of fabricating porous 3D-architectures with optimal properties for various applications. Developing metallic lattice structures (e.g., aluminum alloys, titanium alloys, and superalloys) with high strength and good ductility has become the mainstream of additive manufacturing.
Based on the chemical compositions and relative amounts of the α phase with hexagonal close-packed (hcp) structure and β phase with body-centered cubic (bcc) structure at room temperature, titanium alloys are typically classified as α alloy, near-α alloy, α + β alloy, near-β alloy, and β alloy. Due to the superior strength, cold workability, corrosion resistance and biocompatibility, β alloys have attracted lots of attentions in aerospace, marine and biomedical industry (Chen et al., 2020; Zhang and Chen, 2020; Liu et al., 2021). Beta titanium alloy Ti-5553 (Ti-5Al-5V-5Mo-3Cr-0.5Fe) alloy is known as a heat treatable beta titanium alloy for its high strength and good ductility and has been widely applied as large aerospace components such as landing gears, arresting hooks and flap tracks (Huang et al., 2011; Ghosh et al., 2013; Cotton et al., 2015; Qin et al., 2016). The mechanical performance can be further improved by increasing the iron content from 0.5 wt% to 1 wt% (Guan et al., 2008). The strength and elongation of Ti-55531 (Fe) (Ti-5Al-5V-5Mo-3Cr-1Fe) alloy can be maintained at 1,350 MPa and 15.5%, respectively after STA heat treatment (Guan et al., 2008). To date, there have been some basic studies of dense SLM Ti-5553 components on the machinability (Grove et al., 2018) and the evolution of microstructure and tensile properties after isothermal heat treatments (Carton et al., 2019). The strength and the ductility of SLM dense Ti-5553 are approximately as 1,088 MPa and 14%, respectively after heat treatment (Carton et al., 2019), which is comparable to those of SLM Ti64 (Ti-6Al-4V) product (Simonelli et al., 2014). For Ti64, the mechanical properties are sensitive to the cooling rates. Further factors such as process parameters, build geometry, scanning strategy and surrounding conditions affecting the thermal history and cooling rates will determine the microstructure and resulted properties (Chen et al., 2021). Therefore, there could be similar changes in SLM porous Ti-55531(Fe), which may contribute to the high strength and ductility of porous metallic materials (Yuan et al., 2018; Ren et al., 2019; Liu et al., 2020; Chen et al., 2021). However, to the best of our knowledge, there are few reports on the fabrication and mechanical properties of SLM porous Ti55531(Fe) in the literature.
In this study, porous Ti-55531(Fe) specimens were fabricated by SLM process with different laser scanning speeds. The effects of scanning speed on the microstructure, surface morphology, porosity and compressive behaviors were investigated.
MATERIALS AND METHODS
The chemical compositions of the gas atomization (GA) Ti-55531(Fe) pre-alloyed powder are shown in Table 1. The Ti-55531 powders show a regular spherical morphology and a size distribution with a range of 20–70 μm and an average particle size (d50) of 45 μm (Figure 1). The surface morphology and chemical compositions of the GA powders and the as-SLMed specimens were analyzed by SEM (JSM-6510A) assembled with an energy dispersive spectrometer (EDS). And a laser scattering particle size distribution analyzer (Horiba, LA-920) was used to determine the powder size distribution.
TABLE 1 | Chemical composition of Ti-55531(Fe) powders used for SLM process (wt%).
[image: Table 1][image: Figure 1]FIGURE 1 | SEM micrographs of cross-section (A), particle size distribution (B) of Ti55531 powders.
A 10 mm3 × 10 mm3 × 10 mm3 3D scaffold architecture cube arrayed by rhombic dodecahedron unit cells was generated using Magic software (Materialise, Belgium) and built in an SLM system (Realizer SLM 100 machine with a 200 W Yb: YAG fiber laser). The schematic diagram for SLM process of rhombic dodecahedron designed 3D lattice structure is shown in Figure 2. The laser power was 190 W, the diameter of the focused spot was 20 μm, the thickness of the fixed powder layer and scanning interval was 30 and 60 μm, and the scanning rate were between 500 and 1,500 mm/s. The phase constitution of the lattice samples was determined by Rigaku Smartlab X-ray diffraction (XRD). Metallography was performed to determine microstructural changes of porous structures with different laser scanning speeds. These samples were prepared by grinding to 3,000 mesh, mirror polishing with SiO2 suspension and followed by etching in acid mixture (HF: HNO3: H2O = 1:2:50). The shape of the molten pool is approximated by an arc in the building direction and the depth of the molten pool is reflected by the curvature radius of the approximate arc. The pool size could be changed along the building direction, so the average curvature radius of the fusion line was calculated by measuring more than fifteen fusion lines in the metallography figures.
[image: Figure 2]FIGURE 2 | Schematic diagram of SLM process (A) and side view of mesh arrays part (B) for rhombic dodecahedron designed 3D lattice architecture.
The X-ray tomography (micro-CT) has been reported as computed tomography (CT) technology to check the surface roughness and of mesh struts and inner defects in the metallic cellular structures (Chan and Young, 2013; Wang et al., 2013). An XRT work was carried out using an Xradia Versa XRM-500 system (Carl Zeiss X-ray Microscopy Inc., Pleasanton, California, United States) with a spatial resolution of micron even dozens of nanometers to check the topological mesh and the size and count distribution of the defects inside the samples. Surface roughness is evaluated by analyzing the surface morphology based on the Micro-CT slicing data. The average roughness (Ra) is calculated as Eq. 1 (Chen et al., 2021)
[image: image]
where fn is the length of the protruding at N locations on the surface of the struts based on the Micro-CT slicing data.
The porosity can be calculated by Eq. 2.
[image: image]
where the V0 is the total volume of the material, V is the volume of solid material, D is the measured density and the Dt is the theoretical density. The theoretical density (Dt) of Ti-55531(Fe) is presented as Eq. 3.
[image: image]
where Dt is the theoretical density, di is the atomic density of the ith atom and ηi is the atomic percentage of the ith atom in Ti-55531(Fe) alloys. The measured density of the SLM Ti-55531(Fe) was determined by the modified Archimedes method using a direct reading electronic hydrometer (ET-320), as is shown in Eq. 4 (Liu et al., 2016b)
[image: image]
where D0 is the density of the water, W1 is the weight of porous specimens in air, W2 is the weight of porous specimens in water after water osmosis stabilization and W3 is the weight of porous specimens in air after water osmosis stabilization.
Vicker’s microhardness tests were conducted by 401 MVD™ with a 100 g load and a 10 s dwell time. The hardness was measured at the horizontal surface with the maximum number of the struts which is around 9 mm from the substrate depending on the different porous structure. Random measurement of five points was conducted on the surface of the cellular samples using a single point mode. The lattice constant was quantitatively calculated by Kohn least square method (Zhang et al., 2009) according to Eq. 4.
[image: image]
where N is the number of the crystal planes for calculation, and for b.c.c. structure M = 1, X1 = 1/a2, C1 = h2+k2+l2, diexp is the experimental value of the crystal plane spacing. And the variance of X1 can be calculated according Eq. 5.
[image: image]
A is a matrix with an element [image: image] , Aii−1 is the ith diagonal element of the inverse matrix of matrix A, [image: image]
Uniaxial compression tests were carried out by a uniaxial testing machine (Shimazu AG-X plus, 100 KN) with a speed of 0.5 mm/min at ambient temperature. The loading direction was parallel to the building direction. The specimens were continually loaded and all the tests were stopped near 3 kN. Specific strength was calculated based on compressive strength and the measured density.
RESULTS AND DISCUSSION
Microstructure
As is shown in Figure 3A, the single β phase peaks are identified in as-built SLM Ti-55531 (Fe) alloy. This is different from the α (hcp) and β phases found in EBM Ti-24Sn-4Zr-8Sn component reported by Liu et al. (2016a) and the complicated structure in NiTiNb alloy prepared by eutectic reaction reported by Wang et al. (2018). As the cooling rate in SLM process is very high, the microstructure (β phase) at high temperature can be retained at ambient temperature. The laser scanning speed has limited effect on the phase type of the Ti55531 (Fe) alloys. When the laser scanning speed is less than 1,000 mm/s, the joints of the samples consist of irregular continuous columnar dendrites along the building direction, and fusion lines with small average radius of curvature (923–1,003 μm) are obvious (Figures 3B,C). Discontinuous columnar dendrites can be identified in the sample fabricated with a laser scanning speed of 1,500 mm/s, and fusion line is hard to be found due to a larger average radius of curvature (∼1,095 μm) (Figure 3D). The irregular columnar dendrites along the thermal flow direction can be ascribed to the cyclic heat treatment response during the layer-by-layer SLM process.
[image: Figure 3]FIGURE 3 | XRD profiles (A), optical micrographs of materials built at 500 mm/s (A), 1000 mm/s (B), 1500 mm/s (C).
The porosity of porous materials is determined by the open holes (apparent porosity), surface morphology (surface roughness) and inner defects.
There is an energy volume density (Ev) to investigate the porosity, it is calculated as (Chen et al., 2021):
[image: image]
where v is laser scanning speed, tl is layer thickness and hs is hatch spacing. The laser scanning speed is inversely proportional to the input energy. Input energy density decrease with the increase of the laser scanning speed.
Inner defects
The morphologies of the inner defects in the samples built at 500 mm/s, 1000 mm/s, 1500 mm/s are shown in Figures 4A–C, respectively. The size and number of the defects inside the samples built at different laser scanning speeds are shown in Figure 4D. Lower scanning speed (500 mm/s) leads to a large number of inner defects with a small size in the range of 20–80 μm (Figures 4A,D). Small size defects is still visible, but medium size defects (90–150 μm) appears when the scanning speed increases from 500 mm/s to 1,000 mm/s (Figures 4B,D). Inner defects with average size larger than 150 μm form and the number of small size inner defects decreases when the scanning speed increases from 1,000 mm/s to 1,500 mm/s (Figures 4C,D).
[image: Figure 4]FIGURE 4 | Morphology of the inner defects in the materials built at 500 mm/s (A), 1000 mm/s (B), 1500 mm/s (C), and size and distribution of the inner defects in the materials fabricated with different laser scanning speeds (D).
Homogenous porous structures always own advantages over both of the relative density of porous structure and the mechanical strength (Zhang and Wang, 2018). Besides the change of the microstructure and surface roughness on the mesh struts with different laser scanning speed, the size and count distribution of defects inside the basic cell may be responsible for the mechanical performance. The inner defects with small particle size distribution (20–60 μm) are mainly induced by the element volatilization in keyhole mode (Chen et al., 2021), are distributed in all samples built at different scanning speeds. But the number of the small size defects decreases slightly and the inner defects with large size increase by an increase of laser scanning speed. This phenomenon is because the input energy density at higher scanning speed is insufficient to maintain the keyhole mode, and insufficient depth of molten pool enhances the susceptibility of the lack of fusion zone.
Surface morphology
The surface morphology of the materials built at different laser scanning speeds is shown in Figures 5A–C. The surface roughness, pore size, and the strut size of the mesh arrays are analyzed according to the Micro-CT surface morphology and shown in Figures 5D–F, respectively. The surface of the material built at 500 mm/s is the smoothest (Ra = 10 μm) (Figure 5A,D) with the largest strut of 0.62 mm and the smallest pore of 2.35 mm. The surface roughness increases from 10 to 31 μm with the laser scanning speed increased to 1,500 mm/s. And the strut size decreases from 620 to 570 μm and hole size increases from 2.35 to 2.50 mm, accordingly. Sample fabricated with a scanning speed of 500 mm/s has a structure with an average hole size of 2.35 mm and an average strut size of 680 μm. The strut size decreases to 630 μm and hole size increase to 2.42 mm in the sample fabricated with a scanning speed of 1,000 mm/s. And the strut size continues to decrease to 570 μm and hole size continue to increase to 2.50 mm in the sample fabricated with a scanning speed of 1,500 mm/s. The porous material consists primarily of struts and holes. Larger holes and smaller struts mean more unfilled space in the porous sample and higher apparent porosity. As shown in Figure 6, the scanning speed also has effect on the actual strut size, with increasing the scanning speed from 500 mm/s to 1,500 mm/s, the strut size change from 0.48–0.63 mm to 0.61–0.74 mm, which is larger than the designed value of 0.48 mm.
[image: Figure 5]FIGURE 5 | Micro-CT surface morphologies of the materials built at 500 mm/s (A), 1,000 mm/s (B), 1,500 mm/s (C). Surface roughness (D), strut size (E), and pore size (F) of porous structures built at different laser scanning speeds.
[image: Figure 6]FIGURE 6 | The size of the designed rhombic dodecahedral scaffold (A), compare it with the actual size of the strut fabricated using different scanning speeds of 500 mm/s (B), 1,000 mm/s (C) and 1,500 mm/s (D).
Surface roughness is one of the important indicators of both of the porous and dense components prepared in SLM process and can ultimately affect the part performance. When a high laser scanning speed is used, the energy input is insufficient to fully melt the metallic powders (Chen et al., 2021). Some of the powders remain in the surface of the porous structure. Small balls form in the molten pool due to the plateau Raleigh capillary instability and move to the edge of the molten pool with the surface tension of molten pool. The surface roughness increases by an increase of the scanning speed because of an insufficient melting of metallic powders in total.
Porosity
The density and porosity of the SLM porous samples built at different scanning speed are shown in Figure 7. The densities of the samples decrease from 1.05 g/cm3 to 0.85 g/cm3 with the increase of laser scanning speed. The measured porosity is a little higher than the designed porosity (77%) and increase from 77.33% to 82.33% with the increase of laser scanning speed from 500 mm/s to 1,500 mm/s.
[image: Figure 7]FIGURE 7 | Densities and porosity of the SLMed-porous materials as a function of laser scanning speed.
A high input energy density at a low scanning speed leads to a deep molten pool with a small average radius of curvature of 923 μm. Deep molten pool can promote the full melting of the metallic powders and reduce the defects of large size on the surface. The molten pool is elongated and can be broken into small islands at high scanning speed due to the plateau Raleigh capillary instability (Chen et al., 2021). Inadequate penetration of molten pool will cause the lack of fusion defects. The shallower molten pool leads to unmelted holes and even discontinuous columnar dendrites.
In higher energy volume density, deep molten pool promotes element volatilization, and the volatilization gas can induce porosity. In this study, gas induced porosities with small size are dominated and both of the apparent porosity and the surface roughness are the lowest in the samples built at a scanning speed of 500 mm/s. Rapid scanning reduces the pool depth and enhances the stability of elongated lack of fusion defects and even interrupted the continuous growth of the columnar grains due to the plateau Raleigh capillary instability. Elongated voids with sharp edge form in the final parts and can be a resource of stress concentration under applied loads.
Microhardness and compressive behavior
The microhardness (Hv0.1) and the lattice constant increase with increasing scanning speed (Figure 8A). The factors affecting microhardness may include the phase constitution, the surface roughness and the surface residual thermal stress. All the samples show the same phase constitution as mentioned in Figure 3A. In this study, the residual thermal stress is evaluated by the lattice distortion based on the XRD data. The lattice distortion is mainly related to the vacancy concentration (Hu et al., 2010). The vacancies concentration can be lowered by decreasing the molten pool temperature. A higher scanning speed can lead to a shallower molten pool with a lower temperature because of a lower input energy density. The energy required to form Schottky vacancies is much less than that of Frenkel vacancies (Hu et al., 2010). Therefore, the atoms leaving the equilibrium position mainly form Schottky defects, which results in the decrease of lattice constant. The lattice constant decreases with increasing vacancy concentration. Thus, the lattice distortion decreases by increasing the laser scanning speed. Larger Schottky-mode lattice distortion enhances the tensile residual thermal stress on the surface of the samples. Residual thermal tensile stress on the surface reduces the resistance of the indenter head of the hardness tester to enter the material surface, thus showing low hardness.
[image: Figure 8]FIGURE 8 | Lattice constant and microhardness (A), the compressive stress-strain curves of the materials with different scanning speeds (B), compressive strength and specific strength for SLM porous Ti-55531(Fe) alloys with different laser scanning speeds (C), SEM micrographs of materials with scanning speed of 1,000 mm/s in pre-compression (D) and post-compression state (E), respectively.
Figure 8B shows the compressive stress-strain curves of materials prepared with different scanning speed. It can be seen that they exhibit the similar curve shape but different strength. Figure 8C shows the compressive strength and specific strength of samples built at different laser scanning speed. The compressive strength can reach 31 MPa in the sample fabricated with a laser scanning speed of 500 mm/s and decreases with the increase of the laser scanning speed. The compressive strength decreases to 25 MPa in the samples built at 1,500 mm/s. The highest specific strength of as-built SLM porous Ti-55531 (Fe) specimens is 30.2 MPa cm3/g at the scanning speed of 500 mm/s and decreases with the increase of the laser scanning speed. The specific strength decrease to 26.5 MPa cm3/g when the scanning speed increase to 1,500 mm/s.
Porosity is the dominant factor on the compressive stress (Kadirgama et al., 2018). In this study, porosity increase with the increase of laser scanning speed, and high porosity can induce low compressive strength. High porosity is mainly related to large size unfused defects and small size of strut size. Firstly, rapid scanning speed reduced the size of the molten pool, and insufficient penetration of molten pool led to large size unfused defects. Large size unfused defects can be resources of the stress concentration under applied loads and reduce the compressive strength. Secondly, an increase of the scanning speed can decrease the size of the mesh strut which reducing the bearing capacity of the porous sample.
After compression, some structural units of the sample are deformed along the loading direction in two-dimensional: the hole spacing along the loading direction decreases, and the hole spacing perpendicular to the loading direction increases. All the samples fabricated with different laser scanning speeds show breakdown in cell nodes perpendicular to the direction of loading after the compression (Figures 8D,E), indicating that the strength of 3D rhombic dodecahedron cell designed porous structure is significantly depending on the design of the unit structure.
CONCLUSION
In this work, different laser scanning speed was used to fabricate a β type Ti-55531(Fe) meta-material with a 3D rhombic dodecahedron cell designed porous structure. The effects of scanning speed on microstructural change, porosity, and compressive behaviors were systematically studied and discussed. The results are summarized as follows:1) The columnar grains are continuous and deep molten pool forms with the laser scanning speed of 500 mm/s. The melt pool becomes shallower with increasing the scanning speed from 500 mm/s to 1,500 mm/s. The continuous growth of β columnar grains can be interrupted due to plateau Raleigh capillary instability or inadequate melting when the laser speed is 1,500 mm/s. 2) Experimental porosities (77.33–82.33%) are higher than expected (77%). The surface roughness (10–30 μm) of porous SLMed Ti-55531(Fe) alloys is at the range level of particle size distribution. The inner defects with a size of 20–60 μm are distributed all over the samples built at different scanning speed. And the number of tiny inner defects with a range of 20–80 μm decreases and large inner defects with a range of 120–200 μm form by an increase of scanning speed. 3) All the specimens show a range of 280–310 for Hv0.1 and 25–31 MPa for compressive strength. The specific strength of samples with scanning speed less than 1,000 mm/s is in a range of 27.5–30.2 MPa cm3/g and the roughness is less than 20 μm. The specific strength is 26.5 MPa cm3/g and the surface roughness increase to near 30 μm when the scanning speed increase to 1,500 mm/s. Scanning speed of 500 mm/s is good for both of the mechanical properties and surface quality.
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With the rapid development of 3D printing technology, porous titanium scaffolds have provided a new restoration method to repair bone defects. Compared with the traditional body-centered cubic (bcc) dot matrix structure with a simple arrangement and repetitive structure, the topology-driven properties of triply periodic minimal surfaces (TPMS) can offer a continuous surface and smooth curvature, an excellent platform for cell proliferation. In this study, we used reverse engineering techniques to model the mandible. Sheet and solid networks of gyroid structure, the most common type of TPMS, were selected for porous design and then molded using metal 3D printing technology. At the same time, the surface treatment parameters of sandblasted, large-grit, and acid-etched (SLA) were optimized by orthogonal experimental design. Then, the optimized SLA parameter was used to treat the gyroid with 70% porosity. The result showed that reverse engineering reconstructed the TPMS-based mandibular model had good formability. Furthermore, the best surface morphology, wettability, and roughness were obtained for 3D printed Ti6Al4V under the treatment of 80 mesh Al2O3, blasting distances of 4 cm, and a 1:1:2 acid ratio. Moreover, the mechanical properties of Sheet-Gyroid and Solid-Gyroid were significantly different at 70% porosity. The porosity of the scaffolds was close to the design porosity after SLA treatment. However, no significant changes were found in its mechanical properties, all matching the mandible’s mechanical properties to meet the implantation conditions.
Keywords: triply periodic minimal surfaces, SLA, selective laser melting, orthogonal experimental design, mechanical behavior, bone defects, 3D printing, porous scaffolds
HIGHLIGHTS

1) Personalized porous design of bone defect sites was designed by using TPMS structures.
2) Optimal SLA surface treatment parameters were screened using an orthogonal experimental design for the pre-implantation treatment of 3D printed Ti6Al4V.
3) TPMS porous mechanical parts were processed with the screened SLA parameters to verify whether the mechanical properties match the bone defect site.
4) Our findings provided a new approach to bone defect regeneration.
INTRODUCTION
As people’s aesthetic requirements increase, it is essential to restore the shape of the mandible, not only the original contour of the face but also the physiological function of the mandible. So, the repair and reconstruction of mandibular defects have been a hot topic of research in oral and maxillofacial surgery. Yet it still relies mainly on host autologous bone grafting to date, which is currently the best method for repairing minor segmental bone defects (Becker et al., 1996). Autologous non-vascularized free fibular grafts are also very common in the oral cavity (Dimitriou et al., 2011). Autologous bone grafting with vascularized is commonly used, but its surgical damage is more significant (Wei et al., 2016). Therefore, a bionic substitute of natural bone for bone grafting is now generally considered a more desirable treatment. Recent advances in tissue engineering techniques and personalized manufacturing (Zhu et al., 2016) hold promise in this setting.
Three main elements of tissue engineering are bone scaffolds, bone marrow mesenchymal stem cells (BMSCs) and induction factors (Zha et al., 2021). This study focuses on bone scaffolds, for which a variety of personalized scaffolds are available for the repair of mandibular defects (Milovanovic et al., 2020). However, none of the existing repair solutions achieves an ideal mandibular morphology, and mechanical properties are still to be improved. Ideal reconstruction of mandibular defects requires a complex curved restoration that conforms to the original form and restores function and good biomechanical compatibility with the remaining bone tissue. With the development of computer-aided design (CAD), computer-aided manufacturing (CAM) and 3D printing technology, it is possible to mimic the internal three-dimensional structure of the jaw anatomy and the external spatial shape, from microscopic to macroscopic structures, to meet the needs of individualized restorations (Tack et al., 2016; Memon et al., 2020).
The development of reverse-engineering techniques (Fucile et al., 2019) has made it possible to design scaffolds close to the shape of the original host bone defect. Therefore, the design of bone scaffolds focuses on mimicking the original morphology as closely as possible to reduce stress shielding and thus prolong service life. The morphological design of scaffolds has moved from solids that would lead to stress shielding into the era of porosity. However, the restoration designs of the porous scaffolds are very complex. Structures based on simple cubic struts are among the most commonly used in 3D printed tissue engineering scaffolds, and this arrangement leads to severe anisotropy. Anisotropic structures are stiff in the axial direction and weak in the diagonal direction. They are considered detrimental in bone tissue engineering, especially when used as a load-bearing bone site (Pei et al., 2017; Zhang et al., 2018).
Recently, research interest has focused on triply periodic minimal surfaces (TPMS) designs due to their unique mechanical and biological characteristics (Yoo, 2011; Yoo, 2012; Walker et al., 2017). TPMS describes the scaffold’s structure through mathematical functions. By adjusting its parameters, the pore parameters can be adjusted to achieve changes in the structural and mechanical properties of the scaffold. Compared to conventional dot-matrix structures, the TPMS method produces a continuous surface structure that is inherently topologically optimized and provides better self-support during selective laser melting (SLM) processing (Lu et al., 2020). TPMS scaffolds have a very high surface area to volume ratio, and this high specific feature of TPMS scaffolds helps to enhance cell adhesion, migration, and proliferation (Yoo, 2014). Many cellular and biological functions, such as ion exchange, oxygen diffusion and nutrient transport, occur on its surface (Pei et al., 2020). Therefore, TPMS scaffolds provide better biological signaling platforms for cells cultured on them. In addition, the infinitely continuous surface with smooth joints ensures fewer stress concentrations and higher mechanical properties than a regular lattice structure support. TPMS function enables a more straightforward implementation of structural parameter variations (Al-Ketan and Abu Al-Rub, 2021), overcomes the drawbacks of traditional truss cell structure design and allows automatic acquisition of digital models of porous bone support with complex microstructures and high-quality surfaces.
To enable good osseointegration of the metal scaffolds after implantation and facilitate osteoblasts’ adhesion, proliferation, and differentiation, sandblasted, large-grit, and acid-etched (SLA) (Chambrone et al., 2015), anodizing (Ross and Webster, 2013), micro-arc oxidation (Zhang et al., 2021), and SLActive (Chambrone et al., 2015) surface treatment technologies for titanium alloys are proposed. The SLA forms a surface with a certain number of nested pores, which increases the microscopic surface area of the material and facilitates the mineralization of the extracellular matrix and the differentiation of osteoblasts in contact with the surface. At the same time, SLA as a treatment for cell growth scaffolds increases the adhesion between tissue and material. Further, the nanoscale morphology facilitates the synthesis and adsorption of specific proteins in the extracellular matrix, promoting cell adhesion (Kohal et al., 2013).
In biomedical applications, particularly in artificial implants, a combination of appropriate porous materials, porous structures, and optimum parameters can reduce the elastic modulus of the implant, thus overcoming the stress shielding effect and preventing loosening of the implant (Arabnejad et al., 2016). Optimized morphological parameters, such as pore size and porosity, are also essential to ensure the success of bone implants. For ideal osseointegration, the optimum porosity should exceed 60%. Furthermore, the pore size should be between 600 and 900 μm (Zaharin et al., 2018; Pei et al., 2020). Yan et al. (2015) customized the TPMS scaffolds with SLM to match the elastic modulus of human bone, thus avoiding stress shielding of the implant and improving its durability. Melchels et al. (2010) designed TPMS scaffolds with gyroid on which BMSCs were grown. The results showed that the TPMS scaffolds had a greater cell density and cell distribution than scaffolds prepared by traditional salting. And its permeability was improved by a factor of 10. Lan Li et al. (2019) implanted the 3D printed P-structured TPMS metal scaffolds into the mini-pigs tibia and explored the osseointegration ability of TPMS-based bone substitutes for the first time in an in vivo study, confirming the potential of TPMS-based bone substitutes in bone tissue repair.
In this research, 3D printed Ti6Al4V scaffolds with 70% porosity based on the gyroid structure design in TMPS were printed to investigate the relationship between the sheet and solid networks. The optimum parameters for SLA surface treatment were selected by orthogonal experiment design. After SLA treatment, the Sheet-Gyroid and Solid-Gyroid scaffolds were verified to be in good accordance with the requirements for human mandibular implantation through porous mechanical compression testing.
MATERIALS AND METHODS
Figure 1 shows the main flow of this experiment. First, reverse engineering techniques reconstruct the imaging data in three dimensions. An orthogonal experimental design was performed to screen the optimal SLA approach. After that, mechanical tests were carried out on the SLA-treated TPMS. And the results were compared with that of the normal bone to determine if its mechanical properties were compatible with the normal mandible.
[image: Figure 1]FIGURE 1 | Flow chart of the experimental design.
Personalized TPMS scaffolds design and 3D printing
Scaffolds design
The design is simplified, as shown in Figure 2, and the study is approved by Jiamusi University stomatological hospital ethics committee (NO.2022-KQYY-XS-06), and the volunteer and his family members signed informed consent. The image was scanned by the cone-beam computed tomography (CBCT; Dentsply Sirona, Germany) at 85 kV and 6 mA, 11 × 10 cm field of view (FOV), voxel size of 0.16 mm for 14.4 s, and the scans were saved in Digital Imaging and Communication in Medicine (DICOM) file format.
[image: Figure 2]FIGURE 2 | TPMS design and 3D-printing. (A) Reverse engineering to extract target models; (B) Boolean operations; (C) Personalized design; (D) 3D printing risk analysis; (E) SLM fabrication process; (F) Print completion.
In reverse engineering, as shown in Figure 2A, the mandibular DICOM file was threshold segmented using Mimics 19.0 software (Materialise, Belgium), 3D-reconstructed, smoothed, and denoised to create customized models of bone defects such as whole mandible, half mandible, and partial mandible. Data was saved in the standard triangular language (STL) file format.
The STL data was then entered into MSLattice software (New York University Abu Dhabi, Abu Dhabi), based on the principle of Boolean operations shown in Figure 2B. The gyroid structure in TPMS with a unit cell size of 2 mm, a porosity of 70%, and a mesh density of 30 points was selected. It is important to note that during mandibular re-placement surgery or arthroplasty, the subarticular cavity was opened; the condyle should be solidified to avoid soft-tissue growth during the healing process. In this research, an interconnected biomimetic porous TPMS structure was designed, and their relationship was sheet networks and solid networks, as shown in Figure 3B.
[image: Figure 3]FIGURE 3 | (A) Scheme of the SLM process; (B) Strategies to create lattices form a minimal surface; (C) Heat-treatment process flow chart.
2 mm supports were generated in Magics 26.0 software (Materialise, Belgium), as shown in Figure 2C, and fitted with superstructure adjustment coordinates. Then, the file was subjected to a print risk analysis, as shown in Figure 2D. Once the analysis was complete, slicing was carried out with a slice thickness of 0.025 mm, and a Concept Laser Slicer (CLS) format file was exported as a print prep file and then transferred to a 3D printer (Figure 2E).
3D printing and post-processing
The Mlab cusing 100R (Concept laser, Germany) was used to produce the personalized scaffolds and rectangular mechanical specimens, as shown in Figure 3A. Furthermore, the Ti6Al4V powder (Concept laser, Germany) of 10–53 μm was used as printing material. The laser emitter melts the powder at a scanning speed of 900 mm s-1 and a layer of 0.025 mm was formed through 50 μm spot diameters at 95 W in the chess scanning pattern. Electron beam scanning was utilized to generate a cross-section layer by fusing the powder. Subsequently, a new layer of powder was applied, and the process was repeated until the whole construct had been built (Figure 2F). All process was under inert gas protection.
To remove stress, enhance the toughness of 3D printed Ti6Al4V specimens and improve their mechanical properties, they had to be heat-treated by a vacuum heat treatment furnace (Beijing Hangxin AM Technology Co. Ltd., China). Firstly, vacuum circumstance was achieved by vacuum pumping for 10 min (vacuum degree below 1 Pa). A temperature of 800 °C was achieved at 150 min under a vacuum state and preserved for 240 min. Then with the air cooling to 150 °C, open the chamber and remove the specimens. The heat treatment process is shown in Figure 3C.
Orthogonal experimental design and optimization analysis
SLA’s surface morphology and contact angle are affected by various factors, including the blasting distance, grit mesh, proportion of the acid, blasting angle, blasting time, acid etching time, and temperature (Rupp et al., 2004). Based on the results of previous exploratory experiments and the surface treatment methods used as previously described (Perrin et al., 2002), the controlled temperature of 75°C and reaction time of 30 min were selected for the surface treatment of the 3D printed porous Ti6Al4V scaffolds. Three surface treatment parameters, A (grit mesh), B (sandblasting distance), and C (the proportion of the acid), were chosen as orthogonal experimental factors, Where Al2O3 (Beijing Hangxin AM Technology Co. Ltd., China) is chosen as the grit for sandblasting, the ratio of an acid refers specifically to the ratio of sulfuric acid (Tianjin Kaitong Chemical Reagent Co. Ltd., China), hydrochloric acid (Tianjin Kaitong Chemical Reagent Co. Ltd., China) and deionized water (Tianjin Kaitong Chemical Reagent Co. Ltd., China). Three levels were selected for each factor (Table 1), and an orthogonal table L9(34) was selected.
TABLE 1 | Orthogonal experimental design.
[image: Table 1]The sample surface morphology was characterized by field emission scanning electron microscopy (FE-SEM; FJEOL, Japan). The biocompatibility of 3D-printing Ti6Al4V scaffolds is directly related to their surface wettability (Yu et al., 2020). The contact angle is an important feature in determining materials’ wettability. The smaller the intact angle is, the better the wettability is. Two microliters of deionized water were dropped onto the sample’s surface after the spread was completed, and the contact angle was detected using a contact angle goniometer (Power each, China), The droplet image was captured and frozen for angle measurement. And we measured surface roughness with a compact roughness measuring instrument MarSurf PS10 (Mahr GmbH, Germany). Its maximum measuring range is 350 μm (−200 μm to +150 μm).
According to the orthogonal experimental design, nine groups of experimental level combinations (the combinations of surface treatment parameters) were determined. The impact of different SLA parameters on the contact angle was determined and put in order through orthogonal experimental optimization analysis, and an optimal combination was then obtained.
Porosity measurement and mechanical properties of TPMS
Porosity
Porosity is measured by weight and drainage methods. In the weight method, Ma and Mtheory is the weight of the specimens in air and the theoretical weight of Ti6Al4V, the porosity ‘P' was calculated with the equation
[image: image]
Another method is the drainage method, where the suspension derives the object’s mass in water ‘Mw’. The ρwater and ρtheory are the density of water, and Ti6Al4V is 1 g cm-3 and 4.41g cm-3, respectively. And the porosity is calculated according to the buoyancy of the specimens.
[image: image]
Design porosity can be derived directly from CAD software.
Mechanical properties
Porous rectangular specimens were subjected to a quasi-static compressive test using a Universal tester Machine (Jinan Heng Rui Jin Testing Machine Co., Ltd., China). According to ISO13314:2011 standard (Standard, 2011), porous rectangular specimens (Sheet-Gyroid or Solid-Gyroid structures; length:12 mm, width:10 mm, with one 0.5 mm rectangular sheet on both ends to avoid stress concentrations during the 3D printing process and the removal of supports after printing; five rectangular specimens for each type) before and after SLA were compressed at a head speed of 1.2 mm min-1. The compression stop condition is compressed until the displacement is 8 mm or the force reaches 99 KN.
In this study, elastic modulus (E) was defined as the slope of the stress-strain curve within the elastic deformation region, offset yield strength (σs) was set at compressive 0.2% offset stress, and compressive strength (σbc) was determined as the first local maximum in the stress-strain curve.
RESULT
Orthogonal experimental design results
First, we measured the contact angle and observed the SEM. The contact angle of the 3D printed titanium samples is shown in Table 2. Among the nine groups, the highest contact angle was 82.24° (group A2B2C3, Figure 4E), and the lowest value was 54.55° (group A2B1C2, Figure 4D). According to these results, minor variations in surface treatment parameters of the SLA could lead to a significant change in contact angle (the maximum change value was 27.69°), indicating the significance of the surface treatment method.
TABLE 2 | Experimental level combinations of orthogonal experimental design.
[image: Table 2][image: Figure 4]FIGURE 4 | SEM and contact angle of the Orthogonal experimental design. (A) group;(B) group;(C) group;(D)The group;(E)The group;(F)The group;(G)The group;(H)The group;(I)The group; (J)The contact angle of the Orthogonal experimental design. Error bars represent means ± SD and specimens number n = 3.
Analysis of the SEM of these nine groups of samples shows that as the concentration of hydrochloric acid decreases, grit residues from sandblasting begin to appear. In the third group, residual sandblasted particles can be observed in Figure 4C. Their grits are proven to affect osseointegration (Pei et al., 2020) and need to be removed prior to implantation. As shown in Table 2, the contact angle was also larger in these groups than in the remaining two groups.
The contact angle range of nine surface treatments was analyzed. Table 3 presents the results of the orthogonal experiment design, in which K represents the mean of the contact angle for the same experimental factor at the same level. The range was calculated by using the following formula:
[image: image]
where R represents the range of the same experimental factor. In other words, R is the extreme difference of the same factor.
TABLE 3 | Optimization of the results of the orthogonal experimental design.
[image: Table 3]According to the results of the range analysis of the orthogonal experimental design, the greater the R was, the more significant their influence was. The proportion of the acid had the most significant effect, followed by the sand mesh. In contrast, the sandblasting distance had the slightest effect. Through the range analysis (Figure 5), the optimal SLA parameters for the 3D printed Ti6Al4V were A2B1C2. Specifically, the optimal SLA parameters were 80 mesh Al2O3, blasting distance of 4 cm, and the proportion of the acid of 1:1:2.
[image: Figure 5]FIGURE 5 | Trend influence of SLA parameters on the contact angle.
Verification of the optimized SLA parameters derived from the orthogonal experimental design
To verify the optimization results, we repeated the experiment. SEM results showed that the sandblasting process formed irregular pits and many sharp protrusions with several tens of microns on the surface of the specimens. This caused partial exfoliation of the substrate (Figures 6B,E). Compared with Figures 6A,D, sandblasting removed the half-melted powder during the additive fabrication process and residual titanium alloy powder, which could not be removed by simple cleaning and is harmful to implantation (Wang et al., 2017; Song et al., 2019). So, the surface matrix exfoliation and grit residue due to sandblasting require further acid etching to remove.
[image: Figure 6]FIGURE 6 | SEM images of Ti (A, D), S-Ti (B, E), and SLA-Ti (C, F); water contact angles of Ti (G), S-Ti (H), and SLA-Ti (I); (J, L) Surface roughness of Ti, S-Ti and SLA-Ti; (K) contact angles of Ti, S-Ti and SLA-Ti. Error bars represent means ± SD and specimens number n = 5.
Figure 6C showed that the simple sandblasting treatment creates an irregular surface roughness of several tens to hundreds of microns, and they were the first surface roughness level. Upon further magnification (Figure 6F), the treated sample’s surface forms a pore-like roughness with a micro-nano composite. Further magnification can be observed that there are also many small pore structures of several microns in size within the large pores. There were some nano-convex structures within these tiny pores, which were the tertiary pores formed by the surface treatment.
Results also demonstrated that the surface contact angle of the SLA optimized specimens was 53.07° (Figure 6I). The surface contact angle of the sandblasted specimens was 49.98° (Figure 6H), both of which were statistically significant compared to the surface contact angle of the untreated specimens of 80.25° (Figure 6G), indicating that the SLA treatment can increase the surface hydrophilicity. Compared with the samples only treated by sandblasting, SLA treatment slightly increased the contact angle (Figure 6K).
The roughness of the surface is presented in Figures 6J,L, l. Both the SLA treatment and the sandblasting treatment reduced the surface roughness. The roughness was significantly lower in the sandblasted group (Ra = 2.66 μm, Rq = 3.36 μm) and SLA group (Ra = 3.37 μm Rq = 4.24 μm) only compared to the untreated group (Ra = 7.97 μm, Rq = 9.73 μm). An ideal roughness should be between 1–10 μm (Yu et al., 2020), both treatments resulted in roughness within this range.
Porosity test results
After 3D printing, the porosity was measured and presented in Table 4. Generally, as-built specimens’ porosities were 15% lower than designed porosity. After surface treatment, porosity increased and approached the designed value. There was no statistical significance between porosity measurement by weight method and drainage method.
TABLE 4 | Pore characterization of the porous structure.
[image: Table 4]Mechanical properties results and comparison with bone defect sites
Sets of compressive stress-strain curves of Sheet-Gyroid and Solid-Gyroid structures before and after SLA treatment are depicted in Figure 7A, respectively, and their strain pictures under compression (Figure 7B). The specimens cracked along a 45-degree highly stressed band where the red color indicates, and all the structures tend to present a severe drop in strength associated with shear collapse.
[image: Figure 7]FIGURE 7 | (A) Compressive stress-strain curves of Sheet-Gyroid and Solid-Gyroid structures before and after SLA; (B) Pictures of the corresponding strain from the compression; Elastic Modulus (C), corresponding yield strain (D) and corresponding compressive strain (E) of Sheet-Gyroid and Solid-Gyroid before and after SLA. Comparison between numerical and experimental elastic modulus (F) and yield strength (G) for Sheet-Gyroid and Solid-Gyroid samples before and after SLA in the range of bone modulus. Error bars represent means ± SD and specimens number n = 5.
SLA removed the remaining unmelted particles on the surface, weakening the specimen’s strength, but not statistically significant, as shown in Figures 7C–E. From Table 5, the effect on mechanical properties before and after surface treatment was insignificant. The yield strength of the Sheet-Gyroid decreased only 15.37 MPa, and compressive strength decreased only 17.15 MPa. In contrast, the yield strength of Solid-Gyroid decreased only 10.36 MPa, and compressive strength decreased only 12.85 MPa. Both were not statistically significant, proving that SLA treatment could increase the porosity without affecting the mechanical properties. This result was certainly good news for the subsequent clinical implantation of TPMS, as we hope to have the best mechanical properties while obtaining a higher specific surface area. We also found that the mechanical properties of the Sheet-Gyroid were better than those of the Solid-Gyroid in all cases. The elastic modulus of gyroid without SLA decreased from sheet to solid by 1.09 GPa, and the yield and compressive strength decreased by 79.81 and 96.22 MPa, respectively. After SLA, The Sheet-Gyroid and the Solid-Gyroid elastic module decreased by 1.36 GPa, and the yield and compressive strength decreased by 74.8 and 91.92 MPa, respectively.
TABLE 5 | Results of static compressive tests.
[image: Table 5]To make metal scaffolds to be suitable for replacing natural bone, their mechanical properties must match that of the normal bones. The material’s mechanical strength can be easily manipulated by changing equation. A comparison of the elastic modulus of all porous structures was performed with that of natural bone. The mechanical properties of the porous scaffold had to be within the range of that of the normal bone to avoid stress shielding. The modulus of elasticity of cortical bone and cancellous bone are 4–30 MPa and 0.2–2 GPa (Li et al., 2014), respectively, and the modulus of elasticity of the human mandible is 0.56–12.7 GPa (Novaes et al., 2010). All specimens in this experiment had a modulus of elasticity within the range. Another factor to be considered when selecting a suitable porous structure is the yield strength of the sample. The yield strength of natural bone is reported in the literature to be between 20–193 MPa (Li et al., 2014). All specimens were within the required yield strength range except for the untreated Sheet-Gyroid group in this experiment (Figure 7F). The individual values were slightly higher than the yield strength of natural bone, but the average values were still within the required range (Figure 7G).
DISCUSSION
Porous structures have many application scenarios in the field of bone tissue regeneration (Guvendiren et al., 2016; Jammalamadaka and Tappa, 2018). Yet, the performance of porous structures designed by existing techniques in cell adhesion and proliferation is not ideal, mainly due to their unsmooth surfaces (Pei et al., 2020). Researchers have found that TPMS has the property of generating continuous surface and smooth curvature, hence, we adopted TPMS to design porous supports in this paper. In the fabrication of porous structures, 3D printing has its unique advantages because of its ability to precisely control cytoskeletal elements such as pore size, trabeculae, and wall thickness of porous structures. In addition, 3D printing can meet the needs of individual designs. In this study, we used reverse engineering techniques to extract the mandibular model, completed the porosity design based on the TPMS functions, and finally, the product molding was carried out by 3D printing. Meanwhile, we performed an orthogonal experimental design to filter and optimize the SLA parameters. Surface treatment of 3D printed Ti6Al4V scaffolds was carried out, and porous compression experiments were conducted to evaluate its mechanical properties. The results demonstrated that the porous scaffold matched well with the mechanical properties of the bone and met the implantation criteria.
In the metal additive manufacturing process, the TPMS-based printed product was slightly different from the designed one. We believed that the melt pool’s temperature and geometry affected the products’ density, ultimately leading to the difference between the as-built products and the design. The main parameters affecting the temperature and geometry of the melt pool are the layer thickness, scanning speed, laser power, hatch distance, and spot diameters (Casati et al., 2016). The Mlab series we chose in this paper was an SLM device with minor spot diameters on the market. Therefore, we should optimize the parameters other than the spot diameters, such as scanning speed, layer thickness and hatch distance, by controlling the energy density formula to improve the printing accuracy. In addition, by observing the gyroid structure, we found powder staining at the interface between its parallel and lower surfaces, which was due to the limited heat dissipation during the printing process (Vaithilingam et al., 2016). This reason caused the half-melted powder to remain on the porous support, which may also be one of the reasons for the difference between the product and the design.
To solve the limited heat dissipation during the 3D-printing process mentioned above, we usually need to add additional supports to enhance heat dissipation. Supports can be divided into solid and non-solid supports. Solid supports are responsible for anchoring the part, and non-solid supports safeguard the quality of the lower surface of the part. However, we found that the SLM-printed gyroid structure met the requirement of self-supporting. The tilt angle of each layer was less than 45°, which further validated that SLM technology was suitable for printing gyroid structures.
Reportedly, the TPMS surpasses conventional porous titanium scaffolds in several aspects. First, although the mechanical properties of the conventional cube structures are slightly better than those of the gyroid structures, only the cube porous structures with a pore size of 0.3–0.5 mm are suitable for implant application according to implantation young’s modulus (Zaharin et al., 2018). In contrast, the gyroid structures for implant application have a more comprehensive range of pore sizes. Secondly, the mechanical properties of this paper’s 70% gyroid structures were better than those of the Voronoi structures but worse than those of the gradient varying Voronoi structures (Wang et al., 2018). Finally, when compared with the diamond structure in TPMS, the gyroid exhibits better performances than the diamond in terms of the elastic modulus, ultimate strength and ductility (Liu et al., 2020).
As we all know, porous structures’ mechanical properties have different applications in different fields (Wang et al., 2018). When the porous structure is used as a load-bearing structure, the porous structure mainly works in the elastic phase and yield phase, and the focus is on the elastic modulus and yield stress of the porous material; when the porous structure is used as an impact-resistant material, the porous structure mainly works in the platform phase and densification phase. The maximum compressive strength of the porous material is crucial for its function. Relatively speaking, the performance in the elastic phase is of more interest for biological scaffolds. The elastic modulus needs to match the human bone to reduce the stress shielding of the implant, and the high yield stress has a positive effect on improving the fatigue resistance of the implant (Liu et al., 2016). According to the Gibson–Ashby model (Gibson, 2005), the porosity of the porous structure can be adjusted to match the actual requirements of elastic modulus and yield stress at the implant site. However, these studies were based on porous structures of the same unit cell size. They did not consider the effect of pore size variation on mechanical properties. In this paper, we confirmed whether there was no significant difference in mechanical properties between sheet networks and solid networks for TMPS, including elastic modulus and yield strength, which provides a new consideration for the design of scaffolds.
According to the above discussion of porous structure mechanical properties, we can reversely model the bone defect site preoperatively and match the mechanical properties with it during the porosity design of the porous scaffolds. For example, the mechanical properties of the defect site can be matched by changing the unit cell size and porosity and selecting different TPMS structures as well as sheet networks or solid networks in MSLattice software (Al-Ketan and Abu Al-Rub, 2021). Then, we consider using Finite Element Analysis (FEA) simulated the forces in the natural bone. The pre-process for the implant can be performed if the mechanical properties match the implantation criteria. If not, the mechanical properties can be fine-tuned by changing these four parameters for further optimization.
We also found that the SLA treatment formed a multi-level pore structure on the surface of the titanium alloy. Also, enhanced hydrophilicity and reduced roughness were observed. Among the pore structures, the formation of the first-class structure was caused by the local stress concentration phenomenon on the surface of the samples during the sandblasting process. These stress concentrations manifest as uneven corrosion during acid etching, where large craters of several tens of microns formed during the blasting process with large grains of grit, while small pore structures of several microns and nanometers were formed during the acid etching process (Xing et al., 2014). To be specific, the acid etching process can not only form a multi-level hole structure on the highly irregular surface after sandblasting, release the local stress concentration caused by sandblasting, pin down the sharp peaks formed after sandblasting, but also remove the residual sandblasting grit on the surface of the substrate after sandblasting (Stepanovska et al., 2020). In addition, according to the results of orthogonal experiments, more sandblasted particles were left on the sample surface when the concentration of hydrochloric acid decreased. According to the literature (Yu et al., 2020), the attachment of more metal powder on the metal surface of 3D-printed titanium alloy may be the reason for the higher Ra and Rq value. Furthermore, the surface chemistry of 3D-printed titanium alloy was changed by acid etching to increase its hydrophilic properties.
The above discussion of this experiment was based on 3D printing, surface treatment and mechanical properties. Based on the present experiments, we will expand the selection of porosity and choose more minimal surface structures to explore the mechanics of TPMS and conduct further cellular and animal experiments to verify its effect on osseointegration. Moreover, we can follow the irregular variation of natural bone and design a porous gradient structure for further study.
CONCLUSION
The TPMS-based design of the mandible model reconstructed by reverse engineering has good formability. Under 80 mesh Al2O3, sandblasting distance of 4 cm and 1:1:2 acid ratio, the 3D-printed Ti6Al4V resulted in the best surface finish morphology, wettability, and roughness. At 70% porosity, the mechanical properties of Sheet-Gyroid and Solid-Gyroid were significantly different. The SLA treatment resulted in a scaffold with porosity close to the design porosity and had no significant effect on its mechanical properties. The study can be applied not only to the mandible but also to any bone defect in any part of the body by adjusting the parameters. It also provides an idea for SLA surface treatment of metal implants.
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In recent years, the rate of implant failure has been increasing. Microbial infection was the primary cause, and the main stages included bacterial adhesion, biofilm formation, and severe inhibition of implant osseointegration. Various biomaterials and their preparation methods have emerged to produce specific implants with antimicrobial or bactericidal properties to reduce implant infection caused by bacterial adhesion and effectively promote bone and implant integration. In this study, we reviewed the research progress of bone integration promotion and antibacterial action of superhydrophilic surfaces based on titanium alloys. First, the adverse reactions caused by bacterial adhesion to the implant surface, including infection and bone integration deficiency, are briefly introduced. Several commonly used antibacterial methods of titanium alloys are introduced. Secondly, we discuss the antibacterial properties of superhydrophilic surfaces based on ultraviolet photo-functionalization and plasma treatment, in contrast to the antibacterial principle of superhydrophobic surface morphology. Thirdly, the osteogenic effects of superhydrophilic surfaces are described, according to the processes of osseointegration: osteogenic immunity, angiogenesis, and osteogenic related cells. Finally, we discuss the challenges and prospects for the development of this superhydrophilic surface in clinical applications, as well as the prominent strategies and directions for future research.
Keywords: titanium, superhydrophilicity, UV photo-functionalization, plasma treatment, antibacterial, osseointegration, biocompatibility
1 INTRODUCTION
Implants are used in orthopedic, dental care, and cardiovascular devices. The most commonly used metallic materials for implants are stainless steel Arciola et al. (2018), titanium, and titanium alloys. Metal implants have been used in biomedicine since the 19th century. They are used as temporary and permanent implants in the body. Several properties of metals are suitable for bone repair. The tensile strength of metals is greater than that of polymers, their toughness is 20 times higher than that of ceramics, and their fatigue life is reasonable. Metals can be alloyed, thereby making them resistant to corrosion. In addition, using elements that do not adversely affect the body can improve biocompatibility. Thus, metals have been used for implantable device applications, and this trend is not expected to change soon. Titanium was developed for aerospace applications in the 1950’s; however, after the 1960’s, it was used in surgical implants. Titanium has gained popularity because of its excellent combination of strength, Young’s modulus, and biocompatibility compared with other metal implant materials (Kaur and Singh, 2019). For all their advantages, metal implants pose potential risks to bacterial infection, either from the patient’s body or the surgical instruments in the operating room (Jaggessar et al., 2017). Bacteria easily adheres to the implant materials, and microbial infection accelerates the corrosion and loosening of the implant as well as increases the probability of repeated surgery. For example, joint replacement prosthetic infections occur in approximately 1% of joint replacements, a proportion that increases significantly during revision surgery (Campoccia et al., 2006; Moran et al., 2010). In dentistry, clinical studies at five years of follow-up have shown that up to 14.4% of implants are surrounded by implant infections, with the incidence increasing over time (Norowski and Bumgardner, 2009). Microbial infection implants can lead to prolonged hospitalization and increase bacterial drug resistance while contributing to the evolution of superbugs, which can lead to death or amputation in severe cases. It may also turn into a chronic infection (Ferraris and Spriano, 2016).
When bacteria adhere to the implant, periprosthetic biofilm layers predominantly consisting of proteins and polysaccharides that are highly resistant to antimicrobial therapy are formed, which can lead to local infections or even deeper and more serious systematic infections (Jaggessar et al., 2017). Timely bone integration plays a critical role in the occurrence of bacterial adhesion. If bacterial adhesion occurs before tissue repair, host defense cannot prevent surface colonization and biofilm formation (Arciola et al., 2018), and bacterial adhesion during the first few hours of cell contact with the biomaterial may impair the entire process of bone healing; that is, processes such as cell adhesion, cell differentiation, and subsequent nutrition are impaired by bacterial colony formation on the implant surface. In addition, local inflammatory processes may be established, leading to changes in tissue pH and the migration of defense cells, such as macrophages, fibroblasts, and white blood cells, consequently affecting bone healing (Kunrath et al., 2020). Osseointegration results from inflammatory driving processes on and around the implant surface. A favorable immune response can promote osseointegration and wound repair, whereas an undesirable immune response can lead to excessive inflammation, pain, tissue destruction, fiber wrapping, and even implant failure (Anderson et al., 2008). To avoid the adverse effects of bacterial adhesion, scientists have also proposed several methods, and the main modes of action of commonly used antibacterial agents can be summarized as follows (Zhan et al., 2021): 1) Destroying or inhibiting the cell wall synthesis process; 2) Inhibiting the function of the cell membrane; 3) Inhibiting the protein synthesis process of bacterial cells; 4) Combining with components of DNA or RNA synthesis process to inhibit nucleic acid synthesis and affect the normal reproduction process of bacteria; 5) Inhibiting other metabolic processes, such as the destruction of folic acid, which is important for DNA synthesis.
The ideal implant material should have antibacterial properties as well as favorable biocompatibility. In recent years, studies have increasingly been conducted on superhydrophilic surfaces. Among numerous antibacterial methods, superhydrophilic surfaces exhibit antibacterial effects while achieving excellent biocompatibility. It was found that osteoblasts proliferated faster, and they were larger, longer, and more active on superhydrophilic Ti surfaces (Henningsen et al., 2018). More filamentous extension of macrophages was also observed on the surface of anodized and hydrogenated titanium (with superhydrophilic properties), and the stretched appearance of these macrophages was significantly less after 24 h (Gao et al., 2020). Compared with the micro-smoothness of nano-titanium, nano-rough particles, nanotubes, and nano-braided titanium can enhance the adhesion of osteoblasts and also provides other functionalities, such as alkaline phosphatase synthesis, calcium deposition, and collagen secretion (Puckett et al., 2010; Wennerberg et al., 2014). As the superhydrophilic surfaces are rough, well-organized topography at nano/microscales could improve bio-compatibility and promote bone formation, which is crucial for successful osseointegration between the implant and bone. The cell filopodia can enter the pore of nanotubes to form a locked-in cell structure for bone ingrowth (Zhao et al., 2020). The hydrophilicity of implants has been identified as an important factor that may affect the early bone response, i.e., high hydrophilicity, faster healing, and therefore superior stability and the possibility of early loading, with favorable clinical predictability (Rupp et al., 2004). High hydrophilicity can improve the biological activity of biomaterials and promote cell adhesion (Li et al., 2019). Table 1 summarizes several studies on superhydrophilicity surfaces that promote osseointegration and the cells they affect. The antibacterial mechanisms and optimal biocompatibility of superhydrophilic surfaces were discussed, mainly with regard to anti-inflammatory properties and osteogenesis promotion.
TABLE 1 | Example of superhydrophilic surfaces promoting osseointegration.
[image: Table 1]2 SUPERHYDROPHILICITY PRINCIPLE
Superhydrophilic structures are usually characterized by a contact angle (CA) less than 10°. CA is the reaction of surface wettability, and surface roughness and surface energy together determine wettability (Si et al., 2018). The surface energy calculated from the CA data shows that increasing the surface roughness increases the surface energy and at the same time increases the surface wettability, making the material superhydrophilicity (Puckett et al., 2010). More importantly, surface roughness and surface energy are key to favorable biocompatibility, and osteoblasts are more inclined to adhere to surfaces with high roughness and surface energy (Salido et al., 2007; Puckett et al., 2010).
Superhydrophilic materials were first inspired in 1970 via research on the human cornea, in which tears can completely diffuse across the cornea, forming a water membrane to eliminate the scattering of light (Si et al., 2018). In 2010, Zheng et al. (2010) reported that spider silk can efficiently collect water from the air, with the surface energy gradient and Laplacian pressure difference, generated by spider silk with a spindle structure, allowing continuous directional water condensation around the spider silk. The superhydrophilicity of the pitcher plant was discovered in 2016 (Chen et al., 2016), opening a new pathway for the study of superhydrophilicity structures. Currently, scientists have established a few relatively mature manufacturing methods for superhydrophilic materials, and they can be roughly divided into two categories: physical and chemical methods. Physical methods include laser treatment, physical vapor deposition, and spraying. Vorobyev and Guo created a novel method for achieving regular superhydrophilicity of silicon using high-intensity femtosecond laser pulses (Vorobyev and Guo, 2010). Because of its superhydrophilicity, water resists gravity by spreading vertically upwards. The driving force of water motion is the surface energy generated by the surface structure and the Laplacian pressure (Vorobyev and Guo, 2010; Si et al., 2018). Zheng et al. (2016) reported spray-dried superhydrophilicity TiO2/SiO2 nanoparticle coatings. Numerous procedures can be used to form a superhydrophilicity surface, on which a drop of water or blood will immediately spread and wet the surface. To achieve superhydrophilic surfaces, plasma treatment and ultraviolet (UV) irradiation are commonly used (Albrektsson and Wennerberg, 2019). Li et al. (2008) prepared a long-term stable superhydrophilicity-layered TiO2 via pulse laser deposition technology and annealing. The TiO2-layered particle array exhibits superhydrophilicity, with the water CA approaching 0°, without requiring further UV exposure. Chemical methods, such as a novel underwater superhydrophilic polyacrylamide hydrogel coated mesh, are relatively complex, and can be used to achieve the selective separation of oil and water mixtures with high separation rates (Si et al., 2018).
3 EFFECT OF SUPERHYDROPHILICITY SURFACE ON BACTERIA
3.1 Bacterial adhesion
As shown in Figure 1, when bacteria stick to the implant surface, the human body shows inflammation in response to foreign metals and pathogens. The inflammatory response of the host contributes to the formation of biofilms, because molecules produced as part of this response help the bacteria adhere to the surface of the medical device (Lin and Bumgardner, 2004). Therefore, inflammation can cause implant trauma and damage to the underlying bone. The implantation of infected bacteria is generally not a sparse distribution of single adherent cells, but rather a biofilm in which bacterial aggregates adhere tightly to the surface of the biomaterial and are encased in a large matrix of extracellular polymers (EPSs) (Arciola et al., 2018). The growth of biofilms, harsh physical environment, and sublethal concentrations of antibiotics can serve as stress signals to stimulate persistent cell formation, which is responsible for the persistence of implant infections and the source of the spread of bacteria to other parts of the body. In addition, chronic inflammation occurs, because host immune defenses and traditional antimicrobial therapies are often ineffective against bacteria growth in biofilms. Different microbial species, including Gram-negative bacteria, Gram-positive bacteria, and fungi can form biofilm to against adverse factors. In addition, the high cell density in biofilms alters microbial gene expression, contributes to their increased virulence, and enhances inter-bacterial adhesion, consequently resulting in more frequent binding between biofilm community members than that between planktonic bacteria (Arciola et al., 2018).
[image: Figure 1]FIGURE 1 | Process of bacterial adhesion on implant surface. The planktonic bacteria attach and adhere to the implant surface and bind to the sessile bacteria. The bacteria covered by EPS gradually mature and continue secreting EPS to attract more bacteria to adhere and form biofilms. An aggregate of bacteria began to break up into mini-aggregates, which were released.
3.2 Antibacterial mechanism of superhydrophilic surface
A thin oxide layer, TiO2, was formed on the titanium surface when titanium was exposed to air, and the oxide layer surface generally absorbed organic hydrocarbon contaminants from the atmosphere (Zhao et al., 2007; Att et al., 2009). Surface modification technologies can diminish hydrocarbon contamination, increase the content of functional OH groups on the material surface, and endow titanium with superhydrophilicity without altering the surface topography (Choi et al., 2016; Matsumoto et al., 2020). Furthermore, treatments, such as UV irradiation and plasma treatment, can directly inactivate bacteria and biofilms on the titanium surface while obtaining superhydrophilicity (Koban et al., 2011; Guo et al., 2021), thereby creating a sterile environment for implantation. However, resistance to bacterial adhesion during or after implantation is also an aspect that cannot be ignored. Bacterial adhesion is a complex physical and chemical process that includes three stages: transport of bacteria towards a surface, reversible bacterial adhesion, and transition from reversible to irreversible adhesion (Yang et al., 2022). A 6 h post-implantation period has been identified as a “decisive period,” during which the inhibition of bacterial adhesion is critical to the long-term success of an implant (Zilberman and Elsner, 2008). Thus, the antibacterial effects on the first day are crucial to ensuring successful implantation.
The effect of surface wettability, that is, whether the material is hydrophilic or hydrophobic, on bacteria adhesion is currently inconclusive. Studies have indicated that hydrophobic surfaces could reduce the velocity of bacteria through collisions and slightly increase the collision duration when bacteria approach the surface, thereby promoting the landing and adhesion of bacteria (Qi et al., 2017), whereas hydrophilic surfaces could form more hydrogen bonds with bacteria, leading to increased adhesive forces, even exceeding the adhesion force on the hydrophobic surface (Boks et al., 2008).
The mechanisms of bacterial adhesion on the surface of materials are complex; they are related to the characteristics of the material itself, such as surface patterning, roughness, wettability, and surface charge as well as the characteristics of different bacteria (Pajerski et al., 2020; Yang et al., 2022). Without considering the addition of antibacterial ingredients or changing surface morphology, superhydrophilic surfaces can be obtained with certain bacteriostatic properties (Lan et al., 2015; Jeong et al., 2017). Bacteria were generally not completely eliminated on the titanium surface, so the reduction in the number of bacteria was attributed to the anti-adhesion effect, and the bacterial viability was inhibited by the treatment on the superhydrophilic titanium surface. This type of superhydrophilic surface with short-term antibacterial effects can meet the requirements of clinical implantation without infection, and its antibacterial mechanisms are largely dependent on surface treatment methods. Therefore, we selected the typical surface modification methods, UV photo-functionalization and plasma treatment, and their several potential bacteriostatic mechanisms. Table 2 lists several examples of superhydrophilic surfaces with antibacterial properties.
TABLE 2 | Examples of bacteriostasis on superhydrophilic surfaces.
[image: Table 2]3.2.1 Ultraviolet photo-functionalization
The naturally occurring oxide film on the titanium surface generally exists in an amorphous state and does not exhibit photocatalytic ability; however, the three crystal structures of TiO2, anatase, rutile, and brookite, show photocatalytic activity and can be obtained via various oxidation methods, including sol-gel method, sputtering, chemical vapor deposition, atomic layer deposition, plasma immersion ion implantation, cathodic arc deposition, and anodization (Yeniyol et al., 2015; He et al., 2019). Under the excitation of UV light, the TiO2 surface with semiconductor properties can generate electron-holes pairs, inducing a series of photocatalytic reactions, and facilitating the antibacterial effect (Chouirfa et al., 2019). UV treatment on titanium surfaces leads to the excitement of electrons from the valence band to the conduction band, followed by the abundant production of electron-hole pairs. Gallardo-Moreno et al. (2010), reported that the irradiation of Ti6Al4V surfaces with UV-C light produced residual post-radiation effects that directly affected the viability of adhered bacteria, and the antibacterial effects are likely due to the return of the absorbed energy and the formation of little electrical currents caused by the surface charge during the relatively slow recombination process of electron-holes pairs of TiO2 after irradiation. Hatokoet al. reported that UV-treated titanium surface inhibited the proliferation of S. aureus owing to the increased intracellular reactive oxygen species (ROS) (Hatoko et al., 2019). ROS can damage bacterial membranes and cell walls; thus, additional to destroying the bacterial defense system, they can also penetrate bacterial membranes, and destroy proteins and lipids, directly or indirectly disrupting cellular respiration and other physiological activities (Ren et al., 2020). UV treatment renders the titanium surface with a bacteria repellent; however, the effect is time-dependent (de Avila et al., 2015; Zhang et al., 2017). Electrochemical anodization, a surface modification method, is often used to obtain a functional TiO2 film in the preparation of superhydrophilicity surfaces treated using UV. This anodized surface is inherently antibacterial. The surface of the titanium implant was placed in a sodium chloride solution and anodized by forming TiCl3 surface layer (Han et al., 2016). Subsequently, the modified surface gradually hydrolyzes, resulting in the formation of Ti–OH and bactericidal hypochlorous acid. Ti-OH endows the titanium surface with superhydrophilicity (Shibata et al., 2010), thereby facilitating favorable biocompatibility. Hypochlorous acid can be continuously released from titanium the surface for eight weeks (Shibata and Miyazaki, 2014), endowing the titanium surface with antibacterial properties (Shibata et al., 2010).
3.2.2 Cold plasma treatment
Cold plasma, a neutral-ionized gas regarded as the fourth fundamental state of matter (other than solid, liquid, and gas) (Burm, 2012), is currently applied in the surface modification of materials. Plasma is a mixture that contains UV and heavy (molecules, atoms, free radicals, ions) and light (electrons and photons) species generated by the excitation of gas via electric discharges (Moreau et al., 2008). The oxide layer on the titanium surface can be modified using ions, such as COOH−, NO−, OH−, N3−, and O2−, after plasma treatment, and reactive oxygen and nitrogen species are the main effective components of cold plasma, enabling the titanium surface to perform reductive potential, which can oxidize the surrounding matter. Additionally, plasma-treated superhydrophilic titanium surfaces can exert bacteriostatic function through the ROS pathway (Yoo et al., 2015). Lee et al. (2019) reported that plasma-treated superhydrophilic titanium surfaces can inhibit the growth of Gram-negative bacteria; this inhibitory effect on Gram-negative bacteria is stronger than that on Gram-positive bacteria because of the thickness of the peptidoglycan layer in the bacterial cell wall (Lee et al., 2019). However, the contents of the reactive species in the materials were time-dependent, with the bacteriostatic effects decreasing over time (Park et al., 2018; Yang et al., 2021).
These two treatments show strong antimicrobial activity against Gram-negative bacteria, and the superhydrophilic surfaces also have a certain inhibitory effect on the formation of Gram-negative bacteria biofilm, such as the P. aeruginosa biofilm. After UV treatment of Ti plate, the growth of P. aeruginosa density and coverage decreased significantly, after 16 h of biofilm formation, UV treatment of titanium plate compared with untreated plate, the cumulative biomass significantly reduced and UV treatment on the surface of engraftment significantly sparser, cells less, smaller and more fragmented. The titanium discs were covered with larger, higher, and more extensive microcolonies (de Avila et al., 2015). Plasma nitriding Ti surface had excellent biofilm performance, and no large bacterial clusters of P. aeruginosa were observed after 3 or 6 h of culture, which may be related to the trivalent titanium ions produced by nitriding mechanism (Nunes Filho et al., 2018). Furthermore, the surface of Ti treated with non-thermal plasma (NTP) alone did not show the performance of effective inhibition of P. aeruginosa biofilm, but after the combination with gentamicin (GTM), the biofilm coverage area was significantly reduced. When treated with 0.25 h NTP and then 8.5 mg/L GTM, P. aeruginosa ATCC 15442 mature biofilm was completely eliminated from the surface. Therefore, NTP can be used as a suitable antibiofilm agent in combination with antibiotics for the treatment of biofilm-associated infections caused by this pathogen (Paldrychová et al., 2019; Paldrychova et al., 2020).
The chemical change, in which carbon content decreases and oxygen content increases on the surface of titanium after superhydrophilic modification (Hotchkiss et al., 2016; Jeong et al., 2017; Lee et al., 2017; Wang et al., 2020), can induce bacterial adhesion resistance. The effect of chemical composition on bacterial adhesion may be more important than surface energy, but further studies are needed to confirm this hypothesis (Lee et al., 2017). The bacteriostatic ability of the surface is optimal when the surface modification is completed, so in practical application, it is required to properly determine the ideal time point of surface treatment and implantation to better exert the bacteriostatic properties.
3.3 Comparison of antibacterial principle with superhydrophobic surface
Superhydrophobic surfaces have attracted extensive attention owing to their excellent self-cleaning and anti-fouling effects. If superhydrophobic surfaces are applied to implant surfaces, they can effectively reduce infection caused by microorganisms, reduce the rate of secondary surgery, as well as reduce thrombosis, thereby facilitating patient recovery (Kattula et al., 2017). Unlike superhydrophilicity surfaces, which are chemically antibacterial by changing some reactive oxygen groups or charges, superhydrophobic surfaces tend to directly kill bacteria that adhere to the surface. The antibacterial effect of superhydrophobic surfaces can be reflected in two aspects. On the one hand, superhydrophobic materials can prevent or reduce bone marrow-derived cells and bacterial adhesion (S. aureus and verdigris); this is owing to the reduction in the surface energy of the superhydrophobic surface and the amount of protein adsorption on the surface, thereby making the bacteria harder to adhere and more likely to be removed before the biofilm is generated, known as the self-cleaning effect of the superhydrophobic surface (Vanithakumari et al., 2013; Bartlet et al., 2018; Cao et al., 2018). On the other hand, the nanopillar structure on the superhydrophobic surface can kill the bacteria attached to the surface, but the mechanisms of microbial repulsion on superhydrophobic surfaces are complex and little understood currently. However, the characteristic of the hydrophobic surface repelling bacteria has certain limitations, most Gram-negative microorganisms exhibit repulsion, and Gram-positive microorganisms tend to adhere to these surfaces (Jaggessar et al., 2017). Table 3 lists a few examples of antibacterial superhydrophobic surfaces.
TABLE 3 | Examples of bacteriostasis on superhydrophobic surfaces.
[image: Table 3]The self-cleaning effect of superhydrophobic surfaces is attributable to their low surface energy, the structure of bacteria, and surface roughness. Suitable surface roughness reduces the contact area, and low surface energy coating limits adhesion (Kavitha Sri et al., 2020). S. aureus is more likely to adhere to titanium surfaces than P. aeruginosa, because spherical bacteria require lower surface energy to successfully adhere to titanium (Fadeeva et al., 2011). However, compared with that on smooth titanium surfaces, the adhesion of bacteria on the surface of superhydrophobic titanium nanoparticles after treatment is relatively reduced. This resistance to bacterial colonization may be due to the greatly reduced surface area required for bacterial adhesion (Zhan et al., 2021).
Jenkins et al. (2020) reported that Escherichia coli adhering to the treated superhydrophobic nanoparticle titanium surface was first deformed under the action of nanoparticles, but the particles did not penetrate the cell membrane. Such deformation generally occurred in the area between the nanoparticles, namely air pockets, owing to the secretion of EPS layer. The bacterial cells then attached strongly to the nanostructure, and gradually, the nanoparticles penetrated the bacterial membrane. When the adhesion is sufficiently strong, the bacterial membrane ruptures owing to the resistance that occurs. Figure 2 shows the process of the bacterial rupture. By contrast, S. aureus, which clung to the surface, is not penetrated, likely because the cell walls of Gram-positive bacteria have thicker peptidoglycan layers, hindering the penetration of the nanoparticles.
[image: Figure 2]FIGURE 2 | Nanoparticles of superhydrophobic surface cause bacterial cell membrane deformation, penetration, and rupture. After adhering to the surface of superhydrophobic nanoparticles, Gram-negative bacteria underwent cell membrane deformation, penetration, and rupture, and subsequent death.
Superhydrophobic surfaces can cause the attached Gram-negative bacteria to rupture and die via the surface morphology. Superhydrophilic surface is formed with antibacterial groups on the titanium surface through special surface treatment, which produces ROS to destroy bacterial cell membranes and cell walls, consequently leading to the death of bacteria.
4 EFFECT OF SUPERHYDROPHILICITY TITANIUM SURFACE ON OSSEOINTEGRATION
The direct integration of bone and metal leads to structural and functional integration between the living bone and the implant surface, known as osseointegration, which is the rapid activation of the immune response to tissue injury via endosteal injury (Overmann et al., 2020). The osteoblast lineage is required for rapid osseointegration, and endothelial cell (EC)-mediated angiogenesis is required for new bone formation (Noble and Noble, 2014). Osseointegration can be divided into three stages: inflammation, repair, and remodeling (Sakka and Coulthard, 2009).
According to the sequence of the occurrence of osseointegration, we classified it into three parts as follows: immune response, angiogenesis, and osteogenesis. The effects of superhydrophilic surfaces will be introduced respectively.
4.1 Effect of superhydrophilicity titanium surface on immune response during osseointegration
The immune system is the most effective weapon against foreign body invasion and tissue damage. Osseointegration is actually an immune-driven process that relies on favorable inflammatory pathways that promote new bone formation as part of the host response to bioactive implants and reduce negative tissue responses that can lead to rejection. The primary driving force of bone immunology is host innate immunity, particularly macrophage activation (Lee and Bance, 2019). The immune cells that interact with the implant surface can release a variety of cytokines for regulating the microenvironment of the surrounding tissue, affecting the initial host response to the implants, the process of osseointegration, and the long-term effects of the implants (Zhang et al., 2021).
4.1.1 Promotion of anti-inflammatory macrophage polarization through NETosis of neutrophils
After the degranulation of platelets (Terheyden et al., 2012), the neutrophils invade the blood clot via amoeboid migration, squeezing through little gaps in the walls of the blood vessels (Terheyden et al., 2012). Neutrophils can immediately dominate as the “first responders” after the tissue damage triggered by biomaterial implantation, and function in three primary abilities: the generation of oxidative bursts, release of granules, and formation of neutrophil extracellular traps (NETs), which enable neutrophil involvement in inflammation, recruitment of macrophages, M2 macrophage differentiation, resolution of inflammation, angiogenesis, and immune system activation (Selders et al., 2017).
Neutrophils dominate immediately after tissue injury (Wang, 2018). Although neutrophils exist for a considerably short time, they still play an indispensable role in promoting the polarization of macrophages. A role of neutrophils, NETosis, can be triggered in sterile inflammation (Thiam et al., 2020). It is a specific form of cell death caused by neutrophils, which is characterized by the release of cytokines, enzymes, immune cell recruitment chemokines, and DNA fibrils into the extracellular space referred to as NETs (Brinkmann et al., 2004; Yang et al., 2016). Abaricia et al. (2020) observed conditioned media from neutrophils grown on superhydrophilic titanium surfaces lead to anti-inflammatory macrophage polarization, and this anti-inflammatory effect was enhanced by the pre-treatment of neutrophils with a pharmacologic NETosis inhibitor. Therefore, a superhydrophilic titanium surface could reduce the neutrophil-induced pro-inflammatory transformation of macrophages regulated by NETosis.
4.1.2 Regulation of macrophage polarization
The early inflammatory response of macrophages to the material surface prior to osteogenesis and angiogenesis determines the fate of the implant in vivo through bone immunoregulation (Bai et al., 2018). The effect of superhydrophilic surfaces on the immune system is predominantly reflected in promoting the polarization of macrophages to the anti-inflammatory phenotype (Bai et al., 2018; Gao et al., 2020; Huang et al., 2021). The surfaces induced the immune response of macrophages, which secreted initial levels of proinflammatory cytokines and ultimately the highest concentrations of anti-inflammatory and immunomodulatory factors (Hotchkiss et al., 2016). Anti-inflammatory factors, IL-4, IL-10, IL-13, and TGF-β, were upregulated, whereas the pro-inflammatory factors, IL-1, IL-6, and TNF-α, were significantly down-regulated. The superhydrophilic surface effectively inhibited the inflammation of the implant-bone interface via down-regulating the expression of iNOS and CD86 in the M1 phenotype and up-regulating the expressions of IL-10, CD163, and CD206 in the M2 phenotype (Bai et al., 2018).
TNF-α, a key proinflammatory regulator that is predominantly released by stimulated macrophages, enhanced osteoclast differentiation and resorption activity, inhibited osteoblast activity and bone formation (Theiss et al., 2005), also combined with NF-κB through NF-κB-TNF-α pathway to attenuate the macrophage immune response (Robson et al., 2004). The activation of the NF-κB pathway, a key intercellular regulator of inflammatory signaling, promotes the secretion of proinflammatory cytokines, including TNF-α and IL-1β (Dai et al., 2015).
In addition to the TNF-α-NF-κB pathway, integrin β1 has also been observed to contribute to osteogenesis via superhydrophilic surfaces in a study by lv et al. (2018) and the high expression of integrin β1 was detected on the UV-Ti surface, likely because fibronectin (Fn) maintains a more active conformation on the hydrophilic surface, leading to more cell binding sites (RGD) exposure, allowing integrin β1 to better bind to the hydrophilic surface (Li et al., 2020). The highly expressed integrin β1 is likely to drive macrophages to the M2 phenotype through the Phosphoinositol-3-kinase (PI3K)/Serine/threonine kinase (Petzold et al., 2017) signaling pathway. PI3K also signals through Akt to inhibit NF-κB activation, which induces a proinflammatory phenotype of macrophages, thereby inhibiting the polarization of macrophages toward the M1 phenotype (Lv et al., 2018). Hotchkiss et al. (2016) also reported that the combination of increased surface roughness and hydrophilicity may have a synergistic effect on increasing anti-inflammatory macrophage activation and yielding a suitable microenvironment, which may improve osseointegration and lead to a superior implant effect. Figure 3 shows the effects of a superhydrophilic surface on macrophage polarization.
[image: Figure 3]FIGURE 3 | Schematic of influence of superhydrophilicity surface on osteogenic immune response. From left to right: the increased attachment of Fn provides more binding sites for integrin β1, which in turn promotes the polarization of macrophages towards M2 by promoting the PI3K/Akt pathway. The superhydrophilic surface up-regulates IL-4, IL-10, and IL-13, promotes the polarization into M2, and promotes M2 phenotype secretion of IL-10, CD206, and CD136, promoting anti-inflammatory effects. The down-regulation of IL-6, TNF-α, and IL-1β inhibited the polarization into M1 polarization, and inhibited the secretion of CD84 and iNOS of the M1 phenotype, inhibiting inflammation. Macrophages activated CD4+T cells, and the superhydrophilic surface promoted the differentiation of CD4+T cells into the anti-inflammatory phenotype Th2 and Treg and inhibited the differentiation into the pro-inflammatory phenotype Th1 and Th17.
4.1.3 Promotion of the macrophage-induced adaptive immune response towards Th2 pro-wound healing phenotype
Newly recruited adaptive immune cells known as T cells are activated via antigen presentation by macrophages or dendritic cells (Lazarevic et al., 2013). Activated T cells, particularly CD4+ helper T cells, are considered the most influential cells for generating long-term immune responses. Helper T cell subsets have several phenotypes: helper cell type 1 (Th1), helper cell type 2 (Th2), helper cell type 17 (Th17), and T regulatory cells (Tregs). Th1 and Th17 are broadly considered proinflammatory (Lazarevic et al., 2013; Song et al., 2014), whereas Th2 and Treg helper cells are considered the most important for tissue regeneration (Lei et al., 2015; Schiaffino et al., 2017). In Hotchkiss’ in-vivo research, rough superhydrophilicity surfaces produced the maximum up-regulation of Th2 and Treg genes and down-regulation of Th1 and Th17 genes three days after implantation, demonstrating that M φ could polarize the adaptive immune response toward Th2, pro-wound healing phenotype, promoting the resolution of inflammation and increasing stem cell recruitment around implants (Hotchkiss et al., 2018), as shown in Figure 3.
4.2 Effect of superhydrophilicity titanium surface on angiogenesis
Newly formed capillaries play a critical role in this process and provide a favorable biological basis for implant osseointegration. The capillary system is the most basic structure to maintain the normal metabolism of the body, providing nutrients required for metabolism, exchange of oxygen and carbon dioxide, and a huge network of official channels for the exchange of the body and metabolites (Zhao et al., 2018).
An et al (2009) reported that superhydrophilic surfaces promote vascular EC proliferation by up-regulating related markers and expression factors, such as endothelial markers and angiogenic factors, Von Willebrand factor, thrombomodulin, and endothelial protein C receptors.
In the inflammatory stage, macrophages are stimulated by an intracellular transcription factor known as hypoxia-inducible factor (HIF-1), which may interact with VEGF to increase angiogenesis during osseointegration on the surface of superhydrophilicity implants (Calciolari et al., 2018; Zhang et al., 2020). The binding of VEGF-A to its receptor (VEGFR2) can activate various signaling pathways (El Chaar et al., 2019), leading to promoted cell survival, proliferation, infiltration, and migration (Lu et al., 2018). After the homodimerization of VEGF and VEGFR2, NO is stimulated, contributing to vascular permeability and long-term response of EC survival, migration, and proliferation (Rabelink and Luscher, 2006). Osteoblast-derived VEGF acts on adjacent ECs and stimulates osteoclast formation and differentiation (Hoeben et al., 2004; Liu et al., 2012; Hu and Olsen, 2016). Raines et al. (2019). showed that superhydrophilicity titanium surfaces increased osteogenic VEGF-A expression. Upon binding of VEGF-A to VEGFR2, occurs homologous dimerizationand undergoes intense autophosphorylation, inducing downstream phosphorylation of PI-3 kinase in ECs (Maes et al., 2010; Calciolari et al., 2018; Raines et al., 2019).
4.3 Effect of superhydrophilic titanium surface on osteogenesis
Bones are continually adapted and remodeled by the activity of two cell types: mesenchymal stem cells that differentiate into osteoblasts, the immature cell-rich braided bone that forms through ossification, and osteoclasts that act on the resorption of bone derived from macrophage/monocyte lines (Sartori et al., 2019). The phenotypic differentiation of MSCs into osteoblasts is an important step in bone formation and implant integration (Kunrath et al., 2020). This process is regulated by the TGF-β\BMP2 signal, and TGF-β, as well as BMP2 expressions, are significantly increased on the superhydrophilic surface (Ivanovski et al., 2011). The surface interaction between titanium implants and osteoblastic membranes consists of two stages: the nonspecific interactions of membranes using electrostatic forces and environmental binding involving the entire assembly in local contact (Rahnamaee et al., 2020). Calciolari reported that specific signaling pathways, such as Wnt, VEGF, and mitogen-activated protein kinases (MAPK) at the genomic and proteome levels have been identified as modulated by differences in titanium surface hydrophilicity; additionally, the enhanced osteogenic response on the hydrophilic surface may be caused by the up-regulation of the PI3K/Akt signaling pathway (Calciolari et al., 2018).
4.3.1 Superhydrophilicity surface with osteoblasts
Osteoblasts cultured on superhydrophilic surfaces showed a favorable diffusion performance, increased the contact area with materials, triggered osteogenic stimulation (da Silva et al., 2020), further promoted cell proliferation and differentiation (Li et al., 2019), and up-regulated related genes (Zhao et al., 2005). Studies have demonstrated that the osteoblasts cultured on the superhydrophilic titanium surface exhibited the enhancement of migration and proliferation ability (Henningsen et al., 2018; Smeets et al., 2019). Cold plasma treatment can promote the high expression of osteogenesis-related genes, such as alkaline phosphatase (ALP), Runt-related transcription factor 2 (Runx2), osteocalcin (OCN), and osteopontin (OPN) in precursor osteoblasts (Seo et al., 2014). An in vivo study by Tsujita et al, (2021) demonstrated that plasma-treated titanium could inhibit oxidative stress in cells and promote new bone formation around implants. In addition, Ann Wennerberg et al. (2014) compared the effects of the hydrophobic structure, hydrophobic structure of nano-structure, low-density nano-hydrophilic structure, and high-density nano-hydrophilic structure on the bone healing of adult rabbits via animal experiments in vitro, and concluded that the bone reaction was realized under the combination of wettability and the presence of nano-structure. The modified hydrophilic surface increased the absorption of plasma fibronectin (Rupp et al., 2004), promoted the differentiation of osteoblast cells, and upregulated related genes (Zhao et al., 2005).
The BMP-Runx2 pathway is a potential pathway that promotes osteogenesis on superhydrophilicity surfaces. Bone morphogenetic protein (BMP) is a member of the multifunctional cytokine transforming growth factor -β (TGF-β) superfamily and is an important factor for osteogenesis. After BMP binds to its receptor (BMPR), BMPR is recruited to form an activated quaternary complex, which subsequently phosphorylates and activates the intracellular Smad protein. The receptor Smad binds to co-Smad and is transported to the nucleus as a transcription factor. Runx2 is a key transcriptional regulator of osteoblast differentiation, and one of the BMP-Smad target genes is Runx2. Runx2 binds to the OCN promoter and is involved in the early expression of osteochondral progenitor cells and osteoblast differentiation. Runx2 also induces the expression of osteogenic markers such as OCN and OPN (Lin and Hankenson, 2011). Both BMP and Runx2 are highly expressed on superhydrophilic surfaces, indicating that the superhydrophilicity promotion of bone integration may be closely related to the BMP-Runx2 pathway.
Additionally, the forkhead box transcription factor O1 (FoxO1) involves the interaction between the superhydrophilic surface and osteoblasts. Huang reported that the hydrophilic surface can reduce the level of ROS in macrophages under oxidative stress, and promote the inflammatory response to the anti-inflammatory type by upregulating FoxO1 (Huang et al., 2021). FoxO1 mediated the antioxidant and osteo-differentiation effects. Previous studies have also demonstrated that the appropriate upregulation of FoxO1 activates transforming growth factor-β1 (TGF-β1), a key growth factor in wound repair, and protects the cells against oxidative stress (Ponugoti et al., 2013). Further molecular mechanism experiments showed that hydrophilic surfaces promoted FoxO1 expression under oxidative stress and also promoted osteogenic differentiation (Huang et al., 2021).
In conclusion, superhydrophilic surfaces might up-regulate the high expression of BMP and Runx2 and promote FoxO1 gene expression to up-regulate TGF-β1, inhibit inflammation, as well as promote osteoblast proliferation and differentiation. Figure 4 shows the process of the BMP-Smad-Runx2 pathway and FoxO1-TGF-β1pathway. Thus, controlling the inflammation of the bone and surrounding tissues at an appropriate level is the key to promoting ideal osseointegration and reducing peri-implant bone resorption.
[image: Figure 4]FIGURE 4 | Effect of superhydrophilicity surface on osteogenic associated cells. Superhydrophilic surfaces promote osteogenic differentiation by promoting the activation of the BMP-Smad-Runx2 pathway in MSC, up-regulating FoxO1-TGF -β1 expression in macrophages, and promoting osteogenic differentiation. Osteoclast differentiation was suppressed by inhibiting RANKL and integrin β1/FAK/MAPK pathways.
4.3.2 Superhydrophilicity surface with osteoclasts
Osteoclasts, a key cell in the remodeling stage, can be formed via macrophage differentiation stimulated by the receptor activator nuclear factor-Kappa B ligand (RANKL) in the presence of at least three nuclei (He et al., 2022). ECs support vascular-associated osteoclast differentiation through RANKL-RANK signaling (Zhang et al., 2020).
The inflammatory mediators, such as IL-1, IL-6, and TNF-α, secreted by the M1 macrophages, can increase the level of RANKL, an important cytokine that regulates the formation of osteoclasts, induce the death of osteoblasts (Sun et al., 2021), and promote the activation of macrophages into osteoclasts (Insua et al., 2017). Osteoclasts appeared in the wound several days after surgery. They begin to create space for new bone formation and remove primary bone contact. The remodeling phase may continue for several years until most of the old bone in contact with the original bone is replaced by the newly formed, load-oriented bone (Terheyden et al., 2012). Studies have demonstrated that superhydrophilic surfaces increase macrophage recruitment and decrease osteoclast formation. However, the integrin β1 expression was decreased in osteoclasts on the nanotube surface compared with the untreated titanium surface. The surfaces of superhydrophilicity titanium nanotubes inhibited the differentiation of osteoclasts and promoted osteogenesis by decreasing integrin β1-mediated FAK phosphorylation and its downstream MAPK pathway (P-P38). Moreover, the activity of osteoclasts on the nanotube surfaces was decreased (He et al., 2022).
5 CONCLUSION AND PERSPECTIVES
Owing to the unfavorable osseointegration and implant failure caused by microbial-related infections in clinical practice, implant materials that combine antibacterial properties and biocompatibility have always been an important goal for obtaining the perfect initial implantation effect and for maintaining the long-term survival of implants. Among the various surface modification methods, improving the wettability of the implant surfaces has been considered to regulate the host response to the implants, thereby accelerating the osseointegration speed; the superhydrophilic surfaces can possess the above functionality as well as show certain antibacterial effects. In this study, advances in superhydrophilicity titanium alloys, including antibacterial function and improved biocompatibility, are reviewed, and the related mechanisms in recent research are summarized. The post-treated titanium surfaces usually perform their antibacterial function by inhibiting bacteria adhesion and cell viability and even partially eliminating bacteria. Moreover, because of the favorable biocompatibility, a superhydrophilic titanium surface could effectively modulate the macrophages with an enhanced immune response against bacteria and influence the race between macrophages and bacteria to adhere to biomaterial surfaces (Yang et al., 2021). Thus, the superhydrophilic surface considerably reduces the likelihood of failure of the implant to bond to the bone surface owing to microbial infection. It promotes osteogenic immune responses as well as angiogenesis and osteogenic differentiation.
However, numerous challenges remain to be overcome. First, the mechanisms of the obtained antibacterial properties, based on the treatment methods, require further investigation. Current studies have observed that the superhydrophilicity of titanium treated with UV or cold plasma could inhibit bacterial adhesion and proliferation in a time-dependent manner which commonly lasts for over 24 h, longer than the 6-h decisive period post-implantation. The different durations of the surface antibacterial properties are related to multiple factors, including the treatment methods, bacterial species, and inherent composition of the biomaterials. Furthermore, the duration of the superhydrophilic surface treatment could influence the antibacterial effect, but the effect has certain limitations compared with other antibacterial methods. Therefore, it is of significance to combine superhydrophilicity treatment with other surface modifications to exert better antibacterial properties while obtaining superior biocompatibility. Secondly, the specific effects of surface chemical composition changes on osteoblast-related cells need to be further studied. It has been found that the decrease of carbon content on the titanium surface is beneficial to improve the biological activity, and the increase of oxygen content is beneficial to increase the oxygenated fraction that can absorb fibronectin, and improve the protein adsorption rate to regulate the proteoglycan and cytoskeleton structure. Therefore, the effect of chemical composition changes on osteogenesis is worthy of further study. Thirdly, more in vivo studies are required, particularly to assess its effect on long-term implantation, which will be key to long-term clinical use. The biocompatibility and mechanical strength of the coating, such as the mechanical stability of the superhydrophilicity surface of titanium alloy, whether the propagation of the biological coating can withstand the biological environment of the human body, and whether the exposure to metal oxides will interfere with the function of cells and organs, have not been confirmed. Therefore, it is important to determine the stability and cytotoxic behavior of this material/implant. Fourthly, the durability of the structure has not been proven, and despite the significant efforts made to date, achieving superhydrophilic surfaces with high mechanical strength, favorable chemical stability, and durability to meet demanding applications remains a challenge, and further research is required. For numerous applications that do not require wear resistance, superhydrophilic surfaces can be used for a favorable performance. For example, superhydrophilic surfaces can be applied to permanent implants, reduce bacterial adhesion, and promote implant bone integration. Therefore, it is important to understand the durability requirements of the target application to adopt the appropriate treatment methods when preparing suitable superhydrophilic surfaces. Finally, the artificial structure is far from emulating the natural structure. The superhydrophilicity of natural structures and other properties conferred by them cannot be fully reflected in artificial surfaces.
In conclusion, while the superhydrophilicity obtained by treating titanium alloys alone holds considerable promise for the development of next-generation orthopedic and dental implants, more work and sustained effort are required to translate them into devices for clinical applications. In addition, determining methods to prove the sustainable superhydrophilicity of the material surface in the body after implantation remains a challenge to be overcome at present.
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Titanium-magnesium composites have gained increasing attention as a partially degradable biomaterial recently. The titanium-magnesium composite combines the bioactivity of magnesium and the good mechanical properties of titanium. Here, we discuss the limitations of conventional mechanically alloyed titanium-magnesium alloys for bioimplants, in addition we summarize three suitable methods for the preparation of titanium-magnesium composites for bioimplants by melt: infiltration casting, powder metallurgy and hot rotary swaging, with a description of the advantages and disadvantages of all three methods. The titanium-magnesium composites were comprehensively evaluated in terms of mechanical properties and degradation behavior. The feasibility of titanium-magnesium composites as bio-implants was reviewed. In addition, the possible future development of titanium-magnesium composites was discussed. Thus, this review aims to build a conceptual and practical toolkit for the design of titanium-magnesium composites capable of local biodegradation.
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INTRODUCTION
Tissue injury is an unavoidable part of everyone’s existence. In some circumstances, tissue injury cannot heal itself, which means hard tissue repair components must be implanted to help the injured tissue heal (Zhang L. et al., 2019). Autologous bone grafts are without a doubt the greatest material for restoration (Rodriguez-Merchan, 2022), with no rejection and a high graft success rate. Nonetheless, due to the limited availability of materials and the difficulty of adjusting shapes and properties, it is difficult to apply them on a large scale. In order to overcome the limitations of self-bone grafting, research into synthetic bone repair materials is gradually gaining attention. And with the help of computer aided design and numerical simulations, synthetic bone repair materials have been vigorously developed (Zach et al., 2014). Metals, ceramics and polymers are commonly used as hard tissue replacement materials. Metallic materials play a role in most plastic surgery devices and dental implants, including temporary implants and permanent implants (Taddei et al., 2004; Chen and Liu, 2016). Nowadays many types of industrial metals are available, however, since bio-implants are implanted in the human body, only a few metals can meet the requirements for development as bio-implants. Conventional implants, which have been extensively used for orthopedic applications and are constructed of Ti-based alloys (Liu et al., 2019; Yan et al., 2019), stainless steel (Brooks et al., 2017; Teo et al., 2021), and cobalt-based alloys (Mas Ayu et al., 2019), will remain inside the body permanently after its implantation. Magnesium (Maier et al., 2020; Wu et al., 2021; Zeller-Plumhoff et al., 2021) are also classified as implants as biodegradable materials, in addition to the metals indicated above. In general, stainless steels and Co-based alloys suffer from a major biological drawback. For example, these two permanent alloys suffer from corrosion, which causes the liberation of allergenic/toxic Ni and Cr ions into bodily fluids. The release of these harmful ions will activate adverse inflammatory and immune responses in vivo, which becomes a primary shortcoming for long-term use in the biological surroundings (Wong and Man, 2018). Low density and high strength are advantages of titanium, and a dense oxide film will form on the surface of titanium and titanium alloys when titanium and titanium alloys come into contact with air or an oxygen-containing medium (Tang et al., 2018). Titanium alloys have been widely used in the field of biomedical applications due to their excellent biocompatibility and mechanical properties (Fan et al., 2021). Magnesium is a light metal with a density of 1.74 g/cm3, which is equal to the density of human bone (1.75 g/cm3) (Zhou H. et al., 2021). Due to their superior mechanical compatibility, biocompatibility, and degradability, magnesium and magnesium alloys have a wide range of biomedical uses. Magnesium is one of the body’s macronutrients and is involved in a number of metabolic activities. The most important of these is that it promotes calcium deposition, which is good for bone formation (Makkar et al., 2018).
The respective shortcomings of titanium and magnesium materials limit their widespread use. The disadvantage of titanium is that its Young’s modulus (E), although lower than that of other metals, is still somewhat different from that of human bone, which inevitably leads to “stress shielding” (Chen and Thouas, 2015). As a result, past studies have focused on reducing the E of biomedical titanium materials. β-phase titanium has been found to be a phase with a low E (Zhou L. et al., 2021), so increasing the content of β-phase in titanium alloys has become a significant focus of research (Koizumi et al., 2018; Aguilar et al., 2019; Pellizzari et al., 2020). Titanium alloys with E as low as 33 GPa have been developed (Hao et al., 2007). In addition to increasing the content of the β-phase to reduce the E, the introduction of a porous structure is also considered as an excellent way to reduce the E (Khodaei et al., 2018). Due to its unique pore design, porous titanium deforms more than bulk materials when subjected to the same force. As β-phase titanium alloys require the addition of a number of β-phase stabilizing elements (Qazi et al., 2005), the addition of these heavy elements increases the risk of cytotoxicity caused by release of metal ions (Yu et al., 2015). Furthermore, titanium alloys enhance the likelihood of a patient’s allergy after implantation (Fage et al., 2016). Weighing the pros and cons, porous titanium is considered to be an effective way to avoid the “stress shielding” phenomenon. By altering the porosity of porous titanium, the modulus of elasticity may be accurately regulated, allowing it to conform exactly to that of human bone tissue. The presence of a porous structure provides not only a channel for the movement of nutrients, but also space for tissue cell proliferation (Meenashisundaram et al., 2020). However, as titanium is a biologically inert material, certain surface modifications to the surface of the metal titanium are required to enable it to induce the formation of human bone tissue (Su et al., 2020). The surface modification treatment would make the preparation process more complicated and increase the production cost, which limits the wide application of porous titanium. The main problem faced by magnesium and magnesium alloys when implanted into the human body is their rapid degradation rate (Bütev Öcal et al., 2020), which can lead to an increase in pH in local areas of the tissue and a series of problems caused by rapid hydrogen precipitation. Rapid corrosion rates will eventually lead to premature loss of mechanical properties of magnesium and magnesium alloys. In this regard, reducing the degradation rate in vivo is a major problem for Mg based materials. High purity Mg alloy has a lower content of impurity elements, and although the degradation rate is lower than that of commercially pure Mg, the mechanical strength of high-purity magnesium is so low that it is not suitable for biological implants. For magnesium, alloying is an important step to improve its corrosion resistance. Magnesium alloys such as AZ91D, WE43 and ZK60 are considered to last longer than commercially pure magnesium in the human body (Witte et al., 2005; Asri et al., 2017).
In view of the inherent drawbacks of the Ti-based and Mg-based materials, titanium-magnesium composites for partially biodegradable implants have drawn the attention of researchers in recent years, which might circumvent the disadvantages of the permanent and non-permanent implants currently in use. Initially, scholars began to research the feasibility of titanium-magnesium composites as orthopedic load-bearing implants (Li et al., 2015). Subsequently, the mechanical and fatigue properties of titanium-magnesium composites have been shown to be comparable to Grade 4 Ti (Balog et al., 2017). Therefore, titanium-magnesium composites are also a viable option for dental implants. In addition, titanium-magnesium composites have also been developed for use in bioinspired fish scales (Liu X. et al., 2021). In summary, titanium-magnesium composites have a wide range of application prospects.
This paper presents an overview of recent research and developments of titanium-magnesium composites used as biomedical materials. It can be divided into three main sections, beginning with preparation of titanium-magnesium composites, outlining three suitable methods for the preparation of titanium-magnesium composites. This section is followed by summarizing mechanical properties of various titanium-magnesium composites and discussing the effects of all phases and alloying elements in titanium-magnesium composites on mechanical properties. The third section considers effect of material ingredient, volume ratio, and other factors on corrosive properties, describing the status of current titanium-magnesium composites used as biomaterials and their limitations. Overall, efforts have been made to reveal the latest scenario of biomedical titanium-magnesium composites. The goal of this review is to create a conceptual and practical toolset for the design of titanium-magnesium composites that can degrade locally.
PROCESSING METHODS
Alloying Ti with Mg is a common strategy for preparing titanium-magnesium alloy. There are two inherent obstacles in the traditional method of preparing titanium-magnesium alloys. On the one hand, titanium is a high temperature resistant metal, with a melting point of 1668°C, which is much higher than the boiling point of magnesium (1070°C). On the other hand, magnesium only acts as solute atoms in the titanium matrix. It was reported that the solid solubility of magnesium in titanium at room temperature is only 0.9 at. % and that of titanium in magnesium is 0.02 at. % (Yao et al., 2022). Figure 1 shows the phase diagram of titanium-magnesium binary alloy. As can be seen obviously, titanium and magnesium cannot be mutually soluble in the full composition range, and there are no eutectic phases or stable intermetallic compounds in the temperature of 600–1000°C. Owing to the significant difficulty of alloying between titanium and magnesium, producing titanium-magnesium alloys by traditional melting processes is nearly impossible. However mechanical alloying can extend the solid solubility of solid atoms and is considered as an effective method to increase the solid solubility of magnesium in titanium (Liang and Schulz, 2003). Cai et al. (2018) carried out ball-milling tests through titanium powder and magnesium powder for 50 h, and then compacted in a cubic-anvil press under a pressure of 4 GPa at RT. After annealed for 1 h, they prepared the Mg-1.5 at.% Ti alloy. In addition, Liang et al. (2021) have also prepared titanium-magnesium alloy with Mg content ranging from 0.312 wt.% to 2.5 wt.% by mechanical alloying method. According to their study, when the Mg content is low, Mg could improve the mechanical strength of Ti due to the co-strengthening effects of precipitation and solid solution. When the Mg content reaches 1.25 wt.%, it will be detrimental to the mechanical properties of the material. As a consequence, mechanical alloying can effectively enhance the solid solubility of magnesium in titanium. Nevertheless, the magnesium content in titanium is still too low to exert obvious influence on the titanium-magnesium alloys. Due to the low solid solution of magnesium in titanium, titanium-magnesium composites prepared by infiltration casting, powder metallurgy and hot press forging have drawn scholars’ attention.
[image: Figure 1]FIGURE 1 | Titanium-magnesium binary phase diagram.
Infiltration casting
Infiltration is a liquid-state fabrication method, in which a porous preform is impregnated in a molten matrix metal to fill the pores. Mechanical winding, powder metallurgy, 3D printing and other techniques were used to prepare porous titanium, and then molten magnesium was used to fill the pores of the porous titanium, resulting in a titanium-magnesium composite (Li et al., 2015; Esen et al., 2016; Meenashisundaram et al., 2020). The schematic diagram of preparing titanium-magnesium composites by infiltration casting is shown in Figure 2. Li et al. (2015) twisted titanium wire into a spiral form, which was then stretched and woven into a 2D mesh. The mesh was formed into a 3D material and pressed in a mold to make the cylindrical porous titanium (p-Ti) preform. Subsequently, molten Mg was infused into the porous titanium, and the titanium-magnesium composite material was formed after cooling to room temperature. According to their research, the stiffness of p-Ti/Mg composites is greatly improved compared to entangled titanium, but only comparable to that of pure magnesium. The strength of p-Ti/Mg needs to be further improved as a biomedical implant. However, its residual strength after degradation is favorable for biomedical applications. Esen et al. (2016) obtained porous structures of Ti and Ti-6Al-4V skeletons by loose powder sintering and obtained titanium-magnesium composites with better mechanical properties by capillary penetration of molten magnesium. Meenashisundaram et al. (2020) 3D inkjet printing technology to mix titanium powder and polyvinyl alcohol to prepare porous titanium parts, followed by pressureless infiltration of molten magnesium to obtain titanium-magnesium composites. 3D printing enables faster and more cost-effective manufacture of net shapes for biomedical implants that meet patient needs and improves precision, fit and load distribution, and is also considered an excellent technology for machining and preparing titanium alloys (Yi et al., 2021). In summary, the advantages of titanium-magnesium composites prepared by infiltration casting method are simple operation, low manufacturing cost, and large-scale industrial production. The disadvantage is that the bonding strength of the titanium-magnesium interface is low, and the wettability and fluidity of the metal solution need to be further improved.
[image: Figure 2]FIGURE 2 | The schematic diagram of preparing titanium-magnesium composites by infiltration casting.
Powder metallurgy
Powder metallurgy preparation of titanium-magnesium composite materials is a technology that uses titanium powder and magnesium powder as raw materials, which are mixed, pressed and sintered by ball milling. The schematic diagram of preparing titanium-magnesium composites by powder metallurgy is shown in Figure 3. With relatively low powder metallurgical sintering temperature, titanium-magnesium composites are easy to operate, with low energy consumption and high precision. Sintering is the most critical part of powder metallurgy and has a direct impact on the mechanical properties of the material. According to the different sintering processes, powder metallurgy can be divided into spark plasma sintering (SPS), microwave sintering, atmosphere sintering, etc. SPS is a fast, low-temperature, energy-saving and environmentally friendly new material preparation technology (Hu et al., 2020). Ouyang et al. (2020) prepared titanium-magnesium composites by SPS technique through irregularly shaped commercial titanium powders and x vol% (x = 10, 20 and 30) Mg-3Zn powders as raw materials, and the relative density values of titanium-magnesium composites are all higher than 98%. However, the content of Mg is low in the titanium-magnesium composites prepared by SPS. Therefore, the distribution of Ti phase in the prepared composites was continuous, while the distribution of Mg-3Zn phase was uniform rather than discontinuous, and these Mg-3Zn did not form continuous channels but independent pores after degradation. The MgO was also found according to XRD analysis, while the effect of MgO on the properties of the titanium-magnesium composites has not been investigated in depth. In order to avoid generation of oxides during the preparation process, Ibrahim et al. (2020) successfully prepared Ti-xMg (x = 0, 12, 17 and 24 vol.%) at a temperature below 450°C, and did not find the aggregation of oxygen elements at the titanium-magnesium interface. The powder metallurgy method can prepare titanium-magnesium composites quickly and efficiently. However, powder metallurgy also has many serious problems. For example, the oxidation of raw materials during the sintering process and the lack of metal compound phase formation at the interface between titanium and magnesium phases lead to poor interfacial bonding strength.
[image: Figure 3]FIGURE 3 | The schematic diagram of preparing titanium-magnesium composites by powder metallurgy.
Hot rotary swaging
Hot rotary swaging is an incremental shaping process, which is commonly used to modify the cross-sections of rotationally symmetric metal objects such as rods, tubes, and wires, as well as to link various materials or components. The hot rotary swaging procedure reduces grain-size in metallic materials, and effectively improves the mechanical properties of the material, and hot rotary swaging has been used for various demanding materials and alloys (Chi et al., 2019; Kunčická et al., 2020; Strunz et al., 2020). The schematic diagram of preparing titanium-magnesium composites by hot rotary swaging is shown in Figure 4. Esen et al. (2013) used titanium and magnesium powder as raw materials, the titanium-magnesium composites with Mg volume fractions of 50, 60, 70 and 80% were prepared by hot rotary forging technology, followed by a 1-h annealing treatment at 600°C aiming at obtaining homogeneous microstructure of the material. The SEM micrographs of titanium-magnesium composites containing 80 vol% Mg are shown in Figure 5. Figure 5A illustrates the presence of oxygen enrichment between Mg-Mg, which indicated the presence of a very thin oxide layer between Mg-Mg. As shown in Figure 5B, the elemental oxygen content between titanium-magnesium was only slightly increased because MgO was present only on the Mg powder of the original material. The titanium-magnesium composite prepared by hot press forging method has high density and good plasticity, but it should pay attention to the various reactions of magnesium powder with oxygen during the processing.
[image: Figure 4]FIGURE 4 | The schematic diagram of preparing titanium-magnesium composites by hot rotary swaging.
[image: Figure 5]FIGURE 5 | SEM micrograph of titanium-magnesium composites containing 80 vol% Mg (A) MgO layers and EDS line scan taken along white line and (B) titanium-magnesium interface and EDS line scan across titanium and magnesium (Esen et al., 2013).
As a consequence, it is challenging to produce titanium-magnesium composite materials, and it is even harder to create them using conventional techniques. The three processes listed above had successfully prepared titanium-magnesium composites and each method has its own advantages. The titanium-magnesium composites prepared by powder metallurgy method will inevitably encounter magnesium volatilization during the preparation process, so the manufactured titanium-magnesium composites may differ from the initial design of the titanium-magnesium content. The titanium-magnesium composites prepared by powder metallurgy method often have low magnesium content, and the volatilization of magnesium will result in the presence of holes in the prepared composites. Hot rotary swaging technique can produce titanium-magnesium composites with a high magnesium content. However, its preparation process and subsequent heat treatment process inevitably react with oxygen to generate oxides such as MgO, which may adversely affect the properties of the composites. Therefore, it is not the best way to produce titanium-magnesium composites. The infiltration casting method meets the requirements of mass production, and can also control the total porosity, pore size and pore distribution of porous titanium scaffolds through 3D printing and other technologies to produce titanium-magnesium composites with specific structures to replace bone in different parts. In addition to the preparation techniques mentioned above, various cutting-edge technologies have been applied to the production of alloys with low miscibility. For instance, due to the extremely quick cooling rate, laser rapid solidification is also known as a potential method for creating metastable structures and alloys with low miscibility.
MECHANICAL PROPERTIES
Ti and Ti-6Al-4V are commonly used as support structures for the preparation of titanium-magnesium composites (Wang et al., 2011; Esen et al., 2020). Commercially-pure Ti (CP-Ti) as an α titanium alloy, only the CP-Ti with grade 4 is used for dental applications or forfabrication of porous coatings rather than joint implants due to its low mechanical strength at room temperature (Chen and Thouas, 2015). Ti-6Al-4V is the most widely used bio-applicable Ti-based α+β alloy. The properties of Ti-6Al-4V can be optimized by adjusting the volume fraction of the α and β phases through different heat treatments due to the presence of both, an α stabilizer (Al) and a β stabilizer (V) (Vrancken et al., 2012). Compared with CP-Ti, Ti-6Al-4V exhibits better mechanical properties. However, the V and Al elements added in Ti-6Al-4V are considered to be cytotoxic, especially that Al ions may depress bone growth and even exert a potential danger of Alzheimer’s disease (Tamilselvi et al., 2006; Li et al., 2014). Currently, research and development in the field of Ti-based alloys is focused on two main objectives. The initial goal is to change the chemical compositions of the alloys in order to replace problematic components. The second goal is to create alloys with characteristics that are as near to bone as possible (Kunčická et al., 2017). The β-type titanium alloys containing more β-phase stabilizers (Mo, Zr and Ta) possess lower modulus of elasticity and higher toughness than Ti-6Al-4V bulk (Zhang Y. S. et al., 2019). The corrosion resistance of β-type titanium alloys in the human body is also higher than that of (α + β) titanium alloys such as Ti-6Al-4V (Carman et al., 2011). The incorporation of these rare metal elements makes the preparation of β-titanium alloys complex and increases the cost of raw materials (Narita et al., 2012). The design of low-cost β-titanium alloys has been in progress and will be used on a large scale for biomedical applications in the foreseeable future (Gepreel and Niinomi, 2013). Most titanium-magnesium composites currently use pure titanium as the raw material due to safety and cost-effectiveness considerations.
The mechanical properties of titanium and titanium alloys with porous structures are greatly reduced compared to the bulk titanium and titanium alloys. However, the mechanical properties of the composite can be correspondingly improved with magnesium completely filling the internal pores, while it is still far less than that of bulk titanium and titanium alloys. According to recent study, titanium-magnesium composites with specific spatially aligned structures can promote effective stress transfer, delocalize damage and arrest cracking, thereby bestowing improved strength and ductility (Zhang et al., 2022). In addition, extensive studies revealed that the mechanical properties of the titanium-magnesium composite are sufficient to meet the performance requirements of human implants. The human skeleton mainly plays a load-bearing role in the human body, so the study of ultimate compressive strength (UCS) is more relevant compared to the ultimate tensile strength. Figure 6 shows the UCS of human bone and titanium-magnesium composites as a function of Mg content prepared by different preparation processes. It is noticed that the UCS for all titanium-magnesium composites in Figure 6 is higher than that of human bone. Since the mechanical properties of titanium are higher than those of magnesium and the interface between titanium and magnesium cannot be alloyed, the UCS of titanium-magnesium composites prepared by the same preparation process decreases with increasing Mg content. As the E of titanium is higher than that of magnesium, Ti will be subjected to a higher force when the titanium-magnesium composites withstand external forces. Therefore, cracks preferentially appear in the Ti phase or at the titanium-magnesium interface where the bond strength is not high. It can also be found that Ti tends to exhibit a ductile fracture mode, while magnesium exhibits a typical brittle fracture (Ouyang et al., 2020). Ibrahim et al. (2020) compared the mechanical properties of two composites prepared from the same magnesium powder and different titanium powders, and found that the titanium-magnesium composites prepared from hydrogenated-dehydrogenated titanium powder showed an improvement in yield strength and ultimate tensile strength compared to that prepared from plasma atomized titanium powder. This may be because the hydrogenated-dehydrogenated titanium powder surface has a larger concentration of TiO2, and the Ti-O solid solution may act as a strengthening agent, resulting in stronger mechanical characteristics. However, the load transfer from Ti to Mg during straining, may be hampered by the presence of TiO2 dispersoids at the contact. Esen et al. (2016) prepared titanium-magnesium composites using Ti and Ti-6Al-4V powders with Mg, and the mechanical properties of the obtained Ti-6Al-4V/Mg were superior to those of Ti/Mg composites. In addition, according to the research of Jiang et al. (2018), the mechanical properties of titanium-magnesium composites prepared with an average diameter of 100 μmTi powders are better than those prepared by 230 μm Ti powders. This is due to stress concentration in the sintered neck region of Ti particles, leading to pre-fracture. And smaller Ti particles means more sintering neck in the same volume. Although the contribution of magnesium to the composites is not very obvious, the mechanical properties of titanium-magnesium composites prepared with AZ91 and WE43 are higher than those prepared with pure Mg (Esen et al., 2020). In addition to the use of different raw materials to optimize the mechanical properties of the titanium-magnesium composites, a unique preparation process can also improve the mechanical properties of the composites. Lai et al. (2022) obtained titanium-magnesium composites by microwave sintering and found that the UCS of the titanium-magnesium composites were greatly improved compared with other preparation processes under the same Mg content. Ouyang et al. prepared titanium-magnesium composites by SPS, aiming at improving the mechanical properties. Due to the influence of the nanograin size microstructure produced by the SPS process, the UCS of the titanium-magnesium composites was as high as 1346.3 MPa (Ouyang et al., 2020).
[image: Figure 6]FIGURE 6 | The UCS of human bone and titanium-magnesium composites as a function of Mg content prepared by different preparation processes.
Figure 7 shows the E of nature bone and titanium-magnesium composites as a function of Mg content prepared by different preparation processes. Overall, the E of the titanium-magnesium composites showed a decrease tendency with the increase of the volume fraction of Mg. According to the study reported by Balog et al. (2019), if the Mg component (E = 45 GPa) is expected to contribute to elastic load transmission following a simple mixing rule, the E of the Titanium-magnesium composite should drop at a rate of 0.55 GPa per one vol% Mg. Another boundary condition is that if Mg does not contribution to elastic load transfer, the E of the titanium-magnesium composite should theoretically drop at a rate of 0.99 GPa per one vol% Mg. According to the results of their study show that the volume share of Mg share decreases by 0.78 GPa for every one vol% increase in the volume of Mg. This indicates that the interface between titanium and magnesium is often not an ideal metallurgical bonding and has a limited contribution to the load transfer in the elastic region. Theoretically, the E of titanium-magnesium composites should decrease with the increase of Mg content between the E of pure titanium and pure magnesium, but not lower than that of pure magnesium. The volume percentage of Mg in the microwave sintered titanium-magnesium composites is not very high, but its E is as low as below 10 GPa (Lai et al., 2022). This phenomenon can be attributed to the fact that the material prepared by microwave sintering will volatilize part of the Mg during processing because of the faster heating temperature, which leads to more pores in the composite. According to research of Rivera-Salinas et al. (2020), the holes in the composite materials significantly reduce the E of the overall material. The E of titanium-magnesium composites should theoretically be between Ti (E = 110 GPa) and Mg (E = 45 GPa), and decrease correspondingly with the increase of Mg content. If the dense density of the composite is 100%, the E of titanium-magnesium composites will not be lower than 45 GPa. However, the E of many titanium-magnesium composites were found to be lower than 45 GPa. These composites with low E may be due to the imperfect preparation process, which leads to the existence of pores in the composites and makes the material bonding not tight enough, thus the E of titanium-magnesium composites may be lower than that of pure magnesium. The composition of titanium-magnesium composites can be varied, and the strength and E can be adjusted in a wide range by selecting the appropriate titanium-magnesium composition ratio according to different parts of the skeleton.
[image: Figure 7]FIGURE 7 | The E of nature bone and titanium-magnesium composites as a function of Mg content prepared by different preparation processes.
DEGRADATION PERFORMANCE
Degradation behavior
Since a dense oxide film forms on the surface of titanium and titanium alloys, it effectively prevents further corrosion of the material by the solution (Zhou X. et al., 2021). Mg is more active and will degrade in human body. Therefore, the corrosion behavior of titanium and magnesium composites in these solutions, such as Hanks’ solution, Ringer’s solution and SBF solution, is mainly dominated by the degradation of Mg. The pH, electrolytes, amino acids and proteins of these solutions are as close as possible to the actual human environment (Bahraminasab et al., 2019; Heywood et al., 2019; Tiyyagura et al., 2020). Ti plays an important role in the degradation process of Mg. The electrochemical potential of the standard hydrogen electrode of Mg is −2.37 V, and that of the standard hydrogen electrode of Ti is −1.63 V. Because of the potential difference between Ti and Mg, galvanic corrosion occurs when Ti and Mg are in direct contact. Galvanic corrosion is an electrochemical process in which the reduction potential of an ion usually determines its ability to gain electrons and form a solid metal. The “active” metal with the lower reduction potential of the two metals will be corroded (anode). In comparison, the “noble” metal with the higher reduction potential will be deposited (cathode) (Koh et al., 2015). Thus, when metals with different reduction potentials pair, micro-movement and pitting will occur. The schematic diagram of the galvanic corrosion of the titanium-magnesium composite is shown in Figure 8. The galvanic corrosion reaction of titanium-magnesium composites is as follows (Wu et al., 2013).
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[image: Figure 8]FIGURE 8 | The schematic diagram of galvanic corrosion of titanium-magnesium composites.
Li et al. (2015) compared the corrosion rates of p-Ti/Mg and pure Mg in Hanks’ solution through hydrogen precipitation experiments. It was found that the hydrogen evolution rates of p-Ti/Mg with a duplex microstructure were much higher than that of pure Mg. A maximum value of 1.49 ml/cm2 h was reached at 52 h. Figure 9 shows the traces of galvanic corrosion observed for titanium-magnesium in Hanks’ solution. It can be seen from Figure 9 that the Mg near the Ti phase is preferentially corroded, while the Mg farther away from the Ti corrodes to a lesser extent. Although the electrochemical differences between titanium and magnesium were minimal, the less electronegative magnesium was sacrificed as the anode, thus accelerating the corrosion of magnesium. The magnesium around the titanium wire was rapidly corroded away, causing the magnesium substrate further away from the wire to an “island structure”, thus increasing the contact area between the magnesium and the solution and further accelerating the corrosion of magnesium. The electrocoupling corrosion will make the corrosion rate greatly accelerated, so how to reduce or avoid the electrocoupling corrosion in titanium-magnesium composites has become the focus of the research scholars. According to the study of Esen et al. (2013), it was found that the titanium-magnesium area ratio on the surface of titanium-magnesium composites will affect the degree of galvanic corrosion occurrence. When the surface area of Mg phase in the composite is smaller than that of Ti, a large cathode and small anode corrosion type will occur, and this corrosion mode will lead to the rapid transfer of electrons generated by the reaction of Mg with the solution through the Ti phase and generate hydrogen gas with the hydrogen ions in the reducing solution. When the area of Mg phase is much larger than that of Ti phase, a large anode and small cathode corrosion type will occur. And this corrosion mode is thought to slow down the rate of Mg corrosion rate, so the relatively small cathode area will lead to saturation of electron transfer, electrons cannot pass through the limited Ti timely reduction of hydrogen ions, so that the anode magnesium corrosion is mitigated. In addition, Esen et al. (2016) also found that reducing the potential difference between the two metals by alloying can also significantly attenuate the galvanic corrosion in titanium-magnesium composites. They found that the corrosion rate of Ti-6Al-4V/Mg composites was lower than that of Ti/Mg composites because Ti, by alloying with Al and V, effectively changed the electrochemical potential of Ti, thus alleviating the galvanic corrosion between the two metals in the composites. Unlike Ti, the alloying of Mg should be kept cautiously, because the electrochemical potential between different phases and impurities of Mg alloy also produces potential difference, and unreasonable alloying may lead to the cathodic center of Mg alloy itself, which in turn will accelerate the corrosion rate of Mg phase (Song and Atrens, 2003). Truncating the electron transfer between metals is considered to be the most effective method to inhabit electrocoupling corrosion. During the preparation of titanium-magnesium composites, a layer of MgO film will be produced at the interface of titanium and magnesium, this may adversely affect the bond strength of the material, but the continuous MgO layer will make an insulating layer between Ti and Mg, thus blocking the electron transfer channel, avoiding the occurrence of galvanic coupling corrosion and changing the corrosion response of the material, which can effectively reduce the corrosion rate of composite materials (Esen et al., 2013; Ouyang et al., 2020).
[image: Figure 9]FIGURE 9 | Surface morphology of the p-Ti/Mg composite after immersion in Hanks’ solution for 10 min (Li et al., 2015).
Galvanic corrosion is the main form of corrosion in the first stage of titanium-magnesium composites, with the degradation of Mg, a layer of Mg (OH)2 will be formed on the surface of the composite. Theoretically, this layer of Mg (OH)2 can hinder the further reaction between the internal Mg and the solution (Lai et al., 2022), but it is found that Mg (OH)2 only has a protective effect when the pH is higher than 11.5 (Tsakiris et al., 2021). And as a human implant, it tends to induce inflammation in the tissues around the implant at the early stage of implantation, thus creating an acidic environment (Liu Y. et al., 2021), which is unfavorable to magnesium hydroxide. In addition, it is found that when the chloride ion in the solution exceeds 30 mmol/L, magnesium hydroxide will be gradually eroded by chloride ion and further transformed into the more soluble MgCl2 (Zhao et al., 2016), and there is still abundant chloride ion in human body fluid. It will gradually erode this protective film of magnesium hydroxide, so that it can expose the Mg inside the matrix and promote the further dissolution of Mg. The specific reaction is as follows.
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Soluble MgCl2 is converted to magnesium phosphate by a series of reactions in a human environment rich in various ions or in a solution that mimics the human environment. Magnesium phosphate is then further reacted to produce hydroxyapatite. These insoluble apatite components are predicted to act as nucleation sites for the inward growth of new bone after the implantation process, thereby improving bio-compatibility and osseointegration standards (Heywood et al., 2019; Zhou H. et al., 2021). The reactions are follows.
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Dynamic potential polarization testing is considered to be the most direct electrochemical method to evaluate in vitro corrosion processes. The corrosion potential and corrosion current of the material can be obtained by Tafer extrapolation. In Table 1, the corrosion potentials and corrosion currents of titanium-magnesium composites with different compositions are given. It can be seen that the corrosion potential of titanium-magnesium composites decreases with increasing Mg content, and the corrosion current increases rapidly with increasing Mg content. However, according to the research of Ouyang et al. (2020), the corrosion rate of Ti-30 Mg in SBF solution is higher than that of Ti-20 Mg. Since Mg agglomerates with increasing content during SPS preparation, the aggregation of Mg reduces the contact area between Mg and Ti phases, thus weakening the galvanic corrosion between Ti and Mg. Mg2+ concentrations of Ti-20 Mg grow quicker than those of Ti-10 Mg and Ti-30 Mg in the first 3 days, according to a follow-up study by Ouyang et al. (2020), Mg2+ concentrations are high in the cathode area, generating an ion cloud that obstructs the electrode process. Traditionally, the corrosion resistance of the materials is evaluated according to the grades in Table 2. According to the classification in Table 2, the corrosion resistance of titanium-magnesium composites is within the class 0–3. For magnesium and magnesium alloys, the poor corrosion resistance means that the rate of degradation is too fast and may face rapid failure of the implant, but for titanium-magnesium composites, due to the stable presence of titanium, even if magnesium degrades rapidly after implantation, it will not cause the titanium-magnesium composite to lose its proper mechanical support. Therefore, it is not comprehensive to evaluate whether titanium-magnesium composites have the possibility of implantation into human body only by the rate of degradation. The bone repair process in human implants consists of three phases: the inflammatory phase, the repair phase and the remodeling phase (Chae et al., 2020). The ideal bone repair scaffold degradation and tissue repair curve is shown in Figure 10A. As time increases, the scaffold gradually degrades and the mechanical support curve decreases with time, while the curve of new tissue formation gradually increases with time, and the two complement each other, thus maintaining the mechanical support strength during the bone repair process. However, the majority of existing scaffolds have a changing mechanical support strength curve after implantation as shown in Figure 10B. On the one hand, the scaffold degrades quickly resulting in insufficient mechanical support for the healing tissue formed initially; on the other hand, the scaffold does not degrade or degrades too slowly, resulting in the growth of new bone tissue being impeded and a stress masking effect, leading to difficulties in providing sufficient mechanical support for the new bone once the mechanical properties of the scaffold are insufficient at a later stage, as shown in Figure 10C. As titanium-magnesium composites are partially degradable materials, only the surface Mg will be rapidly degraded after implantation into the body, the exposed porous structure of the titanium will provide mechanical support in the form of a skeleton. The degradation of Mg in vivo also serves to induce the formation of bone tissue, and the voids formed by the degraded Mg also provide space for bone tissue to grow. From this point of view, titanium-magnesium composites have an advantage over other human implants that cannot be matched.
TABLE 1 | Corrosion properties of titanium-magnesium composites in simulated body fluids.
[image: Table 1]TABLE 2 | Conventional scale for assessing corrosion resistance (Tsakiris et al., 2021).
[image: Table 2][image: Figure 10]FIGURE 10 | Schematic diagram of the mechanical support match between bone repair scaffold and tissue; green: red curves of scaffold implantation in vivo degradation, tissue repair at bone defect site; (A) ideal condition; (B) too rapid scaffold degradation; (C) too slow scaffold degradation.
Negative effects of corrosion and mitigation measures
The degradation of Mg and Mg alloys increases the OH− concentration in the environment (Atrens et al., 2013), which can lead to an increase of pH around the local implant tissues and increase the risk of alkalosis in the human body. Esen et al. (2020) found that the pH of a variety of titanium-magnesium composites soaked in physiological solutions for up to 48 h increased dramatically to 10 or even higher. High pH can lead to severe internal injuries, but as mentioned earlier, the implant induces inflammation in the tissues surrounding the implant during the pre-implantation phase, creating an acidic environment where these acids may neutralize the OH− produced by the titanium-magnesium composite, which is helpful for the body and the implant. In addition to the high pH associated with the degradation of Mg, Ti at the cathode precipitates large amounts of hydrogen gas (Cao et al., 2013). The accumulation of large amounts of this hydrogen in the patient’s body causes local discomfort rather than being harmful to the tissue. Over time, this hydrogen may be eliminated from the body or can be eliminated by a puncture procedure (Brooks et al., 2016). Although large amounts of hydrogen are not harmful to humans, they are extremely harmful to the properties and structure of the material. It has been found that excessive hydrogen pressure can exceed the self-strength of porous materials, causing the composite to lose its mechanical integrity and eventually face failure (Esen et al., 2013). The rapid corrosion rate of titanium-magnesium composites is a major factor limiting their use in human implants. Reducing the degradation of magnesium in composites is a pressing issue. Surface modification is considered to be the most widely used method to reduce the degradation rate of Mg-containing materials. Surface modification can be achieved by mechanical or chemical treatment. Chemical pre-washing can eliminate Mg from the composite surface in advance, thus exposing the porous structure, and this gradient composite has less effect on force properties (Jiang et al., 2015), but these surface pores can act as deep pockets for post-implantation bacterial infection (Weber and Cochran, 1998), and this method cannot be applied to mass production. Subsequently, Ibrahim et al. (2021) obtained flat, smooth and undamaged surfaces by mechanical treatment with grinding and polishing, and found that the degradation rate of mechanically treated titanium-magnesium composites was reduced by a factor of five compared to untreated ones. In addition, Xu et al. (2021) successfully generated a layer of oxide film on the surface of titanium-magnesium composites by micro-arc oxidation. Subsequently they found that the hydrogen precipitation rate of the micro-arc-oxidized titanium-magnesium composites was alleviated, and the degradation rate of the composites was significantly reduced. The microarc oxidation technique can not only reduce the corrosion rate of Mg phase in composites, but also stimulate the adhesion, value addition and differentiation of cells on Ti phase (Chen et al., 2019). Taken together, micro-arc oxidation technology has a positive effect on both Ti and Mg phases in titanium-magnesium composites, and it is one of the technologies with more outstanding advantages in the surface modification scheme of titanium-magnesium composites. The human body is a complex chemical environment, and factors such as inorganic ions, amino acids and oxidative stress reactions in the human body may affect the degradation behavior of magnesium. The effect of this environmental factor on the corrosion rate of titanium-magnesium composites has not been studied in depth, and these studies are necessary before titanium-magnesium composites are implanted into the human body as bio-implants.
CONCLUSION AND FUTURE PERSPECTIVES
This work summarizes the recent progress of titanium-magnesium composites. Titanium-magnesium composites have shown significant promise for orthopedic applications. The titanium-magnesium composites have the following advantages:
1) The E of the composite may be modified across an extensive range by adjusting the titanium and magnesium composition ratios. In contrast, the inclusion of magnesium compensates for porous titanium’s probable lack of strength.
2) The addition of magnesium to the composites also addresses titanium’s lack of bioactivity.
3) Magnesium decomposition increases bone tissue formation and offers space for it to expand. The porous titanium in the composite can give long-term mechanical support for bone tissue growth.
The fabrication of partially degradable titanium-magnesium composites shows promise from a processing standpoint because all three preparation techniques successfully combined titanium and magnesium and displayed favorable properties that are either difficult to obtain or impractical through conventional melting or deformation processing. The mechanical properties of the currently prepared titanium-magnesium composites can meet the performance requirements of human implants, but researchers are still exploring the development of titanium-magnesium composites with lower E and higher UCS. Researchers are attempting to create titanium-magnesium composites with lower degradation rates from the perspective of composition selection, such as by lowering the surface volume share of magnesium in the composites and creating titanium-magnesium composites using either titanium alloys or magnesium alloys. Nevertheless, the partial degradability and post-degradation strength of Ti-Mg composites are advantageous for biological applications. However, research on titanium-magnesium composites is still in its early stages compared to that of titanium alloys, stainless steel, and cobalt-based alloys. Before titanium-magnesium composites may be used in biomedical domains, much more work needs to be done. In order to consistently and easily produce high-quality samples, novel preparation techniques should be investigated and implemented. Second, the current studies on the mechanical characteristics of titanium-magnesium composites primarily focus on the E test and few works looking into the compressive and tensile properties performance, while studies on fatigue testing have been noted to be insufficient. In addition, corrosion fatigue, a complicated relationship between mechanical and corrosion features in a body fluid environment, is still absent. Finally, the relationship of mechanical behavior-corrosive properties-porosity is not to be established.
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Surgical cutting guides are 3D-printed customized tools that help surgeons during complex surgeries. However, there does not seem to be any set methodology for designing these patient-specific instruments. Recent publications using pelvic surgical guides showed various designs with no clearly classified or standardized features. We, thus, developed a systematic digital chain for processing multimodal medical images (CT and MRI), designing customized surgical cutting guides, and manufacturing them using additive manufacturing. The aim of this study is to describe the steps in the conception of surgical cutting guides used in complex oncological bone tumor pelvic resection. We also analyzed the duration of the surgical cutting guide process and tested its ergonomics and usability with orthopedic surgeons using Sawbones models on simulated tumors. The original digital chain made possible a repeatable design of customized tools in short times. Preliminary testing on synthetic bones showed satisfactory results in terms of design usability. The four artificial tumors (Enneking I, Enneking II, Enneking III, and Enneking I+IV) were successfully resected from the Sawbones model using this digital chain with satisfactory ergonomic outcomes. This work validates a new digital chain conception and production of surgical cutting guides. Further works with quantitative margin assessments on anatomical subjects are needed to better assess the design implications of patient-specific surgical cutting guide instruments in pelvic tumor resections.
Keywords: surgical cutting guides, patient-specific instruments, pelvic bone tumor, reconstruction surgery, 3D printing, additive manufacturing, digital chain
INTRODUCTION
Surgical cutting guides (SCGs) are customized tools that help surgeons during complex surgeries (Scolozzi, 2015; Wong et al., 2016). They are patient specific, meaning they are designed and manufactured for a single specific case and tailored to the patient’s anatomy (Vidal et al., 2020a). SCGs are increasingly studied and used in orthopedic and maxillofacial surgeries (Abou-ElFetouh et al., 2011; Krishnan et al., 2012; Wong, 2016). The most common applications are currently for mandibular defect reconstruction and knee surgery. In addition, tumor resection surgeries, orthognathic surgery, or total knee arthroplasty (TKA) also often use this technology (Krishnan et al., 2012; Cartiaux et al., 2014; Gouin et al., 2014; Mazzoni et al., 2015; Greenberg et al., 2021).
There is abundant literature on this topic, and the efficiency of these guides seems to be established (Vidal et al., 2020b). However, there does not seem to be any set methodology for designing such guides (Numajiri et al., 2018). Recent publications, using pelvic surgical guides, showed a wide variety of designs with no clearly classified or standardized features (Wang et al., 2017; Evrard et al., 2019; Siegel et al., 2020; Gkagkalis et al., 2021). The only feature that is common to any surgical guide is the positioning, which uses the negative shape of the bone. García-Sevilla et al. (2021)mentioned that a common strategy was to design wide SCGs to ensure correct placement. The downsides of this strategy are also mentioned (larger SCGs, modification of the surgical procedure to fit the SCG). Another aspect of standardization is the ability to reduce delays (and costs) in the design process. Wong et al. (2015)mentioned a 2-month wait for design and manufacturing. Rustemeyer et al. (2014) mentioned a 2–4-week delay in computer-aided design/computer-aided manufacturing (CAD/CAM) assisted surgeries for maxillofacial applications. In a 2016 review, Martelli et al. (2016) reported that 19.6% of studies using 3D-printed devices found the production delays limiting. We believe that introducing a precise methodology for designing SCGs will improve production times. This methodology should still make extreme customization possible and precisely respond to each case of tumor resection. Pelvic tumor resection SCGs have been documented since 2014 (Cartiaux et al., 2014; Gouin et al., 2014).
The efficiency of SCGs is proven, and the solution they provide might even be preferred to surgical navigation (Wong et al., 2016). However, the descriptions of SCG design digital chains are insufficient, especially for pelvic tumor resections. Numajiri et al. (2018)published a detailed workflow they have developed for patient-specific cutting and reconstruction guides used in fibula free flap maxillary reconstruction. Popescu (2014)described an in-house online platform for the design of SCGs, covering various applications. They highlighted the crucial need for close collaboration and communication between surgeons and designers/engineers to obtain relevant SCGs. They also give a detailed analysis of the numerical workflow, with each step’s input and output file format. Chen et al. (2016)developed a semi-automatic computer-aided method for surgical template design, covering various applications. The method presented focuses on making use of stereolithography (STL) to produce SCGs of various designs by thickening local surfaces directly on the 3D model’s mesh. This then makes it possible to customize the fixation features. However, in-house trials of this approach revealed that direct surface thickening of STL surfaces often failed. Additionally, SCG designs for maxillary resections, long bone resections, or pelvic resections are not similar and need specialized design strategies (Rauch et al., 2021; Vidal et al., 2022).
In this research work, we focused primarily on pelvic bone tumor resections. The aim of our study was to first propose a systematic methodology for designing the SCGs used in pelvic tumor resections. The semi-automatic method we described was assessed in terms of its capacity to produce 3D SCGs, as was the duration of the digital chain process. A complementary experimental approach with the use on a radiopaque synthetic pelvis (Sawbones, Vashon, WA, United States) was performed by trained surgeons.
MATERIALS AND METHODS
Study objective
The aim of this study was to first describe and obtain functional 3D-printed SCGs using our original digital chain methodology, measuring the whole duration of the digital chain process, and evaluating its qualitative efficiency in the hands of specialized orthopedic tumor surgeons on a Sawbones model with regard to ergonomic aspects.
Systematic digital chain design on patient images
In this study, a systematic workflow (Supplementary Figure S1) was developed to process the DICOM (Digital Imaging and Communication in Medicine) files, design customized SCGs, and manufacture them using additive manufacturing (AM). To carry out the whole process, four types of software were used: 3D Slicer (Fedorov et al., 2012), MeshLab, Siemens NX (Siemens PLM, Plano, TX, United States), and Sinterit Studio. The Segment Editor Extra Effects and Elastix (Klein et al., 2010) of 3D Slicer were also used. The systematic digital chain was first tested on anonymized patients’ images with magnetic resonance imaging (MRI) and computed tomography (CT) sequences.
DICOM file processing
To process DICOMs, the 3D Slicer was used. Anatomical 3D reconstruction was obtained by segmenting DICOM image stacks. The chosen approach was multimodal with the use of CT and MRI DICOMs together. To study and test the workflow, archive images of pelvic tumor cases available at the CHU Nantes were studied with full anonymization. The CT images used standard parameters, with a mean slice thickness of 1 mm. The presence of a contrasting agent was not mandatory for selection. MRI images were preferably T1 sequences, with gadolinium contrast agent and a slice thickness between 1 and 2 mm. Other sequences (T2 and STIR) were included if they met the thickness requirements and displayed enough contrast on the tumor. The images were obtained from different machines, such as the GE Medical Systems Optima CT660 (GE Healthcare, Chicago, IL, United States) for CT images, and the Siemens MAGNETOM Sola (Siemens PLM, Plano, TX, United States) for the MRI images.
The multimodal segmentation required prior registration of the DICOM images. CT and MRI were registered using the 3D Slicer’s Elastix module’s B-Spline registration with the “CT/MR-based pseudo-CT (pelvis prostate)” preset (Figure 1A).
[image: Figure 1]FIGURE 1 | Multimodal segmentation. (A) CT and MRI images, non-rigid B-Spline registration (3D Slicer’s Elastix). (B) Multimodal segmentation using Watershed (right) and 3D reconstruction (left) of the bone tissues and tumor. Scale = 50 mm.
One segmentation for each sequence was performed, focusing on the tissue of interest (bone on CT and tumor on MRI). The primary segmentation method used was the Watershed method implemented in the 3D Slicer module Segment Editor Extra Effects (Figure 1B). The reconstructed anatomical 3D models of the bone tissues and tumor were exported in the STL format.
STL file processing
The files were remeshed to reduce unnecessary computational load during the computer-aided design (CAD) phase. The quadratic edge collapse decimation function was used to reduce the mesh complexity (Figure 2). Topological differences between the original model and the remeshed model in this case did not exceed 0.68 mm with an absolute mean of 0.01 mm difference (Hausdorff distance computation, sampling on all vertices). The quality downgrade was not noticeable.
[image: Figure 2]FIGURE 2 | Remeshing of a 3D bone model. The starting number of faces of the mesh (left) is greater than 2.000.000. The oversampling is visible. Remeshing brings the number of faces to 100.000 (right). There is no noticeable quality downgrade for this application. Scale = 50 mm.
CAD process and surgical cutting guide design
For the CAD process, Siemens NX was used. The workflow was divided into two main phases: geometrical definition and SCG generation.
A straight collaboration between clinicians and engineers was established for the geometrical definition phase. A 3-point plane was defined, representing the main surgical direction of the approach. A polyline sketch on this plane defined the broad trajectory of resection (Figure 3A). The tumor’s silhouette was projected on to the sketch and expanded by a 12 mm margin to conserve the oncological surgical margin of resection. The polyline was extruded as a surface body with a 5° draft angle (resection surface, Figure 3B). The SCG was generated in five steps: main body, guiding feature, positioning features, fixation features, and finishing. A 3D-trajectory was created along the resection surface for the main body: the intersection curve between the resection surface and bone model was displayed. Then, two extremities were defined for the cut. The intersection curve was simplified by approximating it to a 3D-spline between the nodes (nodes = extremity or intersection point between the bone model and resection plane junctions). The main body was generated as a solid circular sweep of diameter 16 mm along the 3D trajectory. The segments of the body were linked by spherical anchors (Ø20 mm) at each node (Figure 3C). The 3D trajectory was offset from 15 mm upward along the resection surface. This defined the upper limit of the guiding feature. The surface was then cut using both 3D trajectories (initial and offset) to create the inner guiding surface. This surface was thickened by 7 mm to create the guiding feature’s solid body (Figure 3D). The blade and pin axis were designed to avoid hurting any critical anatomical structures.
[image: Figure 3]FIGURE 3 | CAD design digital chain. (A) Geometrical definition. (B) Extrusion of the resection surface. (C) Main body generation. (D) Guiding feature generation. (E) Positioning feature generation. (F) Fixation feature generation. (G) Final SCG with united bodies and finishing features.
For the positioning features, two options were available: local contact surface widening (CSW) and deformable clip. A thin surface adherent to the bone in the area was thickened by 5 mm to create an additional contact surface. The width of the CSW could be limited to maximum defined by the surgeon. An offset copy of the cutting surface was used as a limiting element for the cutting guide’s width. A Boolean subtraction was made to remove all parts of the SCGs outside the defined limits. These positioning features should not bring any risk or unnecessary exposure to noble anatomical structures. Finally, if the edge of the bone at the extremity was thin enough, a deformable clip was added. Two spheres were positioned on each side of the edge and linked with a thin bridge. Both local CSW and deformable clips could be used simultaneously (Figure 3E). The fixation features were designed as a drilled cylinder (Ø6 mm exterior, Ø2.1 mm interior) with a spherical anchor. Fixation feature axes were contained in the respective outer planes of the guiding feature. The axes were tilted from the direction of approach, so that none would be parallel with any other (Figure 3F). Finally, finishing was done by uniting all the solid bodies, and then creating corner gaps and cutting depth indications (Figure 3G).
Additive manufacturing
For the additive manufacturing process, the selective laser sintering (SLS) technology was chosen. The SCG prototypes were additively manufactured using a Sinterit Lisa SLS 3D (Sinterit, Krakow, Poland) printer with the affiliated software, Sinterit Studio. The material chosen was a nylon polyamide, Sinterit Polyamide 12 (PA12).
Evaluation method on a radiopaque synthetic pelvis
Experimental conditions
Bone tumor simulation
The experimental study was performed to validate our design digital chain. In a radiopaque synthetic pelvis (Sawbones, Vashon, WA, United States), four artificial epoxy tumors were developed: right acetabulum (Enneking Zone II), left ischium (Enneking zone III), left iliac crest (Enneking zone I), and left sacroiliac junction (Enneking zone I+IV) as shown in Figure 4 (Enneking et al., 1980).
[image: Figure 4]FIGURE 4 | Radiopaque synthetic Sawbones model of the pelvic ring with artificial epoxy tumors. (A) Antero-superior view. (B) Postero-inferior view. Four tumors were implanted: left acetabulum (Zone II Enneking) (1), right ischium (Zone III Enneking) (2), right iliac crest (Zone I Enneking) (3), and right sacroiliac junction (zone I+IV Enneking) (4) (Enneking et al., 1980). Scale = 100 mm.
A CT image was then acquired on the modified synthetic pelvis, using the Philips Ingenuity Flex scanner (Philips International B.V., Amsterdam, Netherlands). Unlike the first method described previously for patient images, and given that no MRI sequence was acquired as dry synthetic bones are not MRI compatible, only a mono-modal (CT only) segmentation was thus performed in the 3D Slicer. Watershed segmentation was used as described. The contrast on artificial tumors was enough to clearly distinguish them from the synthetic cancellous bone. Some minor uncertainties remained on cortical bone (similar Hounsfield Units), requiring corrections in the first Watershed iteration. The 3D model was then exported in the STL format and remeshed. The STL was imported into Siemens NX for the CAD design of each SCG. The duration of the digital chain process was assessed for each simulated tumor.
Margins and cut planning
Surgical margins with a 10 mm margin baseline and local reductions to 5 mm for bone preservation considerations were defined by the surgeons. They helped establish baseline parameters for the CAD design (geometrical definition). On each case, a close clinician/engineer collaboration was needed to determine the correct surgical approach and the number of resection planes.
Resection protocol
Three surgeons (two senior specialized surgeons and one junior surgeon) participated in this study. Using our design digital chain, SCGs were produced for the four pelvic tumor resection cases. Iterations were made to test out different positioning features and different resection strategies. In total, the digital chain was used 12 times on the synthetic pelvis. All resections were carried out on the same day by the same team of surgeons, using the same process. The SCGs were fixed to the synthetic bone with Ø2mm K-Wires.
The resections were carried out with a Stryker™ motor and a 90 × 13 × 1.27 mm oscillating sawblade. A Sawbones model was fixed to a universal Sawbones clamp which can swivel 360° and rotate to any position, vertical or horizontal, aiming to reproduce patient positioning during the conventional surgery. During and after surgery simulation, the clinician was asked to evaluate the quality of the SCG’s positioning, as well as its stability.
Qualitative assessment
The evaluation was made based on the subjective feelings of the surgeon: was the correct position of the SCG easy to find and maintain? (Primary positioning: Very easy/Easy/Medium/Hard/Very Hard/Impossible). Was the SCG stable prior to fixation? (Primary stability: Excellent/Good/Medium/Unstable). Was the SCG stable after fixation? (Secondary stability: Excellent/Good/Medium/Unstable). Was the SCG stable during resection? (Stability during the cut: Excellent/Good/Medium/Unstable). Was the resected piece easy to remove? (Extraction of resected piece: Easy/Medium/Complex/Impossible). The presence of bone fractures was also assessed (Yes/No). Finally, on a side note, the damage sustained by the SCG were also evaluated: did the guide sustain significant damage? (Overall integrity: No damage/Non-critical damage/Critical damage) Were there particle deposits due to the sawblade’s friction with the SCG? (Particle deposits: No deposits/Small deposits/Significant deposits). The time taken by the surgeon to accomplish the various phases was also measured.
RESULTS
Evaluating digital chain production and assessing duration
The digital chain could be used in every case and produced the expected results. No major glitch in the workflow was experienced, with the main difficulty being local holes in bone shape on the path of the SCG. This happened in two distinct anatomical areas: in the sacroiliac area (sacral foramen) and the ischiopubic ramus (obturator foramen).
The variety of cases made it possible to test SCGs with one–four resection planes. A first fit-test was a simple positioning of the guides on the dry bone around the simulated tumors. This made it possible to test the primary positioning for all 12 iterations. In total, two SCGs presented one resection plane, six SCGs presented two resection planes, two SCGs presented three resection planes, and two SCGs presented four resection planes. SCGs with three resection planes or more were easier to position and to maintain in place before K-Wire fixation. SCGs with two resection planes were slightly less stable and thus needed good positioning features. SCGs with one resection plane were difficult to position, significantly less stable, and were thus not used for the cutting test. The most convincing version for each SCG was then selected to perform the resection.
Evaluation on a radiopaque synthetic pelvis
Using selected SCGs from the previous experimental step, the four artificial tumors implanted in the radiopaque Sawbones model (Sawbones, Vashon, WA, United States) were successfully resected using the digital chain (Figure 5). No traces of epoxy were found on the resection planes. During and after the simulated surgery, the clinician was asked to evaluate the quality of positioning the SCG, as well as its stability and ergonomics, with mostly very good and excellent results (Table 1).
[image: Figure 5]FIGURE 5 | Resection process performed by the surgeon on the left sacroiliac junction tumor (zone I+IV Enneking) on the Sawbones model. (A) Primary positioning of the SCG. (B) Fixation of the SCG using nonparallel K-Wires. (C) Resection of the artificial tumor and extraction of the resected piece. The last phase (not in figure) consisted in removing the K-Wires and the SCG. Note: The synthetic pelvis was positioned in an orientable surgical vice. For each resection, the pelvis was oriented to simulate the patient’s position in a realistic case. The areas where the patient’s body would be located were not used by the surgeon.
TABLE 1 | Evaluation of the four artificial tumor resections.
[image: Table 1]Installing the SCG took between 60 and 92 s (primary positioning + fixation) (Table 2). The exact surgical margin achieved was not evaluated, but as there was no resin on the Sawbones cut, we can assume that it was a least a “macroscopically complete” resection.
TABLE 2 | Duration measurements (seconds) for each phase of use of the SCG.
[image: Table 2]The inclined resection planes proved to be efficient in easing the extraction of the resected piece (the resected piece either fell out directly or took a few seconds to extract (Table 2)). No fracture was observed with the Sawbones specimen piece removal. Finally, the SCGs sustained the cutting efforts with no critical damage. However, some particle deposits were observed, in variable amounts. These deposits were due to the oscillating blade, superficially damaging the cutting guide during the resection. Minor misalignments of the blade on the cutting plane by the operator and vibrations of the blade caused this damage. The damage translated into small particles of PA12 being ripped from the guide and deposited on the cutting site. The amount of PA12 deposited could not be accurately determined as the particles were mixed with Sawbones dust. However, most of the damaged parts remained attached to the guide because of PA12’s ductility.
DISCUSSION
The efficiency of 3D-printed surgical cutting guides seems proven in the recent literature (Sallent et al., 2017; Wang et al., 2017; Bosma et al., 2018). However, there is a lack of description of design digital chains for these guides. Maxillofacial reconstruction seems to be the most prominent field for developing SCG design workflows (Numajiri et al., 2018; Ostas et al., 2021), but it remains rare. To the best of our knowledge, such workflows do not exist for pelvic applications in the literature, especially for tumor resection surgeries.
Literature review concerning pelvic tumor resection SCGs
Different articles making use of pelvic SCGs (Table 3) were analyzed to build the digital chain described in our study in material and methods. The analyzed literature included articles about pelvic tumor resection (with reconstruction or not) that showed images of the SCG. Sawbones, cadaveric, and clinical studies were included. We also included two studies on the cut precision for pelvic osteotomy guides (Sallent et al., 2017; García-Sevilla et al., 2021). These articles did not display a tumor resection situation, with its complexity, but were still valuable for understanding SCG placement on pelvic bones. The examples of SCGs for all four zones of the pelvis (Enneking classification, F. Enneking et al., 1980) were found. A total of 13 publications were identified.
TABLE 3 | Literature analysis for pelvic tumor resection guide designs.
[image: Table 3]SCG workflow
The complexity of the resection also varied between one and four cutting planes. The analysis was based on workflow explanations in the articles (Wong et al., 2016; García-Sevilla et al., 2021) or visual assessments (Cernat et al., 2016; Jentzsch et al., 2016; Gkagkalis et al., 2021). It showed that the design workflow of SCGs for pelvic tumor resections has rarely been detailed, justifying our methodology-based original article.
SCG designs
Concerning the SCG design, we highlighted high heterogeneity in designs in the literature. Nonetheless, elevated open border guiding appeared to be the most common guiding feature in the batch (6 out of 13). It was not possible to precisely determine the height of the guiding surfaces due to the lack of information in the Materials and methods sections in these publications. The more recent studies display thinner cutting guides. The baseline feature for positioning was always that the SCG was designed as a negative shape of the cortical bone. However, the evaluation of the design of the contact surface was also made: in most cases (10 out of 13), the contact surface was globally wide, along the entire length of the guide. This observation was also made by García-Sevilla et al. (García-Sevilla et al., 2021). Two examples showed very thin guides with widening in local areas. Three cases showed SCGs with additional stretched positioners. These features provide an additional contact area far from the cutting planes. In 10 out of 13 cases, fixation was made with the Kirschner wires (K-Wires). Finally, eight out of 13 SCG examples used selective laser sintering (SLS) with nylon (PA12) for the manufacturing process.
Evaluating digital chain production
3D processing steps
DICOM processing phase
For the DICOM processing phase, the 3D Slicer (Fedorov et al., 2012) was selected. As it is open-source and customizable, an in-house Slicelet (3D Slicer module) that translated the DICOM processing part of the digital chain was built. To develop this part, we chose CT and MRI as the main image modalities. In the orthopedic field, CT is the gold standard for bone tissue segmentation. In the oncologic field, MRI is preferred for tumor segmentation. From these gold standards, our approach was to propose multimodal segmentation. 3D bone tissue models are reconstructed using CT images, and tumor models are reconstructed using MRI images. CT images are usually naturally suited for segmentation (high resolution, low slice thickness, and good bone contrast). The range for MRI settings is wider. T1 sequences using gadolinium as the contrast agent were the most efficient for highlighting the tumor well. The slice thickness should be between 1 and 2 mm for easier registration and semi-automatic segmentation. Using thicker MRI (4- or 5-mm slice thickness) is also possible, but less adapted to semi-automatic segmentation methods. The multimodal registration was performed using B-Spline registration. We found Elastix to be the best performing automatic registration module in 3D Slicer (Figure 1A) (Klein et al., 2010) for pelvic images and chose to use it in the study. We also found the Watershed method to be an excellent segmentation method for this digital chain: the manual part (initialization) was fast and simple and did not require high user accuracy. The calculation then expanded the initialized segments automatically, creating plain and smooth 3D models, natively suited to CAD processing (Figure 1B). The major downside of the Watershed model was the intensive calculation. We also noted that Watershed performed poorly on hollow structures, such as the skull or structures with numerous small details/ramifications, such as the brain’s grey matter or small vascularization. It produced very good performances on blocky or clearly defined features, such as pelvic bones on CT or tumors on MRI. It could also efficiently segment the main vascularization system (aorta, major arteries, and veins) if a contrast agent was used in the CT or MRI acquisition. The efficiency of Watershed segmentation has been shown in the literature for automatic and semi-automatic segmentation processes. It is said to perform adequate segmentation while saving time (Fan et al., 2019). The segmentation process could be improved by automating the initialization part. A hybrid thresholding approach is presented by Kim et al. (Kim et al., 2018) for an acetabulum automated segmentation process.
STL processing phase
For STL processing, MeshLab (Cignoni et al., 2008) was used for its easily accessible remeshing functions (Figure 2). STL files exported from 3D Slicer were in general very heavy. This was due to the extra fine default settings used by 3D Slicer on complex models. Such heavy meshes are translated into computational stress on the CAD software. The process is fully automatable, providing fixed size requirements for the STL (target number of faces or file weight for example) (Figure 2).
CAD processing phase
For the CAD phase, Siemens NX (Siemens PLM, Plano, TX, United States) was used. The lattice structure generation capabilities of the software were also considered very profitable, especially from the perspective of integrating a reconstruction phase into the digital chain. During this study, an engineer performed the geometrical definition with the information provided by surgeons. However, the goal in this digital chain would be to have the geometrical definition performed directly by clinicians to obtain optimal translation of surgical planning in the CAD 3D space. This phase aims at translating surgical constraints and objectives into geometrical objects. These objects are then used as references to generate solid bodies. The essential surgical parameters, such as the surgical margins, were defined with an orthopedic surgeon and included the blade thickness (10 mm margin + 2 mm thick blade). An interactive planning between the engineer and surgeon is mandatory not only for the surgical margins but also for cutting plane choices and K-Wire localization to avoid hurting noble anatomical structures with the saw or pins (vessels, nerves, bowels, and bladder).
SCG generation
The steps for generating SCG were performed manually by an engineer following a systematic method. However, provided there is development of an in-house platform, most of the steps could be automated.
SCG design choices
Most design choices were based on the analysis of the literature: the main body was made as a cylindrical 3D sweep to ensure continuous contact with the cortical bone in all situations. An extrusion-based design (Wong et al., 2016) can be an efficient technique, but we found that high topological variations and resection complexity are detrimental to the repeatability of this method. We also acknowledged that most cutting guides are designed with a wide contact surface on the whole cutting length (Cartiaux et al., 2014; Gouin et al., 2014; Wong et al., 2015; Jentzsch et al., 2016; Sallent et al., 2017). However, to avoid additional trauma, we chose to design thin guides. For this reason, the main body of the SCG is only up to 8 mm wide (half of the cylindrical sweep diameter). Nevertheless, the main body alone was not enough to correctly position the SCG. Therefore, added positioning features were added that were similar to what Siegel et al. (2020), Evrard et al. (2019), and Cernat et al. (2016) recommended. These positioning features were added preferably in accessible areas of the bone to limit additional dissection, and their width can be limited to a maximum defined by the surgeon. The deformable clips are a test feature aimed at improving the first positioning of the guide and stabilizing it before K-Wire fixation. The 5 mm thick bridge is easily deformable to pinch the bone’s edge and maintain the guide. It is unclear if this feature would be beneficial in actual surgery. The 15 mm guiding height was decided in collaboration with the experienced surgeons. We also confirmed it visually in the literature, as Sallent et al. used a height of 20 mm, although in other cases the guiding height is rarely specified. The 7 mm thickness was also a parameter defined by surgeons to avoid unnecessary dissection while withstanding the effort and oscillations of the blade. On this specific thickness point, the literature identifies two global conceptions: wide thickness SCGs and thinner ones.
We also added corner clearances that prevent the blade from damaging the guide at the intersections of resection planes, as described in the literature (Gouin et al., 2014). We found it impractical to implement a physical limitation on the depth of the blade. Displaying depth information to help the surgeon seemed a better option. Nonetheless, any extensive dissection toward noble structures (nerve roots and iliac vessels) was avoided. The blade and pin axes were also designed to avoid these critical anatomical areas if the tumor resection strategy did not plan for their resection.
SCG production
For additive manufacturing, SLS printing with PA12 is a certified process and material in the medical field. SLS is a powder-based additive manufacturing technology. It makes it possible to print complex objects in a powder volume. The powder is sintered layer by layer using a laser. This technology supports various materials from polymers (PA12 and TPE) to metals (steel and titanium). In this study, we chose polymer SLS printing for its ability to print complex free-form objects without using a support material (unlike fused deposition modeling (FDM)). It produced accurate printing of the SCGs. It is also the most popular choice in pelvic resection guides in the literature (Cartiaux et al., 2014; Gouin et al., 2014; Wong et al., 2015; Jentzsch et al., 2016; Sallent et al., 2017; Evrard et al., 2019; Siegel et al., 2020). PA12 was the material selected for this study. It is a common material that is easy to work with in SLS printing, and its manufacturing parameters are perfectly well-known for the Sinterit Lisa machine. It is also biocompatible and suited to AutoClave sterilization. PA12 was thus indicated to produce the SCGs used in this study. SLA printing with Dental SG resin (or a similar material) could also be a viable option, as shown by García-Sevilla et al. (2021).
SCG and duration assessment
Using our semi-automated method, the digital chain succeeded in producing one SCG in less than 20 h, without taking into account the duration of the CT imaging procedure for the pelvic Sawbones. The longest step in the process was the printing of the SCG itself (11 h for one SCG), making printing batches for multiple SCGs might critically reduce the duration of this step (46 h for seven SCG). It should be noted that automating several CAD steps (which were designed to ultimately be automated) will reduce the duration of the SCG design in the near future.
The 20-h process, we report, to produce a single SCG does not take into account all the waiting time between each step, which may have biased our result. Moreover, discussion between the clinician and conception team might slow down the process. It is mandatory that feedback be obtained quickly from the surgeons and engineers to reduce the duration of the SCG process. This might be of major importance in an acute emergency oncological context and in trauma case situations, which might become an ongoing field for patient-specific tools in a reconstructive context.
Nonetheless, our results seem critical as most production times in the literature are of more than 2 weeks (Rustemeyer, 2014; Martelli et al., 2016). We believe that the semi-automated methodology we describe here could reduce production times for the patient-specific SCG instruments.
Evaluating a radiopaque synthetic pelvis
The surgically simulated evaluation with experienced bone tumor surgeons highlights good ergonomics and repeatability on Sawbones models. Interestingly, the easier-to-fit SCG were those with more than two planes in our experiment. The one-plane SCGs were rapidly left aside due to a lack of initial stability, meaning that this one-plane design might need complementary cross-sectional supports, if mandatory. An overall ergonomic assessment by surgeons was very good and excellent for most parameters. No resection piece fracture was identified, and nor was there any critical damage to the SCGs. These results transposed to human cases are nonetheless very debatable, due to the easy access of the Sawbones on a clamp, and to the lack of any soft tissue that might complicate exposure and SCG placement. Nonetheless, the aim of this study with this Sawbones evaluation remains a qualitative assessment, and at this point, the results seem positive, with fast and easy use of the generated SCGs . The four artificial tumors were successfully resected from the Sawbones model using this digital chain. This provided the first confirmation of the usability of the SCGs generated, as they showed repeatable results both in terms of their designs and their performance.
Limits and strengths
In this preliminary methodological original publication, we do not assess margin quality with precise CT measurements. Nonetheless, no traces of epoxy were found on the cut evaluations, and we can consider this to be a “macroscopically complete” resection. This work mainly focused on the SCG design, a description of digital chain production, and quality assessment with qualitative and ergonomic data. The surgeon’s qualitative analysis of the SCG’s strength during its use seemed satisfying, but no quantitative force analysis has been performed. Such analysis would require the evaluation of the effort applied by the operator on the SCG with the oscillating saw, and specific methodology on this point might be developed for better assessing the SCG strength. Given that this is an experimental pilot study to validate our digital chain, no statistical analysis was performed.
Further study with greater sample size and quantitative assessment is needed to compare the design impact on scheduled margins and to validate this pilot study. This next step experiment will focus on Sawbones models and anatomical subjects, in order to take into account the importance of “real surgery” situations, such as patient soft tissue with surgical exposure difficulties and more constraints against the SCG. We may assume that with anatomical subjects, resection times might be much longer that the one we identified in our Sawbones qualitative assessment, with more pitfalls. Extending the images used in our digital chain to 3DMMI (3D multimodality image) that include CTA (CT angiography) and MRN (Magnetic Resonance Neurography) would be valuable to include the tumor adjacent noble vital structures in the surgical planning phase 3D models. (Fang et al., 2018; Yu et al., 2021).
Finally, our multimodal workflow brings new insight. If there are publications focusing on combined MRI and CT use for SCG design purposes (Table 3), to the best of our knowledge, documented and repeatable pipeline designs have not been fully documented, especially for pelvic resections.
Conclusion
In this study, we developed an original and fully detailed new design digital chain for pelvic tumor resection surgical guides. The digital chain covers multimodal DICOM segmentation, STL processing, CAD design, and additive manufacturing. It was developed in an in-depth surgical collaboration context. This digital chain could be adapted to different clinical specialties and extended to additional applications outside the bone tumor field.
SCG production was considered successful on Sawbones experiments, and its surgical simulation was satisfactory in terms of ergonomics. Four artificial tumors were successfully resected from a Sawbones model using the digital chain. The design and production delays were also satisfying. The multimodal workflow could have been validated through this experimental study. Cadaveric and clinical case studies are scheduled to confirm these results with a quantitative assessment of various SCG designs.
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Case Report: Three-dimensional printed prosthesis reconstruction for patello-femoral large osteochondral defects in a patient with distal femoral giant cell tumour: A case report
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Background: The restoration and reconstruction of patello-femoral large osteochondral defects caused by bone tumours are challenging because of the local recurrence rate and the joint’s mechanical complexity. Although three-dimensional (3D)-printed prostheses are commonly adopted for tumour-induced bone defect reconstruction, patello-femoral osteochondral reconstruction with 3D-printed prostheses is rarely reported.
Case presentation: A 44-year-old female patient with progressive swelling and pain in the left knee for 6 months was diagnosed with Campanacci Grade II giant cell tumour (GCT). She underwent intralesional curettage combined with autografting and internal fixation, after which complications of deep infection arose. The patient then underwent internal fixation removal and cement packing. Afterwards, the pain of the affected knee persisted for 11 months, and bone cement removal plus 3D-printed modular prosthesis reconstruction was performed. At the last follow-up 27 months after surgery, she was pain free, the Musculoskeletal Tumour Society (MSTS) score improved from 15/30 to 29/30, the Visual Analogue Scale (VAS) score decreased from 7 to 0, and knee flexion increased from 50° to 130°. X-ray images 22 months after surgery showed that the prosthesis and screws were in a stable position, and callus formation was found at the prosthesis-bone interface.
Conclusions: A 3D-printed modular prosthesis may be a useful treatment option for the surgical reconstruction of GCT-induced patello-femoral large osteochondral defects. The firm fixation, osseointegration, and favourable congruency of the 3D-printed prosthesis with the adjacent articular surface can achieve long-term knee function and stability.
Keywords: patello-femoral, three-dimensional printed prosthesis, osteochondral reconstruction, osteochondral defects, distal femoral, giant cell tumour
BACKGROUND
Giant cell tumour (GCT) is an intermediate (locally aggressive), rarely metastasising bone tumour, accounting for 5% of all primary bone neoplasms (Palmerini et al., 2019). Surgery is the main treatment option for GCT, including intralesional curettage with various reconstruction methods and wide resection when the tumour destroys the bone structure extensively (Teng et al., 2019; Ippolito et al., 2020). It is challenging to restore and reconstruct patello-femoral large osteochondral defects caused by bone tumours because of the local recurrence rate and functional mechanical reconstruction (Wu et al., 2018; Andrade et al., 2019). Synthetic biphasic scaffold plugs, fresh osteochondral allografts, and osteochondral autograft transfer are suited more for treating focal osteochondral defects than large osteochondral defects of the patello-femoral joint (Degen et al., 2017; Lattermann et al., 2018). Considering the large trauma, many complications, and difficult revision, patello-femoral arthroplasty or total knee arthroplasty should be used cautiously to reconstruct large osteochondral defects of the patello-femoral joint (Beard et al., 2020). Although three-dimensional (3D) printed prostheses with titanium alloy are commonly adopted for tumour-induced bone defect reconstruction (Fang et al., 2018; Yu et al., 2021), patello-femoral osteochondral reconstruction with 3D-printed prostheses is rarely reported. Our team recently encountered a case of a patient with a distal femoral GCT treated with intralesional curettage followed by a deep infection complication. Wound debridement was then performed, which resulted in patello-femoral large cartilage defects. The patient achieved a poor functional outcome with knee pain due to patello-femoral large cartilage defects, and we performed osteochondral reconstruction with a novel 3D-printed modular prosthesis that has never been reported.
CASE PRESENTATION
History
A 44-year-old female patient with progressive swelling and pain in the left knee for 4 months was admitted to West China Hospital in July 2018. X-ray images showed a large radiolucent area of bone caused by osteolytic deconstruction in the epiphyseal part of the left distal femur (Figures 1A,B). Computed tomography (CT), magnetic resonance imaging, emission computed tomography, and pathological biopsy were performed, and the patient was diagnosed with Campanacci Grade II GCT. In August 2018, the patient underwent intralesional curettage combined with autografting and internal fixation (Figures 1C,D). There were complications of deep infection 7 days after surgery and wound dressing change, and intravenous antibiotics were ineffective. Then, wound debridement and removal of internal fixation were performed. After the infection was controlled, the patient underwent cement packing. Afterwards, the pain persisted in the affected knee for 11 months (Figures 1E–H), and bone cement removal plus 3D-printed modular prosthesis reconstruction for patello-femoral large osteochondral defects was performed at our hospital on 15 August 2019. Pain and knee joint function were evaluated according to the Visual Analogue Scale (VAS), Rang of Motion (ROM), and Musculoskeletal Tumour Society (MSTS) scores. The VAS and MSTS scores were 7 and 15/30, respectively, before surgery. Knee flexion was 50°, and knee extension was normal before surgery.
[image: Figure 1]FIGURE 1 | (A) Anterior–posterior and (B) lateral X-ray images show a large radiolucent area in the epiphyseal part of the left distal femur. (C) Anterior–posterior and (D) lateral X-ray images after intralesional curettage combined autografting and internal fixation. (E) Anterior–posterior and (F) lateral X-ray images. (G) sagittal and (H) transverse planes on CT images after cement packing at 11 months. Sclerotic rim occurs around cement (red arrow). (G,H) Distal femur articular cartilage defects mainly lie in the patello-femoral joint (yellow arrow).
Design and manufacture of the prosthesis
The 3D-printed modular prosthesis consisting of front and back modular components was designed according to the bone and patello-femoral cartilage defects. The front modular component of the prosthesis was made of titanium alloy for articulation with the patella. The back components, consisting of two parts for bone support, had four screw holes in three directions, including two horizontal screws for bicortical fixation and two bilateral screws for internal and lateral condylar cancellous bone fixation. The back components were designed to be porous with an average porosity of 50%–80% and a pore diameter of 400–500 μm for bone ingrowth. The front and back components were combined using a press-fit structure (Figure 2). The prosthesis was made of Ti-6Al-4V with good biocompatibility and osseointegration (Wang et al., 2019; Yu et al., 2020). The prosthesis was designed using the Mimics software (version 20.0; Materialise Corp. Belgium) and manufactured by Chun Li Co., (Beijing, People’s Republic of China) using a 3D printing technique. A model of the prosthesis was printed and tested before the final production to verify our plan (Figure 3). It took approximately 2 weeks from the time patient data were collected until the prosthesis was printed out.
[image: Figure 2]FIGURE 2 | (A) Anterior view of the bone and articular cartilage defects and the circular 3D-printed guided plate. (B) Anterior view of the back components with four screw holes in three directions. (C) Anterior view of the front component connecting smoothly with the adjacent articular surface and two horizontal screws directed by guided plate. (D) Posterior view of bone defects. (E) Anterior and (F) lateral view of the 3D-printed modular prosthesis.
[image: Figure 3]FIGURE 3 | (A) The back components (left) combine with the front component (right) through a press-fit structure. (B) Anterior and (C) posterior and (D) lateral view of the assembled 3D-printed modular prosthesis with four screws. The prosthesis is tested on the femur model before surgery: (E) the back components fill in the bone cavity, and (F) the front component is fixed on the back components and connected to the adjacent articular surface.
Surgical procedure
Surgery was performed using an anteromedial approach under general anaesthesia. After bone cement removal, the bony cortex around the tumour 1–2 mm was excised using a circular 3D-printed guided plate (Figure 4A). The tumour cavity was then cauterised with an electric knife, expanded with a high-speed burr, and irrigated with anhydrous alcohol and distilled water. The back components were inserted into the cavity and fixed to the surrounding bone with four screws (Figure 4B). Autogenous iliac bone was inserted into the gap between the prosthesis and the adjacent bone to facilitate bone ingrowth. The front modular component was firmly fixed on the back components through a press-fit structure (Figure 4C). The surgery took 325 min, the intraoperative blood loss was 400 ml, and postoperative X-ray images showed that the implant was in a good position (Figures 5A,B).
[image: Figure 4]FIGURE 4 | (A) The circular 3D-printed guided plate is fixed on the bone margin of the tumour. (B) The back components are inserted into the bone cavity and firmly fixed to the surrounding bone with four screws. (C) The front component is firmly fixed on the back components through a press-fit structure and conforms to the surrounding articular surface.
[image: Figure 5]FIGURE 5 | Knee flexion is (A) 88° and (B) 130° 2 months and 27 months after surgery, respectively.
Postoperative management
The patient started passive functional knee exercises on postoperative day 2, active exercise on postoperative day 7, partial weight-bearing exercises with crutches on postoperative day 30, and full weight-bearing exercises gradually. We followed up with the patient every month for the first 3 months, every 3 months for the first year, and every 6 months thereafter. Clinical outcomes and imaging findings were evaluated at each follow-up visit.
Follow-up
At the last follow-up visit 27 months after surgery, the patient was pain free with full weight-bearing (Video 1). The MSTS score was 29/30, and the VAS score was 0. Knee flexion was 130°, which was better than the initial 88° after surgery for 2 months (Figure 5), and knee extension was normal after surgery. There was no local rejection, indicating good biocompatibility and security of the prosthesis. The X-ray images showed that the prosthesis and screws were stable, and no recurrence was observed in the affected knee 22 months after surgery (Figure 6).
[image: Figure 6]FIGURE 6 | (A) Anterior–posterior and (B) lateral X-ray images after surgery. (C) Anterior–posterior and (D) lateral X-ray images 22 months after surgery: the prosthesis and screws are stable, and callus formation is found at the prosthesis-bone interface (red arrow).
Discussion and conclusions
Intralesional curettage combining bone graft with internal fixation with or without local adjuvants is the most accepted surgical treatment for grade II GCT around the knee (Kamal et al., 2016), as encountered in our first surgery. Local recurrence, infection, and internal fixation failure are serious events that must be considered (Yu et al., 2010; Xu et al., 2013). Unfortunately, the patient experienced a deep infection after intralesional curettage. Although the deep infection was controlled, the patient suffered severe pain (VAS score of 7) and limited knee function (knee flexion was 50°) due to patello-femoral large cartilage defects. Fortunately, she eventually achieved a satisfactory outcome with a 3D-printed prosthesis, a novel reconstruction method for patello-femoral large osteochondral defects. At the last follow-up, she was pain free with full weight-bearing, the MSTS score improved from 15/30 to 29/30, the VAS decreased from 7 to 0, and knee flexion recovered from 50° to 130°. These values were above the overall MSTS score and ROM after intralesional curettage and wide resection reported in the literature (Ayerza et al., 2009; Kundu et al., 2015), indicating that the 3D-printed prosthesis we used may be useful for patello-femoral osteochondral reconstruction.
Patello-femoral arthroplasty is commonly used for symptomatic patello-femoral osteoarthritis or isolated osteochondral lesions without ligament instability (Cotic et al., 2017; Jeong et al., 2020; Rezzadeh et al., 2020). The patient suffered from patello-femoral large osteochondral defects in our case, but patello-femoral arthroplasty could not achieve mechanical stability because of mass bone defects. Although the cement packing had adequate strength for the bone defects, we failed to reconstruct the patello-femoral cartilage, which led to knee pain; and the bone-cement interface is a non-biological integration, which can lead to secondary degenerative changes and fractures (Kundu et al., 2015; Teng et al., 2019). Consequently, a sclerotic rim was found around the bone-cement interface after 11 months of cement packing. Considering this, a porous endoprosthesis produced by a 3D technique that enables bone ingrowth may solve this problem. Lu et al. (2019) reported a patient treated with a 3D-printed porous implant combined with bone grafting for subchondral GCT of the proximal tibia and found excellent osseointegration between the graft and retained subchondral bone during a follow-up period of 29 months. In our case, we found that the prosthesis was fixed firmly, and that there was callus formation at the prosthesis-bone interface after surgery for 22 months, indicating the feasibility of a 3D-printed porous prosthesis to achieve osseointegration.
Total knee arthroplasty and unicondylar knee hemiarthroplasty are also acceptable reconstruction procedures for osteochondral lesions around the knee (Garner et al., 2019; Beard et al., 2020). In our case, the large osteochondral defects of the distal femur were mainly located at the lateral condyle and patello-femoral surface. Therefore, it is difficult to obtain good clinical outcomes using the above-named conventional arthroplasty procedures. Although 3D-printed prostheses have been commonly adopted for tumour-induced bone defect reconstruction, tumour-induced osteochondral defect reconstruction has rarely been reported. Ji et al. (2021) performed a retrospective study on 26 patients with unicondylar fractures of the distal femur GCT. Half of the patients treated with a 3D-printed custom unicondylar prosthesis had a shorter operation time, less intraoperative blood loss, higher MSTS scores, and better ROM than other patients treated with total knee arthroplasty. The satisfactory outcome of their study demonstrated the feasibility of a 3D-printed custom prosthesis for repairing unicondylar lesions.
Therefore, using 3D printing technique, we constructed a custom modular prosthesis for articular cartilage and bone defects. We obtained osseointegration between the prosthesis and surrounding bone and preserved more knee ligaments and residual bone, which were beneficial for the rehabilitation of the knee joint function. Furthermore, in our case, the patello-femoral cartilage was reconstructed with a favourable congruence of the 3D-printed prosthesis with the adjacent articular surface. The patient achieved good clinical outcomes without pain, local recurrence, or degeneration at the last follow-up. We propose that this could be an alternative option for patello-femoral large osteochondral defects caused by GCT or other reasons.
This patient achieved good clinical outcomes, possibly benefitting from the following 3D-printed prosthesis design concepts. First, the front modular component of the prosthesis, which was made of a smooth titanium alloy for contact with the adjacent articular surface, could reduce joint friction and secondary cartilage degeneration. Further, the porous structure of the back components facilitates osseointegration and mechanical support. Moreover, the press-fit structure between the front and back components is firm, and four screws in the back components provide initial stabilisation by fixing it to the residual bone of the distal femur without an internal locking plate or intramedullary fixation. Finally, the size of the prosthesis was customised based on the specific osteochondral defects. Thus, we preserved more bone mass and tendon ligaments around the knee, which helped preserve knee function and stabilisation and would be easy to revise, if the tumour recurred, should a tumour-type total knee arthroplasty be easily performed.
Although no degeneration has been found thus far, the difference in elastic modulus between the titanium alloy material and the patella may lead to joint degeneration in the future. We originally planned to design the front part of the prosthesis with polyethylene to reconstruct the patello-femoral cartilage but failed because of insufficient manufacturing technology, which requires further study. Furthermore, our report had only one case with 27 months of follow-up, and long-term follow-up is needed to further investigate the clinical outcomes of this novel prosthesis.
In conclusion, a 3D-printed modular prosthesis may be a useful treatment option for the surgical reconstruction of GCT-induced patello-femoral large osteochondral defects. The firm fixation, osseointegration, and favourable congruency of the 3D-printed prosthesis with the adjacent articular surface can achieve long-term knee function and stability.
DATA AVAILABILITY STATEMENT
The original contributions presented in the study are included in the article/Supplementary Material, further inquiries can be directed to the corresponding authors.
ETHICS STATEMENT
The studies involving human participants were reviewed and approved by The Ethical Committee of West China Hospital, Sichuan University. The patients/participants provided their written informed consent to participate in this study.
AUTHOR CONTRIBUTIONS
DY and XF wrote the manuscript and produced the figures. WZ and HD supervised the process of writing the manuscript. XF, SL, WZ, and HD designed the prosthesis. XF, WZ, and HD performed the surgery. SL, NB, FK, and YG were responsible for English editing and reviewing the manuscript. All authors read and approved the final manuscript.
PUBLISHER’S NOTE
All claims expressed in this article are solely those of the authors and do not necessarily represent those of their affiliated organizations, or those of the publisher, the editors and the reviewers. Any product that may be evaluated in this article, or claim that may be made by its manufacturer, is not guaranteed or endorsed by the publisher.
SUPPLEMENTARY MATERIAL
The Supplementary Material for this article can be found online at: https://www.frontiersin.org/articles/10.3389/fbioe.2022.995879/full#supplementary-material
ABBREVIATIONS
GCT, Giant cell tumour; CT, Computed tomography; 3D, Three-dimensional; VAS, Visual Analogue Scale; ROM, Rang of Motion; MSTS, Musculoskeletal Tumour Society.
REFERENCES
 Andrade, R., Nunes, J., Hinckel, B. B., Gruskay, J., Vasta, S., Bastos, R., et al. (2019). Cartilage restoration of patellofemoral lesions: A systematic review. Cartilage 1357S–73S. doi:10.1177/1947603519893076
 Ayerza, M. A., Aponte-Tinao, L. A., Farfalli, G. L., Restrepo, C. A., and Muscolo, D. L. (2009). Joint preservation after extensive curettage of knee giant cell tumors. Clin. Orthop. Relat. Res. 467 (11), 2845–2851. doi:10.1007/s11999-009-0913-8
 Beard, D. J., Davies, L. J., Cook, J. A., MacLennan, G., Price, A., Kent, S., et al. (2020). Total versus partial knee replacement in patients with medial compartment knee osteoarthritis: The TOPKAT RCT. Health Technol. Assess. 24 (20), 1–98. doi:10.3310/hta24200
 Cotic, M., Forkel, P., and Imhoff, A. B. (2017). Patellofemoral arthroplasty. Oper. Orthop. Traumatol. 29 (1), 40–50. doi:10.1007/s00064-016-0477-1
 Degen, R. M., Coleman, N. W., Tetreault, D., Chang, B., Mahony, G. T., Camp, C. L., et al. (2017). Outcomes of patellofemoral osteochondral lesions treated with structural grafts in patients older than 40 years. Cartilage 8 (3), 255–262. doi:10.1177/1947603516665441
 Fang, X., Liu, H., Xiong, Y., Zhang, W., Luo, Y., Wu, F., et al. (2018). Total talar replacement with a novel 3D printed modular prosthesis for tumors. Ther. Clin. Risk Manag. 14, 1897–1905. doi:10.2147/tcrm.S172442
 Garner, A., van Arkel, R. J., and Cobb, J. (2019). Classification of combined partial knee arthroplasty. Bone Jt. J. 101-b (8), 922–928. doi:10.1302/0301-620x.101b8.Bjj-2019-0125.R1
 Ippolito, J. A., Campbell, M. L., Siracuse, B. L., and Benevenia, J. (2020). Reconstruction with custom unicondylar hemiarthroplasty following tumor resection: A case series and review of the literature. J. Knee Surg. 33 (8), 818–824. doi:10.1055/s-0039-1688556
 Jeong, S. H., Schneider, B., Pyne, A. S., Tishelman, J. C., and Strickland, S. M. (2020). Patellofemoral arthroplasty surgical technique: Lateral or medial parapatellar approach. J. Arthroplasty 35 (9), 2429–2434. doi:10.1016/j.arth.2020.04.026
 Ji, Y., Wu, Y., and Li, J. (2021). Use of three-dimensional-printed custom-made prosthesis to treat unicondylar femoral defect secondary to pathological fracture caused by giant cell tumor. J. Int. Med. Res. 49 (7), 030006052110253. doi:10.1177/03000605211025347
 Kamal, A. F., Simbolon, E. L., Prabowo, Y., and Hutagalung, E. U. (2016). Wide resection versus curettage with adjuvant therapy for giant cell tumour of bone. J. Orthop. Surg. Hong. Kong. 24 (2), 228–231. doi:10.1177/1602400221
 Kundu, Z. S., Gogna, P., Singla, R., Sangwan, S. S., Kamboj, P., and Goyal, S. (2015). Joint salvage using sandwich technique for giant cell tumors around knee. J. Knee Surg. 28 (2), 157–164. doi:10.1055/s-0034-1373738
 Lattermann, C., Kremser, V., and Altintas, B. (2018). Use of fresh osteochondral allografts in the patellofemoral joint. J. Knee Surg. 31 (3), 227–230. doi:10.1055/s-0037-1607324
 Lu, M., Wang, J., Tang, F., Min, L., Zhou, Y., Zhang, W., et al. (2019). A three-dimensional printed porous implant combined with bone grafting following curettage of a subchondral giant cell tumour of the proximal tibia: A case report. BMC Surg. 19 (1), 29. doi:10.1186/s12893-019-0491-y
 Palmerini, E., Picci, P., Reichardt, P., and Downey, G. (2019). Malignancy in giant cell tumor of bone: A review of the literature. Technol. Cancer Res. Treat. 18, 153303381984000. doi:10.1177/1533033819840000
 Rezzadeh, K., Behery, O. A., Kester, B. S., Dogra, T., Vigdorchik, J., and Schwarzkopf, R. (2020). Patellofemoral arthroplasty: Short-term complications and risk factors. J. Knee Surg. 33 (9), 912–918. doi:10.1055/s-0039-1688960
 Teng, W., Lin, P., Li, Y., Yan, X., Li, H., Li, B., et al. (2019). Bone combined cement grafting in giant cell tumor around the knee reduces mechanical failure. Int. Orthop. 43 (2), 475–482. doi:10.1007/s00264-018-3939-2
 Wang, C., Zhang, G., Li, Z., Zeng, X., Xu, Y., Zhao, S., et al. (2019). Tribological behavior of Ti-6Al-4V against cortical bone in different biolubricants. J. Mech. Behav. Biomed. Mat. 90, 460–471. doi:10.1016/j.jmbbm.2018.10.031
 Wu, M., Yao, S., Xie, Y., Yan, F., Deng, Z., Lei, J., et al. (2018). A novel subchondral bone-grafting procedure for the treatment of giant-cell tumor around the knee: A retrospective study of 27 cases. Med. Baltim. 97 (45), e13154. doi:10.1097/md.0000000000013154
 Xu, S., Yu, X., Xu, M., and Fu, Z. (2013). Inactivated autograft–prosthesis composite have a role for grade III giant cell tumor of bone around the knee. BMC Musculoskelet. Disord. 14, 319. doi:10.1186/1471-2474-14-319
 Yu, M., Wan, Y., Ren, B., Wang, H., Zhang, X., Qiu, C., et al. (2020). 3D printed Ti-6Al-4V implant with a micro/nanostructured surface and its cellular responses. ACS Omega 5 (49), 31738–31743. doi:10.1021/acsomega.0c04373
 Yu, X. C., Xu, M., Song, R. X., Fu, Z. H., and Liu, X. P. (2010). Long-term outcome of giant cell tumors of bone around the knee treated by en bloc resection of tumor and reconstruction with prosthesis. Orthop. Surg. 2 (3), 211–217. doi:10.1111/j.1757-7861.2010.00089.x
 Yu, Z., Zhang, W., Fang, X., Tu, C., and Duan, H. (2021). Pelvic reconstruction with a novel three-dimensional-printed, multimodality imaging based endoprosthesis following enneking type I + IV resection. Front. Oncol. 11, 629582. doi:10.3389/fonc.2021.629582
Conflict of interest: The authors declare that the research was conducted in the absence of any commercial or financial relationships that could be construed as a potential conflict of interest.
Copyright © 2022 Yuan, Fang, Lei, Banskota, Kuang, Gou, Zhang and Duan. This is an open-access article distributed under the terms of the Creative Commons Attribution License (CC BY). The use, distribution or reproduction in other forums is permitted, provided the original author(s) and the copyright owner(s) are credited and that the original publication in this journal is cited, in accordance with accepted academic practice. No use, distribution or reproduction is permitted which does not comply with these terms.
		ORIGINAL RESEARCH
published: 23 September 2022
doi: 10.3389/fbioe.2022.962483


[image: image2]
Femtosecond laser treatment promotes the surface bioactivity and bone ingrowth of Ti6Al4V bone scaffolds
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In this study, a femtosecond laser with a wavelength of 800 nm was used to modify the surface of a titanium alloy bone scaffold created via selective laser melting (SLM). The outcomes demonstrated that the surface morphology of the bone scaffold after femtosecond laser treatment was micro-nano morphology. The hydrophobic structure of the scaffold was changed into a super-hydrophilic structure, improving the surface roughness, which was highly helpful for osteoblast adhesion and differentiation. The femtosecond laser surface treatment in vitro samples produced a thick layer of hydroxyapatite (HAP) with improved surface bioactivity. The effectiveness of osseointegration and interstitial growth of the specimens treated with the femtosecond laser surface were found to be better when bone scaffolds were implanted into the epiphysis of the tibia of rabbits. As a result, femtosecond laser therapy dramatically enhanced the surface activity of bone scaffolds and their capacity to integrate with the surrounding bone tissues, serving as a trustworthy benchmark for future biological scaffold research.
Keywords: femtosecond laser, micro-nano surface morphology, super hydrophilic structure, surface bioactivity, bone tissue growth
INTRODUCTION
Due to its superior mechanical qualities, corrosion resistance, and biocompatibility, titanium (Ti) and its alloys have been the most popular choice of implant materials. In the additive manufacturing process known as selective laser melting (SLM), powder is melted and stacked one layer at a time into complicated three-dimensional parts. In the biomedical arena, it is unquestionably appealing for the tailored preparation of orthopedic implants. At this time, clinical tests using porous titanium alloy scaffolds made by SLM have been successful (Van Hooreweder et al., 2017; Wang et al., 2019; Zhao X. et al., 2020).
Bone scaffolds with strong biocompatibility are implanted into the defected area in bone tissue engineering to give growing space for cells and growth factors and encourage bone tissue regeneration. This approach is seen to be a promising one for repairing bone defects (Turnbull et al., 2018; Wubneh et al., 2018). The failure rate of stent implantation has increased significantly as a result of the inadequate connection between the scaffold and the bone in the initial stage of implantation as it is not favorable for the growth of bone tissue into the scaffold (Gnilitskyi et al., 2019). The micro–nano morphology, roughness, hydrophilicity, and bioactivity of the scaffold surface, which are significant elements determining the effectiveness of osseointegration, have been demonstrated in pertinent research to be able to encourage the formation of bone tissue (Luo et al., 2014; Raimbault et al., 2016). To increase the effectiveness of osseointegration between bone tissue and Ti implants, surface modification is crucial.
With the development of surface modification technology, the osseointegration of different surface modification methods has attracted extensive attention of researchers. Many surface modification methods for bone scaffolds have been reported in previous studies, including chemical methods such as alkali heat, acid etching, and oxidation (Amin Yavari et al., 2015; Pylypchuk et al., 2015; Tan et al., 2016), and physical methods such as grinding, sandblasting, and roughening (Le Guéhennec et al., 2007; Coelho et al., 2009; Abdel-Haq et al., 2011). Fanny (Hilario et al., 2017) synthesized TiO2 nanotubes on the surface of a titanium plate by anodic oxidation to obtain better corrosion resistance and biological activity. Wang and Xiong (2018) prepared novel composite coatings using two different surface modification technologies (micro-arc oxidation and grafting hydrophilic polymers), demonstrating better hydrophilicity and abrasive resistance.
Dingyun Zhao et al. (2020) quickly prepared the sodium titanate rutile TiO2 bioactive structure on the titanium surface by induction heating, acid etching, and alkali heat. This structure had good adhesion, corrosion resistance, and a strong ability to induce the formation of hydroxyapatite (HAP) in a simulated body fluid, and the formed HAP had excellent long-term stability. Calcium and phosphate, which are necessary for bone formation, are found in HAP, a biocompatible and osteoconduction bioactive ceramic Ca10(PO4)6(OH)2. It deposits on the surface of Ti, which is conducive to combining with living bone and promoting the growth of osseous tissue. Kostelac et al. (2022) prepared a 2-grade titanium alloy bioactive coating with HAP as the main component by the plasma electrolytic oxidation process. The cell adhesion biological test showed that the coating had excellent cytocompatibility with human cells, and the cell adhesion performance was improved compared with that of untreated samples. The aforementioned surface modification methods can improve the bioactivity of bone scaffolds. However, problems such as the coating adhesion being so poor that it is easy to peel, chemical pollution, and difficult control of the surface structure are difficult to ignore.
Because laser processing is non-contact, highly repeatable, and produces very little pollution, it is a dependable technique for surface modification (Cunha et al., 2015). Compared to nanosecond and picosecond pulse lasers, femtosecond lasers can prevent thermal diffusion and cause less thermal damage to nearby materials (Lu et al., 2018). Furthermore, by concentrating a femtosecond laser at micro-level spots, the etching trajectory and surface morphology can be accurately controlled. Based on the aforementioned benefits, femtosecond laser technology can stand out from other surface modification techniques and take the top spot among them.
In recent years, we have seen an increase in studies on the surface bioactivity of titanium and its alloys by femtosecond laser therapy, with the aim of directing the femtosecond laser ablation on the surface of titanium alloys to generate micro–nano morphology. The multiscale shape of micro/nano combinations accelerated the development of osteoblasts, according to Tsukanaka et al. (2016). In order to give the titanium surface good hydrophilicity, which is more beneficial for the deposition of HAP and accelerates the adhesion and differentiation of osteoblasts, Lin et al. (2020) conducted a series of regular lattice microstructures on the titanium surface using the femtosecond laser micro–nano-processing technology. Bouet et al. (2019) used a femtosecond laser to change the surface morphology of the Ti alloy which is formed by SLM technology. The results showed that the stent surface modified by the femtosecond laser had more spikes; the surface with more spikes had better hydrophilic performance, stronger bone integration ability, and better antibacterial effect. Although some researchers have studied how to increase the biological activity by applying a femtosecond laser to the surface of Ti/Ti alloy slices, there are few reports on how to increase the biological activity of a Ti alloy bone scaffold and then watch bone tissue grow after implantation.
In this study, the SLM-produced Ti6Al4V bone scaffolds were directly ablated using the femtosecond laser micro–nano-processing technology. Surface morphology, roughness, and hydrophilicity define the surface properties of the scaffolds. To determine the promoting impact of femtosecond laser surface treatment on the surface activity and osteogenic growth ability of the bone scaffold and to obtain a bone scaffold with better osseointegration ability in the early stage of implantation, the in vitro activity and rabbit tibial implantation experiment were carried out.
EXPERIMENT
Preparation of samples
In this study, the particle size of Ti6Al4V powder (Avimetal Powder Metallurgy Technology (Beijing) Co., Ltd.) ranges from 15 to 53 μm. The degree of sphericity is quite well (Figure 1A). The main components of the titanium alloy powder are presented in Table 1. The bone scaffold is generated by a periodic array of pillar tetrahedral basic cells (TBCs) and designed by Unigraphics NX (Siemens PLM Software, Germany). The design method and structural parameter relationship can be found in our previous articles (Wang et al., 2019). The unit porosity is 65 %, and the typical dimension is 16 mm by 10 mm (Figure 1B).
[image: Figure 1]FIGURE 1 | Materials and samples: (A) SEM image of the titanium alloy powder; (B) bone scaffold sample.
TABLE 1 | Chemical composition of the titanium alloy powder.
[image: Table 1]Commercial SLM tools were used to create the bone scaffolds (FS271M, Sichuan Huashu Turing additive manufacturing technology Co., Ltd., Chengdu, Sichuan). The parameters of this equipment are as follows: the laser power is 500 W (W), the radius of the laser facula is 35 μm, the layer thickness is 30 μm, and the laser scanning speed is 240 mm/s. The scanning technique was designed as 67°- and 125°-angled laser channels for the neighboring layers to melt powder molding in order to eliminate internal residual stress. To ensure that printing was carried out in a pure argon gas environment, oxygen in the forming cavity was removed before printing with argon gas that had a purity of 99.999 %. The bone scaffolds were created in the end (Figure 1B). After printing, wire electrical discharge machining (WEDM) technology was used to separate bone scaffold samples, which was created by additive manufacturing (AM), from the substrate. To eliminate contaminants and pollutants, the samples were then ultrasonically cleaned in industrial alcohol for 5 minutes.
The laser beam from the regeneratively amplified titanium gem femtosecond laser system abraded the surfaces of the AM samples with pulse times of 104 femtoseconds, repetition rates of 1 kHz, and center wavelengths of 800 nm (Legend Elite-1K-HE, Coherent, United States). The femtosecond laser surface treatment experiment was carried out at room temperature with air as the medium. During the ablation process, the laser beam guided the AM sample surfaces through the galvanometer scanning system (intelliSCAN III 14, SCANLAB), focusing the laser beam and scanning along with the linear scanning method. The scanning laser power was 50 mW, the speed was 0.5 mm/s, the focus spot was circular, the radius of the laser facula was 25 μm, the chirp of the pulse was 0.5 μm, and the line spacing was 0.04 mm. The new additive manufacturing (AM + FS) samples were taken after the femtosecond laser treatment and immersed in acetone for 5 min of ultrasonication to remove any remaining debris from the surface.
Surface characteristics of bone scaffolds
The surface morphology of the AM samples and the AM + FS samples was quantitatively analyzed using an atomic force microscope (AFM, NT-MDT, Russia). Five samples from each group were measured for their roughness average (Ra), roughness kurtosis (Rku), and roughness skewness (Rsk), and their averages were computed. Samples were scanned using an AFM at a width of 20 F0B4 20 mm. A field emission scanning electron microscope (SEM, JSE-5900 L V, Japan) was used to examine the surface morphology of the AM and AM + FS samples.
The hydrophilicity of the bone scaffold surface was evaluated by measuring the contact angle of droplets on the sample surfaces, which were detected by an optical contact angle-measuring instrument system (SDC-350, Shengding Precision Instrument Co., Ltd., Dongguan, China). Deionized water was used as the test solution, and a microliter syringe was used to control the droplet size to 2 µL. Contact angle (CA) represents the average value obtained from different plane measurements.
In vitro bioactivity test of bone scaffolds
For 14 days at 37°C, five samples from the AM and AM + FS groups were immersed in a simulated bodily fluid (SBF) to examine the scaffold surface’s capacity to promote HAP formation. The SBF used in the experiment was purchased from Fuzhou Beijing Biotechnology Co., Ltd. The ratio of the SBF solution volume to scaffold mass was 200 ml/g. It was noted that the volume of the SBF solution remained constant during the soaking process to ensure sufficient reaction ions for HAP formation. After soaking, the sample was taken out and repeatedly washed with ethanol three times to prevent further reaction. Then, the HAP deposition on the surface of the bone scaffold was evaluated and confirmed by SEM and energy-dispersive spectroscopy (EDS).
Rabbit tibial stent implantation experiment
In vivo implantation of bone scaffolds
This experiment was carried out in the experimental animal center of Southwest Medical University (Ethics No.: 2020878). A tibial metaphysis implantation experiment was conducted on 36 rabbits (weighing about 2.5 and 3 kg) at the age of 3 months.
Three groups of 12 rabbits each, made up of 36 rabbits, were randomly selected to represent three time-points (2, 4, and 8 weeks). At each time-point, the right tibial epiphysis of 12 rabbits was randomized to receive AM and AM + FS sample implants. A rectangular defect was drilled with a dental drill at the epiphysis of the tibial shaft after the rabbits were anesthetized with 3 % pentobarbital sodium (30 mg/kg), then a bone scaffold was randomly implanted in the defect area, and the incision was sutured (Figures 2A,B). The rabbits were treated with penicillin for 3 days after the operation and fed separately. The rabbits were killed by intravenous injection of excessive sodium pentobarbital at 2, 4, and 8 weeks after implantation. For further analysis, the bone scaffold around the tibial metaphysis was immersed in 10 % formalin solution.
[image: Figure 2]FIGURE 2 | Rabbit tibial implantation experiment: (A) Rabbit tibial defect; (B) bone scaffold implantation; (C) schematic diagram of the cutting line of the hard tissue section after removal of the implanted bone scaffold.
Micro-CT experimental evaluation
Micro-CT (SCANCO Medical, Switzerland) scanning was performed on the tibia metaphysis-containing stent at weeks 2, 4, and 8, respectively, and the scanned files were imported into Mimics 21.0 (Materialise, Belgium) software for reconstruction. Micro-CT was used to quantitatively analyze the growth of bone tissue into bone scaffolds. The bone tissue’s interstitial growth capacity was quantified by the ratio of the new bone volume (BV) of the scaffold to the total volume (TV) of the analysis area.
Histological experimental evaluation
After Micro CT scanning, the specimens were dehydrated with 70 %, 80 %, 90 %, and 100 % ethanol, respectively, and then soaked in a formalin solution at 37°C for 1 week. A hard tissue section machine (SP1600, Leica, Germany) was used to slice the tissue along the radial and axial directions of the tibia. The slice thickness was 50 µm, and the schematic diagram showed the tissue slice line (Figure 2C). The radial and axial directions of the femur were labeled as Line1 and Line2, respectively. After cutting it into sections, van Gieson stain, which contains 1.2 % trinitrophenol and 1 % acid fuchsin, was applied, and the development of bone tissue was seen under an optical microscope (DMCA, Leica, DM2500, Germany).
RESULTS AND DISCUSSION
Surface characteristics of bone scaffolds
Figures 3A, B present the surface morphology of SEM images and optical microscopic images of AM samples and AM + FS samples. It might be seen that the surface morphology of the AM sample was relatively smooth, while that of the AM + FS sample after femtosecond laser surface treatment changes, forming a micro/nano-structure surface with a similar osteoporosis structure. Previous research has demonstrated that a critical feature influencing the bioactivity of metal implants is their surface morphology. Cells respond by detecting the surface morphology properties of implants, leading to adhesion, proliferation, and differentiation (Feller et al., 2014; Li et al., 2016; Liu et al., 2020). In particular, the surface morphology of the micro/nano-level combination improved the surface roughness and hydrophilicity, which was beneficial to the adhesion and differentiation of osteoblasts (Gittens et al., 2014a; Chen et al., 2017; Shaikh et al., 2018).
[image: Figure 3]FIGURE 3 | Surface characteristics: (A–B) SEM images and optical microscopic images of the surface of AM and AM + FS samples; (C–D) AFM three-dimensional morphologies of the AM and AM + FS samples; (E) the water contact angles of the sample surface; (F–H) surface parameters of Ra, Rku, and Rsk of samples.
AFM was utilized to capture the three-dimensional surface morphology of AM and AM + FS samples, and roughness parameters were employed to quantitatively explain the surface morphology difference brought about by the femtosecond laser treatment of bone scaffolds (Figures 3C,D). The roughness of the two sets of samples was assessed in this study using the roughness metrics Ra, Rku, and Rsk. Ra represents the unevenness of the surface, and the larger the value, the rougher is the surface; Rku indicates the sharpness of the surface, and the higher its value, the sharper is the peak surface (Rku >3 indicates that the surface is the peak surface); Rsk represents the asymmetry of the surface, where a positive value represents the dominant number of surface peaks, and a negative value represents the dominant number of surface valleys. The results show that the surface roughness parameters of Ra, Rku, and Rsk of the bone scaffold AM + FS samples were higher than those of AM samples, indicating that the surface of the bone scaffold treated by femtosecond laser had higher roughness (Figures 3F, H).
The surface of the bone scaffolds underwent femtosecond laser treatment, which caused the unevenness to worsen and a sharper surface peak to develop. The analysis results of the skewness value demonstrated that although the surfaces of the bone scaffold AM samples and AM + FS samples were peak surfaces (Rku>3), the surface Rsk of the AM samples were negative, and the number of surface valleys was more than that of the surface peaks. After femtosecond laser surface treatment, the surface tended to form surface peaks rather than surface valleys, and the number of surface peaks on the surface of the AM + FS sample was much greater than that of the surface valleys. It is more conducive to cell adhesion and speeds up the proliferation and differentiation of bone tissue cells when the surface area of a bone scaffold in contact with bone tissue cells rises (Chan et al., 2017; Spriano et al., 2018).
Surface hydrophilicity is another crucial factor determining the interaction between the surface of the bone scaffold and surrounding osseous tissue in addition to the surface morphology and roughness (Gittens et al., 2014b; Rupp et al., 2014). The water contact angles were measured to evaluate the hydrophilicity of the sample surfaces (Figure 3E). The average water contact angle on the surface of the AM samples was 98°, which was the hydrophobic structure. The average water contact angle on the surface of the AM + FS samples was almost 0°, which was the super-hydrophilic structure. The effectiveness of HAP deposition, cell adhesion, and bioactivity is significantly influenced by the hydrophilicity of the bone scaffold surface (Chen et al., 2014; Zhang et al., 2019; Menazea and Ahmed, 2020). The adhesion of cells at the initial stage of implantation has a significant impact on the proliferation and differentiation of subsequent cells, and relevant studies have shown that fibronectin and other important extracellular matrices (ECM) related to cell adhesion tend to be adsorbed on the hydrophilic surface (Wilson et al., 2005). As a result, the hydrophilic scaffold surface can bind to osseous tissue in vivo more than the hydrophobic scaffold surface.
In vitro bioactivity evaluation of bone scaffolds
The formation of HAP is an important sign of the bioactivity of materials. It is also one of the criteria for evaluating the bioactivity of bone repair materials in vitro. The AM samples and AM + FS samples were soaked in SBF for 14 days. The surface morphology of the bone scaffolds soaked for 14 days was observed by SEM (Figures 4A–C).
[image: Figure 4]FIGURE 4 | SEM and EDS of the surface of samples soaked in SBF for 14 days: (A–B) AM samples; (C–D) AM + FS samples.
HAP is clustered and composed of many nanocrystals. This is the typical form of HAP deposited in SBF. HAP was observed on the surface of AM samples and AM + FS samples, indicating that the titanium alloy bone scaffold had the ability to induce HAP deposition before and after femtosecond laser surface treatment. It is worth mentioning that only few HAP particles were generated on the surface of the AM samples, and the HAP coverage was low. However, a dense HAP layer was formed on the surface of the AM + FS samples, and the coverage was significantly increased. As a result, the bone scaffolds treated with the femtosecond laser had a stronger ability to induce HAP deposition and better bioactivity.
The elemental composition of the sample surface was analyzed by EDS (Figures 4B–D). The AM + FS sample’s Ca/P ratio was about 1.65 after 14 days of soaking in the SBF solution, comparable to the Ca/P ratio of HAP typically seen in human bones. Compared to the typical Ca/p value of HAP in human bones, the AM samples had a higher Ca/p ratio of around 1.92. In an in vitro SBF immersion experiment, calcium ions were first deposited on the surface, and then, HAP grew there (Zhao and Xiong, 2012). Even while HAP is generated on the surface, it happens significantly more slowly in AM samples than in AM + FS samples, according to the AM sample’s greater Ca/P ratio. The results of the EDS analysis and the SEM observation findings are in agreement.
Evaluation of the bone ingrowth ability of bone scaffolds in vivo
Micro-CT evaluation
In vitro experimental results have shown that femtosecond laser treatment can improve the surface bioactivity of bone scaffolds. To further test the efficiency of osseointegration in vivo, the AM and AM + FS samples were implanted into the epiphysis of the rabbit tibial shaft for 2, 4, and 8 weeks, respectively. The ratio of the BV to the TV was used as an index to evaluate the bone ingrowth ability of the bone scaffold. The higher the value of BV/TV, the more the scaffold grows into bone tissue and the better is the osteogenic growth performance of the scaffold. The micro-CT three-dimensional model was reconstructed at different time-points after the bone scaffold was implanted into the rabbit tibia, in which the black part was the titanium alloy scaffold, the yellow part was the new bone tissue, and the gray part was the host’s original bone tissue (Figure 5A). It was noted that due to the length of the bone scaffold implant, only a 5-mm long section was intercepted for analysis during 3D reconstruction. Since there were a certain number of bone tissue cells in the bone marrow cavity, a small amount of bone tissue cells had adhered and proliferated on the surface of the bone scaffold in the early stage of implantation. This indicated that the titanium alloy bone scaffold manufactured by SLM had excellent biocompatibility.
[image: Figure 5]FIGURE 5 | Micro-CT evaluation: (A) micro-CT reconstruction model of bone stent implantation in rabbits at different time-points; (B) BV/TV values at different time-points of bone scaffold implantation in rabbits (*p < 0.05).
As can be seen from the three-dimensional reconstruction model (Figure 5A), with the increase in implantation time, there was an increasing number of new bone tissues in the scaffold. In the first 2 weeks of implantation, it might be seen that the cortical bone tissue of the AM + FS samples extended to the marrow cavity along the contour of the scaffold, which was not the case in the AM samples. At the fourth week after implantation, the new bone tissue of cortical bone cells in the AM + FS samples increased gradually along the contour of the scaffold. In contrast, the bone tissue in the AM samples did not grow to the bone marrow cavity along the contour of the scaffold, which showed that the surface of the bone scaffold had better biocompatibility and osteoconduction after the femtosecond laser surface treatment. At the eighth week of implantation, it might be seen that many new bone tissues were growing in the AM samples and AM + FS samples. Nevertheless, compared with the AM samples, there were more new bone tissues in the pores of AM + FS samples. Bone tissue and scaffolds have become a whole, forming good osteointegration.
The quantitative analysis results of the bone growth ability after bone scaffold implantation by micro-CT were described by the BV/TV ratio (Figure 5B). It can be seen from the second week of implantation, the new bone volume of the AM + FS sample was almost twice that of the AM sample, indicating that the surface bioactivity and bone ingrowth ability of the bone scaffold were significantly improved after the femtosecond laser surface treatment. In the early stage of bone scaffold implantation, osteoblasts first adhered to the scaffold surface and then gradually grew into the scaffold pores. The surface of the bone scaffold treated by the femtosecond laser provided a good place for cell adhesion in the early stage of growth. At the fourth and eighth weeks after implantation, the volume difference of the new bone between the two groups’ scaffolds decreased gradually, which was mainly attributed to the limited space provided by the 2 mm thickness of the scaffold for bone tissue growth. Therefore, the growth of bone tissue in the AM + FS samples slowed down gradually in the later stage.
Histological evaluation
The hard-tissue section machine was used to slice the tissue along with the schematic diagram of the slicing line (Figure 2C), stain after slicing, and observe the growth of bone tissue under an optical microscope.
After the implantation of bone scaffolds, at weeks 2, 4, and 8, bone tissue development was seen (Figure 6). In the figure, the scaffold is shown in black, the new bone is shown in red, and the fibrous tissue is shown in blue. The radial and axial directions of the femur are shown by lines 1 and 2, respectively.
[image: Figure 6]FIGURE 6 | VG stain histological sections of AM and AM + FS samples at different time-points.
For the Line1 direction, the bone tissue first grew from the place where the cortical bone contacted the scaffold to both sides (Figure 6). In the second week, the bone tissue cells of the AM + FS samples proliferated bilaterally. However, only a few cells proliferated bilaterally in the AM samples. In the fourth week, the bone tissue cells of the AM + FS samples proliferated bilaterally and expanded into the inner pores of the scaffold. In the AM samples, bone tissue cell growth remained mostly unaltered. There were considerably less bone tissue cells in the inner pores of the AM samples than the AM + FS samples. In the eighth week, bone tissue could be found to be present in the inner pores of the AM samples and the AM + FS samples in contact with the cortical bone. The AM + FS samples had a wider contact area with bone tissue than the AM samples did, and the bone tissue interlocked well with the scaffold.
For the Line2 direction, because the scaffold was not in direct contact with the cortical bone, the bone tissue cells on the scaffold proliferated from the contact part between the cortical bone and scaffold. The capacity of bone tissue cells on the scaffold to proliferate and differentiate is directly reflected in the direction in which the bone tissue is growing. In the second week of the AM + FS samples, it can be seen from the Line2 direction that a few bone tissue cells proliferated to the center of the scaffold (Figure 6). At the same time, for the AM samples, only a few bone tissue units proliferated at the edge of the cortical bone. At the fourth week, there was only a small amount of bone tissue cells in the middle of the AM samples, while more bone tissue cells had adhered to the middle of the AM + FS samples and proliferated and differentiated in the pores of the scaffold. At the eighth week, bone tissue cells had proliferated and differentiated well along the lateral side of the AM + FS samples, and the degree of cell proliferation on the AM samples was significantly lower than that of the AM + FS samples.
In conclusion, the in vivo implantation experiment showed that AM + FS samples in the Line1 direction might see the adhesion and growth of bone tissue cells on the scaffold surface after 2 weeks of implantation, showing good osseointegration ability. Compared with the AM samples at the same time point, the AM + FS samples showed more new bone tissue growth, indicating that the surface after femtosecond laser treatment can promote the adhesion of bone tissue cells. More bone tissue in the Line2 direction showed proliferation along the surface of the AM + FS samples, and bone tissue and bone scaffolds showed good mechanical interlocking characteristics at the eighth week of implantation.
CONCLUSION
In this study, the surface of Ti alloy bone scaffolds made by SLM was treated with a femtosecond laser, and the changes in the surface morphology, roughness, and hydrophilicity of the bone scaffolds following treatment were noted. The bioactivity of the AM and AM + FS samples was measured using the simulated bodily fluid immersion technique. To assess the bone development performance in vivo, the bone scaffolds were transplanted into the metaphysis of the rabbit tibia. The most innovative aspect of this study is how thoroughly and methodically the aforementioned tests have been conducted and studied. The key findings are as follows:
1) Bone scaffolds that had been surface-treated with a femtosecond laser developed micro–nano surface topography, which increased surface roughness and hydrophilicity.
2) In vitro activity tests revealed that treating the surface of the bone scaffold with a femtosecond laser resulted in dense HAP, which had improved bioactivity and promoted the adhesion and proliferation of bone tissue cells.
3) The implantation of a bone scaffold in the rabbit tibia metaphysis resulted in more new bone tissues growing in the AM + FS samples than in AM samples alone. It was further established that treating the bone scaffold with a femtosecond laser improves bone tissue cell adhesion and proliferation. Additionally, the growth of bone tissue on the surface of the AM + FS samples demonstrated strong mechanical interlocking properties with bone scaffolds.
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Nanofibers show promise as bone tissue engineering scaffolds (BTESs). In this study, electrospun poly (lactic-co-glycolic acid) (PLGA)/silicon nitride (Si3N4) composite nanofiber membranes were formed and the osteogenesis capability of mesenchymal stem cells (MSC) from the scaffold marrow was investigated. By modifying the different properties of Si3N4 in the PLGA, two hybrid scaffolds were successfully prepared, including the PLGA/Si3N4 (1 wt.%) nanofiber scaffold and PLGA/Si3N4 (2 wt.%) nanofiber scaffold. The diameter of the fiber nanofiber scaffold PLGA/Si3N4 was decreased and the mechanical strength was increased compared to PLGA. In vitro studies showed better cell adhesion and proliferation on the PLGA/Si3N4 nanofiber scaffold compared to the PLGA nanofiber scaffold. The integration of Si3N4 promoted osteogenesis capacity by increasing the gene expression of bone-related proteins (BMP2, ALP, OPN, COL1a1, Runx2, and OCN), calcium deposits, and support of ALP activity compared to those for the PLGA nanofiber scaffold. Similarly, the PLGA/Si3N4 (2 wt.%) nanofiber scaffold showed better mechanics and biological activity compared to the PLGA/Si3N4 (1 wt.%) nanofiber scaffold. Overall, the PLGA/Si3N4 nanofiber scaffold showed potential as a promising hybrid scaffold for bone regeneration.
Keywords: electrospinning, PLGA, Si3N4, bone tissue engineering scaffold, MSCs
INTRODUCTION
The demand is large for a graft or bone substitute to heal bone defects resulting from trauma, bone infections, osteomyelitis, necrosis, and tumors. BTES have been used as bone graft substitutes and overcome the limitations of all-/autografts.
From perspectives of developmental biology and tissue regeneration, an ideal BTES is designed by considering the following aspects: appropriate mechanical strength, biological signaling factors, biomimetic structure, and selection of proper cell lineage (Lopes et al., 2018).
Natural and synthetic polymers with good biocompatibility are commonly used in the construction of BTES (Bharadwaz and Jayasuriya, 2020). While flexibility in processing and stability in artificial and mechanical strength are some advantages of synthetic polymers, they may lead to weak immune responses (Tamayol et al., 2013). Synthetic polymers such as polycaprolactone (PCL) (Heydari et al., 2017), poly (glycolic acid) (PGA) (Telemeco et al., 2005), poly (lactic-co-glycolic acid) (PLGA) (Loureiro et al., 2020), polyhydroxybutyrate (PHB) (Zhou et al., 2017), poly (propylene fumarate) (PPF) (Diez-Pascual and Diez-Vicente, 2017), and polycaprolactone (PLGA) show high-level mechanical properties (Bose et al., 2012). PLGA additionally shows high compatibility, as well as good biodegradability, chemical stability, thermal stability, nontoxicity, and histocompatibility and is widely used in the production and processing of drug carriers and tissue engineering scaffolds, and for wound healing [10]. The hydrophobic surface of PLGA results from ester bonds and high molecular weight, which lead to decreased surface wettability, which is a challenge in scaffold construction (Miguel et al., 2018). In addition, the low mechanical strength of pure PLGA scaffolds limits its application in osteogenic repair (Ji et al., 2011). Different forms of PLGA, such as porous scaffolds, films, fibers, nanoparticles, and microspheres, have been designed to overcome these shortcomings (Bose et al., 2018); Compounding with other materials is also another method used for the optimization of this polymer (Turnbull et al., 2018).
The most common fillers in BTES are bioactive glass (Turnbull et al., 2018), ceramic, and nanosheet materials such as Laponite, black phosphorus, graphene, and oxide. Compared to other organic 2D sheet materials, the covalent Si-N bonds of Si3N4 show cleavage. A silicon-rich layer is formed on the substrate surface, promoting hydroxyapatite formation and hydroxyapatite cell adhesion like bioactive glass. This method produces bioactive materials with the strongest known osseointegration ability (Zanocco et al., 2019). Moreover, the nitrogen released from Si3N4 plays a fundamental role in stimulating bone21 and also provides an antibacterial effect (Boschetto et al., 2020). The angiogenic and osteogenic activities of silicon ions have also been widely reported. Multiscale porous structures could provide enhanced protein adsorption (Zhu et al., 2017), regulation of cell behavior related to osteogenic differentiation (Kim et al., 2017), and vascular ingrowth, which is the precursor and basis for bone formation (Stegen et al., 2015). Electrospinning is a more effective and advantageous method to manage the final unique structures and properties of scaffolds compared to 3D printing and other traditional methods (Jun et al., 2018).
Based on the excellent osteogenic regeneration potential of Si3N4, this study fabricated a novel composite scaffold doped with PLGA and Si3N4 by electrospinning (Figure 1). This work aimed to integrate the desired properties of PLGA and Si3N4 in a nanofiber scaffold. The surface topography, mechanical characteristics, and bioactivity of the scaffolds were examined by SEM, tension test, and MTT assay. This nanofiber scaffold may contribute to improved bone regeneration.
[image: Figure 1]FIGURE 1 | Schematic diagram of the PLGA/Si3N4 nanofiber scaffold fabrication. The addition of Si3N4 promotes the osteogenic inductive ability of MSCs on the scaffold.
MATERIALS AND METHODS
Fabrication of PLGA/Si3N4 scaffolds
The desired amount of PLGA (240 mg) was dissolved in 2 ml of hexafluoroisopropanol (HFIP, Macklin, China) solvent and stirred for 24 h. Separately, Si3N4 (20–50nm, XFnano, China) particle powders were well dispersed in HFIP solvent. The two solutions were mixed by stirring for 24 h. The concentration of PLGA in HFIP was 12% w/v, while the Si3N4 amounts varied according to PLGA. The scaffolds were constructed on an electrospinning machine (YFSP-T, Yunfan (Tianjin) Instrument Co., Ltd., China). Finally, PLGA, PLGA/Si3N4 (1 wt.%), and PLGA/Si3N4(2 wt.%) nanofiber scaffolds were fabricated.
Characterization of the nanofiber scaffolds
A scanning electron microscope (SEM, Zeiss, Axiovert 200, Germany) was used to assess the morphology of the electrospun PLGA, PLGA/Si3N4 (1 wt.%), and PLGA/Si3N4 (2 wt.%) nanofiber scaffolds. All scaffolds were analyzed by SEM sputtered with a gold layer. Additionally, 30 pieces from each group were cached to calculate fiber diameters by using Image J pro.
The mechanical properties of the PLGA, PLGA/Si3N4 (1 wt.%), and PLGA/Si3N4 (2 wt.%) nanofiber scaffold were characterized using the same sample size (30 × 10 mm2). The mechanical properties were assessed using a universal mechanical testing machine (Instron 68SC-05, United States) at a crosshead speed of 1.5 mm/min.
Cytocompatibility assessment of MSCs
Marrow mesenchymal stem cells (MSCs) were cultured on the different scaffolds marked as control, PLGA nanofiber scaffold, PLGA/Si3N4 (1 wt.%) nanofiber scaffold, and PLGA/Si3N4 (2 wt.%) nanofiber scaffold for 3 days. The MTT assay (Sigma-Aldrich, United States) was used to evaluate MSC proliferation after cell seeding on the scaffolds and without a scaffold (control).
After the MSCs were cultured on the PLGA, PLGA/Si3N4 (1 wt.%), and PLGA/Si3N4 (2 wt.%) nanofiber scaffolds for 3 days, the MSCs-nanofiber scaffolds were incubated with 1 μM calcein-AM and 1 μM PI for 30 min while protected from light. After washing three times with phosphate-buffered saline (PBS), images of cell morphology and cell interaction with the nanofiber scaffold in each group were captured using a fluorescence imaging microscope (Zeiss, Axiovert 200, Germany).
Gene expression
After the MSCs were cultured on the Control and PLGA, PLGA/Si3N4 (1 wt.%), and PLGA/Si3N4 (2 wt.%) nanofiber scaffolds for 3, 7, and 14 days, real-time qPCR (qRT-qPCR) was performed. The primers for these are shown in Table 1.
TABLE 1 | Primers used for the qRT-PCR analysis.
[image: Table 1]Alkaline phosphatase activity assay
After the MSCs were cultured on the Control and PLGA, PLGA/Si3N4 (1 wt.%), and PLGA/Si3N4 (2 wt.%) nanofiber scaffolds for 7 days, alkaline phosphatase activity (ALP) was measured as previously described (Solarbio, China) (Yin et al., 2011).
Alizarin red S staining
After the MSCs were cultured on the Control and PLGA, PLGA/Si3N4 (1 wt.%), and PLGA/Si3N4 (2 wt.%) nanofiber scaffolds for 7 days, ARS (Sigma-Aldrich, United States) staining was performed.
Statistical analysis
One-way analysis of variances (ANOVA) was used to compare more than two groups. Quantitative data were expressed as mean ± SD, with *p < 0.05, **p < 0.01, and ***p < 0.001 considered statistically significant.
RESULTS AND DISCUSSION
Characterization of the nanofiber scaffolds
The microstructures of the PLGA, PLGA/Si3N4 (1 wt.%), and PLGA/Si3N4 (2 wt.%) nanofiber scaffolds were observed by SEM, as shown in Figure 2. The addition of Si3N4 made the nanofiber scaffolds more uniform in size (Figure 2A). The diameter of pure PLGA nanofiber scaffold fibers ranged from 200 to 900 nm, with an average diameter of 429.3 ± 136.7 nm (Figures 2B,C). The composite PLGA/Si3N4 (1 wt.%) nanofiber scaffold showed a fiber diameter of around 100–500 nm, with an average diameter of 268.2 ± 66.7 nm. The further increase of Si3N4 up to 2 wt.% in the PLGA/Si3N4 (1 wt.%) nanofiber scaffold decreased the range of fibers to 100–300 nm, with an average diameter of 175.7 ± 24.1 nm. Compared to the PLGA nanofiber scaffold and PLGA/Si3N4 (1 wt.%) nanofiber scaffold, the PLGA/Si3N4 (2 wt.%) nanofiber scaffold showed a smaller average diameter.
[image: Figure 2]FIGURE 2 | Characterization of the PLGA nanofiber scaffold, PLGA/Si3N4(1 wt.%) nanofiber scaffold, and PLGA/Si3N4 (2 wt.%) nanofiber scaffold. (A) SEM images of the electrospinning fibrous scaffolds and Si3N4. Scale bar: 2000 nm. (B) distribution of fiber diameters in the nanofiber scaffolds. (C) average fiber diameter of the nanofiber scaffolds. (D) typical tensile stress-strain curves of the nanofiber scaffolds. (E) maximum tensile stress of the nanofiber scaffolds. (F) Young’s modulus of the nanofiber scaffolds. (G) XRD and (H) FTIR results for different groups of Si3N4, PLGA, PLGA/Si3N4 (1 wt.%), and PLGA/Si3N4 (2 wt.%).
The stress-stress curves for the PLGA, PLGA/Si3N4 (1 wt.%), and PLGA/Si3N4 (2 wt.%) nanofiber scaffolds are shown in Figure 2D. The mechanical properties of the scaffolds are shown in Figures 2E,F. In the case of PLGA nanofiber scaffolds, the average maximum tensile strength and tensile modulus were 5.38 ± 0.37 (MPa) and 35.86 ± 0.95 (MPa), respectively. At 1 wt.% and 2 wt.% of Si3N4, the average final tensile strength significantly increased to 7.19 ± 0.11 (MPa) and 7.94 ± 0.15 (MPa), respectively. The Young’s modulus also significantly increased to 38.28 ± 0.52 (MPa) and 42.46 ± 0.57 (Mpa), respectively.
The mechanism by which inorganic nanoparticles enhance the polymer phase was summarized in a previous study (Li et al., 2018). Similarly, PLGA nanofiber scaffold chains combine on the surface of Si3N4, producing more loops, tails, and strands. As a result, the fiber diameter of the PLGA/Si3N4 nanofiber scaffolds decreased with increasing Si3N4 content. A higher mechanical strength of the periosteum is more favorable for the osteogenic differentiation of BMSCs (Yang et al., 2021). Compared to smooth surfaces, the rougher surfaces of the PLGA/Si3N4 nanofiber scaffolds were favorable for osteogenic differentiation of bone marrow mesenchymal stem cells. Finally, interconnected porosity with an adequate pore size benefits the diffusion of growth factors, cells, oxygen, and nutrients and the exchange of waste products throughout the scaffold.
The results of XRD and FTIR showed that Si3N4 was compounded into the PLGA matrix. The mainly XRD diffraction peaks of Si3N4 appeared clearly in the Si3N4, PLGA/Si3N4 (1 wt.%), and PLGA/ Si3N4 (2 wt.%) groups, while PLGA showed amorphous peaks from 20° to 30°. Regarding the FTIR of Si3N4, the absorption peak of the Si-N bond is in the range of 800–1100 cm−1 while 1631 cm−1 is the shear vibration of -NH. Regarding the FTIR of PLGA, the absorption peaks at 2954 cm−1 and 2923 cm−1 are caused by the stretching vibrations of methyl and methylene, while the strong absorption peaks at 1759, 1182, and 1132 cm−1 represent the stretching vibrations of C=O, C-O-C, and C-O bonds, respectively. Most of the characteristic peaks from different materials were displayed on PLGA/Si3N4 (1 wt.%) and PLGA/Si3N4 (2 wt.%), as in XRD, which proved the addition of Si3N4 to the PLGA matrix.
Biocompatibility of the nanofiber scaffolds
To verify cell proliferation and cytotoxicity of the nanofiber, the cell viability on the scaffolds was assessed by MTT assay. As shown in Figure 3A, a higher number of live cells was observed on the PLGA/Si3N4 (2 wt.%) scaffold compared to those on the pure PLGA and PLGA/Si3N4 (1 wt.%) scaffolds.
[image: Figure 3]FIGURE 3 | Control, PLGA nanofiber scaffold, PLGA/Si3N4 (1 wt.%) nanofiber scaffold, and PLGA/Si3N4 (2 wt.%) nanofiber scaffold cultured with MSCs for 3 days. (A) MTT assay results. (B) calcein-AM/PI stained for cell viability. scale bar: 800 μm. (C) SEM results. Scale bar: 200 μm.
The results of staining to assess the viability of MSCs using live and dead cells are shown in Figure 3B. More surviving cells were observed on the PLGA/Si3N4 nanofiber scaffolds. A slightly higher number of cells was present on the PLGA/Si3N4 (2 wt.%) nanofiber scaffold compared to the PLGA/Si3N4 (1 wt.%) nanofiber scaffold. Moreover, the MSCs on the PLGA/Si3N4 (2 wt.%) nanofiber scaffold showed abundant acicular tentacles, which indicated better cell adhesion. The results showed that the PLGA/Si3N4 (2 wt.%) nanofiber scaffold effectively supported MSC proliferation.
In vitro cellular responses including cell morphology and spreading are shown in Figure 3C. The PLGA matrix surfaces showed fewer cells compared to the PLGA/Si3N4 nanofiber scaffolds, likely due to the hydrophobic surface of the PLGA nanofiber scaffold. The overall cell morphology could be profoundly influenced by the micro-scale patterns (Rahmati et al., 2020). Several cells that were more spread out were observed on the PLGA/Si3N4 (1 wt.%) nanofiber scaffold. Higher numbers of adherent and spreading cells were observed on the PLGA/Si3N4 (2 wt.%) nanofiber scaffold due to the additional Si3N4.
PLGA/Si3N4 nanofiber scaffolds showed good biocompatibility and supported MSC adhesion, as shown by the results of the MTT assays, calcein-AM/PI staining, and SEM (Figure 3). Increased Si3N4 in the scaffold showed better effects on supporting cell growth, as demonstrated by the higher OD value of PLGA/Si3N4 (2 wt.%) nanofiber scaffold compared to that for the PLGA/Si3N4 (1 wt.%) nanofiber scaffold. The biocompatibility of silicon nitride has been established since the late 1980s. Three months after the implantation of silicon nitride ceramics into the bone marrow cavity of the rabbit femur, no inflammatory reaction in the tissue around the implant was observed (Howlett et al., 1989). Based on these results, scaffolds consisting of Si3N4 could enable efficient cell adhesion and proliferation.
Enhanced osteogenic differentiation by PLGA/Si3N4 in vitro
To evaluate the effect of Si3N4 nanoparticles on promoting osteogenic differentiation, qRT-PCR was performed to determine the gene expression levels of BMP2, ALP, OPN, COL1a1, Runx2, and OCN. PLGA/Si3N4 (1 wt.%) and PLGA/Si3N4 (2 wt.%) showed increased gene expression levels compared to those in PLGA (Figure 4). With the addition of a higher Si3N4 dose (2 wt.%), the nanofiber scaffold showed higher expression levels of osteogenic markers compared to a lower Si3N4 dose (1 wt.%). More specifically, as shown in Figure 4, PLGA/Si3N4 with 1 wt.% and 2 wt.% showed higher gene expression levels of BMP2 (on days 3 and 14 ), ALP (on days 7 and 14), OPN (on days 3 and 7), COL1a1 (on days 3 and 14), Runx2 (on day 14), and OCN (on day 3). PLGA/Si3N4 (1 wt.%) showed higher gene expression levels than those in PLGA for BMP2 (days 3 and 14), ALP (days 7 and 14), OPN (days 3 and 7), COL1a1 (day 3), Runx2 (day 14), and OCN (day 14). PLGA/Si3N4 (2 wt.%) had higher gene expression levels than those in PLGA for BMP2 (days 3 and 14), ALP (days 7 and 14), OPN (days 3 and 7), COL1a1 (days 3, 7, and 14), Runx2 (days 3 and 14), and OCN (days 3, 7, and 14). Overall, PLGA/Si3N4 (2 wt.%) showed a nearly 2-fold increase in BMP2 expression, 3.1-fold in ALP, 1.4-fold in OPN, 1.5-fold in COL1a1, 0.6-fold in Runx2, and 1.9-fold in OCN to 14 days. Overall, PLGA containing Si3N4 (1 wt.%) and Si3N4 (2 wt.%) significantly supported the gene expression of bone-related proteins.
[image: Figure 4]FIGURE 4 | Gene expression of MSCs cultured on the PLGA nanofiber scaffold, PLGA/Si3N4 (1 wt.%) nanofiber scaffold, and PLGA/Si3N4 (2 wt.%) nanofiber scaffold for 3, 7, and 14 days. (A) BMP2 expression. (B) ALP expression. (C) OPN expression. (D) COL1a1 expression. (E) Runx2 expression. (F) OCN expression.
In addition, the PLGA/Si3N4 scaffold osteogenic performance was assessed according to mineralization measured by ARS (Figure 5A) and ALP activity (Figure 5B). On the seventh day, the PLGA/Si3N4 (1 wt.%) nanofiber membrane gradually showed deeper ARS staining compared to that in the PLGA nanofiber membrane. With an increase in Si3N4 from 1 wt.% to 2 wt.%, the PLGA/Si3N4 (2 wt.%) nanofiber membrane showed the darkest red and most calcium nodes in MSC. ARS staining increased with increased Si3N4 concentration, suggesting that Si3N may support the formation of calcium nodes. Additionally, the ALP activity was consistent with the results of alizarine red staining. Compared to the PLGA nanofiber membrane, ALP activity increased from 1 wt.% to 2 wt.% Si3N4, with the PLGA/Si3N4 (2 wt.%) nanofiber membrane showing the highest ALP activity. PLGA/Si3N4 (2 wt.%) also stimulated higher levels of in vitro mineralization compared to PLGA/Si3N4 (1 wt.%).
[image: Figure 5]FIGURE 5 | Nanofiber scaffolds supported osteogenic differentiation. (A) ARS staining of the nanofiber scaffolds at 7 days. The ARS solution stains calcium deposits red, with darker red indicating more calcium deposits. (B) ALP activity assay at 7 days for the nanofiber scaffold, PLGA/Si3N4 (1 wt.%) nanofiber scaffold, and PLGA/Si3N4(2 wt.%) nanofiber scaffold.
As a regulated molecule in osteogenic differentiation, BMP2 plays important roles in the whole process of endochondral ossification (Peng et al., 2005). The addition of Si3N4 can significantly promote the autocrine and paracrine signals of BMP2 to promote osteogenesis. Furthermore, bone formation and regeneration is a complex multi-factor process, in which transcription factors are important influencing factors. High expression of active ALP and RUNX2 indicates osteoblast differentiation into mature osteocytes (Chen et al., 2016). As the Si3N4 content increased, the expression of osteogenic promoter genes significantly increased, thus demonstrating the ability of Si3N4 to promote osteogenesis. Similarly, the expression and maintenance of the extracellular matrix are also important signals for BMSCs in osteogenic differentiation. During long-term culture (14 days), COL1a1 and OCN expression levels were significantly higher in PLGA/Si3N4 (2 wt.%) nanofiber scaffolds compared to the levels in the other scaffolds.
The control showed hardly any ARS coloring, while each composite membrane showed bright red coloring. Among them, PLGA/Si3N4 nanofiber scaffold (2 wt.%) showed the deepest red due to an appropriate osteogenic mechanical microenvironment. These results validate the osteogenic effects of PLGA/Si3N4 electrospun films.
CONCLUSION
This study successfully manufactured a Si3N4-integrated PLGA nanofiber scaffold using the electrospinning technique. This scaffold showed good biological and mechanical properties. The Si3N4 nanoparticle composition significantly facilitated osteogenic differentiation and mineralization of MSCs in vitro based on different Si3N4 content, revealing the role of Si3N4 in electrospun nanofiber scaffolds. These results verify the potential of PLGA/Si3N4 scaffolds for BTES.
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Due to the positive effects of magnesium substitution on the mechanical properties and the degradation rate of the clinically well-established calcium phosphate cements (CPCs), calcium magnesium phosphate cements (CMPCs) are increasingly being researched as bone substitutes. A post-treatment alters the materials’ physical properties and chemical composition, reinforcing the structure and modifying the degradation rate. By alkaline post-treatment with diammonium hydrogen phosphate (DAHP, (NH4)2HPO4), the precipitation product struvite is formed, while post-treatment with an acidic phosphate solution [e.g., phosphoric acid (PA, H3PO4)] results in precipitation of newberyite and brushite. However, little research has yet been conducted on newberyite as a bone substitute and PA post-treatment of CMPCs has not been described in the accessible literature so far. Therefore, in the present study, the influence of an alkaline (DAHP) or acid (PA) post-treatment on the biocompatibility, degradation behavior, and osseointegration of cylindrical scaffolds (h = 5.1 mm, Ø = 4.2 mm) produced from the ceramic cement powder Ca0.75Mg2.25(PO4)2 by the advantageous manufacturing technique of three-dimensional (3D) powder printing was investigated in vivo. Scaffolds of the material groups Mg225d (DAHP post-treatment) and Mg225p (PA post-treatment) were implanted into the cancellous part of the lateral femoral condyles in rabbits. They were evaluated up to 24 weeks by regular clinical, X-ray, micro-computed tomographic (µCT), and histological examinations as well as scanning electron microscopy (SEM) and energy dispersive X-ray spectroscopy (EDX) analysis and compared with tricalcium phosphate (TCP). All materials showed excellent biocompatibility and rapid osseointegration. While TCP degraded only slightly, the CMPCs showed almost complete degradation. Mg225d demonstrated significantly faster loss of form and demarcability from surrounding bone, scaffold volume reduction, and significantly greater degradation on the side towards the bone marrow than to the cortex than Mg225p. Simultaneously, numerous bone trabeculae have grown into the implantation site. While these were mostly located on the side towards the cortex in Mg225d, they were more evenly distributed in Mg225p and showed almost the same structural characteristics as physiological bone after 24 weeks in Mg225p. Based on these results, the acid post-treated 3D powder-printed Mg225p is a promising degradable bone substitute that should be further investigated.
Keywords: stanfieldite, farringtonite, newberyite, 3D powder printing, scaffold, biocompatibility, osseointegration, degradable bone substitute
1 INTRODUCTION
Bone substitutes are needed for the reconstruction of large bone defects that occur for example due to trauma, tumors, infections or congenital defects (Kheirallah and Almeshaly, 2016). Due to a longer life expectancy, there is a sharp increase in musculoskeletal diseases such as osteoporosis, bone infections or metastases and fractures, leading to an increase in bone-related medical treatments (Agarwal and García, 2015). Autografts are still the gold standard in the surgical management of critical size bone defects (Kolk et al., 2012). However, natural bone substitutes do not apply to all types of bone defects and carry various risks such as donor site infections or additional trauma in autografts and allografts (Laurie et al., 1984; Arrington et al., 1996) as well as rejection of the implanted material or transmission of diseases through allografts and xenografts (Keating and McQueen, 2001; Campana et al., 2014). Due to these disadvantages, there has been constant research into the development of synthetic bone substitutes in recent years, which have the advantages of defined porosity and chemical composition, precision-fit for any bone defect, sterility and unlimited availability (Zimmermann and Moghaddam, 2011; Kolk et al., 2012; Kheirallah and Almeshaly, 2016). Synthetic bone substitutes exist in various application forms such as granules, scaffolds, blocks or injectable pastes (Fillingham and Jacobs, 2016; Kheirallah and Almeshaly, 2016).
For the production of three-dimensional (3D), dimensionally stable bone substitutes, various additive manufacturing techniques are currently being investigated (Castilho et al., 2014a; Roseti et al., 2017). Using medical imaging data [e.g., computed tomography (CT)] or computer-aided design (CAD) models, the precision-fit production of patient specific implants is possible, which is particularly advantageous in case of large and anatomically complex bone defects (Peters et al., 2006; Castilho et al., 2014a; Castilho et al., 2014b; Brunello et al., 2016; Roseti et al., 2017; Zhang et al., 2019). 3D powder printing has emerged as a promising additive manufacturing technique with great potential for the layer-by-layer production of individual synthetic bone substitutes (Vorndran et al., 2008; Castilho et al., 2014a; Roseti et al., 2017). Raw materials are for example calcium phosphate (CaP), magnesium phosphate (MgP) or calcium magnesium phosphate (CaMgP) cement powders (Klammert et al., 2010b; Castilho et al., 2014b; Kowalewicz et al., 2021). Due to the high printing accuracy of 3D powder printing, dimensionally stable objects with specifically adjustable macro- and microstructure can be optimally produced, allowing the best possible adjustment of the scaffold properties to the tissue type to be replaced and therefore causing an optimal cell reaction in vivo (Castilho et al., 2014b; Brunello et al., 2016; Zhang et al., 2019). 3D powder-printed scaffolds also have a high microporosity (up to more than 30 vol%) (Castilho et al., 2014b), which promotes nutrient diffusion, vascularization of the scaffold and cell ingrowth (Boyan et al., 1996; Karageorgiou and Kaplan, 2005).
The ideal synthetic bone graft substitute is biocompatible, has similar mechanical properties as bone and undergoes physicochemical as well as cellular degradation while being replaced by newly formed bone (Moore et al., 2001; Kolk et al., 2012). Due to the similarity of their chemical composition to the mineral phase of bone, an excellent biocompatibility as well as osteoconductive and in some cases even osteoinductive properties, CaPs represent the currently favored synthetic bone substitutes (Dorozhkin and Epple, 2002; Gross and Berndt, 2002; LeGeros, 2002; Habibovic et al., 2008; LeGeros, 2008; Bohner et al., 2020). The majority of CaP bioceramics are chemically based on hydroxyapatite (HA), both types of tricalcium phosphate (α-TCP, ß-TCP) and/or their multiphase formulations (Dorozhkin, 2013). Calcium phosphate cements (CPCs) have been commercially available for years and are clinically applied as solids and cement pastes (Dorozhkin, 2008; Rentsch et al., 2012; Lodoso-Torrecilla et al., 2021). However, many CPCs, like most CaPs, have the disadvantage of incomplete degradation over months to years due to a low solubility under physiological conditions (Kurashina et al., 1997; Frakenburg et al., 1998; Bohner et al., 2003; Ambard and Mueninghoff, 2006; Kanter et al., 2014). The wider clinical application of these cements is also limited by their mechanical properties, as CPCs are brittle, have low impact resistance, and variable compressive strengths (Ambard and Mueninghoff, 2006; Dorozhkin, 2008). Magnesium phosphate cements (MPCs) have a higher compressive strength and, due to their higher solubility, exhibit a greater chemical degradation potential than CPCs, which is associated with faster in-vivo resorption and higher bone ingrowth, qualifying them as a suitable alternative bone substitute (Mestres and Ginebra, 2011; Ostrowski et al., 2016; Nabiyouni et al., 2018; Haque and Chen, 2020; Gefel et al., 2022). However, unlike CPCs, the biomedical application of MPCs has hardly been investigated so far. It is therefore reasonable to combine the MPCs with their superior biological properties with the well-established CPCs (Ostrowski et al., 2016; Nabiyouni et al., 2018). Several studies have shown that calcium magnesium phosphate cements (CMPCs) exhibit improved biological properties as bone substitutes than the single components and an excellent biocompatibility, good and increasing osseointegration, fast degradation, and rapid replacement by newly formed trabecular bone have been described (Wu et al., 2008a; Wu et al., 2008b; Klammert et al., 2010a; Jia et al., 2010; Wei et al., 2010; Vorndran et al., 2011; Zeng et al., 2012; Ewald et al., 2019; Fuchs et al., 2021).
In a previous short-term in-vivo study by Kowalewicz et al. (2021), CMPC scaffolds fabricated with the advantageous production method of 3D powder printing have yet been investigated and especially the alkaline (diammonium hydrogen phosphate, DAHP) post-treated material Mg225d showed promising initial results regarding degradation and osseointegration. Besides post-treatment with DAHP, which results in precipitation of struvite and has yet also been investigated in vivo for CMPC pastes or granules by other authors (Ewald et al., 2019; Fuchs et al., 2021), the post-treatment can also be carried out with an acidic phosphate solution (Klammert et al., 2010a; Klammert et al., 2011; Gefel et al., 2022), resulting in precipitation of newberyite and brushite. However, newberyite has been little researched as bone substitute so far and there is no accessible literature available on the post-treatment of CMPCs with phosphoric acid (PA). Therefore, the aim of the present study was the development, characterization, and first in-vivo long-term investigation of 3D powder-printed CMPC scaffolds with different physical and chemical properties due to alkaline (DAHP) or acid (PA) post-treatment. The two CMPC material groups Mg225d (DAHP post-treatment) and Mg225p (PA post-treatment) were compared with each other. TCP scaffolds served as reference. For 6, 12, and 24 weeks, respectively, the influence of the different post-treatments on biocompatibility, degradation, and osseointegration behavior of the cylindrical scaffolds was evaluated in a non-weight-bearing borehole defect in the cancellous part of the lateral femoral condyles in rabbits.
2 MATERIALS AND METHODS
2.1 Production and characterization of the scaffolds
2.1.1 Production of the scaffolds
Raw material for the production of the cylindrical CMPC scaffolds (h = 5.1 mm, Ø = 4.2 mm) was the ceramic cement powder Ca0.75Mg2.25(PO4)2. Reference implants with the same dimensions were made of tricalcium phosphate (TCP, Ca3(PO4)2) cement (Figure 1A). Therefore, mixtures of calcium hydrogen phosphate (CaHPO4, J.T. Baker, Philippsburg, United States), calcium carbonate (CaCO3, Merck KGaA, Darmstadt, Germany), magnesium hydrogen phosphate (MgHPO4∙3H2O, Alfa Aesar, Kandel, Germany), and magnesium hydroxide (Mg(OH)2, VWR International GmbH, Darmstadt, Germany) were prepared in specific molar ratios (Table 1). These powder mixtures were sintered, ground to powders with a particle size <355 µm using a ball mill, and mixed with 4 wt% hydroxypropyl methylcellulose (HPMC) before processing in powder printing (Kowalewicz et al., 2021). The scaffolds were fabricated using a 3D powder printer (ZP310, ZCorp., Burlington, United States) (Kowalewicz et al., 2021). After depowdering of the scaffolds with compressed air, the scaffolds underwent a heat treatment to compact the ceramic and burn out the HPMC, which included a debinding step at 500°C for 2 h and a phase-dependent final sintering temperature. Ca0.75Mg2.25(PO4)2 scaffolds were sintered at a final temperature of 1,100°C for 4 h, while TCP scaffolds were sintered at 1,350°C for 4 h. After this sintering process, a second sintering of TCP was performed at 1,000°C for 4 h in order to increase the conversion rate of α-TCP into ß-TCP.
[image: Figure 1]FIGURE 1 | (A) Mg225d, Mg225p and TCP scaffolds prior to implantation (h = 5.1 mm, Ø = 4.2 mm). (B) Three-dimensional (3D) reconstruction of the distal rabbit femur with implanted scaffold in the lateral condyle in lateral view. (C) Cylindrical region of interest (ROI) in the scaffold center for measurement of scaffold volume (SV) and scaffold surface/scaffold volume (SS/SV) in the original in-vivo µCT scan (h = 60 slices ≙1.82 mm) and (D) in the reoriented in-vivo µCT scan (Ø = 140 voxels (≙4.24 mm)). (E) Second hollow cylindrical ROI for measurement of bone volume (BV), trabecular number (Tb.N), trabecular thickness (Tb.Th) and trabecular separation (Tb.Sp) in the scaffold environment in the reoriented in-vivo µCT scan (inner ring: Ø = 144 voxels (≙4.36 mm), outer ring: Ø = 180 voxels (≙5.45 mm), h = 60 slices ≙1.82 mm). (F) ROIs for the semi-quantitative histological examination: red = inner ring (IR), yellow = medial ring (MR), green = outer ring (OR). Ø (OR) = 4.24 mm.
TABLE 1 | Powder synthesis: Composition of the cement powders and sintering temperature of the raw powders.
[image: Table 1]The CMPC scaffolds were then divided into two material groups, which were subjected to different post-treatments. Both post-treatment variants were carried out at room temperature. One half of the scaffolds (Mg225d) received post-treatment by immersion (24 h) in an aqueous diammonium hydrogen phosphate solution (3.5 M DAHP, (NH4)2HPO4, Merck KGaA, Darmstadt, Germany), the other half (Mg225p) was completely infiltrated four times with a phosphoric acid solution (2.0 M PA, (H3PO4, Merck KGaA, Darmstadt, Germany). The infiltrations with PA were done with a sufficient amount of liquid (100–160 μl PA per scaffold) to completely fill the pores and the scaffolds were dried at room temperature for 24 h after each infiltration. The post-treated scaffolds were washed in distilled water for 1 h and in phosphate-buffered saline (PBS) (Sigma-Aldrich, Taufkirchen, Germany) for 10 min. For this purpose, the scaffolds were placed in a Petri dish, completely covered with the washing medium and placed on a rocking table for uniform mixing of the medium.
Before implantation, all scaffolds were γ-sterilized by BBF Sterilisationsservice GmbH (Kernen, Germany) with a radiation of >25 kGy.
2.1.2 Physical and chemical properties of the scaffolds
The compressive strength was measured using a static universal testing machine (Z010, Zwick GmbH, Ulm, Germany). For this purpose, the post-treated scaffolds (n = 14 per material), which had been stored in PBS for 1 h, were measured in a wet condition with a 10 kN load cell, at a pre-load of 1 N and a test speed of 1 mm/min.
Open porosity and pore size distribution were determined on three scaffolds per material type using a mercury porosimeter (Pascal 140/440, Thermo Fisher Scientific Inc., Waltham, MA, United States). For each measurement, an entire cylindrical scaffold was used. Porosity was measured in a pressure range from 0.01 kPa to 400 MPa and data was analyzed using the software SOLID (SOLver of Intrusion Data Ver. 1.6.5, Thermo Fisher Scientific Inc. Waltham, MA, United States).
The chemical composition of the post-treated and sterile scaffolds was determined by X-ray powder diffraction and Rietveld analysis. For qualitative phase composition, three scaffolds per material type were ground into powder and each powder was analyzed individually using the Bruker Corporations D8 Advance X-ray diffractometer (Bruker Corporations, Karlsruhe, Germany) with monochromatic radiation (λ = 1.541 Å). The measurement was performed in the scan type locked coupled, within a 2θ-angular range of 10–40° with an increment of 0.02°, a measurement speed of 0.5 s/step, and under rotation of the measurement cuvette of 15 rpm. The following reference files from the JCPDS database were used for analysis: ß-Ca3(PO4)2 (ß-tricalcium phosphate, PDF Ref. 09-0169), α-Ca3(PO4)2 (α-tricalcium phosphate, PDF Ref. 09-0348), Mg3(PO4)2 (farringtonite; PDF Ref. 33-0876), MgHPO4·3H2O (newberyite, PDF Ref. 35-0780), Ca4Mg5(PO4)6 (stanfieldite; PDF Ref. 11-0231), and NH4MgPO4·6H2O (struvite, PDF Ref. 15-0762). Using the Rietveld method (Rietveld, 1969; Reid and Hendry, 2006), a quantitative phase analysis was carried out. Bruker Corporations’ TOPAS V6 software (Bruker Corporations, Billerica, MA, United States) was used to perform this analysis.
2.1.3 Scanning electron microscopy and energy dispersive X-ray spectroscopy analysis of the scaffolds before implantation
For SEM (scanning electron microscopy) and EDX (energy dispersive X-ray spectroscopy) analysis, the scaffolds were fixed in 4% buffered formalin solution (Roth, Karlsruhe, Germany), dehydrated in an ascending series of alcohol (Roth, Karlsruhe, Germany) and defatted with xylene (Roth, Karlsruhe, Germany). Embedding was performed with a resin embedding system based on methyl methacrylate (Technovit® 9100, Heraeus Kulzer, Wehrheim, Germany) according to the manufacturer’s instructions. After polymerization, thin sections (thickness = 4 μm, n = 1 per material) were prepared using an automatic rotary microtome (RM2255 Leica, Wetzlar, Germany). After transfer to a water bath, the thin sections were mounted on glass slides (Glaswarenfabrik Karl Hecht, Sondheim, Germany) coated with ponal-poly-L-lysine. They were then stretched with 96% ethanol, covered with a polyethylene film (Heraeus Kulzer, Hanau, Germany) and dried in a slide press at 37°C for 2 days. Prior to SEM with a field emission electron microscope (Crossbeam CB 340, Zeiss, Oberkochen, Germany), the thin sections were coated with platinum (thickness = 4 nm) using a sputter coater (Leica EM ACE600, Leica Mikrosysteme GmbH, Wetzlar, Germany). For EDX imaging, a system with silicon drift detector (INCA Energy 350 AzTec Advanced system with silicon drift detector) from Oxford Instruments, Abingdon, United Kingdom was used. Using an accelerating voltage of 5–10 keV, the scaffolds were examined at a magnification of ×24 and ×100. SEM was used to assess the surface texture and pore structure of the scaffolds, while EDX was used to analyze the distribution of chemical phases based on the occurrence of magnesium (Mg), calcium (Ca) and phosphorus (P).
2.2 Animal model
The animal experiment was approved by the competent authority (Government of Upper Bavaria) according to paragraph 8 of the German Animal Welfare Act (approval number ROB 55.2-2532.Vet_02-19-64). For this study, 36 female adult Zika rabbits (Asamhof, Kissing, Germany) weighing 4.26 ± 0.27 kg were divided into three groups with an observation period of 6, 12 and 24 weeks post-surgery, respectively. According to a fixed implantation scheme, eight scaffolds per material (Mg225d, Mg225p, TCP) and time group were implanted and examined.
The implantation of the scaffolds into the lateral femoral condyles of both hind limbs was performed following a previous study by Kowalewicz et al. (2021). The animals received enrofloxacin (10 mg/kg, Orniflox®, CP-Pharma GmbH, Burgdorf, Germany) as antibiotic and meloxicam (0.3 mg/kg, Melosus®, Albrecht GmbH, Aulendorf, Germany) as analgesic per os prior to surgery. Induction of anesthesia was performed by intramuscular application of ketamine (15 mg/kg, Aneskin®, Albrecht GmbH, Aulendorf, Germany) and medetomidine (0.25 mg/kg, Dorbene vet®, Zoetis Deutschland GmbH, Berlin, Germany). The airways were secured by endotracheal intubation and the animals were placed in supine position after shaving and aseptic preparation of the surgical area. Anesthesia was maintained by inhalation of isoflurane (1.5–2 vol%, simultaneously supply of oxygen 1 L/min). During surgery, the rabbits received 10 μg/kg/h fentanyl intravenously (Fentadon®, CP-Pharma GmbH, Burgdorf, Germany) as pain medication.
Surgical access was performed through a skin incision in the area of the right lateral femoral condyle. After dissection of the muscles and visualization of the condyle using a raspatory, an approximately 5 mm deep hole was drilled in the cancellous part of the condyle directly above the attachment of the lateral collateral ligament. The cylindrical scaffold was inserted accurately into the borehole (Figure 1B). Wound closure of the soft tissue (Monosyn 4/0, B. Braun SE, Melsungen, Germany) and the skin (Optilene 4/0, B. Braun SE, Melsungen, Germany) was performed. After completion of the surgical procedure on the first side, the animals received intravenous buprenorphine (20 μg/kg, Bupresol®, CP-Pharma GmbH, Burgdorf, Germany) for pain management. The contralateral femur was operated using the same surgical procedure. Immediately after surgery, an in-vivo micro-computed tomographic (µCT) examination (see Section 2.4) was performed of both hindlimbs, and radiographs (see Section 2.3) were obtained in two views. Finally, medetomidine was antagonized by intramuscular application of atipamezole (25 mg/kg, Atipam®, Albrecht GmbH, Aulendorf, Germany).
During the first 14 days after surgery, the animals were clinically and orthopedically examined daily, especially with regard to lameness and pain, and a daily wound assessment was performed. For 5 days, the animals received enrofloxacin (10 mg/kg, Orniflox®, CP-Pharma GmbH, Burgdorf, Germany) as antibiotic and meloxicam (0.3 mg/kg, Melosus®, Albrecht GmbH, Aulendorf, Germany) for pain management per os once daily. At fixed time points (6, 12, and 24 weeks after surgery, respectively), euthanasia of the animals was carried out in accordance with animal welfare regulations by intravenous application of propofol (5 mg/kg, Narcofol®, CP-Pharma GmbH, Burgdorf, Germany) and pentobarbital (200–230 mg/kg, Narkodorm®, CP-Pharma GmbH, Burgdorf, Germany). The femora were collected and adherent soft tissue was removed. The scaffold-bone-complexes were extracted using a diamond band saw (cut-grinder, Walter Messner GmbH, Oststeinbek, Germany).
2.3 X-ray examination
Immediately after surgery and at predefined time points (every 2 weeks until week 12, hereinafter every 4 weeks until week 24), a radiological examination of the rabbits’ hind limbs was performed in two views [ventrodorsal (VD), mediolateral (ML)]. The examinations were conducted with the settings 54.9 kV and 4.5 mA (Multix Select DR, Siemens GmbH, Erlangen, Germany). Using the software dicomPACS® vet (Ver.8.9.5, Oehm und Rehbein GmbH, Rostock, Germany), the visibility of the scaffolds in the different X-ray views was assessed by two observers.
2.4 In-vivo µCT examination
Immediately after surgery and at the same predefined time points as the radiological examinations, the lateral femoral condyles of the rabbits were examined in an in-vivo µCT (Xtreme CT II, Scanco Medical, Zurich, Switzerland). The scans were performed with the settings 30.3 µm isotropic voxel size, 68 kV voltage, 1,000/180° projections, and 200 ms integration time. For this purpose, the rabbits were placed in supine position with stretched hindlimbs. For the scan immediately after surgery, anesthesia was maintained with isoflurane (0.8–1.0 vol%, simultaneously oxygen supply 1.5–2 L/min). For the subsequent scans, anesthesia was induced as for surgery. Due to the shorter duration of anesthesia, the animals were not intubated for these scans but received oxygen (1.5–2 L/min) via a laryngeal mask (v-gel® rabbit, Docsinnovent Ltd., London, United Kingdom).
2.4.1 Semi-quantitative evaluation of in-vivo µCT scans
With a special modified scoring system (Kowalewicz et al., 2021), the following parameters were assessed by two observers: Scaffold demarcability based on gray value and structure, degradation properties, loss of cylindrical form, occurrence and distinctivity of a resorption zone (area within the scaffold volume characterized by a markedly lower gray value than the scaffold material), and scaffold-bone-contact. Score values from 0–2 were assigned for each parameter examined (Table 2). To obtain the cross-sectional view of the scaffolds with surrounding cancellous bone, it was necessary to rotate the original scan using the software µCT Evaluation Program V6.6 (Scanco Medical, Zurich, Switzerland).
TABLE 2 | Scoring system for the semi-quantitative evaluation of the in-vivo µCT scans.
[image: Table 2]2.4.2 Quantitative evaluation of in-vivo µCT scans
To calculate various degradation and osseointegration parameters, it was necessary to define material-specific thresholds. The following thresholds (Th) were established by assessing the grey values of the different scaffolds in the scans directly after surgery (n = 6 per material): Mg225d: 140, Mg225p: 149, TCP: 219. For cancellous bone at the same location, the Th 142 was determined using µCT scans of both lateral femoral condyles of adult Zika rabbit cadavers (n = 4) with intact femurs. Scaffold volume (SV) and scaffold surface area to volume ratio (SS/SV) were calculated following the studies of Kowalewicz et al. (2021), Augustin et al. (2020), and Kleer et al. (2019) in a region of interest (ROI) in the scaffold center. This ROI included a cylinder with a diameter of 140 voxels (≙4.24 mm) and a height of 60 slices (≙1.82 mm) (Figures 1C,D). Bone volume (BV), trabecular number (Tb.N), trabecular thickness (Tb.Th), and trabecular separation (Tb.Sp) in the scaffold environment were calculated also based on the studies of Kowalewicz et al. (2021), Augustin et al. (2020) and Kleer et al. (2019) in a second hollow cylindrical ROI (inner ring: Ø = 144 voxel (≙4.36 mm), outer ring: Ø = 180 voxel (≙5.45 mm), height = 60 slices) (Figure 1E). To establish reference values for cancellous bone, the cancellous part of both femoral condyles of cadavers of adult Zika rabbits (n = 4) with intact femora was examined. All calculations were performed using the software µCT Evaluation Program V6.6 (Scanco Medical, Zurich, Switzerland).
2.5 µCT 80 examination
After euthanasia of the animals and extraction of the scaffold-bone-complexes, these were processed as described previously in Section 2.1.3. After polymerization, the sample blocks were scanned using a µCT 80 (Scanco Medical, Zurich, Switzerland). The scans were performed with settings of 10 µm isotropic voxel size, 70 kV voltage and 600 ms integration time.
2.5.1 Semi-quantitative evaluation of µCT 80 scans
Using a scoring system developed for this study, the occurrence and location of trabecular structures in cross and longitudinal section of the scaffold volume were assessed in the complete scan by two observers. Score values from 0–2 were assigned for both parameters examined (Table 3).
TABLE 3 | Scoring system for the semi-quantitative evaluation of the µCT 80 scans.
[image: Table 3]2.5.2 Quantitative evaluation of µCT 80 scans
Trabecular number (Tb.N), trabecular thickness (Tb.Th), and trabecular separation (Tb.Sp) were measured within a defined cylindrical ROI in the scaffold center [h = 182 voxels (≙1.82 mm), Ø = 424 voxels (≙4.24 mm)]. Eight scans per material were used to determine the Ths for cancellous bone (144–235). Reference values for cancellous bone at the same location were determined using scans of eight lateral femoral condyles from adult Zika rabbit cadavers with intact femora. All calculations were performed using the software µCT Evaluation Program V6.6 (Scanco Medical, Zurich, Switzerland).
2.6 Histological examination
Thick sections (thickness = 40 µm) of the embedded scaffold-bone-complexes were produced according to the cutting-grinding technique of Donath and Breuner (1982) using a diamond band saw (cut-grinder, Walter Messner GmbH, Oststeinbek, Germany) and a grinding machine (lap-grinder, Walter Messner GmbH, Oststeinbek, Germany). A central section of each implanted scaffold was routinely stained with toluidine blue (0.1% toluidine blue O solution, Waldeck, Münster, Germany) (Willbold and Witte, 2010; Huehnerschulte et al., 2012). The longitudinal axis of the cylinder was perpendicular to the cutting surface. The µCT 80 scans were used to determine the scaffold position within the condyle.
2.6.1 Semi-quantitative evaluation of histological sections
The stained histological sections were assessed by two observers using a microscope (Zeiss Axio Imager Z.2, Carl Zeiss Microscopy GmbH, Jena, Germany). Following von Doernberg et al. (2006), the implantation area was divided into three ROIs at ×25 magnification using three rings (IR = inner ring, MR = medial ring, OR = outer ring), with the diameter of the OR (Ø = 4.24 mm) corresponding to the scaffold diameter (Figure 1F). In each ROI, a scoring system modified according to von Doernberg et al. (2006), Kleer-Reiter et al. (2021) and Augustin et al. (2022) was used to assess in the initial scaffold cross section the percentage area of scaffold material, bone, granulation tissue/bone marrow and resorption zone (cell- and connective tissue-rich annular zone within the scaffold cross section) as well as the percentage of scaffold material enclosed by bone (Table 4). In each ROI, a second scoring system (Table 4) was used to evaluate the ingrowing tissue at cellular level (fibrous cells/tissue, adipocytes, precursor cells, vascularization/blood vessels, macrophages, foreign body cells (FBC), osteoblasts, osteoclasts, osteoid) in a field of view with fixed position at ×100 magnification. Score values from 0–3 were assigned for each parameter examined (Table 4).
TABLE 4 | Scoring system for the semi-quantitative histological evaluation of tissue and cells.
[image: Table 4]2.6.2 Quantitative evaluation (histomorphometry)
In addition to the semi-quantitative analysis, the thick sections from the scaffold center were quantitatively analyzed by histomorphometry. For this purpose, images of the cross sections (Zeiss Axio Imager 2, Carl Zeiss Microscopy GmbH, Jena, Germany) were taken at ×20 magnification using the Zeiss Axio Cam Mrc digital camera and the software Zeiss ZEN 3.0 (Carl Zeiss Microscopy GmbH, Jena, Germany). The images were evaluated using the software Zeiss ZEN 3.0 (Carl Zeiss Microscopy GmbH, Jena, Germany). The percentage area of scaffold material, ingrown bone tissue, and soft tissue (granulation tissue, bone marrow) was measured within a predefined circle (Ø = 1,060 pixels ≙ diameter of the OR of the semiquantitative examination (Ø = 4.24 mm) ≙ scaffold diameter), which was placed centrally around the initial implantation area.
2.7 SEM and EDX analysis of the unstained histological sections
Histological thin sections (n = 2 per material and time group) were prepared and examined by SEM and EDX analysis as previously described in Section 2.1.3. The scaffold center was examined with a magnification of ×28 and ×500. In SEM, the osseointegration of the scaffolds was assessed morphologically based on the surface texture of the thin sections, while in EDX, the presence of material particles was determined based on the occurrence of magnesium ions (CMPCs).
2.8 Statistics
Statistical analysis of the compressive strength and porosity of the scaffolds was performed by analysis of variance (ANOVA) followed by Tukey’s post hoc test using Origin (OriginPro 2022, OriginLab, Northampton, MA, United States). The collected in-vivo data were analyzed with SPSS Statistics 26 (IBM Company, Armonk, United States). Using the Shapiro–Wilk test, data were tested for normal distribution. Normally distributed data were analyzed using analysis of variance (ANOVA followed by Tukey post hoc test/Welch-ANOVA followed by Games–Howell post-hoc test). For non-normally distributed data, testing for significant differences was done using Kruskal–Wallis test with one-way analysis of variance (ANOVA) followed by Bonferroni’s post hoc test. A significance level of p < 0.05 was set for all tests.
3 RESULTS
3.1 Characterization of the scaffolds
3.1.1 Physical and chemical properties of the scaffolds
The compressive strengths of the scaffolds prior to implantation differed significantly from each other (p < 0.001) [Mg225d: (6.00 ± 1.04) MPa, Mg225p: (14.12 ± 3.16) MPa, TCP: (1.95 ± 0.40) MPa].
Mercury porosimeter analysis revealed an open porosity of (27.85 ± 1.67)% for Mg225d (Figure 2A). For Mg225p, an open porosity of (26.85 ± 3.02)% was determined (Figure 2B), while TCP had an open porosity of (42.11 ± 0.78)% (Figure 2C). The porosity of both CMPCs was significantly different compared to TCP (p < 0.001).
[image: Figure 2]FIGURE 2 | (A–C) Porosity, pore diameter and relative pore volume of (A) Mg225d, (B) Mg225p and (C) TCP. (D–F) SEM analysis (×24 magnification) of a (D) Mg225d, (E) Mg225p and (F) TCP scaffold prior to implantation with (G–I) ×100 magnification from the scaffold center of (G) Mg225d, (H) Mg225p and (I) TCP. (D–I) Dark gray areas: pores, light gray areas: scaffold material. (J–L) EDX analysis from the scaffold center of (J) Mg225d, (K) Mg225p and (L) TCP prior to implantation with the same position and magnification as (G–I).
Due to the post-treatment of the scaffolds with DAHP (Mg225d) and PA (Mg225p), the following chemical reactions resulted in the partial transformation of stanfieldite and farringtonite into struvite (Mg225d (Eq. 1)), newberyite (Mg225p (Eqs. 2, 3)), and brushite (Mg225p (Eq. 3)), respectively.
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The quantitative chemical composition of the scaffolds in wt% is listed in Table 5.
TABLE 5 | Chemical composition of Mg225d, Mg225p and TCP in wt%.
[image: Table 5]3.1.2 SEM and EDX analysis of the scaffolds before implantation
Analysis of the scaffolds by SEM and EDX showed an increasing porosity of the materials as listed: Mg225p < Mg225d < TCP. Mg225d showed large, interconnected pores as well as rough-appearing areas inside the scaffold, which probably contained unreacted raw powder (stanfieldite, farringtonite) (Figures 2D,G,J; Supplementary Figure S1A). EDX analysis also revealed a lower amount of Ca in the peripheral region of Mg225d than in the rough-appearing center, whereas Mg was homogeneously distributed. The matrix of Mg225p appeared more homogeneous and denser in EDX than in Mg225d (Figures 2E,H,K; Supplementary Figure S1B). The reddish areas visible in the EDX analysis (high Ca concentration) were probably comprised of brushite, which is a precipitation product of the reaction with the phosphoric acid (Figure 2K). The TCP scaffolds were composed of morphologically and chemically homogeneous CaP (Figures 2F,I,L; Supplementary Figure S1C).
3.2 Clinical examination
All rabbits were in good general condition following surgery for the duration of the respective observation periods. No animal showed signs of pain or lameness. Physiological wound healing occurred.
3.3 X-ray examination
Since Mg225d and Mg225p showed a radiopacity comparable to that of bone, some scaffolds could not be distinguished from the surrounding bone tissue already directly after surgery. Over the study period, the percentage of visible CMPC scaffolds rapidly decreased in both views and was significantly lower than with TCP from week 4 in ML view (p ≤ 0.042) and from week 6 in VD view (p < 0.001), respectively (Figure 3). The CMPC scaffolds were more difficult to delineate in the VD view due to overlap by the sesamoid bones, and therefore visible less frequent and for shorter periods (Mg225d up to week 12, Mg225p up to week 16) than in the ML view (Mg225d up to week 16, Mg225p up to week 20). All TCP scaffolds were clearly visible in both radiographic views at each examination time point.
[image: Figure 3]FIGURE 3 | Visibility of the scaffolds in the X-ray in (A) ventrodorsal (VD) and (B) mediolateral (ML) view. Significant differences (p < 0.05) are marked with *: Mg225d—TCP, **: CMPCs—TCP. (C) VD X-ray view of the hind limbs directly after surgery with Mg225d implanted in the left and Mg225p in the right femoral condyle. (D) ML X-ray view of the right hind limb directly after surgery with implanted Mg225p scaffold.
3.4 In-vivo µCT examination
3.4.1 Semi-quantitative evaluation of in-vivo µCT scans
The demarcability of the CMPC scaffolds from surrounding bone decreased steadily over the 24-weeks study period (Figures 4, 5A; Supplementary Table S1). Between weeks 2 and 6 as well as at weeks 10 and 12, Mg225d was significantly less clearly demarcable from surrounding bone than Mg225p (p ≤ 0.023). From week 16 onwards, the demarcation of all Mg225d scaffolds was no longer possible. All TCP scaffolds were completely demarcable from the surrounding bone by week 24 and thus differed significantly from the CMPC scaffolds from week 6 onwards (p < 0.001).
[image: Figure 4]FIGURE 4 | (A) In-vivo µCT images of Mg225d and surrounding cancellous bone in cross section over time (directly after surgery up to 6 weeks) with increasing scaffold-bone-contact and resorption zone. (B) In-vivo µCT images of the scaffolds (Mg225d, Mg225p and TCP) implanted in the distal femoral condyles over time (directly after surgery up to 24 weeks) (C) compared to native cancellous bone of the distal femoral condyle.
[image: Figure 5]FIGURE 5 | (A–D) Semi-quantitative in-vivo µCT evaluation of Mg225d, Mg225p and TCP. *: Significant differences (p < 0.05) between the individual materials. (A) Scaffold demarcability, (B) scaffold degradation and (C) scaffold form after 6, 12 and 24 weeks. Due to the lack of demarcability of all Mg225d scaffolds from the bone tissue from week 16 onwards, the evaluation of scaffold degradation and form was no longer possible at week 24. (D) Resorption zone after 2, 4, 6 and 8 weeks (E–J) Quantitative in-vivo µCT evaluation of the scaffolds [(E) scaffold volume (SV), (F) scaffold surface/scaffold volume (SS/SV)] and adjacent cancellous bone [(G) bone volume (BV), (H) trabecular number (Tb.N), (I) trabecular thickness (Tb.Th), (J) trabecular separation (Tb.Sp)] compared to native cancellous bone. Significant differences (p < 0.05) are marked with *: Mg225d—TCP, °: Mg225d—Mg225p, **: CMPCs—TCP, ***: all materials.
The phenomenon of faster scaffold degradation on the side towards the bone marrow compared to the side towards the cortex was observed in all materials (Figure 5B; Supplementary Table S2). 6 and 12 weeks after surgery, at least half of the Mg225p and TCP scaffolds were equally degraded on the side towards the bone marrow and the cortex. At 24 weeks, more severe degradation was observed in the majority of TCP scaffolds on the side towards the bone marrow compared to the side towards the cortex. Mg225d exhibited significantly greater degradation close to the bone marrow than Mg225p and TCP between weeks 2 and 6 (p < 0.001). After 12 weeks, the majority of Mg225d scaffolds (67%) were no longer visible at the side towards the bone marrow.
Over the study period, the loss of cylindrical form of both CMPCs increased steadily and was significantly more pronounced than in TCP from week 4 onwards (p ≤ 0.003), which almost always exhibited a distinct cylindrical form until week 24 (Figures 4B, 5C; Supplementary Table S3). After 6 weeks, Mg225p (50% of scaffolds) still showed a distinct cylindrical form significantly more often than Mg225d (4% of scaffolds) (p < 0.001).
The CMPCs showed a resorption zone within the scaffolds between weeks 2 and 8, which was observed significantly more frequent and distinct in Mg225d than in Mg225p at weeks 2 and 4 (p < 0.001) (Figures 4A, 5D; Supplementary Table S4). In TCP, such a zone was indistinctly delineated in only a single scaffold at weeks 20 and 24.
Two weeks after surgery, several trabeculae were visible between the scaffold and the surrounding bone in the majority of scaffolds of all materials (Figure 4A, Supplementary Table S5). After 8 weeks at the latest, there was always a broad contact area existing between the scaffold and the surrounding bone.
3.4.2 Quantitative evaluation of in-vivo µCT scans
Within the study period (immediately after surgery up to week 24), a significant decrease in SV was observed in the CMPCs (p < 0.001) (Figure 5E). The volume decrease was greatest for Mg225d (Mg225d: 68.47%, Mg225p: 61.75%, TCP: 20.14%). From week 2 onwards, the SV of Mg225d was significantly lower than that of TCP (p ≤ 0.042). Between weeks 6 and 12, Mg225d also had a significantly lower SV than Mg225p (p ≤ 0.049). From week 12 onwards, the CMPCs showed only a slight decrease in volume. In TCP, a significant decrease in SV was observed when comparing between week 12 and immediately after surgery (p = 0.002), which was followed briefly by a small increase in SV.
SS/SV increased significantly in the CMPCs over the study period of 24 weeks (p ≤ 0.001) (Figure 5F). In TCP, a significant increase was observed between immediately after surgery and week 12 (p = 0.009). For Mg225d, SS/SV was significantly higher than for TCP from week 2 onwards (p ≤ 0.001), for Mg225p this was the case at weeks 2 and 4 and from week 12 (p ≤ 0.049). Between weeks 6 and 10, the SS/SV of Mg225d was significantly greater than that of Mg225p (p ≤ 0.023).
BV in the scaffold environment increased slightly for all materials when comparing immediately after surgery with week 24 (Figure 5G). The significant increase in week 2 (p ≤ 0.005) was striking for all materials, followed by a continuous decrease until week 10 (Mg225d, Mg225p) and week 12 (TCP), respectively. At subsequent time points, the BV was within or slightly above the physiological range for cancellous bone at this site for all materials.
All materials showed an increase in the Tb.N at week 2, which was significant (p = 0.005) for the CMPCs (Figure 5H). This peak was followed by a continuous decrease until week 8 (Mg225d), week 10 (Mg225p) and week 12 (TCP), respectively. From week 6 onwards, the Tb.N was always within the physiological range for cancellous bone at this site or slightly lower.
After a significant increase until week 2 (Mg225d, TCP) or week 4 (Mg225p) (p ≤ 0.007), the Tb.Th decreased slightly in all materials (Figure 5I). From week 2 onwards, the Tb.Th was higher in every material than in cancellous bone at this site.
Tb.Sp was significantly lower in the CMPCs after 2 weeks than immediately after surgery (p ≤ 0.013) (Figure 5J). From week 2, the Tb.Sp increased again until week 10 (Mg225p) or week 12 (Mg225d, TCP) and was within or slightly above the physiological range for cancellous bone at this site from week 8 onwards.
3.5 µCT 80 examination
3.5.1 Semi-quantitative evaluation of µCT 80 scans
After 6 weeks, all TCP and the majority of CMPC scaffolds showed trabeculae reaching into the center of the scaffold radius in cross section (Figures 6, 7A; Supplementary Figure S2). 12 and 24 weeks after surgery, new bone trabeculae had grown into the center of the scaffold radius in all Mg225p and all TCP scaffolds, whereas this was significantly less frequent in Mg225d (p ≤ 0.005).
[image: Figure 6]FIGURE 6 | Cross-sectional µCT 80 images (A) of the scaffolds (Mg225d, Mg225p and TCP) implanted in the distal femoral condyles at 6, 12 and 24 weeks after surgery (B) compared to native cancellous bone of the lateral femoral condyle.
[image: Figure 7]FIGURE 7 | (A,B) Semi-quantitative µCT 80 evaluation of newly formed bone trabeculae within the initial scaffold volume (A) in cross-sectional view and (B) in longitudinal view 6, 12 and 24 weeks after surgery. *: Significant differences (p < 0.05) between the individual materials. (C–E) Quantitative µCT 80 evaluation of (C) trabecular number (Tb.N), (D) trabecular thickness (Tb.Th) and (E) trabecular separation (Tb.Sp) of newly formed bone trabeculae within the initial scaffold volume compared to native cancellous bone of the lateral femoral condyle. Significant differences (p < 0.05) are marked with *: Mg225d—TCP, **: CMPCs—TCP, ***: all materials.
In longitudinal section, at 6 weeks trabeculae were present and evenly distributed (same amount of trabeculae on the side towards the bone marrow as towards the cortex) throughout the scaffold volume in the majority of the CMPC scaffolds (Figure 7B). At 12 weeks, the proportion of Mg225p scaffolds with trabeculae evenly distributed throughout the scaffold volume increased, whereas Mg225d was significantly more likely to have a larger amount of trabeculae towards the cortex than towards the side of the bone marrow (p = 0.001). With TCP, the trabeculae were always evenly distributed throughout the scaffold volume, significantly differing this material from Mg225d at all observation time points (p ≤ 0.02).
3.5.2 Quantitative evaluation of µCT 80 scans
Various changes of bone structure parameters were observed at the implantation sites over the study period. The Tb.N decreased significantly with the CMPCs between weeks 6 and 24 (p ≤ 0.013), while it decreased only slightly with TCP, resulting in significant differences of the Tb.N between all materials at weeks 12 and 24 (p ≤ 0.036) (Figure 7C).
The Tb.Th increased significantly in Mg225d and Mg225p between weeks 6 and 24 (p ≤ 0.001) and was always significantly higher with the CMPCs than with TCP (p ≤ 0.040) (Figure 7D).
A significant increase in Tb.Sp was observed in the CMPCs in contrast to TCP, when comparing week 6 with week 24 (p ≤ 0.002) (Figure 7E). At weeks 12 and 24, the Tb.Sp was significantly higher with Mg225d than with TCP (p ≤ 0.036).
3.6 Histological examination
3.6.1 Semi-quantitative evaluation of histological sections
Histologically, a centripetal directed degradation was visible in all materials, steadily increasing over the study period (Figures 8, 9A). At each observation time point, the percentage area of scaffold material in the scaffold cross section of the CMPCs differed significantly from TCP (p ≤ 0.041). The least material was always present from Mg225d, the most from TCP.
[image: Figure 8]FIGURE 8 | Histological thick sections (toluidine blue staining, magnification ×2.5/0.085) (A) from the center of the Mg225d, Mg225p and TCP scaffolds in cross section after 6, 12 and 24 weeks and (B) comparison to native cancellous bone of the lateral femoral condyle.
[image: Figure 9]FIGURE 9 | (A–I) Semi-quantitative histological evaluation of the scaffolds and the ingrowing tissue (A–E) at tissue level and (F–I) at cell level after 6, 12 and 24 weeks. *: Significant differences (p < 0.05) between the individual materials. (J–L) Histomorphometric measurement of the percentage area of (J) scaffold, (K) bone and (L) granulation tissue/bone marrow in the scaffold cross section (Ø = 1,060 pixels ≙ diameter of the OR of the semi-quantitative evaluation (Ø = 4.24 mm) ≙ scaffold diameter). Significant differences (p < 0.05) are marked with °: Mg225d—Mg225p, **: CMPCs—TCP.
The material of all scaffolds was >50% surrounded by bone in the MR and OR after 6 weeks, in the IR this was observed in the majority (≥71.4%) of the scaffolds (Supplementary Figure S3A). At 6 weeks, significantly more bone had grown into the CMPC scaffolds than into TCP (p ≤ 0.004) (Figure 9B). At 12 and at 24 weeks, the proportion of new, immature bone steadily decreased, while the proportion of remodeled bone increased (Figures 9B,C). This remodeling of newly formed bone occurred more slowly in TCP than in the CMPCs, as evidenced by a still significantly greater amount of newly formed bone at week 12 in TCP compared to the CMPCs (p < 0.001). Nevertheless, after 24 weeks, TCP showed significantly more remodeled bone than the CMPCs (p < 0.001). With increasing bone maturity, the number of osteoblasts and the amount of osteoid at the newly formed bone trabeculae decreased over the course of the study in all materials (Supplementary Figures S3B,C). However, at week 24, TCP still exhibited significantly more osteoid than the CMPCs (p ≤ 0.017).
After 6 weeks, a low to moderate amount of granulation tissue/bone marrow (<50% of scaffold cross-sectional area) with a low to moderate number of adipocytes occurred in most scaffolds (Figures 9D,E). The percentage area of granulation tissue/bone marrow and the number of adipocytes increased markedly in the CMPCs over the study period. At each observation time point, the CMPCs showed significantly more adipocytes (p < 0.001) and at weeks 12 and 24 significantly more granulation tissue/bone marrow than TCP (p < 0.001). Mg225d always exhibited more granulation tissue/bone marrow than Mg225p. After 24 weeks, all CMPC scaffolds showed numerous adipocytes throughout the implantation area and in the majority of the CMPC scaffolds (Mg225d: 95.8%, Mg225p: 62.5% of ROIs), >50% of the scaffold cross-sectional area consisted of granulation tissue/bone marrow. In contrast, granulation tissue/bone marrow in TCP almost always accounted for a maximum of 25% of the scaffold cross-sectional area and in less than half of the ROIs many adipocytes were present after 24 weeks.
Except for the IR of one TCP scaffold, precursor cells were observed in all scaffolds of all materials in each ROI as early as after 6 weeks (Supplementary Figure S3D). An increase in their amount at 12 weeks was followed by a decrease in the amount of precursor cells at week 24 in all materials. Numerous blood vessels were present in all materials at each observation time point, with Mg225p always showing significantly greater vascularization than TCP (p ≤ 0.001) (Supplementary Figure S3E).
Connective tissue with fibrocytes was present in low to moderate amounts in the majority of scaffolds of all materials after 6 weeks (Figure 9F). In the CMPCs, the amount of connective tissue had decreased markedly at 12 weeks and after 24 weeks, it was no longer observed in Mg225d and only sporadically present in Mg225p. In TCP, however, significantly more connective tissue with fibrocytes than in the CMPCs was observed at each observation time point (p < 0.001). In all materials, connective tissue was almost always more abundant in the IR than in the MR and OR. A resorption zone (annular zone within the scaffold cross section, containing many cells and connective tissue) was observed after 6 weeks in 25% of the Mg225d scaffolds and in 12.5% of the TCP scaffolds in the IR (score 1) and after 24 weeks in 12.5% of the TCP scaffolds in the MR (score 1) and the IR (score 2) (scoring system in Table 4), respectively (Supplementary Figure S3F).
In the CMPCs, many macrophages were observed in >54% of ROIs at weeks 6 and 12 (Figure 9G). After 24 weeks, only a small or moderate number of macrophages was present in ≥75% of ROIs in the CMPCs. As many macrophages were observed in TCP throughout the study period, TCP differed significantly from the CMPCs at week 24 (p ≤ 0.001).
At weeks 6 and 12, few FBCs were present in ≥50% of the ROIs of the CMPC scaffolds (Figure 9H). In Mg225p, they were significantly more frequent than in Mg225d (p ≤ 0.017). In TCP, moderate to many FBCs were present at each observation time point (week 6: 50%, week 12: 8.3%, week 24: 37.5% of ROIs), differing it significantly from the CMPCs at week 24 (p ≤ 0.042). Overall, however, the number of FBCs decreased over the study period for all materials.
After 6 weeks, moderate to many osteoclasts were present in 41.7% of ROIs in Mg225d and 29.2% of ROIs in Mg225p, and their amount decreased with increasing implantation time (Figure 9I). TCP showed fewer osteoclasts than the CMPCs at 6 weeks and significantly fewer at 12 weeks (p ≤ 0.018). After 24 weeks, no or few osteoclasts were observed in ≥87.5% of ROIs in all materials.
3.6.2 Quantitative evaluation (histomorphometry)
All scaffolds showed a significant material loss over the study period (p ≤ 0.003) (Figure 9J). After 24 weeks, the CMPC scaffolds were almost completely degraded (percentage of area of scaffold material in the scaffold cross section: Mg225d: 0.85%, Mg225p: 4.63%), while the remaining TCP material comprised 35.14% of the scaffold cross-sectional area. There was always significantly less material present from Mg225d and Mg225p than from TCP (p < 0.001). Additionally, in weeks 12 and 24, there was significantly less material present from Mg225d than from Mg225p (p ≤ 0.007).
After 6 weeks, significantly more bone had grown into the CMPC scaffolds than into the TCP scaffolds (p ≤ 0.001) (Figure 9K). After 12 weeks, the percentage of bone was approximately the same for all materials. After 24 weeks, it was significantly higher in TCP than in the CMPCs (p ≤ 0.022).
Over the study period, the amount of soft tissue (granulation tissue, bone marrow) increased significantly in Mg225d and Mg225p, resulting in significantly more soft tissue with the CMPCs than with TCP at weeks 12 and 24 (p < 0.001) (Figure 9L).
3.7 SEM and EDX analysis of the unstained histological sections
Small scaffold particles could be detected in SEM and EDX analysis in all materials at all observation time points (Figure 10; Supplementary Figures S4, S5). A continuously increasing material degradation was observed. The material residues appeared as small, sharp-edged particles that were excellently integrated into the surrounding bone. After only 6 weeks, the entire implantation area of Mg225d was infiltrated by bone (Supplementary Figure S4A). The scaffold structure was no longer recognizable, the material was largely replaced by newly formed bone and the remaining particles were enclosed by it (Supplementary Figure S4D). After 12 weeks, the scaffolds were already degraded to a large extend, and after 24 weeks, only smallest particles of Mg225d were still present, incorporated into bone trabeculae (Figure 10A,D; Supplementary Figures S5A,D). The degradation of Mg225p showed a similar course, with always slightly more material present than with Mg225d. From week 12 onwards, the scaffold structure was no longer evident in Mg225p either. As with Mg225d, the scaffold was completely traversed by new bone trabeculae after 6 weeks. Mg225p also showed an excellent osseointegration and almost complete degradation after 24 weeks (Figure 10B,E; Supplementary Figures S4B,E, S5B,E). A greater amount of cement matrix was present with TCP than with the CMPCs at each time point examined, and less extensive material degradation was observed over time. As of 6 weeks, the entire implant site was also infiltrated by new bone. As with the CMPCs, good osseointegration of the scaffold material was observed throughout the study period (Figure 10C,F; Supplementary Figures S4C,F, S5C,F).
[image: Figure 10]FIGURE 10 | (A–C) SEM analysis of histological thin sections (×28 magnification) with (A) Mg225d, (B) Mg225p and (C) TCP scaffold incorporated by newly formed cancellous bone after 12 weeks. (D–F) EDX analysis of histological thin sections (×500 magnification) with (D) Mg225d, (E) Mg225p and (F) TCP particles incorporated by newly formed cancellous bone after 12 weeks. Scale bar = 50 µm.
4 DISCUSSION
Due to their better mechanical properties as well as their faster degradation compared to CPCs, CMPCs have been increasingly researched in recent years in the form of cement pastes and granules (Wu et al., 2008a; Wu et al., 2008b; Klammert et al., 2010a; Jia et al., 2010; Wei et al., 2010; Vorndran et al., 2011; Zeng et al., 2012; Ewald et al., 2019; Fuchs et al., 2021; Götz et al., 2021). However, for the treatment of many bone defects, three-dimensional, dimensionally stable scaffolds are required, that can be produced patient-specifically. Therefore, 3D powder printing has emerged as a promising manufacturing technique for bone substitutes (Castilho et al., 2014a; Roseti et al., 2017; Zhang et al., 2019). This study varied the post-treatment of 3D powder printed CMPC scaffolds produced from the ceramic cement powder Ca0.75Mg2.25(PO4)2 by either immersion in DAHP (alkaline post-treatment) or by infiltration with PA (acid post-treatment), affecting the physical and chemical properties of the scaffolds. The influence of DAHP (Mg225d) or PA (Mg225p) post-treatment on biocompatibility, osseointegration and degradation behavior of the scaffolds was investigated in vivo and compared between the two materials. Scaffolds of the established material TCP served as reference. The scaffolds were implanted into the lateral femoral condyles of rabbits and assessed by regular clinical and radiological (X-Ray and µCT) examinations up to 24 weeks. After euthanasia of the animals, higher-resolution µCT 80 and histological examinations were performed on the explanted scaffold-bone-complexes, as well as an analysis by SEM and EDX.
When the compressive strength of the scaffolds was investigated prior to implantation, all materials differed significantly from each other, with TCP having the lowest compressive strength and Mg225p the highest. The examination of the porosity with the mercury porosimeter as well as SEM analysis of the scaffolds before implantation showed that TCP had the highest porosity and Mg225p the lowest. As an increase in pore size and porosity affects the structural integrity of the scaffolds and reduces their mechanical properties (Karageorgiou and Kaplan, 2005), an inverse relationship between porosity and compressive strength has been described in the literature (Vorndran et al., 2011; Zhang et al., 2014; Wang et al., 2019), which was also observed with the materials investigated in this study.
As previously described in studies on CMPCs with the application form of granules, pastes or cylindrical scaffolds (Wu et al., 2008b; Wei et al., 2010; Ewald et al., 2019; Fuchs et al., 2021; Götz et al., 2021; Kowalewicz et al., 2021), the CMPCs investigated in this study as well as TCP showed excellent clinical tolerability with physiological wound healing. No animal showed lameness or pain.
Radiographically, the visibility of the CMPC scaffolds decreased rapidly and was significantly lower than that of TCP in both views from week 6 at the latest, whereas the latter was always still clearly delineable from surrounding bone until week 24. The longer visibility of the TCP scaffolds can be explained by the higher content of radiopaque Ca. However, it could also be an indication of a slower degradation compared to the CMPC scaffolds, which Fuchs et al. (2021) also observed when investigating granules of CMPCs and CPC (HA) in a rabbit model.
The CMPCs showed a significant volume loss as well as a significant increase of the surface area to volume ratio upon in-vivo µCT examination over the study period. The volume loss was significantly more pronounced with the CMPCs than with TCP. The significantly faster volume degradation of Mg225d compared to Mg225p can be explained by the different chemical and physical properties of the scaffolds. The chemical solubility of the individual phases of the CMPCs increases as listed: farringtonite < struvite < brushite < newberyite (Ostrowski et al., 2016). No data on the solubility of stanfieldite are available in the accessible literature. The cement raw materials farringtonite and stanfieldite are mainly cohered by the binder phases struvite (Mg225d), newberyite and brushite (Mg225p) formed during post-treatment with DAHP and PA, respectively (cf. Eqs. 1–3 in Section 3.1.1). The importance of the wt% fraction of the binder phase on the chemical degradation rate has previously been shown in the in-vitro study on scaffolds of farringtonite (76 wt%) and struvite (24 wt%) (TMP-D) and farringtonite (57 wt%) and newberyite (43 wt%) (TMP-P), respectively (Gefel et al., 2022). Despite the higher proportion of the chemically less soluble phase farringtonite, a faster and greater chemical solubility of TMP-D was observed compared to TMP-P. This phenomenon was based on the faster degradation of the low proportion of the binder phase struvite (24 wt%) compared to newberyite (43 wt%), as a result of which the degradation of the cement raw materials proceeded more rapidly (Gefel et al., 2022). In the present study, the same process can be assumed. In Mg225d, the binder phase struvite was probably degraded relatively quickly due to its low wt% content (<6 wt%). Based on the SEM and EDX analysis of Mg225d, it can also be assumed that due to the lower Ca-occurrence, more struvite and less stanfieldite was present in the peripheral region of the scaffolds, while areas of unreacted raw powder with low mechanical strength were probably present in the scaffold center. As soon as the outer areas with more struvite had dissolved, the scaffolds lost stability, the remaining cement matrix was no longer sufficiently cohered and rapidly disintegrated into individual particles, which was particularly accelerated by the ingrowth of bone and cells. Despite the higher chemical solubility of newberyite and brushite, the degradation of these binder phases took more time in Mg225p due to the higher wt% content (63.75 wt%) as well as the uniform distribution. Consequently, the scaffold matrix was cohered for a longer time and the degradation was slower than for Mg225d. Since dissolution is a physico-chemical process, it is controlled not only by solubility but also by porosity, pore size and surface area to volume ratio (Dorozhkin, 2013). SEM and EDX analysis of the scaffolds prior to implantation showed that Mg225d had large (Ø > 100 µm), interconnected pores, which were not detected in the mercury porosimeter measurement because they were either occluded or beyond the accessible measurement range. Therefore, the porosity and pore size of Mg225d can be assumed to be much larger than in Mg225p. Wei et al. (2010) observed significantly greater weight degradation for CPC and MPC scaffolds with higher microporosity and larger surface area in simulated body fluid (SBF) solution. Also, Kim et al. (2016) observed a faster material degradation with larger pore size during in-vivo investigation of MPC scaffolds. Therefore, it can be assumed that the higher porosity and larger pore size of Mg225d compared to Mg225p investigated in this study had an additional accelerating effect on the degradation rate. The solubility of the scaffolds was also likely enhanced by an increase in the scaffold surface area to volume ratio (SS/SV), which was accompanied by the loss of the cohesive scaffold structure. The significantly larger SS/SV between weeks 6 and 10 for Mg225d compared to Mg225p confirms that the Mg225d scaffolds disintegrated into individual material particles much faster than Mg225p, which further accelerated the degradation of Mg225d. Since TCP has a relatively low solubility (Wang and Nancollas, 2008; Dorozhkin, 2013), dissolution of the TCP scaffolds investigated in this study occurred only to a very small extent.
Due to the very comparable radiopacity of the scaffolds and bone, distinct differentiation between scaffold material and bone that had grown into the implantation area was not always possible in in-vivo µCT. In this regard, difficulties have also occurred in various other in-vivo studies on CaPs, CPCs or MPCs (Chopra et al., 2009; Huber et al., 2009; Kasuya et al., 2012; Kanter, 2014). Therefore, it is likely that newly formed bone was erroneously attributed to the scaffold volume, especially at the later observation time points, which also explains the increase in SV at TCP once again between weeks 12 and 16. However, the histomorphometric examinations in the present study clearly demonstrated the almost complete degradation of the CMPC scaffolds after 24 weeks.
The faster scaffold degradation on the side towards the bone marrow observed in the CMPCs in the present study has also been described by other authors for magnesium-based implants. It is assumed that degradation progresses more rapidly on the side towards the medullary cavity due to the higher blood vessel supply and the weaker trabecular network in the scaffold environment (Xu et al., 2007; Höh et al., 2009; Zhang et al., 2009). In the present study, it can be assumed that due to the overall faster degradation of Mg225d compared to Mg225p, increased material degradation on the side towards the medullary cavity was significantly more pronounced in Mg225d than in Mg225p.
Both CMPCs as well as TCP investigated in this study showed rapid and comprehensive osseointegration in the in-vivo µCT examination by the presence of a broad direct scaffold-bone-contact after 8 weeks at the latest. This indicates optimal surface properties as well as excellent biocompatibility and osteogenesis of the scaffolds. The formation of an extensive direct bone-implant contact has also been demonstrated in other studies on CMPCs (Wu et al., 2008b; Wei et al., 2010; Ewald et al., 2019; Fuchs et al., 2021). The high microporosity of the 3D powder-printed scaffolds compared to cement pastes results in a large surface area, which has a positive effect on the integration into the surrounding bone. Various in-vivo studies have shown that improved osteogenesis and osseointegration occur with porous compared to solid implants, as pores allow cell migration and proliferation as well as vascularization (Karageorgiou and Kaplan, 2005). In-vitro investigations of CPC and MPC scaffolds have shown that the presence of micropores in particular has a positive effect on cell growth (Wei et al., 2010). A porous surface also improves mechanical interlocking and stability at the critical interface between scaffold and surrounding bone (Karageorgiou and Kaplan, 2005).
In the present study, the significant increase in BV observed in the adjacent scaffold environment at week 2 for all materials was striking, suggesting an osteoconductive and even possible osteoinductive effect of the materials. Kanter (2014) also observed an increased BV in the implant environment compared to peripheral bone when studying CPCs and MPCs in a sheep model. However, she also observed increased bone formation in direct proximity around empty borehole defects. Albrektsson and Johansson (2001) assumed that even a trauma to the bone results in osteoinduction. Therefore, it is also possible that in the present study, increased BV and osteoinduction in the scaffold vicinity was only induced by the trauma of drilling. However, as no comparative empty borehole defect was assessed in the present study, this phenomenon could not be clarified conclusively. The maximum increase in BV at week 2 was followed by a continuous decrease in BV until week 10 (CMPCs) or week 12 (TCP) and an approach to the physiological volume of cancellous bone. An osteoconductive and even slightly osteoinductive effect of the materials investigated in this study is nevertheless suspected, as the BV in the immediate vicinity of the CMPCs as well as of TCP was always slightly higher or in the upper reference range of physiological bone at this location. It is known, that the release of ions from degrading implants can greatly influence the formation of new bone around an implant (Ostrowski et al., 2016). A high Mg-concentration promotes osteoblast proliferation and differentiation and increases their activity (Wu et al., 2015; He et al., 2016) and a local increase of Ca- and PO4 -ions to a supra-physiological level has a positive effect on new bone formation (Chai et al., 2012). The higher BV in the vicinity of TCP at 24 weeks is probably caused by the higher Ca-content of the material compared with the CMPCs and the higher amount of remaining scaffold material releasing ions until the end of the study. The osteoconductive character as well as the promotion of osteogenesis and bone regeneration by CMPCs has yet been described by other authors (Wu et al., 2008b; Wei et al., 2010; Ewald et al., 2019; Fuchs et al., 2021). Studies on MPCs (Kim et al., 2016; Ostrowski et al., 2016; Kanter et al., 2018; Nabiyouni et al., 2018; Sarkar et al., 2019) and TCP (Walsh et al., 2008; Samavedi et al., 2013; Bohner et al., 2020) also demonstrated an osteoconductive behavior of these materials as well as the stimulation of bone formation.
In the present study, a decrease in Tb.N as well as an increase in Tb.Th and Tb.Sp over the study period was observed for all materials in the in-vivo µCT in the scaffold vicinity, as well as for the CMPCs in the higher-resolution µCT 80 within the initial scaffold volume. This progression was also observed by Kanter et al. (2018) when investigating MPCs. It suggests that the newly formed bone remodeled, adapted to the physiological situation and matured over the study period, resulting in the renewed presence of nearly physiological cancellous bone within the initial scaffold volume of Mg225p after 24 weeks. By week 24, a high Tb.N with small Tb.Th and Tb.Sp occurred within the scaffold volume of TCP, revealing a slower speed of bone remodeling, possibly because the large amount of remaining material spatially inhibited trabecular growth and bone maturation. Additionally, µCT 80 examinations of the scaffold longitudinal sections showed that the newly formed bone trabeculae within the initial scaffold volume were mostly located in the implantation area close to the cortex in Mg225d, whereas they were more evenly distributed in Mg225p with regard to their localization. This can be explained by the fact that Mg225d degraded significantly faster on the side towards the bone marrow than Mg225p and that new bone formation close to the bone marrow could not follow the degradation rate of the scaffold. Ewald et al. (2019) observed a decrease in bone-implant-contact in the faster degrading material when comparing 6 to 12 weeks during the in-vivo investigation of CMPC pastes and also assumed too rapid material degradation as a reason. In Mg225p, the material particles probably served as a guide for the new bone for a longer period of time, allowing a more uniform trabecular network to be formed.
In histology, all scaffolds examined in the present study quickly showed good osseointegration and replacement by newly formed trabecular bone increasing over time. Within the observation period, the amount of immature bone and osteoid and the number of osteoblasts in the initial implantation area of all materials decreased, while simultaneously the amount of remodeled, mature bone increased, which is typical for bone maturation (Hadjidakis and Androulakis, 2006; Katsimbri, 2017). The large amount of precursor cells in the bone marrow observed mainly after 12 weeks was also studied by Kanter et al. (2018). It can be considered as an active state of cell organization, resulting in centripetally directed formation of trabecular bone (Kanter et al., 2018). In TCP, significantly more immature bone after 12 weeks and significantly more osteoid after 24 weeks than in the CMPCs was still observed. This suggests that bone maturation occurred more slowly with TCP and was not yet completed at the end of the study period. The significantly higher proportion of bone in TCP compared to the CMPCs after 24 weeks is in contradiction with results from other in-vivo studies on CPCs and CMPCs in rabbits (Wu et al., 2008b; Wei et al., 2010). As bone ingrowth is facilitated by increased porosity and pore size (Karageorgiou and Kaplan, 2005), the greater amount of bone observed with TCP in the present study could be attributed to the significantly higher porosity of TCP compared to the CMPCs.
Within the implantation area of the CMPCs, the amount of granulation tissue rich of blood vessels and cells as well as the number of adipocytes increased continuously over the study period. At the same time, the amount of connective tissue with fibrocytes decreased markedly, resulting in no (Mg225d) or only sporadic (Mg225p) appearance after 24 weeks. This indicates that the ingrowing tissue has transformed into mature, physiological bone marrow, as this is also described in the literature (Travlos, 2006; Horowitz et al., 2017; Nombela-Arrieta and Manz, 2017; Lucas, 2021). TCP demonstrated significantly less granulation tissue/bone marrow at weeks 12 and 24 and at each observation time point significantly more connective tissue with fibrocytes than the CMPCs. It is likely that in TCP, due to the slower bone maturation, only little bone marrow was yet formed within the numerous small fibrovascular islets over the study period of 24 weeks. Possibly, the high amount of bone observed with TCP slowed down this remodeling process due to the spatial restriction of the granulation tissue. However, since complete bone replacement with restitutio ad integrum of the bone tissue is described in the literature for TCP (Wiltfang et al., 2002; Horch et al., 2006; Kolk et al., 2012), the formation of physiological bone marrow is also likely with a longer observation time.
FBCs express important growth factors for new blood vessel formation and a correlation between the amount of FBCs and the vascularization rate was observed in a study on TCP granules (Ghanaati et al., 2010; Al-Maawi et al., 2021), which could not be confirmed in the present study. Even though moderate to many FBCs were frequently present with TCP, at each observation time point significantly fewer blood vessels occurred within the implantation area of TCP than with Mg225p. Possibly, this could also be due to the spatial limitation of bone and scaffold material with TCP.
For all materials in the present study, centripetal directed degradation was observed in the histological examination, continuously increasing over the course of the investigation. The CMPCs differed significantly from TCP at each observation time point and were almost completely degraded after 24 weeks, whereas numerous particles of TCP were still present at the end of the study. As supposed for the in-vivo degradation of CMPCs by Wu et al. (2008b) and Wei et al. (2010), a two-step degradation mechanism is also assumed for the CMPC scaffolds investigated in this study. The previously described first step of chemical dissolution of the cements during the early implantation time resulted in surface enlargement and thus alteration of the microstructure of the scaffolds, which likely facilitated the cell-mediated resorption that occurred later in the second step. In-vivo degradation of CaP-based biomaterials is also thought to occur by a combination of chemical dissolution and cell-mediated resorption (Theiss et al., 2005; Dorozhkin, 2013). For rapidly resorbable CPCs such as brushite, mainly macrophages and FBCs are involved in the resorption process, whereas slowly resorbable CPCs such as apatite are degraded by osteoclasts (Apelt et al., 2004; Theiss et al., 2005; Dorozhkin, 2008, 2013). For MPCs, passive resorption by chemical dissolution in magnesium and phosphate ions has been described (Klammert et al., 2011; Kim et al., 2016). Gefel et al. (2022) could not detect an involvement of osteoclasts in the degradation of MPCs in in-vitro studies. In various in-vivo studies, however, osteoclasts were observed at the implantation site of MPCs, indicating a possible active cellular resorption as well (Zeng et al., 2012; Kim et al., 2016; Kanter et al., 2018). In the present study, both numerous macrophages and multinucleated cells located directly at the scaffold material were observed. The number of macrophages decreased strongly in the CMPCs with advanced implantation time and degradation of the scaffolds, suggesting that they were involved to a large extent in material degradation. The FBCs observed with the CMPCs especially at the early observation time points were probably also involved in the cellular degradation. The significantly more frequent occurrence of FBCs at weeks 6 and 12 in Mg225p than in Mg225d correlates with the still greater amount of remaining scaffold material in Mg225p at these time points and supports this hypothesis. Furthermore, since with the CMPCs, slightly (week 6) or even significant (week 12) more osteoclasts were observed than with TCP, it is reasonable to assume that they were also participating in the degradation of the MPC phases. However, the increased occurrence of osteoclasts with the CMPCs could also be due to the fact that these cells were substantially involved in physiological bone remodeling, as also described in the literature (Hadjidakis and Androulakis, 2006). With TCP, many macrophages and some FBCs were present at each observation time point, and their amount was significantly higher than with the CMPCs at week 24. Therefore, it can be assumed that these two cell types were mainly responsible for the material degradation of TCP. Since the complete degradation of TCP happens rather slowly (Moore et al., 2001; Kolk et al., 2012; Bohner et al., 2020) and at the end of the study period larger amounts of potentially material-resorbing cells were still present, it can be assumed that the degradation of TCP was not yet completed after 24 weeks. However, as also described in the literature (Wiltfang et al., 2002), in the present study cellular degradation may have been impaired by the fact that a very high proportion of the numerous TCP fragments still present after 24 weeks were completely surrounded by the newly formed bone trabeculae and were therefore not accessible for further degradation for the time being. The final degradation of these particles occurs only when the material is exposed during remodeling processes of the newly formed bone (Wiltfang et al., 2002).
The resorption zone, found with an annular area of darker gray value within the scaffold volume of the CMPCs between weeks 2 and 8 in the in-vivo µCT scans, could be identified in the histological examination as fibrovascular, macrophage-rich stroma between the material core and the ingrowing bone trabeculae. Investigating brushite or K-struvite cements, other authors have also observed such a fibrovascular resorption zone around the cement during the early implantation period (up to 2 months) (Constantz et al., 1998; Frayssinet et al., 2000; Apelt et al., 2004; Kaiser et al., 2022). As this zone was significantly more frequent in Mg225d than in Mg225p and TCP, it is reasonable to assume a connection with the scaffold degradation rate. It is likely that the volume degradation in Mg225d and in some cases also in Mg225p proceeded too rapidly, rendering the attachment of the newly formed bone trabeculae to the scaffold material impossible, as also assumed for K-struvite by Kaiser et al. (2022). However, the fibrovascular zone formed to bridge the defect was in the present study at the latest after 10 weeks replaced by ingrowing trabecular bone.
Using SEM and EDX analysis, the surface texture of the thin sections of the scaffold-bone-complexes and the occurrence, respectively amount, of Mg in the implantation area have clearly demonstrated the presence of small scaffold particles in all materials by week 24. The results are consistent with the histological findings and confirm excellent osseointegration, almost complete degradation of the CMPCs, and replacement of the scaffolds by trabecular bone. In a study by Fuchs et al. (2021), EDX analysis of CMPCs granules also showed increasing degradation over time and their replacement by bone tissue based on the detection of Mg, Ca, and P. For TCP, very good osseointegration and osteoneogenesis were also observed in the present study, but only a slight progression of degradation occurred.
5 CONCLUSION
This study varied the post-treatment of 3D powder printed CMPC scaffolds by either immersion in DAHP or by infiltration with PA, and the influence of the post-treatment on the in-vivo performance of the scaffolds was examined. In a non-weight-bearing borehole defect in rabbits, both investigated CMPCs, Mg225d (alkaline post-treatment with DAHP) and Mg225p (acid post-treatment with PA), showed excellent biocompatibility and osseointegration, over time continuously increasing and almost complete degradation, and replacement of the scaffolds by newly formed bone trabeculae, which underwent continuous remodeling and adaption to the physiological situation. Post-treatment with DAHP resulted in significantly faster degradation with loss of cylindrical form, demarcability from surrounding bone, and scaffold volume in Mg225d than in Mg225p and TCP. Mg225d also showed significantly greater degradation on the side towards the medullary cavity than Mg225p and TCP. In TCP, degradation was significantly less than in the CMPCs after 24 weeks. All materials rapidly showed an ingrowth of numerous bone trabeculae into the scaffold. While in Mg225d, the trabeculae were predominantly located in the implantation area towards the cortex, in Mg225p they were more evenly distributed and showed almost the same structural properties as physiological bone at this localization after 24 weeks. The rapid degradation of Mg225d as well as the rapid breakdown of the scaffold framework into individual material particles probably had a negative effect on the uniform trabecular ingrowth. Therefore, and due to the low compressive strength of Mg225d, which presumably further decreased with increasing implantation time, this material is not suitable for application in weight-bearing bone. Since Mg225d nevertheless had a positive influence on osteoneogenesis, its use as a bone substitute in non-weight-bearing bone, such as for a sinus lift, would be feasible. In the present study, Mg225p showed, due to its higher compressive strength, optimal degradation rate for concurrent new bone formation, and excellent osteoneogenesis throughout the scaffold volume, promising properties for use as degradable bone substitute to be further investigated in weight-bearing bone.
DATA AVAILABILITY STATEMENT 
The original contributions presented in the study are included in the article/Supplementary Material, further inquiries can be directed to the corresponding author.
ETHICS STATEMENT 
The animal study was reviewed and approved by the Regional Government of Upper Bavaria, Munich, Germany (approval number: ROB 55.2-2532.Vet_02-19-64).
AUTHOR CONTRIBUTIONS 
Conceptualization and methodology, EV and AM-L; Investigation KK, A-CW, FF, A-MS, MB, EV, and AM-L; Resources, A-CW, EV, and AM-L; Writing-original draft preparation, KK; Writing-review and editing, A-CW, FF, EV, and AM-L; Visualization, KK and EV; Supervision, A-CW, FF, EV, and AM-L; Project administration, A-CW, EV, and AM-L; Funding acquisition, EV and AM-L. All authors have read and agreed to the published version of the manuscript.
FUNDING 
This research was funded by the German Research Foundation (DFG), grant number 417069397, as part of the collaboration project “Additive manufacturing of personalized bone implants for application in human and veterinary medicine based on calcium magnesium phosphates” between the Ludwig-Maximilians-University of Munich and the University of Würzburg. The authors would like to thank for the financial support. We also thank the DFG for funding the Zeiss CB 340 crossbeam scanning electron microscope (INST 105022/58-1 FUGG) within the DFG's FUGG State Major Instrumentation Programme.
PUBLISHER’S NOTE
All claims expressed in this article are solely those of the authors and do not necessarily represent those of their affiliated organizations, or those of the publisher, the editors and the reviewers. Any product that may be evaluated in this article, or claim that may be made by its manufacturer, is not guaranteed or endorsed by the publisher.
SUPPLEMENTARY MATERIAL 
The Supplementary Material for this article can be found online at: https://www.frontiersin.org/articles/10.3389/fbioe.2022.998254/full#supplementary-material
REFERENCES
 Agarwal, R., and García, A. J. (2015). Biomaterial strategies for engineering implants for enhanced osseointegration and bone repair. Adv. Drug Deliv. Rev. 94, 53–62. doi:10.1016/j.addr.2015.03.013
 Al-Maawi, S., Barbeck, M., Vizcaíno, C. H., Egli, R., Sader, R., Kirkpatrick, C. J., et al. (2021). Thermal treatment at 500°C significantly reduces the reaction to irregular tricalcium phosphate granules as foreign bodies: An in vivo study. Acta Biomater. 121, 621–636. doi:10.1016/j.actbio.2020.11.034
 Albrektsson, T., and Johansson, C. (2001). Osteoinduction, osteoconduction and osseointegration. Eur. Spine J. 10 (2), 96–101. doi:10.1007/s005860100282
 Ambard, A. J., and Mueninghoff, L. (2006). Calcium phosphate cement: Review of mechanical and biological properties. J. Prosthodont. 15 (5), 321–328. doi:10.1111/j.1532-849X.2006.00129.x
 Apelt, D., Theiss, F., El-Warrak, A., Zlinszky, K., Bettschart-Wolfisberger, R., Bohner, M., et al. (2004). In vivo behavior of three different injectable hydraulic calcium phosphate cements. Biomaterials 25 (7-8), 1439–1451. doi:10.1016/j.biomaterials.2003.08.073
 Arrington, E. D., Smith, W. J., Chambers, H. G., Bucknell, A. L., and Davino, N. A. (1996). Complications of iliac crest bone graft harvesting. Clin. Orthop. Relat. Res. 329, 300–309. doi:10.1097/00003086-199608000-00037
 Augustin, J., Feichtner, F., Waselau, A. C., Julmi, S., Klose, C., Wriggers, P., et al. (2020). Comparison of two pore sizes of LAE442 scaffolds and their effect on degradation and osseointegration behavior in the rabbit model. J. Biomed. Mat. Res. 108 (7), 2776–2788. doi:10.1002/jbm.b.34607
 Augustin, J., Feichtner, F., Waselau, A. C., Julmi, S., Klose, C., Wriggers, P., et al. (2022). Effect of pore size on tissue ingrowth and osteoconductivity in biodegradable Mg alloy scaffolds. J. Appl. Biomater. Funct. Mat. 20, 228080002210781. doi:10.1177/22808000221078168
 Bohner, M., Santoni, B. L. G., and Döbelin, N. (2020). β-tricalcium phosphate for bone substitution: Synthesis and properties. Acta Biomater. 113, 23–41. doi:10.1016/j.actbio.2020.06.022
 Bohner, M., Theiss, F., Apelt, D., Hirsiger, W., Houriet, R., Rizzoli, G., et al. (2003). Compositional changes of a dicalcium phosphate dihydrate cement after implantation in sheep. Biomaterials 24 (20), 3463–3474. doi:10.1016/s0142-9612(03)00234-5
 Boyan, B. D., Hummert, T. W., Dean, D. D., and Schwartz, Z. (1996). Role of material surfaces in regulating bone and cartilage cell response. Biomaterials 17 (2), 137–146. doi:10.1016/0142-9612(96)85758-9
 Brunello, G., Sivolella, S., Meneghello, R., Ferroni, L., Gardin, C., Piattelli, A., et al. (2016). Powder-based 3D printing for bone tissue engineering. Biotechnol. Adv. 34 (5), 740–753. doi:10.1016/j.biotechadv.2016.03.009
 Campana, V., Milano, G., Pagano, E., Barba, M., Cicione, C., Salonna, G., et al. (2014). Bone substitutes in orthopaedic surgery: From basic science to clinical practice. J. Mat. Sci. Mat. Med. 25 (10), 2445–2461. doi:10.1007/s10856-014-5240-2
 Castilho, M., Dias, M., Vorndran, E., Gbureck, U., Fernandes, P., Pires, I., et al. (2014a). Application of a 3D printed customized implant for canine cruciate ligament treatment by tibial tuberosity advancement. Biofabrication 6 (2), 025005. doi:10.1088/1758-5082/6/2/025005
 Castilho, M., Moseke, C., Ewald, A., Gbureck, U., Groll, J., Pires, I., et al. (2014b). Direct 3D powder printing of biphasic calcium phosphate scaffolds for substitution of complex bone defects. Biofabrication 6 (1), 015006. doi:10.1088/1758-5082/6/1/015006
 Chai, Y. C., Carlier, A., Bolander, J., Roberts, S. J., Geris, L., Schrooten, J., et al. (2012). Current views on calcium phosphate osteogenicity and the translation into effective bone regeneration strategies. Acta Biomater. 8 (11), 3876–3887. doi:10.1016/j.actbio.2012.07.002
 Chopra, P. M., Johnson, M., Nagy, T. R., and Lemons, J. E. (2009). Micro-computed tomographic analysis of bone healing subsequent to graft placement. J. Biomed. Mat. Res. 88 (2), 611–618. doi:10.1002/jbm.b.31232
 Constantz, B. R., Barr, B. M., Ison, I. C., Fulmer, M. T., Baker, J., McKinney, L., et al. (1998). Histological, chemical, and crystallographic analysis of four calcium phosphate cements in different rabbit osseous sites. J. Biomed. Mat. Res. 43 (4), 451–461. doi:10.1002/(sici)1097-4636(199824)43:4<451:aid-jbm13>3.0.co;2-q
 Donath, K., and Breuner, G. (1982). A method for the study of undecalcified bones and teeth with attached soft tissues. The Säge‐Schliff (sawing and grinding) Technique. J. Oral Pathol. Med. 11 (4), 318–326. doi:10.1111/j.1600-0714.1982.tb00172.x
 Dorozhkin, S. V. (2008). Calcium orthophosphate cements for biomedical application. J. Mat. Sci. 43 (9), 3028–3057. doi:10.1007/s10853-008-2527-z
 Dorozhkin, S. V. (2013). Calcium orthophosphate-based bioceramics. Mater. (Basel) 6 (9), 3840–3942. doi:10.3390/ma6093840
 Dorozhkin, S. V., and Epple, M. (2002). Biological and medical significance of calcium phosphates. Angew. Chem. Int. Ed. Engl. 41 (17), 3130–3146. doi:10.1002/1521-3773(20020902)41:17<3130:AID-ANIE3130>3.0.CO;2-1
 Ewald, A., Kreczy, D., Brückner, T., Gbureck, U., Bengel, M., Hoess, A., et al. (2019). Development and bone regeneration capacity of premixed magnesium phosphate cement pastes. Mater. (Basel) 12 (13), 2119. doi:10.3390/ma12132119
 Fillingham, Y., and Jacobs, J. (2016). Bone grafts and their substitutes. Bone Jt. J. 98-b (1), 6–9. doi:10.1302/0301-620x.98b.36350
 Frakenburg, E. P., Goldstein, S. A., Bauer, T. W., Harris, S. A., and Poser, R. D. (1998). Biomechanical and histological evaluation of a calcium phosphate cement. J. Bone Jt. Surg. 80 (8), 1112–1124. doi:10.2106/00004623-199808000-00004
 Frayssinet, P., Roudier, M., Lerch, A., Ceolin, J. L., Deprès, E., and Rouquet, N. (2000). Tissue reaction against a self-setting calcium phosphate cement set in bone or outside the organism. J. Mat. Sci. Mat. Med. 11 (12), 811–815. doi:10.1023/a:1008909714090
 Fuchs, A., Kreczy, D., Brückner, T., Gbureck, U., Stahlhut, P., Bengel, M., et al. (2021). Bone regeneration capacity of newly developed spherical magnesium phosphate cement granules. Clin. Oral Investig. 26, 2619–2633. doi:10.1007/s00784-021-04231-w
 Gefel, E., Moseke, C., Schmitt, A.-M., Dümmler, N., Stahlhut, P., Ewald, A., et al. (2022). Degradation of 3D-printed magnesium phosphate ceramics in vitro and a prognosis on their bone regeneration potential. Bioact. Mat. 19, 376–391. doi:10.1016/j.bioactmat.2022.04.015
 Ghanaati, S., Barbeck, M., Orth, C., Willershausen, I., Thimm, B. W., Hoffmann, C., et al. (2010). Influence of β-tricalcium phosphate granule size and morphology on tissue reaction in vivo. Acta Biomater. 6 (12), 4476–4487. doi:10.1016/j.actbio.2010.07.006
 Götz, L. M., Holeczek, K., Groll, J., Jüngst, T., and Gbureck, U. (2021). Extrusion-based 3D printing of calcium magnesium phosphate cement pastes for degradable bone implants. Mater. (Basel) 14 (18), 5197. doi:10.3390/ma14185197
 Gross, K. A., and Berndt, C. C. (2002). Biomedical application of apatites. Rev. Mineral. Geochem. 48 (1), 631–672. doi:10.2138/rmg.2002.48.17
 Habibovic, P., Gbureck, U., Doillon, C. J., Bassett, D. C., van Blitterswijk, C. A., and Barralet, J. E. (2008). Osteoconduction and osteoinduction of low-temperature 3D printed bioceramic implants. Biomaterials 29 (7), 944–953. doi:10.1016/j.biomaterials.2007.10.023
 Hadjidakis, D. J., and Androulakis, I. I. (2006). Bone remodeling. Ann. N. Y. Acad. Sci. 1092, 385–396. doi:10.1196/annals.1365.035
 Haque, M. A., and Chen, B. (2020). In vitro and in vivo research advancements on the magnesium phosphate cement biomaterials: A review. Materialia 13, 100852. doi:10.1016/j.mtla.2020.100852
 He, L., Zhang, X., Liu, B., Tian, Y., and Ma, W. (2016). Effect of magnesium ion on human osteoblast activity. Braz. J. Med. Biol. Res. 49 (7), S0100879X2016000700604. doi:10.1590/1414-431X20165257
 Höh, N. v. d., Bormann, D., Lucas, A., Denkena, B., Hackenbroich, C., and Meyer‐Lindenberg, A. (2009). Influence of different surface machining treatments of magnesium‐based resorbable implants on the degradation behavior in rabbits. Adv. Eng. Mat. 11 (5), B47–B54. doi:10.1002/adem.200800273
 Horch, H. H., Sader, R., Pautke, C., Neff, A., Deppe, H., and Kolk, A. (2006). Synthetic, pure-phase beta-tricalcium phosphate ceramic granules (Cerasorb) for bone regeneration in the reconstructive surgery of the jaws. Int. J. Oral Maxillofac. Surg. 35 (8), 708–713. doi:10.1016/j.ijom.2006.03.017
 Horowitz, M. C., Berry, R., Holtrup, B., Sebo, Z., Nelson, T., Fretz, J. A., et al. (2017). Bone marrow adipocytes. Adipocyte 6 (3), 193–204. doi:10.1080/21623945.2017.1367881
 Huber, F. X., McArthur, N., Heimann, L., Dingeldein, E., Cavey, H., Palazzi, X., et al. (2009). Evaluation of a novel nanocrystalline hydroxyapatite paste Ostim in comparison to Alpha-BSM - more bone ingrowth inside the implanted material with Ostim compared to Alpha BSM. BMC Musculoskelet. Disord. 10, 164. doi:10.1186/1471-2474-10-164
 Huehnerschulte, T. A., Reifenrath, J., von Rechenberg, B., Dziuba, D., Seitz, J. M., Bormann, D., et al. (2012). In vivo assessment of the host reactions to the biodegradation of the two novel magnesium alloys ZEK100 and AX30 in an animal model. Biomed. Eng. Online 11 (1), 14. doi:10.1186/1475-925X-11-14
 Jia, J., Zhou, H., Wei, J., Jiang, X., Hua, H., Chen, F., et al. (2010). Development of magnesium calcium phosphate biocement for bone regeneration. J. R. Soc. Interface 7 (49), 1171–1180. doi:10.1098/rsif.2009.0559
 Kaiser, F., Schröter, L., Stein, S., Krüger, B., Weichhold, J., Stahlhut, P., et al. (2022). Accelerated bone regeneration through rational design of magnesium phosphate cements. Acta Biomater. 145, 358–371. doi:10.1016/j.actbio.2022.04.019
 Kanter, B., Geffers, M., Ignatius, A., and Gbureck, U. (2014). Control of in vivo mineral bone cement degradation. Acta Biomater. 10 (7), 3279–3287. doi:10.1016/j.actbio.2014.04.020
 Kanter, B. (2014). Osseointegration kalthärtender Knochenzemente im Schafmodell. Ludwig-Maximilians-University Munich. dissertation. Munich. 
 Kanter, B., Vikman, A., Brückner, T., Schamel, M., Gbureck, U., and Ignatius, A. (2018). Bone regeneration capacity of magnesium phosphate cements in a large animal model. Acta Biomater. 69, 352–361. doi:10.1016/j.actbio.2018.01.035
 Karageorgiou, V., and Kaplan, D. (2005). Porosity of 3D biomaterial scaffolds and osteogenesis. Biomaterials 26 (27), 5474–5491. doi:10.1016/j.biomaterials.2005.02.002
 Kasuya, A., Sobajima, S., and Kinoshita, M. (2012). In vivo degradation and new bone formation of calcium phosphate cement-gelatin powder composite related to macroporosity after in situ gelatin degradation. J. Orthop. Res. 30 (7), 1103–1111. doi:10.1002/jor.22044
 Katsimbri, P. (2017). The biology of normal bone remodelling. Eur. J. Cancer Care 26 (6), e12740. doi:10.1111/ecc.12740
 Keating, J. F., and McQueen, M. M. (2001). Substitutes for autologous bone graft in orthopaedic trauma. J. Bone Jt. Surg. Br. volume 83 (1), 3–8. doi:10.1302/0301-620x.83b1.0830003
 Kheirallah, M., and Almeshaly, H. (2016). Bone graft substitutes for bone defect regeneration. A collective review. Int. J. Dent. Oral Sci. 3 (5), 247–255. doi:10.19070/2377-8075-1600051
 Kim, J.-A., Lim, J., Naren, R., Yun, H.-S., and Park, E. K. (2016). Effect of the biodegradation rate controlled by pore structures in magnesium phosphate ceramic scaffolds on bone tissue regeneration in vivo. Acta Biomater. 44, 155–167. doi:10.1016/j.actbio.2016.08.039
 Klammert, U., Ignatius, A., Wolfram, U., Reuther, T., and Gbureck, U. (2011). In vivo degradation of low temperature calcium and magnesium phosphate ceramics in a heterotopic model. Acta Biomater. 7 (9), 3469–3475. doi:10.1016/j.actbio.2011.05.022
 Klammert, U., Reuther, T., Blank, M., Reske, I., Barralet, J. E., Grover, L. M., et al. (2010a). Phase composition, mechanical performance and in vitro biocompatibility of hydraulic setting calcium magnesium phosphate cement. Acta Biomater. 6 (4), 1529–1535. doi:10.1016/j.actbio.2009.10.021
 Klammert, U., Vorndran, E., Reuther, T., Müller, F. A., Zorn, K., and Gbureck, U. (2010b). Low temperature fabrication of magnesium phosphate cement scaffolds by 3D powder printing. J. Mat. Sci. Mat. Med. 21 (11), 2947–2953. doi:10.1007/s10856-010-4148-8
 Kleer, N., Julmi, S., Gartzke, A.-K., Augustin, J., Feichtner, F., Waselau, A.-C., et al. (2019). Comparison of degradation behaviour and osseointegration of the two magnesium scaffolds, LAE442 and La2, in vivo. Materialia 8, 100436. doi:10.1016/j.mtla.2019.100436
 Kleer-Reiter, N., Julmi, S., Feichtner, F., Waselau, A. C., Klose, C., Wriggers, P., et al. (2021). Biocompatibility and degradation of the open-pored magnesium scaffolds LAE442 and La2. Biomed. Mat. 16 (3), 035037. doi:10.1088/1748-605X/abf5c5
 Kolk, A., Handschel, J., Drescher, W., Rothamel, D., Kloss, F., Blessmann, M., et al. (2012). Current trends and future perspectives of bone substitute materials–from space holders to innovative biomaterials. J. Cranio-Maxillofacial Surg. 40 (8), 706–718. doi:10.1016/j.jcms.2012.01.002
 Kowalewicz, K., Vorndran, E., Feichtner, F., Waselau, A.-C., Brueckner, M., and Meyer-Lindenberg, A. (2021). In-vivo degradation behavior and osseointegration of 3D powder-printed calcium magnesium phosphate cement scaffolds. Mater. (Basel) 14 (4), 946. doi:10.3390/ma14040946
 Kurashina, K., Kurita, H., Kotani, A., Takeuchi, H., and Hirano, M. (1997). In vivo study of a calcium phosphate cement consisting of α-tricalcium phosphate/dicalcium phosphate dibasic/tetracalcium phosphate monoxide. Biomaterials 18 (2), 147–151. doi:10.1016/s0142-9612(96)00173-1
 Laurie, S. W., Kaban, L. B., Mulliken, J. B., and Murray, J. E. (1984). Donor-site morbidity after harvesting rib and iliac bone. Plastic Reconstr. Surg. 73 (6), 933–938. doi:10.1097/00006534-198406000-00014
 LeGeros, R. Z. (2008). Calcium phosphate-based osteoinductive materials. Chem. Rev. 108 (11), 4742–4753. doi:10.1021/cr800427g
 LeGeros, R. Z. (2002). Properties of osteoconductive biomaterials: Calcium phosphates. Clin. Orthop. Relat. Res. 395, 81–98. doi:10.1097/00003086-200202000-00009
 Lodoso-Torrecilla, I., van den Beucken, J., and Jansen, J. A. (2021). Calcium phosphate cements: Optimization toward biodegradability. Acta Biomater. 119, 1–12. doi:10.1016/j.actbio.2020.10.013
 Lucas, D. (2021). Structural organization of the bone marrow and its role in hematopoiesis. Curr. Opin. Hematol. 28 (1), 36–42. doi:10.1097/moh.0000000000000621
 Mestres, G., and Ginebra, M.-P. (2011). Novel magnesium phosphate cements with high early strength and antibacterial properties. Acta Biomater. 7 (4), 1853–1861. doi:10.1016/j.actbio.2010.12.008
 Moore, W. R., Graves, S. E., and Bain, G. I. (2001). Synthetic bone graft substitutes. ANZ J. Surg. 71 (6), 354–361. doi:10.1046/j.1440-1622.2001.02128.x
 Nabiyouni, M., Brückner, T., Zhou, H., Gbureck, U., and Bhaduri, S. B. (2018). Magnesium-based bioceramics in orthopedic applications. Acta Biomater. 66, 23–43. doi:10.1016/j.actbio.2017.11.033
 Nombela-Arrieta, C., and Manz, M. G. (2017). Quantification and three-dimensional microanatomical organization of the bone marrow. Blood Adv. 1 (6), 407–416. doi:10.1182/bloodadvances.2016003194
 Ostrowski, N., Roy, A., and Kumta, P. N. (2016). Magnesium phosphate cement systems for hard tissue applications: A review. ACS Biomater. Sci. Eng. 2 (7), 1067–1083. doi:10.1021/acsbiomaterials.6b00056
 Peters, F., Groisman, D., Davids, R., Hänel, T., Dürr, H., and Klein, M. (2006). Comparative study of patient individual implants from β‐tricalcium phosphate made by different techniques based on CT data. Materwiss. Werksttech. 37 (6), 457–461. doi:10.1002/mawe.200600019
 Reid, J. W., and Hendry, J. A. (2006). Rapid, accurate phase quantification of multiphase calcium phosphate materials using Rietveld refinement. J. Appl. Cryst. 39 (4), 536–543. doi:10.1107/S0021889806020395
 Rentsch, C., Rentsch, B., Scharnweber, D., Zwipp, H., and Rammelt, S. (2012). [Bone substitute. Transplants and replacement materials-an update].Knochenersatz. Unfallchirurg 115 (10), 938–949. doi:10.1007/s00113-012-2238-4
 Rietveld, H. M. (1969). A profile refinement method for nuclear and magnetic structures. J. Appl. Cryst. 2 (2), 65–71. doi:10.1107/S0021889869006558
 Roseti, L., Parisi, V., Petretta, M., Cavallo, C., Desando, G., Bartolotti, I., et al. (2017). Scaffolds for bone tissue engineering: State of the art and new perspectives. Mater. Sci. Eng. C 78, 1246–1262. doi:10.1016/j.msec.2017.05.017
 Samavedi, S., Whittington, A. R., and Goldstein, A. S. (2013). Calcium phosphate ceramics in bone tissue engineering: A review of properties and their influence on cell behavior. Acta Biomater. 9 (9), 8037–8045. doi:10.1016/j.actbio.2013.06.014
 Sarkar, K., Kumar, V., Devi, K. B., Ghosh, D., Nandi, S. K., and Roy, M. (2019). Effects of Sr doping on biodegradation and bone regeneration of magnesium phosphate bioceramics. Materialia 5, 100211. doi:10.1016/j.mtla.2019.100211
 Theiss, F., Apelt, D., Brand, B., Kutter, A., Zlinszky, K., Bohner, M., et al. (2005). Biocompatibility and resorption of a brushite calcium phosphate cement. Biomaterials 26 (21), 4383–4394. doi:10.1016/j.biomaterials.2004.11.056
 Travlos, G. S. (2006). Normal structure, function, and histology of the bone marrow. Toxicol. Pathol. 34 (5), 548–565. doi:10.1080/01926230600939856
 von Doernberg, M.-C., von Rechenberg, B., Bohner, M., Grünenfelder, S., van Lenthe, G. H., Müller, R., et al. (2006). In vivo behavior of calcium phosphate scaffolds with four different pore sizes. Biomaterials 27 (30), 5186–5198. doi:10.1016/j.biomaterials.2006.05.051
 Vorndran, E., Ewald, A., Müller, F. A., Zorn, K., Kufner, A., and Gbureck, U. (2011). Formation and properties of magnesium-ammonium-phosphate hexahydrate biocements in the Ca-Mg-PO4 system. J. Mat. Sci. Mat. Med. 22 (3), 429–436. doi:10.1007/s10856-010-4220-4
 Vorndran, E., Klarner, M., Klammert, U., Grover, L. M., Patel, S., Barralet, J. E., et al. (2008). 3D powder printing of β‐tricalcium phosphate ceramics using different strategies. Adv. Eng. Mat. 10 (12), B67–B71. doi:10.1002/adem.200800179
 Walsh, W. R., Vizesi, F., Michael, D., Auld, J., Langdown, A., Oliver, R., et al. (2008). β-TCP bone graft substitutes in a bilateral rabbit tibial defect model. Biomaterials 29 (3), 266–271. doi:10.1016/j.biomaterials.2007.09.035
 Wang, L., and Nancollas, G. H. (2008). Calcium orthophosphates: Crystallization and dissolution. Chem. Rev. 108 (11), 4628–4669. doi:10.1021/cr0782574
 Wang, S., Xu, C., Yu, S., Wu, X., Jie, Z., and Dai, H. (2019). Citric acid enhances the physical properties, cytocompatibility and osteogenesis of magnesium calcium phosphate cement. J. Mech. Behav. Biomed. Mat. 94, 42–50. doi:10.1016/j.jmbbm.2019.02.026
 Wei, J., Jia, J., Wu, F., Wei, S., Zhou, H., Zhang, H., et al. (2010). Hierarchically microporous/macroporous scaffold of magnesium–calcium phosphate for bone tissue regeneration. Biomaterials 31 (6), 1260–1269. doi:10.1016/j.biomaterials.2009.11.005
 Willbold, E., and Witte, F. (2010). Histology and research at the hard tissue–implant interface using Technovit 9100 New embedding technique. Acta Biomater. 6 (11), 4447–4455. doi:10.1016/j.actbio.2010.06.022
 Wiltfang, J., Merten, H. A., Schlegel, K. A., Schultze-Mosgau, S., Kloss, F. R., Rupprecht, S., et al. (2002). Degradation characteristics of alpha and beta tri-calcium-phosphate (TCP) in minipigs. J. Biomed. Mat. Res. 63 (2), 115–121. doi:10.1002/jbm.10084
 Wu, F., Su, J., Wei, J., Guo, H., and Liu, C. (2008a). Injectable bioactive calcium–magnesium phosphate cement for bone regeneration. Biomed. Mat. 3 (4), 044105. doi:10.1088/1748-6041/3/4/044105
 Wu, F., Wei, J., Guo, H., Chen, F., Hong, H., and Liu, C. (2008b). Self-setting bioactive calcium–magnesium phosphate cement with high strength and degradability for bone regeneration. Acta Biomater. 4 (6), 1873–1884. doi:10.1016/j.actbio.2008.06.020
 Wu, L., Feyerabend, F., Schilling, A. F., Willumeit-Römer, R., and Luthringer, B. J. (2015). Effects of extracellular magnesium extract on the proliferation and differentiation of human osteoblasts and osteoclasts in coculture. Acta Biomater. 27, 294–304. doi:10.1016/j.actbio.2015.08.042
 Xu, L., Yu, G., Zhang, E., Pan, F., and Yang, K. (2007). In vivo corrosion behavior of Mg‐Mn‐Zn alloy for bone implant application. J. Biomed. Mat. Res. A 83 (3), 703–711. doi:10.1002/jbm.a.31273
 Zeng, D., Xia, L., Zhang, W., Huang, H., Wei, B., Huang, Q., et al. (2012). Maxillary sinus floor elevation using a tissue-engineered bone with calcium-magnesium phosphate cement and bone marrow stromal cells in rabbits. Tissue Eng. Part A 18 (7-8), 870–881. doi:10.1089/ten.TEA.2011.0379
 Zhang, E., Xu, L., Yu, G., Pan, F., and Yang, K. (2009). In vivo evaluation of biodegradable magnesium alloy bone implant in the first 6 months implantation. J. Biomed. Mat. Res. A 90 (3), 882–893. doi:10.1002/jbm.a.32132
 Zhang, J., Liu, W., Schnitzler, V., Tancret, F., and Bouler, J. M. (2014). Calcium phosphate cements for bone substitution: Chemistry, handling and mechanical properties. Acta Biomater. 10 (3), 1035–1049. doi:10.1016/j.actbio.2013.11.001
 Zhang, L., Yang, G., Johnson, B. N., and Jia, X. (2019). Three-dimensional (3D) printed scaffold and material selection for bone repair. Acta Biomater. 84, 16–33. doi:10.1016/j.actbio.2018.11.039
 Zimmermann, G., and Moghaddam, A. (2011). Allograft bone matrix versus synthetic bone graft substitutes. Injury 42, 16–21. doi:10.1016/j.injury.2011.06.199
Conflict of interest : The authors declare that the research was conducted in the absence of any commercial or financial relationships that could be construed as a potential conflict of interest.
Copyright © 2022 Kowalewicz, Waselau, Feichtner, Schmitt, Brückner, Vorndran and Meyer-Lindenberg. This is an open-access article distributed under the terms of the Creative Commons Attribution License (CC BY). The use, distribution or reproduction in other forums is permitted, provided the original author(s) and the copyright owner(s) are credited and that the original publication in this journal is cited, in accordance with accepted academic practice. No use, distribution or reproduction is permitted which does not comply with these terms.
		REVIEW
published: 06 October 2022
doi: 10.3389/fmats.2022.999794


[image: image2]
Biological properties of Cu-bearing and Ag-bearing titanium-based alloys and their surface modifications: A review of antibacterial aspect
Yidan Ma1, Jiao Yan1, Tingting Yan2, Qiang Wang1, Zhifan Bao1* and Zhe Yi1*
1Liaoning Provincial Key Laboratory of Oral Diseases, School and Hospital of Stomatology, China Medical University, Shenyang, China
2Faculty of Materials Science and Engineering, Kunming University of Science and Technology, Kunming, China
Edited by:
Yanjin Lu, Fujian Institute of Research on the Structure of Matter (CAS), China
Reviewed by:
Kannan Sanjeevi, Pondicherry University, India
Narayana Kalkura, Anna University, India
* Correspondence: Zhifan Bao, zfbao@cmu.edu.cn; Zhe Yi, zheyi@cmu.edu.cn
Specialty section: This article was submitted to Biomaterials and Bio-Inspired Materials, a section of the journal Frontiers in Materials
Received: 21 July 2022
Accepted: 20 September 2022
Published: 06 October 2022
Citation: Ma Y, Yan J, Yan T, Wang Q, Bao Z and Yi Z (2022) Biological properties of Cu-bearing and Ag-bearing titanium-based alloys and their surface modifications: A review of antibacterial aspect. Front. Mater. 9:999794. doi: 10.3389/fmats.2022.999794

The use of titanium dental implants to replace missing teeth represents an important field of daily dental practice worldwide, which is highly reliable for long-term survival and success rates. However, titanium dental implants still have intrinsic problems that cannot meet the clinical requirements. Improving the performance of implants is an increasingly important area of dental research to reduce infection rates. Improved properties can be achieved by two main methods: 1) the overall change in the materials by changing the elemental composition and 2) surface modifications. This review provides an overview of various titanium-based alloys that have been employed to achieve a higher survival rate of implantation by adding elements or modifying the surface, with a special focus on their antibacterial applications. Recent developments in titanium-based alloys containing various antibacterial agents have been described in detail, including Cu-bearing, Ag-bearing, and Zr-bearing Ti alloys. Moreover, the applications of bioactive coatings and 3D printing materials with antibacterial properties are reviewed. This review aims to highlight the antibacterial challenges associated with titanium-based alloys to promote the further development and clinical application of antibacterial alloys.
Keywords: titanium, implants, infection, antibacterial properties, surface treatments, 3D-printed
1 INTRODUCTION
Population ageing is a global phenomenon, and the number of people requiring fixation or total replacement of hard tissue is increasing (Lu et al., 2021b). Over the past few decades, the use of dental implants has become an indispensable part of clinical dentistry and a standard treatment procedure for dental reconstructive therapy (Alghamdi and Jansen, 2020). It is a highly successful treatment option for replacing missing teeth, with a documented long-term (>10 years) survival rate of over 90% for dental implants (Howe et al., 2019; Frisch et al., 2020).
In recent years, titanium-based alloys have been widely applied as dental implants because of their competitive properties, including excellent corrosion resistance, biocompatibility, non-magnetic properties, and non-toxicity (Liu et al., 2018; El-Bagoury et al., 2019). As a desirable material for implants, titanium-based alloys should have certain properties, such as a proper elastic modulus, antibacterial properties, and a higher osseointegration rate. A thin passive oxide layer is formed on the titanium-based implant, which makes it stable in bodily fluids and resistant to corrosion. It also facilitates osseointegration into the surrounding bone tissue (Prestat and Thierry, 2021).
However, pure titanium has no antibacterial property; therefore, bacteria tend to adhere to the neck of implants, resulting in peri-implant disease (Buser et al., 2002; Zadpoor, 2019). Infections, especially during or after implantation surgery, are serious complications for patients and cause huge pain and economic burden on them (Shimabukuro, 2020). Generally, patients need systemic antibiotic treatment to prevent infections after surgery, but the rising bacterial resistance can make existing antibiotics ineffective (Park et al., 2019). Invasive therapies used to fight infections, such as implantoplasty, might lead to other adverse outcomes (Toledano-Serrabona et al., 2021). In general, interactions between bacteria and materials can be divided into four stages. The primary step in this process is bacterial adhesion to the metal surface. The secondary step is the colonisation of bacteria on the metal surface. The third step involves biofilm formation and maturation. The final step is the proliferation of the bacteria (Zhang et al., 2021a). Many studies have reported that peri-implant infections are usually related to the formation of biofilms, which can protect bacteria from fluid shear stress and pharmacological therapies to a great extent (Norowski and Bumgardner, 2009; Quinn et al., 2020). The concentration of antibiotics at the focal site is insufficient, leading to rapid proliferation and secretion of extracellular polymers to form a biofilm after some pathogens assemble and adhere to the surface of the implant (Gristina and Costerton, 1985). Moreover, once a biofilm has formed, it will be extremely difficult to remove completely. Bacterial adhesion is also the critical stage of biofilm formation on teeth and subsequent tooth demineralization, especially the tissues around the oral treatment instruments are attached to more easily by bacteria (Fan et al., 2021). Worse still, it is difficult to clean by mechanical methods or mouthwashes. Taken together, it is of great significance to enable titanium-based implants, restorations or orthodontic archwires to be resistant to biofilm formation and to possess long-term antibacterial properties.
The agar diffusion plate test, plate-count method, live/dead stain, and dilution method can be used to assess antibacterial properties in the laboratory (Zhang et al., 2021a). According to SN/T 2399-2010, a material is considered antibacterial if the antibacterial rate is > 90%. When the antibacterial rate is less than 90%, the material has certain antibacterial properties; however, it is not an antibacterial material. When the antibacterial rate is > 99%, the material exhibits strong antibacterial properties (Lei et al., 2020). In addition, the methods commonly used to quantify the microbial biofilm or to observe the morphological changes include colony forming unit (CFU), scanning electron microscopy (SEM), confocal laser scanning microscopy (CLSM), real-time quantitative polymerase chain reaction, fluorescence in situ hybridization (FISH), etc. (Scheeren Brum et al., 2021). The methods like crystal violet assay, percentage transmission (%T) or percent transmittance (%T) and XTT reduction assay are characterized by high reliability, low-cost effectiveness and high sensitivity (Dhale et al., 2014). More recently developed methods of biofilm detection are ultrasonic Coda Wave Interferometry (Chen et al., 2021a), MgZnO dual-gate TFT biosensor (Li et al., 2020a), real-time quantitative polymerase chain reaction (Ríos-Castillo et al., 2020), Electrochemical detection (Abdelraheem et al., 2020), ect. These detection methods are more sensitive, lower consumption, more suitable for rapid detection, and the test results are more reliable and accurate.
This review focuses on various promising methods to improve the antibacterial properties of titanium dental implants as well as their relative mechanisms.
2 TITANIUM ALLOYS WITH ANTIBACTERIAL ELEMENTS COPPER AND SILVER
Currently, inorganic elements added to alloys as antibacterial agents mainly include antibacterial metallic elements, such as silver (Ag) and copper (Cu). Copper is an essential trace element in organisms and plays important role in human health, as well as in the maturation of the nervous, haematopoietic, bone, and other systems (Wang et al., 2021). Owing to its excellent properties in protecting the cardiovascular system, exerting antibacterial effects, and promoting bone fracture healing (Ren et al., 2015), Cu has become an important alloying element in many alloys such as Ti-Cu alloys (Borkow, 2012; Zhuang et al., 2021). Ag, due to its well-performing antibacterial and anti-biofilm formation capability, has been used as an antibacterial agent for thousands of years. Various Ag-related techniques have been introduced to modify biomedical devices for improved anti-infective properties, including doped solid coatings, nanoparticle-loaded thin films, hydrogel materials, and alloy applications (Zhang et al., 2021a). The titanium alloys containing antibacterial elements are listed in Table 1.
TABLE 1 | Summary of various alloys containing antibacterial elements.
[image: Table 1]2.1 The antibacterial mechanism of copper and silver element
The antibacterial and antifungal mechanisms of Cu have been studied for a long time, involving the release of ionic copper from the surface and bacteria-metal contact. A large number of bacterial species, fungi, and viruses are vulnerable to copper, although some bacteria may be tolerant rather than resistant to copper (Grass et al., 2011; Borkow, 2012).
According to the classic view, the antimicrobial activity of Cu is based on its ability to form deleterious hydroxyl radicals via a Fenton-like mechanism. The direct production of reactive oxygen species (ROS) not only causes damages to lipids, proteins, membrane and DNA but also depletes bacterial antioxidants (Fu et al., 2014). The binding of the Cu2+ to the copper-binding site of the DNA will leads to disorders in helical structures and the denaturation of deoxyribonucleic acid (DNA) (Borkow and Gabbay, 2005). Cu impairs the function of cell membranes by peroxidizing lipids in the bilayer (Hong et al., 2012). It has also been suggested that the membrane damage caused by Cu is associated with the fact that Cu ions can interact with sh-groups and lead to their inactivation (Fu et al., 2014). The influence of Cu on proteins can come from two aspects. First, Cu is capable of inhibiting the expression of related genes of bacteria (Li et al., 2016c). And second, Cu ions may change the structure of proteins, or disrupt the enzyme structure and function by binding to the sulfur-containing or carboxylate - containing group (Sterritt and Lester, 1980). Specifically, the bacterial killing process runs as follows. First, Cu dissolves from the Cu-containing surface or material and causes cell damage. The cell membrane ruptures leading to a loss of membrane potential and cytoplasmic content. Next, the generation of ROS causes further cell damage by acting on proteins and lipids and finally genomic and plasmid DNA is degraded, leading to cell death (Grass et al., 2011). More explicit information regarding the mechanism is presented in Figure 1. Additionally, membrane depolarization is also considered to be one of the main mechanisms of Cu ions’ antimicrobial activity (Santo and Lam, 2011; Warnes et al., 2012; Fan et al., 2021). Copper ions can bind to negatively charged regions of the bacterial cell membrane (both outer and inner), reducing the potential difference and causing membrane depolarization. Membrane leakiness or even rupture can occur when the potential difference decreases to zero.
[image: Figure 1]FIGURE 1 | Schematic representation of the hypothetical scenario for the antibacterial mechanism of Cu2+.
Ag is also regarded as one of the most promising antibacterial agents (Ferraris and Spriano, 2016). Despite extensive research on Ag, the precise mechanism of antimicrobial effect remains to be defined. Similar to Cu, the most probable antimicrobial mechanism of silver compounds may include extensive disruption of cellular functions due to the interference with 1) cell membrane or 2) intracellular biomolecules including enzyme, protein and DNA (Yan et al., 2018), 3) the induction of oxidative stress by metal-mediated reactive oxygen species generation, culminating in associated oxidative damages (Morones-Ramirez et al., 2013). Sukumaran and Eldho described the mechanism by which silver ions prevent cell function and induce cell death by interacting with the bacterial membranes (Sukumaran and Eldho, 2012). Similarly, (Iqbal et al., 2015) proposed that silver ions interact with the proteins and enzymes of the germ membrane to cause cell damage. Upon contacting Ag ions, the zeta potential of the cell surface changes, causing cell membrane hyperpermeability, membrane depolarization and a decreased respiratory potential. At last, the disturbance of membrane integrity leads to an irreversible cell damage and consequently to cell death (Gomaa, 2017). Mocanu et al. (2014) thought that silver ions penetrate the cell membrane, bind to bacterial DNA, and inhibit the bacterial replication. Although Ag ions cannot donate or receive electrons, the electron transfer between Ag nanoparticles and the titanium substrate may cause a reactive oxidation stress (Wang et al., 2017). However, there have been some reports of bacterial resistance to the ionic silver (Losasso et al., 2014). Such resistance may involve the reduction of Ag ions to the less toxic neutral oxidation state or the active efflux of Ag ions from the cell by P-type adenosine triphosphatases or chemiosmotic Ag+/H+ antiporters (Silver et al., 2006). However, there is an inevitable problem. Ag, which is different from Cu, tends to accumulate in the human body and increase the level of serum Ag, which is harmful to human health (Masse` et al., 2000).
2.2 Copper-containing titanium alloys
2.2.1 Ti-Cu alloys
One of the basic requirements of novel materials used in biomedical sciences is their cytocompatibility. Cu is a highly bioactive element that exhibits strong bactericidal and cytotoxic effects (Park et al., 2013). The World Health Organization recommends that an adult should take copper 0.03 mg/kg per day and the tolerated amount is 10 mg (Filippini et al., 2018). Liu et al. (2014a) found that the antibacterial rate can be greater than 99% when the Cu immersion concentration is greater than 0.036 mg/L which is far less than the recommended daily intake. To a certain extent, Cu-bearing Ti alloys are safe.
Recently, due to the antibacterial activity, Ti-Cu alloys have attracted more attention, followed by meaningful advances. A case in point is that the hydrogen fluoride (HF) etching + anodised Ti-Cu alloy possessed strong antibacterial properties, good biological compatibility, and osteogenic ability. Among these, increasing the Cu content contributed significantly to antibacterial and osteogenic properties, and a higher and more stable antibacterial rate was obtained when the Cu content was ≥ 5% (Zhang et al., 2021b). Liu et al. (2014a) also agreed that at least 5 wt% Cu is necessary for stable antibacterial properties. However, the antibacterial properties of Ti-Cu alloys are not always positively correlated with copper content. Zhang et al. (2016a) reported that after different treatment methods, Ti-5Cu alloy exhibited a much higher antibacterial rate than Ti-10Cu alloy, which may be due to the different existing forms of Cu in the alloy. They also noted that the contact sterilisation caused by the Ti2Cu phase was the main controlling mechanism for the antibacterial capabilities of Ti-Cu alloys, and fine Ti2Cu phases with a higher surface area could result in better antibacterial ability. Many studies have obtained similar results, showing that a high-volume fraction of the Ti2Cu phase (or Cu-rich phase) improves the antibacterial ability of the Ti-xCu alloys (Fowler et al., 2019b; Lu et al., 2021a). By incrementally adding the Ti2Cu phase to alloys, some treatments may improve their antibacterial ability. The heat treatment process can change the existing form of Cu, which in turn affects the final antibacterial activity of the titanium alloy (Zhang et al., 2016a). Likewise, the ageing treatment improved the antibacterial property owing to the large amount of nano-scale Ti2Cu precipitated from the matrix. Lu et al. (2021a) prepared special Ti-Cu samples by selective acid (SAE) etching to further improve their antibacterial properties. The results showed that more Ti2Cu particles were exposed on the surface of the samples after SAE, and the antibacterial activity against Staphylococcus aureus (S. aureus) was significantly enhanced. Moreover, the morphology of the Ti2Cu phase also affected the antibacterial properties of the Ti-Cu alloy. In research conducted by Xin et al. (2022), it was found that the lamellar Ti2Cu phase (L-Ti2Cu) has a higher Cu ions release rate than the granular Ti2Cu phase (G-Ti2Cu), which is due to the formation of elongated ‘‘micro-galvanic cell” between L-Ti2Cu phase and α-Ti matrix. An increased Cu ion release rate can improve the antibacterial activity of Ti-Cu. Such a galvanic cell, in addition, will deplete the electrons in the system and even inhibit the power of protons, which is not conducive to the formation of ATP (adenosine triphosphate) in bacterial cells (Li et al., 2016a; Wang et al., 2019).
2.2.2 Ti-6Al-4V-xCu alloys
Ti-6Al-4V, which has excellent biocompatibility coupled with superior mechanical properties, accounts for over 50% of all commercially used titanium alloys (Quinn et al., 2020). Adding Cu element to Ti-6Al-4V offers a means not only to improve the mechanical properties, but also, crucially, to improve the antibacterial activity. Some research indicated that Ti-6Al-4V-5Cu behaved better wear resistance and higher hardness than Ti-6Al-4V (Wang et al., 2015). Xu et al. suggested that cell viability and corrosion resistance of Ti-6Al-4V-5Cu was better than Ti-6Al-4V. Meanwhile, this alloy showed prominent antibacterial ability. They speculated that the improvement of antibacterial property of Ti-6Al-4V-5Cu might be related to the contact sterilization via the extensive precipitation of Ti2Cu (Xu et al., 2021). In the study of Ren et al. (2014), they examined the antibacterial ability of Ti-6Al-4V- xCu (x = 1, 3, 5 wt%) and found that these alloys showed strong abilities to kill the sessile bacteria. Furthermore, with the increase of the Cu content, the antibacterial activity of the Ti-6Al-4V- xCu alloys was advanced. By using co-culture, they found Ti-6Al-4V-5Cu is capable of killing nearly all bacterial colonies (Ren et al., 2014). In addition, extra treatment and heat treatment, for example, can improve the Ti-6Al-4V-Cu antibacterial property (Macpherson et al., 2017; Peng et al., 2018). This may occur because the content, amount and size of Ti2Cu in Ti-6Al-4V- xCu increased after the heat treatment, and the greater effective contact surface area exposure brings better antibacterial ability (Xu et al., 2021).
2.2.3 Ti-Zr-Cu alloys
Recently, Ti-Zr alloys have been developed for dental applications which are comparable to those of the commercially pure titanium (cp-Ti) (Niinomi, 2003). Zirconium (Zr), which is a neutral element, is a transition metal with an atomic number of 40 and an atomic weight of 91.22 amu. Zirconium belongs to Group 4 (according to the new IUPAC name) in the periodic table and is identical to titanium and hafnium. Thus, no wonder it has a similar chemical structure and properties to titanium. Additionally, Zr, similar to Ti, is biologically inert and is well accepted by the human tissue (Steinemann, 1998). Ti-Zr alloys are non-toxic and exhibit superior biomechanics compared to cp-Ti. Moreover, the use of Ti-Zr alloys can further improve the mechanical properties of implants. The hardness of the Ti-Zr alloys increased with increasing Zr content and ranged from 266 HV (Ti-10Zr) to 350 HV (Ti-40Zr) (Ho et al., 2008). Ti-45Zr has the optimum strength/elastic modulus ratio and osteogenic activity, which would be advantageous for reducing the fracture risk of implant materials (Ou et al., 2021). Due to these properties, Ti-Zr alloys are suitable for making narrow dental implants (NDIs), which are an alternative treatment when there is insufficient bone for regular implants (Gonzalez-Valls et al., 2021).
The corrosion behaviour of implant materials strongly influences foreign body reactions in the vicinity of the implantation site and thus plays a significant role in the biocompatibility of implants. Ti is well known for its high corrosion resistance (Medvedev et al., 2016). When exposed to oxygen, Ti-Zr alloy forms a stable oxide layer on its surface within nanoseconds, like titanium, which makes it a highly biocompatible and corrosion-resistant metal (Fujita, 1993). Akimoto et al. (2018) found that 90% fewer Ti ions were released from Ti-30Zr than from pure Ti after 1 week of immersion in a physiological fluid. This indicates that the ZrO2 film is more stable and resilient to dissolution as compared to the Ti oxide, and the addition of Zr can significantly reduce Ti ion dissolution, further reducing the implant-induced foreign body reaction.
Despite the excellent biocompatibility of Ti-Zr alloys, the deficiency of antibacterial activity is a disadvantage associated with Ti-Zr implants. To prevent infection and ensure high success rates in clinical applications of medical devices and implants made from Ti-Zr alloys, antimicrobial performance should be improved. Chen et al. (2020) confirmed that Ti-Zr has a lower occurrence of Candida Albicans (C. Albicans) which might be clinically advantageous for medical devices, but the antibacterial mechanism still needs to be explored. To further improve the antibacterial properties of Ti-Zr alloys, adding antibacterial elements like Cu to improve their antibacterial properties is a good choice. Kolawole et al. (2020) confirmed that adding Cu to Ti-Zr alloys did not result in a decrease in the mechanical properties. They investigated the bactericidal effect of Ti-15Zr-xCu (3 ≤ x ≤ 7, wt%) on the survival of Escherichia coli (E. coli) and S. aureus. The results show that the antibacterial ability of such alloys is as high as 98.2%; thus, their antibacterial performance has been confirmed. Lee et al. claimed that the Ti-Nb-Ta-Zr (TNTZ) system showed promising properties for biocompatibility and strength comparable to those of Ti-6Al-4V. The alloys in the range of 3–10 wt% Cu all had Ti2Cu, which may cause the potential antibacterial ability of the material (Fowler et al., 2019a). Shi et al. developed a new titanium alloy, Ti-13Nb-13Zr-5Cu (TNZ-5Cu), with a low elastic modulus and good antibacterial properties. It exhibited strong antibacterial ability (>90%) against S. aureus, which increased with the extension of the ageing duration owing to the precipitation of the Ti2Cu phase (Shi et al., 2021). It has been reported that Ti-13Nb-13Zr-10Cu has antibacterial activity against S. aureus and a low elastic modulus of 66 GPa, which might reduce bacterial infection and “stress shielding” in bone implants (Ke et al., 2019).
2.3 Silver-containing titanium alloys
2.3.1 Ti-Ag alloys promising antimicrobial materials
In the past few years, Ti-Ag alloys have become promising antibacterial candidates. Many studies have shown that Ag content is related to antibacterial properties, and a high Ag content usually results in a high antibacterial activity (Chen et al., 2017; Lei et al., 2020; Shi et al., 2020). However, too much Ag works contrary to expectations. In a study by Nakajo et al. (2014), with up to 30 wt% Ag, Ti-Ag alloys had no effect on bacteria. Ti2Ag, like Ti2Cu, plays an important role in the antibacterial ability of the Ti-Ag alloys (Chen et al., 2017). Ag ion release contributed to the antibacterial effect, while Ti2Ag particles were the key factors in contact with the germs. Surface treatments such as acid etching can further enhance the antibacterial properties of Ti-Ag alloys by exposing more Ti2Ag particles (Lei et al., 2020; Shi et al., 2020).
2.3.2 Other silver containing titanium alloys
According to Macpherson et al., selective laser melting Ti-6Al-4V containing 0.5 wt% Ag appeared to possess little antibacterial effect, possibly due to the low alloying content (Macpherson et al., 2017). In order to achieve effective antibacterial rates (>99%), the addition of Ag should be at least 3 wt% (Chen et al., 2016).
Young’s modulus mismatch between the metallic prosthesis and human bone results in a stress shielding effect, which has been identified as a major reason for loosening or failure of the implants (Alqattan et al., 2021). Ti-Ni alloys are commonly used in orthodontics for shape memory and other applications. They display a lower Young’s modulus than human bone. In addition, the results obtained by Zheng et al. (2011) showed that the number of bacteria on Ti-Ni-Ag alloy samples was less than that in other groups. Ti-Ni-Ag alloys may provide a new solution to this modulus problem. However, some reports claim nickel is harmful (Zhao et al., 2018; Pan et al., 2020).
Ag can also be added to the Ti-Nb alloy to obtain an alloy with low modulus and better antibacterial activity. Karbowniczek et al. (2017) confirmed that Ti-Nb-1Ag showed antibacterial activity of 71.4% against E. coli. Ou et al. obtained similar results. Ti-27.5Nb alloy with 0.2–1.2 wt% Ag showed an extremely strong antibacterial effect (>90% against both S. aureus and E. coli) (Ou et al., 2017). Cai et al. (2021) designed a novel Ti-13Nb-13Zr-12.5Ag alloy in an ageing state with a low elastic modulus of 79 GPa and strong antibacterial activity. They suggested that the precipitation of Ag-rich phase is a leading cause of antibacterial properties, and high amount of the Ag-rich particle resulted in a high antibacterial ability. However, the presence of Ti2Ag phase will increases the Young’s modulus. Therefore, how to balance them is still a challenge for the develop of low modulus antibacterial titanium alloy.
3 SURFACE MODIFICATION
Surface modification is a promising approach for improving the antibacterial properties of Ti-based alloys. This section summarises representative strategies for surface modification for antibacterial purposes (Table 2).
TABLE 2 | Summary of studies about surface modification.
[image: Table 2]3.1 Antibacterial effect of surface properties
For dental implants, the overwhelming majority of commercial surface modifications focus on changes in the roughness of the titanium surface, primarily on improving the bone-healing process and osseointegration capability. Bacterial-surface interactions, especially the process of bacterial adhesion, may be affected by several surface properties of materials, such as roughness, surface energy, surface charge, surface wettability, and topography. In addition, other factors such as the peri-implant environment, site-specific microbiota, and host response can also be affected by bacteria-surface interactions, as illustrated in Figure 2 (Belibasakis and Manoil, 2021). Therefore, various strategies have been developed to prevent biofilm formation at an early stage by engineering the anti-adhesive surface properties.
[image: Figure 2]FIGURE 2 | Schematic illustration of various factors that influence bacterial adhesion. Bacterial adhesion is governed by diverse surface properties including surface roughness, charge, wettability, and topography. Other factors, such as the peri-implant environment, site-specific microbiota, and host response, can also affect bacteria-surface interactions.
The desired as-modified surface should promote osteoblast adhesion and improve osseointegration but reduce the colonisation of bacteria, which is, in part, a conflicting demand. It is generally assumed that rougher surfaces promote bacterial biofilm formation because the surface area for adhesion is larger than that of flat surfaces, thereby protecting bacteria from shear forces. However, Lorenzetti et al. (2015) have shown in their study how the microscopic roughness dramatically affects bacterial adhesion, i.e., peak-to-peak distances equal to or larger than the bacterial size that could facilitate bacterial attachment (Figure 3). This is because bacteria can adhere to the grooves and are protected from direct exposure to external forces. As a result, structures with gaps smaller than the bacterial size provided only contact points for bacterial adhesion on the surface, reducing the contact area and the number of bacteria that successfully attached to the surface.
[image: Figure 3]FIGURE 3 | Average fraction of adhered bacteria on Ti NT, TiA, TiA-UV, TiB, and TiB-UV samples versus. (A) Peak-to-valley height (filled symbols) and Ra roughness (open symbols) within the machined grooves in comparison with glass and polypropylene (PP) surfaces and (B) peak-to-peak distance. (C) Height versus distance profiles for Ti NT, TiA, and TiB samples. (D) Gfp-E. coli stained with Live/Dead kit on Ti NT (Lorenzetti et al., 2015).
In addition, surface energy is believed to play a key role in the adhesion process. According to general results, the surface energy increases with increasing roughness of the Ti or TiO2 panel (Rupp et al., 2006). The surface energy of approximately 42.5 mJ/m2 (1 mJ/m2 = 1 mN/m) was most effective at restricting the proliferation of bacteria. The study by Bassouset al. (2019) also supported that the optimal surface energy (42.5 mJ/m2) could reduce fibrosis, improve osteogenesis, and restrict the adhesion of bacteria in a drug-free manner to prevent infection in Ti-6Al-4V implants.
The wettability of a surface depends primarily on its surface characteristics such as surface roughness and surface energy (Song et al., 2019). Superhydrophobic or superhydrophilic surfaces has been confirmed to possess antibacterial effects by reducing protein adsorption and bacterial adhesion (Montgomerie and Popat, 2021; Tian et al., 2022). The superhydrophobic surface is defined as a surface exhibiting a static water contact angle (WCA) greater than 150°, contact angle hysteresis (CAH) below 10°, and sliding angle less than 10°(Hoshian et al., 2017). As its resistance to the adhesion of organic substances, such as blood cells and microorganisms, superhydrophobic surface has been investigated for their use in blood-contacting medical devices (Wu et al., 2021). In contrast, superhydrophilic surface is generally defined by very low WCA (less than 10°) (Si et al., 2018). Artificial superhydrophobic or superhydrophilic surfaces can be formed via different routes and techniques, such as surface treatment, changing the surface composition, or altering the surface texture. Many surface modification methods are available for the changing of surface wettability, such as MAO, ion irradiation (Karthikeyan et al., 2020; Kolanthai et al., 2022), UV light irradiation, thermal annealing or chemical treatment (Liu et al., 2014b).
Surface charge is also an important surface property that can affect bacterial adhesion and biofilm formation on surfaces. More bacterial adhesion was observed on positively charged surfaces, probably because bacteria generally possess a net negative charge owing to amino, carboxyl, and phosphate groups on their cell wall surface (Rijnaarts et al., 1999). In addition, some studies have shown that the surface charge also affects the subsequent accumulation of biofilms on the material surface (Kao et al., 2017; Shen et al., 2020).
Surface topography can significantly affect bacterial adhesion and subsequent biofilm formation. It was found that specific ranges of dimensions (i.e., height, diameter, and interspacing) of nanopillars lead to a strong bactericidal effect (He et al., 2021), and the mechanism was suggested to occur by mechanical rupture of the cell. However, Jenkins et al. (2020) reported that nanopillars did not result in mechanical rupture or cell lysis. The deformation and subsequent penetration of bacteria may be caused by the induction of oxidative stress within bacterial cells upon contact with nanopillars.
3.2 Metal nanoparticles coatings on titanium implants
As the antibiotic resistance of microbes to drugs increases, nanotechnology provides an opportunity to resolve this problem (Li et al., 2020c). Metal nanoparticles (NPs), which are referred to as nanobiotics, have been proposed as novel antimicrobial agents. They can potentially reduce or eliminate the continuous emergence of bacterial resistance (Lee et al., 2019). Implant surfaces functionalized by coating them with NPs were found to have antibacterial properties as well as resistance to bacterial adhesion (Li et al., 2020b).
Although the exact antibacterial mechanisms of NPs remain unknown, several hypotheses have been proposed. It is generally believed that the main antibacterial mechanism is the interaction between bacteria and ions released from the NPs (Panácek et al., 2006; Mcquillan et al., 2012; Dorobantu et al., 2015). Under humid conditions, the ions released from NPs can induce excess ROS generation (Applerot et al., 2009; Wang et al., 2017; Korzekwa et al., 2021), which can kill bacteria by destroying intracellular biomolecules (Choi and Zhiqiang, 2008). The possible antibacterial mechanisms of NPs are shown in Figure 4. Although NPs do not release ions and electrons under dry conditions, some studies have demonstrated that they still possess antimicrobial properties under such conditions. This indicates that direct contact is a potential antimicrobial mechanism (Sami et al., 2018; Loran et al., 2019). This hypothesis was confirmed by Loran et al. (2019)’s experiment which showed that ion production does not increase the antibacterial effect of NPs. Moreover, the sharp edges of nanostructures can destroy microbial membranes, thus preventing biofilm formation, but are toxic to human cells as well (Pashkuleva et al., 2010).
[image: Figure 4]FIGURE 4 | (A) Nanoparticles internalization into the cell wall and translocation. (B) Disruption of cell wall and release of intracellular materials. (C) Variations in envelope composition of cell wall and extrusion of cytoplasm. (D) Probable mechanisms, include the following: metal ions uptake into cells, intracellular depletion, and disruption of DNA replication, release of metal ions and ROS generation, accumulation and dissolution of NPs in the bacterial membrane (Sirelkhatim et al., 2015).
The nano-scale size can be similar to the dimensions of water-filled channels in biofilm structures and possesses good affinity with a negatively charged extracellular matrix. Furthermore, their high surface-to-volume ratio also has excellent advantages (Ding et al., 2021). The metals used for these nanoparticles are almost exclusively heavy metals, such as Ag, Cu, zinc (Zn), and ZnO nanoparticles, with Ag particles being more common (Sanchez-Lopez et al., 2020). Rodríguez-Contreras et al. (2021) fabricated a coating incorporating Ag NPs and Ca on the surface of Ti using a new thermochemical treatment method. This coating not only generated non-cytotoxic surfaces and maintained the bioactivity provided by Ca, but also endowed the surfaces of Ti with antimicrobial activity against both gram-positive and gram-negative bacterial strains. Similarly, Surmeneva et al. (2019) confirmed that the calcium phosphate (CaP) layers formed on the Ti surface by plasma electrolytic oxidation (PEO) treatment comprised of approximate 0.02 mg/cm2 Ag nanoparticles, hindered E. coli and S. aureus growth. Li et al. (2016b) also proved that Ag nanoparticles with gelatin microspheres incorporated into porous titanium showed a high antibacterial effect on both E. coli and S. aureus. Usually, Ag nanoparticles are reported to kill bacteria without resistance (Sobolev et al., 2019). Unfortunately, a study (Gunawan et al., 2013) revealed resistance, resulting from the adaptation of nanosilver. In a study by Panáček et al. (2018), some gram-negative bacteria were also reported to be resistant to AgNPs under repeated contact. Panáček et al. (2015) suggested that this may be related to flagellin production, causing nanoparticle aggregation. Despite resistance without genetic changes, it cannot be handled easily. However, the pomegranate rind extract did. There is a strategy that combines NPs and antibiotics to overcome microbial resistance. The combination of Ag NPs and conventional antibiotics has been found to provide a much better antibacterial effect than Ag NPs or antibiotics alone (Naqvi et al., 2013; Hemeg, 2017). The enhanced microbial susceptibility to this combination which can facilitate the entry of antibiotics into cells may be due to the increased permeability of the microbial walls modulated by NPs. Another reason may be that the enzymes that play key roles in antibiotic resistance are inactivated by NPs (Panáček et al., 2015). Another study (Sobolev et al., 2019) found that combining up to 75% Ag NPs and 25% Zn NPs on the implant surface had antibacterial effects on both adherent and planktonic bacteria in vitro and in vivo. The addition of Zn nanoparticles can reduce Ag release and enhance the mechanical properties of the alloy.
3.3 Zinc-containing surface modification
3.3.1 The antibacterial mechanism of zinc
Similar to Cu and Ag, zinc (Zn) possesses antibacterial properties. It is widely used as an antibacterial agent in dental products. The antibacterial activity of Zn was relatively weak compared to those of Ag and Cu. However, Zn ions show non-cytotoxicity in the range from 10−6 to 10−5 M. What’s more, Zn is a significant element in metabolism activity, which can promote osteogenic responses and bone formation by upregulating the pre-expression of ossification-related genes and the synthesis of extracellular matrix (Zhang et al., 2016b; Almoudi et al., 2018; Shimabukuro et al., 2019; Shimabukuro et al., 2020).
Zn ions have multiple antibacterial effects on bacteria by interacting with intact cell membranes and inhibiting relative enzyme activities (Almoudi et al., 2018). It plays a crucial role in preventing the initial adhesion of bacteria (Singh et al., 2021). ZnO is the chemical state of Zn, which functions by means of ROS generation and Zn ion release. Some researchers have suggested that ROS generation plays a leading role in the antibacterial properties of Zn (Dutta et al., 2012; Prasanna and Vijayaraghavan, 2015; Almoudi et al., 2018; Shimabukuro et al., 2019).
3.3.2 Antibacterial performance of zinc-coatings
To prevent implant-related infections, various techniques have been introduced to confer bacteriostasis to biomaterials, such as Zn incorporation into the implant surface. The results obtained by Petrini et al. (2006) showed that Ti oxide surfaces modified with Zn could significantly reduce the viability of five streptococcal oral strains. With increasing Zn content, the bacteriostasis of the coating was enhanced, while the cytoactivity of osteoblast cells was inhibited. Therefore, Zhao et al. (2013) proposed a range of Zn contents in the micro-arc oxidation (MAO) coating (from 0.199 at % to 0.574 at%) which may be beneficial to balance cytotoxicity and antibacterial capacity. Bi et al. (2020) fabricated biphasic Zn-HA/Bi-HA coatings which incorporated Zn and bismuth (Bi) ions onto titanium plates. They found that such coatings exhibited improved antimicrobial activity against E. coli and S. aureus and that Zn2+ ions may play an important role in this antimicrobial action owing to the lower release rate of Bi3+ ions from the coatings. For the purpose of improving biological properties, several other methods exist for adding elements to the surface of implants, like plasma-based low-energy ion implanted, ion beam or coatings prepared by wet chemical precipitation method followed by microwave irradiation (Karthikeyan et al., 2019; Arul et al., 2021).
3.4 Applications of other antibacterial elements in coatings
3.4.1 Fluorine
Fluorine is a necessary trace element in the human body, 93%–97% is stored in the skeletal system (Ciosek et al., 2021). Fluoride is essential for the proper development of bones and teeth. It increases the proliferation of osteoblastic cells and promotes bone formation, at the same time, inhibiting the activity of osteoclasts; thus, leading to an increase in bone mass (Liu et al., 2019). Therefore, fluorine compounds have been used in the treatment of osteoporosis. In addition, fluoride has been used in preventive dentistry for decades. They are added to mouthwash, toothpaste, and topical gels to reduce dental caries by inhibiting the demineralisation of the natural tooth tissue (Goudouri et al., 2014). Fluorine also appears in surface modifications as an antimicrobial agent (Chen et al., 2021b). Up to now, two mechanisms of have been identified for the antibacterial effect of fluorine-treated materials. So far, two mechanisms have been suggested to explain the antibacterial action of Fluorine. One such mechanism is ascribed to the fluoride ions which can act directly as an enzyme inhibitor to the glycolytic enzyme and enolase. And the formation of metal-fluoride compounds is another potential mechanism. Metal-fluoride complexes is known to inhibit proton translocating F-ATPases and disrupt the bacterial metabolism and aciduric capability (Zhou et al., 2018). Prepared by the MAO method or plasma-based deposition methods, fluorine-containing coatings have shown antibacterial abilities in many studies (Perez-Jorge et al., 2017; Zhou et al., 2018; Zhao et al., 2019). However, some studies have confirmed that titanium dioxide/calcium phosphide coatings with a high fluorine content have obvious antibacterial effects, whereas coatings with a low fluorine content lack antibacterial activity (Zhou et al., 2018).
3.4.2 Gallium
Gallium (Ga) is a semi-metallic element in Group 13 of the periodic table. Over the past decades, Ga has shown a potential therapeutic effect on numerous disorders, such as bone loss, haemostasis, hypercalcaemia, autoimmune diseases, allograft rejection, and certain types of cancers (Kurtuldu et al., 2022). In 2003, the citrate-buffered nitrate form was approved by the United States Food and Drug Administration (FDA) for the treatment of malignant tumour-related hypercalcaemia and autoimmune diseases (Leyland-Jones, 2003). Notably, its antibacterial effects have attracted considerable attention in recent years. Ga ions (Ga3+) can be mistakenly absorbed as Fe3+ owing to their similarities, which is known as “the Trojan horse strategy” (Li et al., 2022). Iron (Fe) is an essential element in the growth process of almost all bacteria, especially those that are predisposed to infections in vivo. When Ga3+ is actively transported into bacteria, it cannot be used in any metabolic pathways and iron metabolism is disturbed, ultimately resulting in the death of the bacteria (Minandri et al., 2014). Such an antimicrobial mechanism makes it difficult for bacteria to evolve resistance by reducing the uptake of Ga, as it would reduce iron uptake as well. Furthermore, Li et al. (2022) revealed that the alkaline microenvironment and ROS produced by the samples could contribute to the antibacterial effect. Recent studies have reported that Ga exerts significant inhibitory activity against numerous bacteria, including S. aureus, E. coli, Pseudomonas aeruginosa, and Acinetobacter baumannii (Xu et al., 2017; Cochis et al., 2019). Owing to Ga3+ and Sr2+ ions, the implant with a gallium-loaded SrTiO3 nanotube coating exhibited better osteoinductivity and antibacterial properties (Qiao et al., 2019). However, a high Ga content may decrease the cytocompatibility of bone-related materials. Co-doping with cerium (Ce), which exhibits good cytocompatibility and antibacterial properties, can mitigate the cytotoxicity of Ga (Łapa et al., 2020).
3.5 Antibiotic-containing surface modification
Although several disadvantages have been demonstrated, antibiotics still play a crucial role in the treatment of infections. The application of antibiotics to implant surfaces is another strategy to improve their antibacterial performance. Gentamycin is commonly used for infection therapy in the orthopaedics (Sarin et al., 2019). Using the direct oxidation method in Khodaei et al. (2017)’s study, gentamicin combined with strontium-containing gelatin microspheres was synthesized and deposited on the surface of a porous titanium scaffold, which was found to postpone strontium release and enhance antibacterial ability. Zhang et al. (2020) found that 3D printed porous Ti-6Al-4V implants with vancomycin displayed a remarkable inhibition of bone infection. Furthermore, the pH-responsive release of vancomycin was proposed. However, from my perspective, in vivo, the pH did not change significantly for a long time because of homeostasis. Chlorhexidine, an antiseptic, is a common antibacterial drug that is usually used as a mouthwash. By interacting with the negatively charged bacterial membrane, chlorhexidine can become bacteriostatic or bactericidal as its concentration increases. Vidal et al. (2021) reported that samples coated with CaP and chlorhexidine which were processed by direct ink writing (DIW), showed antibacterial ability.
3.6 Antibacterial peptides
The emergence of Antibacterial peptides (AMPs) offers new approaches to overcoming antimicrobial resistance which is a significant challenge in the current healthcare industry (Zhang et al., 2021a). Lozeau et al. (2018) concluded from a series of studies that AMPs are short (10–50), cationic (+2 to +9), amphiphilic, and broad-spectrum antimicrobial proteins that are part of the innate immune systems of many species, including humans. It is difficult for bacteria to develop resistance owing to their antimicrobial mechanisms. Ahmed and Hammami (2019) provided a clear picture to elucidate this, as shown in Figure 5, in which the barrel-stave model, toroidal-pore model, carpet-like mode and non-membrane binding activity, receptors, and internal activity are illustrated in detail.
[image: Figure 5]FIGURE 5 | Overview of mechanism of action of AMPs from Ref (Ahmed and Hammami, 2019).
3.7 Photo-sensitive antibacterial surface modification
Photosensitizers triggered by light can act as antibacterial agents owing to their photodynamic and photothermal properties. Under light irradiation, photosensitizers such as MoSe2, MnO2, TiO2, ZnO, IR780 phosphorus, and graphene oxide can generate reactive oxygen species and/or increase local temperature, thereby killing the bacteria (Kubiak et al., 2021). For light, visible (>410 nm or 660 nm), infrared (808 nm) simulated sunlight (SSL), and LED have been found to be useful (Dutta et al., 2012; Jing et al., 2020; Teng et al., 2020; Zhu et al., 2020; Chai et al., 2021). Combined with photosensitizers, chitosan and polydopamine (PDA) are components of the coat that enhance biocompatibility and help absorb light (Teng et al., 2020; Zhu et al., 2020). Zhu et al. (2020) designed a chitosan-modified MoS2 coating with antibacterial Ag nanoparticles was incorporated. According to their results, the antibacterial rate of the coating on S. aureus and E. coli was 98.66% and 99.77%, respectively, while chitosan within the system could reduce the cytotoxicity of Ag NPs. The advantage of photodynamic antibacterial and photothermal antibacterial strategies is that they can eliminate bacterial infection on implants safely and effectively within a short time and do not cause antibiotic resistance in bacteria. However, whether they can be applied on the surface of implants requires further research because light cannot pass through hard or soft tissue, and long-time infrared irradiation is harmful.
4 ANTIBACTERIAL EFFECTS OF 3D PRINTING MATERIALS
Selective laser melting (SLM) is an additive manufacturing AM technology that can be used to manufacture metal components. So far, bone prostheses manufactured via these technologies have primarily been used clinically in relatively low load-bearing areas. The currently available 3D printing technology and new research in dentistry involve different specialities, such as oral surgery, prosthodontics, orthodontics, endodontics, periodontal disease, and temporomandibular joint rehabilitation (Christina et al., 2022). In terms of prosthodontics, 3D printing technology can be applied to interim prostheses, fixed and removable prosthodontics, etc., with the main purpose of improving accuracy and saving time and costs (Jin et al., 2018; Tahayeri et al., 2018). Surgical implant guides, dental implants, and regenerative periodontology are the primary applications of 3D printing in the periodontics (Hämmerle et al., 2009; Park et al., 2012). In addition, 3D printing has also been used to treat TMJ diseases, including making occlusal stabilisation splints (SS) for patients with temporomandibular disorders (TMDs) (Salmi et al., 2013), TMJ replacement (Zheng et al., 2019), and TMJ tissue engineering (Legemate et al., 2016). Whether used for restorations, prostheses, or implants, the material needs to have an antibacterial activity to reduce the occurrence of caries and infections of soft or hard tissues (Fan et al., 2021).
Implants made by 3D printing technology possess a larger surface area than an equally sized solid material, which increases the difficulty of sterilising the implant because of the difficult-to-reach internal surface (Zadpoor, 2019). However, to date, no clear evidence has shown an increased risk of infection in 3D printed implants (Zadpoor, 2019). Moreover, research completed by Bassous et al. (2019) corroborated that 3D printed Ti-6Al-4V scaffolds can exhibit antibacterial activity while improving osseointegration. They suggested that the probable antibacterial nature of the scaffolds might be because the concentration of adsorbed hydrophilic proteins increased with an increasing polar component of the surface energy. Some researchers have improved the antibacterial effects of 3D printed materials by adding coatings to their surfaces. Sedelnikova et al. (2022) created Zn- and Ag-containing coatings on the surface of 3D printing materials using the MAO method. It confirmed that the material has good biocompatibility and high antibacterial activity against MRSA and E. coli. In comparison to conventional methods, this method has greater design flexibility, therefore it enables the development of novel implants. Cox et al. (2016) incorporated the antibiotic (gentamicin sulphate) cement within the 3d-printed titanium-based (Ti-6Al-4V) implants containing a reservoir. After immersing implant models containing injected cement in phosphate buffered saline (PBS), they observed that gentamicin sulphate achieved a controlled release and exceed the minimum inhibitory concentrations of S. aureus (16 μg/ml) and S. epidermidis after 6 h (1 μg/ml).
5 CONCLUSION AND PERSPECTIVES
Ti-based orthopaedic and dental implants have been widely used and have been successful in the past few decades. However, the major limitations of their success in clinical applications are poor osseointegration and bacterial infection, which are the two main reasons for implant failure and revision surgery. Recently, novel alloys or surface modifications designed to fight microbial infections and enhance implant survival rates have been the focus of intense biomedical research. In this review, we summarise recent progress in techniques that have been explored to modify materials with the aim of addressing issues of conventional Ti implants, especially antibacterial applications, including the addition of antibacterial elements in materials, NPs, Antibacterial peptide photosensitive coatings, and some other surface modifications. Although these techniques have proven to be effective in improving the antibacterial properties of implants, they have drawbacks. For example, for novel alloys, the entire alteration of the materials is expensive and time-consuming, which may cause changes in the mechanical properties. Numerous surface modification techniques have been investigated to optimise the interfacial properties of implants without disrupting the bulk properties of Ti biomaterials. However, in terms of coatings of Ti biomaterial, there are three main barriers to the design of these surfaces: 1) thin coatings may not adhere to the substrate in some cases, 2) long-term and stable antibacterial effects, and 3) maintenance of an effective local antibacterial effect at the implant surface without influencing the host response, and not causing cytotoxicity to the tissue surrounding the implant or allowing increased drug-resistant strains at the site. Another major setback to implant longevity is that the implant processing and surface modification methods could result in cracking and deteriorated ageing resistance of the implant surface. These drawbacks have motivated us to explore other approaches. Therefore, more suitable methods are needed to improve implant performance.
Recently, more scholars have explored solutions from a novel perspective. The future development direction of antibacterial materials should be “smart” and “synergistic”. An ideal antibacterial material should remain “bio-inert” in the absence of bacteria, activate when bacteria are present, and kill bacteria when they adhere to the surface. They should combine multiple bactericidal mechanisms to synergistically improve antibacterial efficacy and avoid resistance and should also be able to remove dead bacteria that may cause the development of a multi-structured biofilm and restore clean surfaces, thus guaranteeing long-term antibacterial properties. It is common sense that the microenvironment of biofilms is different from that of normal tissue around infection sites. Therefore, some substances can act as triggers for the response of antibacterial materials. As for stimulations, in the study of Ding et al. (2021) many products of bacteria such as enzymes, lipases, and some external stimuli such as pH, light, and microwaves have been reported. However, most of the process of experiments based on that were conducted in vitro which does not represent a real infection environment. However, the future of stimuli-responsive antibacterial materials remains bright because of their outstanding properties, functions, and irreplaceable advantages over conventional therapies.
Undoubtedly, the performance of titanium-based alloys must be further improved to adapt to inter-patient and inter-disease variations. They will be designed and tested to fight against more types of bacteria, especially gram-negative bacteria. The elastic modulus of titanium-based alloys can be reduced to resemble natural bone without damaging their properties. New-generation titanium-based alloys should be able to fight against a wide range of pathogens, have a long-lasting antibacterial effect, possess high biocompatibility and stability, and shorten the treatment time. With the advancement of technology, the cost, time, and risk will reduce dramatically. Recent developments in materials engineering, nanotechnology, and additive manufacturing approaches are expected to have a considerable impact on the medical implants industry and drive further development for the design of a new generation of intelligent and multifunctional orthopedic implants. The highly reproducibility, cost-effectiveness, stability, and durability of these novel implants will be critical factors to consider for their widespread commercialisation. Upon fabrication of these novel implants, the next critical step would be their implementation in clinical practice which requires extensive in vivo experiments and long-term performances.
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Background: A combination of bioceramics and polymeric materials has attracted the research community’s interest in bone tissue engineering. These composites are essential to support cell attachment, proliferation, and osteogenesis differentiation, which are vital as a classic strategy in bone tissue engineering. In this study, NiFe2O4/ZnO-coated poly L-Lactide (PLLA) was employed as a scaffold to evaluate the osteogenic differentiation capability of human adipose tissue derived mesenchymal stem cells (hAMSCs).
Material and methods: The electrospun PLLA nanofibers were fabricated, coated with nanocomposite (NiFe2O4/ZnO), and evaluated by the water contact angle (WCA), tensile test, attenuated total reflectance fourier-transform infrared (ATR-FTIR) and scanning electron microscopy (SEM). Then, the osteogenic differentiation potential of hAMSCs was assessed using NiFe2O4/ZnO-coated PLLA compared to tissue culture plastic (TCP) and a simple scaffold (PLLA) in vitro conditions.
Results: The adhesion, proliferation, and differentiation of hAMSCs were supported by the mechanical and biological properties of the NiFe2O4/ZnO-coated PLLA scaffold, according to SEM and 4′,6-Diamidino-2-phenylindole dihydrochloride (DAPI) staining patterns. During bone differentiation, Alkaline phosphatase (ALP) enzyme activity, biomineralization, calcium content, and osteogenic gene expression (ALP, Osteonectin, Osteocalcin, Collagen type I, and Runx2) were higher on NiFe2O4/ZnO-coated PLLA scaffold than on PLLA scaffold and TCP.
Conclusion: Based on our results, the osteogenic differentiation of hAMSCs on the improved biological scaffold (PLLA coated with NiFe2O4/ZnO) could accelerate due to the stimulating effect of this nanocomposite.
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1 HIGHLIGHTS

• Bone tissue engineering is a dynamic, regenerative medicine procedure that aims to provide structural support for cell development, proliferation, and adhesion, as well as growth factors or other active substances.
• One scaffold frequently employed for this purpose is Poly (L-lactide) or (PLLA), an aliphatic thermoplastic polyester.
• It is assumed that magnetic nanostructures could bind to cell surfaces, regulating cell function and increasing bone cells activity, resulting in bone tissue regeneration.
• In this study, a NiFe2O4/ZnO-coated PLLA scaffold was used to assess the osteogenic differentiation capability of human adipose tissue-derived Mesenchymal Stem Cells (hAMSCs) with the aim of bone tissue regeneration in vivo condition.
• The differentiation of hAMSC into the osteogenic lineage demonstrates that NiFe2O4/ZnO coated PLLA could provide a proper support role by mimicking the ECM architecture and culminating in osteoblast adhesion, proliferation, differentiation, and maturation.
• It is thought that NiFe2O4/ZnO-coated PLLA could have favorable magnetic and mechanical properties and serves as a proper platform for directing connections and cellular activity toward the osteogenic lineage
2 INTRODUCTION
Natural bone is a dynamic and multifaceted organ with the hierarchical and architectural arrangement of nanoscale to microscopic dimensions that performs fundamental biological functions such as body mobility, organ protection, and regulation of homeostasis of the hematopoietic cell, etc., (Ye et al., 2020; Zhang et al., 2020). Repairing and regenerating bone tissue depends on the injury’s extent, which can adequately repair slight injuries, such as microcracks and some minor fractures. Nevertheless, bone fractures that exceed the threshold (more than 2 cm) are beyond the capacity of this tissue, which can be induced by trauma, congenital disabilities, tumor resection, and other causes (Koons et al., 2020). Depending on the anatomical location, it cannot be entirely and permanently repaired without clinical intervention (Yousefi et al., 2016; Koons et al., 2020).
Bone tissue engineering (BTE) is a dynamic and regenerative medicine process that establishes structural support for cell growth, proliferation, and adhesion through growth factors or active substances. BTE is critical for accelerating differentiation and extracellular matrix (ECM) development. It can potentially integrate and regenerate a specific functional tissue compared to conventional approaches (Baino et al., 2015; Kumar et al., 2018; Porgham Daryasari et al., 2019). Scaffolds provide surfaces that promote stem cell cohesion, survival, migration, proliferation, and differentiation. Also, their porous structure facilitates the formation of arteries, angiogenesis, and a bone-like environment, which results in bone tissue regeneration by mimicking the configuration of ECM (Yousefi et al., 2016; Kumar et al., 2018).
PLLA, an aliphatic thermoplastic polyester, is a frequently employed scaffold for mimicking the bone ECM structure (Kumar et al., 2018). This hydrophilic polymer with electrospinning fabrication is a cost-effective method that is widely used in tissue engineering (Tavangar et al., 2018; Porgham Daryasari et al., 2019). PLLA nanofibers with a high surface-to-volume ratio and a high porosity mimic the role of the bone ECM, promoting hydroxyapatite production, mineral deposition, and optimum vascular integration. Additionally, its strength and stiffness provide a proper framework for developing osteogenic progenitor cells and bone conduction (Liu et al., 2016; Tavangar et al., 2018). Despite their benefits in tissue engineering, Pure PLLA stereoisomers have low biologic activity and surface characteristics. Mixing nanoparticles with a polymer matrix to replicate the architecture of bone nanocomposites makes it possible to increase their mechanical and biological properties (Kumar et al., 2018; Tavangar et al., 2018).
Recent research indicates that the magnetic field generated by nanostructures that have magnetic properties promotes mineralization, cohesion, proliferation, and cell differentiation (Fan et al., 2020). Along with influencing biomineralization behavior during the early stages of gene expression and protein synthesis, the magnetic field affects the structure and crystallization of biomineral products. Also, it alters the spatial structure of proteins in the cytoskeleton. Thus, magnetic nanostructures can adhere to cell surfaces, regulating cell function and increasing bone cell activity, resulting in tissue regeneration. Magnetic nanoparticles primarily comprise cobalt, iron, or nickel that can produce a magnetic field directly and indirectly (Peng et al., 2019). Zinc is a critical nutrient that plays a role in growth, calcium metabolism, ALP activity, and bone metabolism. The absence or inadequacy of these chemical agents retards bone development (Ramezanifard et al., 2016; Laurenti and Cauda, 2017; Peng et al., 2019). Zinc oxide (ZnO) nanostructures have been studied for their potential to enhance cell adhesion, proliferation, and differentiation. Additionally, ZnO characteristics uniquely function in cellular drift, the opening of Ca2+ channels in the plasma membrane of osteoblast cells, intracellular calcium transfer, proliferation, and the effect of reactive oxygen species (ROS) on blood vessel development (Laurenti and Cauda, 2017).
In this study, to improve the structure and performance of the scaffold, NiFe2O4/ZnO-coated PLLA was used as a scaffold to evaluate the potential osteogenic differentiation of hAMSCs, aimed at the regeneration of bone tissue in in-vivo conditions.
3 MATERIALS AND METHODS
3.1 Scaffold synthesis
3.1.1 Fabrication of poly l-lactide scaffold
The electrospinning (Nanoazma, ESI-I, Iran) process was used to fabricate PLLA nanofibers. Briefly, 12% (wt/vol) solution of PLLA (Sigma-Aldrich, MO, United States) in chloroform (Merck, Germany) and dimethylformamide (DMF; Merck, Germany) was drawn into a 5 ml syringe with a 21-gauge needle. Two nozzles were set at an injection rate of 1 ml/h at a distance of 15 cm from the collector. Then, nanofibers were collected on a cylindrical collector with a rotational speed of 600rpm and voltage of 20 kV. Finally, the sheet with a relative thickness of about 200 μm was vacuumed to evaporate the remaining chloroform solution completely.
3.1.2 Scaffolds surface modification
A Plasma quartz reactor (Diener Electronics, Ebhausen, Germany) was applied to induce hydrophilicity in a hydrophobic PLLA scaffold using a low-frequency plasma generator at 90 GHz. The scaffold was put in the reactor chamber, and a vacuum was generated using a dual trap vacuum pump before performing a glow discharge. The PLLA scaffold was subjected to pure oxygen at 0.4 mBar pressure and a flow rate of 10 ml/min for 3 min.
3.1.3 Water contact angle
WCA was determined before and after plasma treatment using a goniometer (GO EDMUND Optic, United States) to evaluate scaffold surface hydrophilicity. PLLA scaffold before and after plasma treatment received one drop of deionized water at room temperature. The images were taken after 10 s, and the contact angle was measured by ImageJ software (NIH United States).
3.1 4. Coating nanofibers with nanocomposite
The NiFe2O4/ZnO nanocomposite was synthesized using the solid-state method. Briefly, the thiourea was extensively mixed with ZnO and nickel ferrite nanoparticles and then calcined at an 800°C (Yeganeh et al., 2020). After preparation, the nanoparticle powder was dissolved in deionized water at a concentration of (0.1% wt/vol). Then, the solution was placed in an ultrasonic bath for 30 min at 37°C to disperse. The plasma-treated scaffold was immersed overnight in a nanocomposite solution, rinsed twice with deionized water, and dried in a vacuum.
3.2 Scaffold characterization
3.2.1 Attenuated total reflectance fourier-transform infrared spectroscopy
The vibrational spectrum of NiFe2O4/ZnO-coated PLLA and PLLA scaffolds were determined using ATR-FTIR spectroscopy (PerkinElmer-Frontier, United States) with a reading range of 400–4000 cm−1 that used a DTGS detector and diamond ATR crystal. PerkinElmer Spectrum version 10.03.06 (PerkinElmer-Frontier, United States) was used to analyze the data.
3.2.2 Tensile test
The SANTAM (STM-20, Iran) device was used to evaluate the mechanical properties of electrospun scaffolds before and after plasma treatment with nanocomposite loading. The scaffolds were carved into a rectangular shape with dimensions of 1 cm × 4 cm, a gauge length of 2 cm, and an 80 μm thickness. Then, it was inserted into the device at room temperature at 5 mm/min crosshead speed. The calculation of tensile was determined by SANTAM machine controller software (STM- 20, Iran).
3.2.3 Scanning electron microscopy
The microstructure of NiFe2O4/ZnO coated PLLA and the morphology of a PLLA scaffold surface was analyzed. The cell-free scaffolds do not require preparation. Both scaffolds were mounted to an aluminum sample holder with conductive adhesive tape and coated with gold using a KYKY SBC12 sputtering machine at 1 kV and 10 mA for 120 s. Samples were visualized by SEM (AIS2700, SERON technology, South Korea) at 20 kV. The scale of selected SEM images was set to analyze the diameters, then 60 fibers and 10 particles were chosen randomly, and the diameters were measured with ImageJ software (NIH, United States).
3.3 Isolation of human adipose tissue-derived mesenchymal stem cell
Adipose tissue was taken from a patient undergoing liposuction surgery in Omid Hospital, Amol, Iran, according to the guidelines of the Medical Ethics Committee, Babol University of Medical Sciences and Health Services (approval code: IR. MUBABOL.HRI. REC 1398.137). Written informed consent was obtained from the next of kin of a 36-year-old man participant for the publication of any potentially identifiable data included in this article. The tissue was transported to the lab under sterile conditions using a solution containing Dulbecco’s Modified Eagle’s Medium (DMEM, Gibco) and penicillin/streptomycin (Pen-strep) (Gibco, United States). Then the tissue was rinsed multiple times with sterile phosphate-buffered saline (PBS, Zistmavad, Iran) containing Pen-strep to eliminate any remaining blood. After discarding the PBS, the adipose tissue was incubated with 0.1% collagenase type I (Gibco, United States) at 37°C for 1 h (hour) in a shaker incubator and then centrifuged at 1200 g for 10 min. The supernatant was discarded, and the pellet was suspended in 10 ml of high glucose DMEM (HG-DMEM, Gibco) supplemented with 1% Pen-strep and 10% fetal bovine serum (FBS, Gibco, United States). Then transferred to a T75 cell culture flask; incubated at 37°C and CO2 concentration of 5%. The leftover blood cells were eliminated after 24 h by changing the medium. The culture medium was replaced with fresh medium every 3 days. In this article, basal media refers to HG-DMEM without supplementary material, culture media refers to HG-DMEM with 10% FBS, and osteogenic media (HG-DMEM, which contains 10% FBS, Pen-strep, 10 mM β-glycerophosphate (Sigma-Aldrich, United States), 0.2 mM ascorbic acid (Sigma-Aldrich, United States), and 0.1 µM dexamethasone (Sigma-Aldrich, United States).
3.4 Human adipose tissue-derived mesenchymal stem cell characterization
In the second passage, the hAMSCs surface markers, i.e., CD90, CD105, CD45, and CD34, were characterized by flow cytometry. The cells were detached from the T25 culture flask with trypsin-EDTA (Gibco, United States) and centrifuged at 1500 rpm for 5 min. Then the final volume of cell sediment reached 1 ml with PBS. 5 µl of anti-CD90-APC (BioLegend, United States), anti-CD45-FITC (BD Bioscience, United Kingdom), anti-CD105-PE (BioLegend, United States), anti-CD34-PE (IQ Product, United States) were added to 100 µl of cell suspension of each flow cytometry tube and incubated for 30 min at 4°C. Afterward, 500 µl of PBS was added to each tube and centrifuged at 1500 rpm for 5 min. Finally, 250 µl PBS was added to each tube, and cell suspensions were read by BD FACS Calibur (BD Biosciences, United States) and analyzed with Flowjo software version 10.5.3.
3.5 Cell culture, adhesion, and differentiation
The effect of PLLA and NiFe2O4/ZnO coated PLLA scaffolds on cell adhesion, and osteogenic differentiation was examined. On the fourth day after plasma treatment, both Scaffolds were punched to a diameter of 16 mm and subjected to ultraviolet light (UV) for 20 min, then immersed in 70% alcohol for 2 h and rinsed 3 times with sterile PBS to remove any traces of alcohol, then incubated overnight with FBS to enhance cell adhesion. To determine the adherence and proliferation capacity, 2 × 104 hAMSCs were suspended in 100 µl of culture media and seeded on PLLA and NiFe2O4/ZnO-coated PLLA; 1 h after seeding the cells, the culture media was added to fill each well to the specified volume. After 7 days of culture, the medium was removed and rinsed with PBS. Then, 2.5% Glutaraldehyde (Merck, Germany) in distilled water was added to each well to cover the surface and left over for 1 h. Then scaffolds were dehydrated with 50%–90% methanol solution series left overnight under laminar flow at room temperature to dry and kept in a desiccator.
Additionally, to assess hAMSC differentiation, 2 × 104 cells were seeded in PLLA and NiFe2O4/ZnO-coated on PLLA. After 24 h, the culture medium was replaced with an osteogenic medium (described above), and every 3 days were changed. On day 21 of differentiation, cells were fixed according to the above procedure; then scaffolds were mounted to an aluminum sample holder with conductive adhesive tape and coated with gold using a KYKY SBC12 sputtering machine at 1 kV and 10 mA for 120 s. Samples were visualized using an SEM (AIS2700, SERON technology, South Korea) at 20 kV.
3.6 Bioassays
3.6.1 MTT assay
On days 1, 4, and 7, the metabolic activity of hAMSCs on PLLA, NiFe2O4/ZnO-coated PLLA, and TCP scaffolds were used to examine. 2 × 104 cells were seeded with a culture medium for this purpose. After discarding the culture media, basal media (described above) containing 50 µl of MTT solution (3-(4,5-Dimethylthiazol-2-yl)-2,5-diphenyl Tetrazolium Bromide) (Sigma-Aldrich, United States) (5 mg/ml MTT in HG-DMEM) was added to each well and incubated at 37°C for 3.5 h. Then, dark-blue intracellular formazan crystals were dissolved in 200 μl dimethyl sulfoxide (DMSO; Sigma-Aldrich, United States) and vortexed for 8 min. The optical density (OD) was determined using a microplate reader (Bio-Tek Instruments, Winooski, VT, United States) at a wavelength of 570 nm.
3.6.2 DAPI staining
DAPI staining was used to determine cell adhesion. For this aim, 2 × 104 hAMSCs were seeded on NiFe2O4/ZnO-coated PLLA, PLLA, and TCP and cultured in a culture medium, then incubated at 37 °C and 5% CO2. After 7 days of incubation, each group was washed twice with PBS and incubated with 2.5% Glutaraldehyde for 1 h. Then glutaraldehyde was removed and washed with PBS. 50 μl DAPI solution (5 μg/ml in diH2O; Sigma-Aldrich, Germany) was added to each well of groups and incubated for 5 min. To remove excess and unbounded DAPI stains, they were washed with PBS. The plate was covered and left in the dark, and images were captured using an Immunofluorescence Microscope (Labomed, United States). The scale and threshold of the photos were set and processed. Then, the number of stained cells was determined by analyzing the particle option via ImageJ software (NIH, United States).
3.6.3 Alkaline phosphatase activity assay
On days 7, 14, and 21, 2 × 104 hAMSCs were seeded on PLLA, NiFe2O4/ZnO-coated PLLA, and TCP in the presence of osteogenic media (described above) to determine ALP enzyme activity. The culture media was removed on the appointed days, then rinsed with PBS. After adding 200 μl of radioimmunoprecipitation assay (RIPA) lysis buffer to each well, gently agitated, and cell lysate was centrifuged at 1500 g for 15 min at 4°C. After centrifugation, the supernatant containing total proteins was collected. ALP activity was determined using a procedure provided with an ALP assay kit (Pars Azmoon, Iran). A microplate reader (Bio-Tek Instruments, Winooski, VT, United States) was used to determine the fluorescence intensity at 405 nm. Finally, the enzyme activity (IU/L) was adjusted to the total protein concentration (mg/dl).
3.6.4 Calcium content assay
On days 7, 14, and 21, in the presence of the osteogenic media (described above), the calcium content of hAMSC was determined using the O-cresolphthalein method on PLLA, NiFe2O4/ZnO-coated PLLA, and TCP. The medium was removed, and each well was rinsed with PBS for calcium extraction. Then, 0.6 N HCL (Merck, Germany) was added to each well and incubated for 1 h by mild shaking at 4°C. Then, the reagent buffer of the calcium content assay kit (Pars Azmoon, Iran) was added and allowed for incubation. A microplate reader (Bio-Tek Instruments, Winooski, VT, United States) read the OD of samples at 570 nm. The standard curve was generated using repeated dilutions of 0.1 M calcium chloride solution.
3.6.5 Alizarin-red staining
To assess mineral sediments formed as a result of differentiation, on days 7, 14, and 21, 2 × 104 cells were seeded on PLLA, NiFe2O4/ZnO-coated PLLA, and TCP scaffolds in the presence of osteogenic media (explained above). After removing the culture media and washing with PBS, the cells were fixed with the same procedure described above. Each well received 200 µl Alizarin red (Sigma-Aldrich) solution (2 mM in deionized water (diH2O) and incubated at room temperature for 15min by mild agitation, then rinsed with PBS several times until the color was removed entirely and only a purple halo remained. Ultimately, the photos were captured using a stereomicroscope (Olympus, Japan).
3.7 Quantitative-Real-time PCR
The real-time PCR was used to determine the mRNA expression levels of Osteonectin, Osteocalcin, ALP, Collagen type I, and Runt-related transcription factor 2(Runx2) genes on days 7, 14, and 21 of the culture on scaffolds. The primer sequences used for qRT-PCR are shown in table1. First, RNA was isolated from hAMSCs cultured on TCP, PLLA, and NiFe2O4/ZnO-coated PLLA scaffolds in osteogenic media using the RNA extraction kit (MaxSpin, Maxcell, Iran). To synthesize cDNA, 5 µg of RNA was mixed with 2 µl of BON-RTmix primer (1 mM) (Bonbiotech, IRAN), 11 µl of DEPS water, 1 µl of BON-RT enzyme (5U/ml; Bonbiotech, IRAN), 3 µl of dNTP mix (Bonbiotech, Iran), and 6 µl RT buffer (Bonbiotech, Iran). The samples were incubated in a thermocycler (Bio-Rad) for 10 min at 25°C, 15 min at 37°C, 45 min at 42°C, and 10 min at 72°C, respectively. Then, 6.5 µl of master mix SYBR green 2x (BON-QPCR, Bonbiotech, Iran), 1 µl of specific F and R primers, 1 µl of cDNA, and 0.25 µl ROX Reference Dye were combined and incubated for 2 min at 95°C, followed by 5 s at 95°C and 30 s at 60°C for 40 cycles on an ABI Applied Biosystems™ thermal cycler (Thermo Fisher, United States). The relative expression of genes was determined by the 2−ΔΔCT method. The B2-microglobulin gene was used as the internal control. Also, Rest software 2009 was used for analyzing the data.
TABLE 1 | Primers used in Real-time PCR.
[image: Table 1]3.8 Statistical analysis
All experiments were performed in triplicate, and mechanical experiments were performed with n = 6. Obtained data were shown as mean ± SD. The MTT assay, ALP enzyme, calcium content, and gene expression were analyzed via two-way analysis of variance (ANOVA), and DAPI staining was analyzed via one-way ANOVA. Also, Tukey’s multiple comparisons tests were used for means that are significantly different from each other in all analyses by GraphPad Prism software version 8.3.1 and Microsoft Excel software version 16.11.1. Also, the p-value was used to show statistical significance (p < 0.05 was considered significant).
4 RESULT
4.1 Morphology and microstructure of electrospun nanofibers
In this study, SEM micrographs of nanofibers morphology depict entirely random and nearly homogenous fibers which have lacked a bead and porous cavities (Figure 1A–C). After coating the NiFe2O4/ZnO on the PLLA scaffold with a mean size of 83 nm ± 9.01, a nearly homogeneous distribution of nanocomposite was found on the surfaces. However, it may have an aggregation number. The nanocomposite had a uniform aggregated spherical morphology with some voids (Figure 1D–F). The mean diameters of nanofibers were about 678 nm ± 7.43 when measured using ImageJ software (NIH United States). The diameter of nanofibers did not change after coating the nanocomposite (Figure 1D–E).
[image: Figure 1]FIGURE 1 | SEM microstructure of electrospun PLLA nanofibers before and after nanocomposites deposition. PLLA nanofibers at ×1000 (A), ×5000 (B), and ×15,000 (C) magnifications, and NiFe2O4/ZnO-coated PLLA nanofibers at ×1000 (D), ×5000 (E), and ×15,000 (F) magnifications.
Hydrophilicity was determined by measuring the water contact angle of PLLA nanofibers before and after plasma treatment. This angle was 117° before plasma treatment and decreased to 0° following plasma treatment. Before plasma treatment, the tensile strength of the PLLA nanofiber scaffold was 0.36 ± 0.18 MPa, and elongation at peak break was 67.26%. Still, after plasma treatment and nanocomposite presence, the tensile strength increased to 1.21 ± 0.41 Mpa, and elongation at break peak was 53.54%. As a result, the PLLA scaffold’s mechanical characteristics were enhanced after plasma treatment and coating of the nanocomposite.
Due to the vibrations of PLLA nanofibers described previously (Ramezanifard et al., 2016), FTIR measurements revealed peaks at 1749.74 cm−1 corresponding to C=O tensile of the carbonyl group,1090.60 cm−1 corresponding to C—O antisymmetric stretching, and 1185.13 cm−1 corresponding to (C-O-C stretching). The O-H vibration has a broad peak at 3304.59 cm−1. The vibration at 581.26 cm−1 is a stretching vibration of oxygen metal (Fe3+-O2-) or a combination of ZnO and ferrite stretching. Nanocomposite’ OH bending vibrations cause the peak at 1114 cm-1. The increase in the strength of vibrations in this group confirms the presence of nanocomposite on PLLA (Figure 2).
[image: Figure 2]FIGURE 2 | ATR-FTIR spectra of PLLA and NiFe2O4/ZnO-coated PLLA scaffolds.
4.2 Characterization, adhesion, and differentiation of human adipose tissue-derived mesenchymal stem cell on scaffolds
As shown in Figure 3, positive markers (CD105, CD90) have an expression level of more than 95% of cells when surface antigens were analyzed by flow cytometry. Additionally, the hematopoietic markers CD34 and CD45 were expressed at 1.22% and 0.29%, respectively, confirming that the separated cells’ have a mesenchymal origin.
[image: Figure 3]FIGURE 3 | Immunophenotyping of hAMSCs using flow cytometry. hAMSCs were positive for CD105 and CD90 and negative for CD34 and CD45. (dotted curve: unstained samples, color curve: stained samples).
On day 7, adhesion and proliferation of hAMSCs on PLLA and NiFe2O4/ZnO-coated PLLA scaffolds demonstrates the distribution of cells on the scaffold surface, indicating proper contact and integration of cells with PLLA and NiFe2O4/ZnO-coated PLLA scaffolds have occurred (Figure 4A). On both types of scaffold surface, cell adhesion and proliferation are seen, suggesting the low toxicity of PLLA and NiFe2O4/ZnO-coated PLLA scaffolds (Figure 4A).
[image: Figure 4]FIGURE 4 | Adhesion, proliferation, differentiation and staining of hAMSCs on PLLA. SEM microstructures of adhesion on day 7(A) and differentiation on day 21 (B) of hAMSCs on PLLA and NiFe2O4/ZnO-coated PLLA. (C) Alizarin-red staining of hAMSCs on different substrates (cell-free scaffolds considered a control group).
After 21 days of differentiation, the mineral deposits on NiFe2O4/ZnO-coated PLLA were much more significant than PLLA. The deposition of calcium and hydroxyapatite granules on the surface of nanofibers was discovered to have a significant association with mineral mass. Mineral deposits shown in the red arrow (Figure 4B) seem to have a porous and rough shape at high magnification; this appearance may be due to the accumulation of sediments on top of each other, which shows spherical aggregates of minerals. Sedimentation occurred at a meager rate in PLLA (Figure 4B).
4.3 Bioassays
4.3.1 Alizarin-red staining (biomineralization)
ARS was utilized to assess the osteogenic differentiation of hAMSC on different surfaces qualitatively. The amount of alizarin-red dots associated with mineral deposits and calcium increased on days 14 and 21. On the 21st day of differentiation, the largest values of these sediments were observed on the NiFe2O4/ZnO-coated PLLA scaffold. Additionally, there was no color on cell-free scaffolds (control), indicating that PLLA and NiFe2O4/ZnO are achromatic in the absence of cells (Figure 4C).
4.3.2 Calcium content
On days 7, 14, and 21, the calcification rate was determined in an osteogenic environment. On days 14 (PLLA = 20.50 ± 0.36, PLLA/n = 35.53 ± 2.80, TCP = 12.80 ± 0.45) and 21, the calcium concentration of the NiFe2O4/ZnO-coated PLLA scaffold was higher than that of the PLLA and TCP scaffolds (p < 0.05). However, on day 7, no statistically significant variation in calcium concentration was observed between the NiFe2O4/ZnO-coated PLLA and the PLLA scaffold (PLLA = 14.83 ± 0.20, PLLA/n = 15.46 ± 0.32, TCP = 9.33 ± 0.50) (p > 0.05). On day 21 of differentiation, a higher calcium level was reported in the NiFe2O4/ZnO-coated PLLA scaffold than PLLA scaffold and TCP (PLLA = 31.60 ± 0.26, PLLA/n = 52.53 ± 2.04, TCP = 17.43 ± 0.35) (Figure 5A).
[image: Figure 5]FIGURE 5 | Bioassays in the osteogenic differentiation process. Mineralized calcium deposition (A) and Alkaline phosphatase (ALP) activity of osteogenic differentiation of hAMSCs on different scaffolds (B) Cell viability of hAMSCs on different scaffolds (C) and DAPI staining of hAMSCs cultured on different substrates(D) (mean [image: image] SD; p-value < 0.05). (*p < 0.01, **p < 0.001, ***p < 0.0001, ****p < 0.0001).
4.3.3 Alkaline phosphatase
ALP activity indicates early osteoblastic differentiation and commitment of stem cells to the osteoblastic phenotype. Results showed that ALP activity has increased from day 7(PLLA = 0.3 ± 0.035, PLLA/n = 0.4 ± 0.3, TCP = 0.22 ± 0.02) to day 14 (PLLA = 0.98 ± 0.1, PLLA/n = 1.36 ± 0.02, TCP = 0.31 ± 0.01) in cells cultured on both scaffolds. Each day, the mean absorption ALP activity in NiFe2O4/ZnO-coated PLLA scaffold was higher than PLLA and TCP (p < 0.05). On day 21, the ALP enzyme activity decreased in all groups (PLLA = 0.64 ± 0.03, PLLA/n = 0.97 ± 0.01, TCP = 0.19 ± 0.06) (Figure 5B).
4.3.4 Human adipose tissue-derived mesenchymal stem cell viability on different substrates
The viability and adherence of hAMSCs on different scaffolds were assessed with MTT assay (on days 1, 4, and 7 after seeding) and DAPI staining (on day 7). On days 1 )PLLA = 0.17 ± 0.016, PLLA/n = 0.21 ± 0.014 , TCP = 0.26 ± 0.022 ) and 4 (PLLA = 0.28 ± 0.009 ,PLLA/n = 0.32 ± 0.01,TCP = 0.36 ± 0.008) the cell viability (proliferation) was higher on TCP compared to PLLA and NiFe2O4/ZnO-coated PLLA scaffolds. Still, on day 7(PLLA = 0.53 ± 0.028, PLLA/n = 0.63 ± 0.02, TCP = 0.44 ± 0.018), most of the cell’s metabolic activity occurred on the NiFe2O4/ZnO-coated PLLA scaffold (p < 0.05) (Figure 5C).
On day 7, hAMSCs cultivated on NiFe2O4/ZnO-coated PLLA scaffold had a higher population density per mm2 surface area than TCP and PLLA scaffold (p < 0.05). It provides a bioactive and biocompatible environment where cells can adhere and proliferate (PLLA = 39.33 ± 4.7, PLLA/n = 69.66 ± 4.16 TCP = 21.66 ± 2.08) (Figure 5D).
5 OSTEOGENIC GENE EXPRESSION
To evaluate the osteogenic differentiation in cells cultured on scaffolds and TCP, the expression of critical osteogenic genes (Osteonectin, Osteocalcin, ALP, Runx2, and Collagen type I) were measured. On all days (Ghobeira et al., 2017; Porgham Daryasari et al., 2019; Yeganeh et al., 2020; Yeganeh et al., 2020), a higher expression of the ALP gene was observed in the differentiation on NiFe2O4/ZnO-coated PLLA scaffold compared to TCP and PLLA (p < 0.05) (day7; PLLA = 0.94 ± 0.0, PLLA/n = 1.11 ± 0.03, and TCP = 0.72 ± 0.14).
The transcription of the ALP gene during differentiation was more on day 14 (PLLA = 1.24 ± 0.16, PLLA/n = 2.87 ± 0.09, and TCP = 1 ± 0.03) than on day 21(PLLA = 0.93 ± 0.03, PLLA/n = 1.32 ± 0.17, and TCP = 0.70 ± 0.19). On day 7(PLLA = 0.95 ± 0.04, PLLA/n = 1.21 ± 0.09, and TCP = 0.73 ± 0.07) Day 14 (PLLA = 1.57 ± 0.08, PLLA/n = 1.91 ± 0.07, TCP = 1.11 ± 0.05) to 21, the expressions of Osteonectin on NiFe2O4/ZnO-coated PLLA scaffold was increased compared to the PLLA and TCP (p < 0.05). On day 21 of differentiation, osteonectin gene expression decreased in PLLA and TCP but increased on NiFe2O4/ZnO-coated PLLA scaffold (PLLA = 1.50 ± 0.19, PLLA/n = 2.67 ± 0.09, and TCP = 1.02 ± 0.23). Regarding the expression of the Osteocalcin in this study, no significant statistical difference was observed in all three groups on day 7 (PLLA = 1.1 ± 0.18, PLLA/n = 1.31 ± 0.10, and TCP = 1 ± 0.01) (p > 0.05). In contrast, on days 14 (PLLA = 1.20 ± 0.04, PLLA/n = 1.9 ± 1.06, and TCP = 1.0 ± 0.15) and 21(PLLA = 1.61 ± 0.2, PLLA/N = 2.9 ± 0.03, and TCP = 1.04 ± 0.31), the expression of Osteocalcin was much increased in cultured cells on NiFe2O4/ZnO-coated PLLA scaffold compared to PLLA and TCP (p < 0.05). On days 14 (PLLA = 1.17 ± 0.02, PLLA/N = 1.34 ± 0.04, and TCP = 1.09 ± 0.0) and 21, the expression of the Runx2 gene in cultured cells on the NiFe2O4/ZnO-coated PLLA scaffold was more than PLLA and TCP (p < 0.05). However, on day 7(PLLA = 1.0 ± 0.01, PLLA/n = 1.08 ± 0.0, TCP = 1.07 ± 0.01), there was no significant statistical difference in Runx2 gene expression between the three groups. On day 21(PLLA = 1.2 ± 0.15, PLLA/N = 2.44 ± 0.14, and TCP = 1.01 ± 0.21) of differentiation, the expression of this gene increased in cultured cells on the NiFe2O4/ZnO-coated PLLA scaffold. The level of Runx2 gene expression has remained almost constant for PLLA and TCP; a slight downward trend was observed.
On days 7(PLLA = 1.13 ± 0.0, PLLA/N = 1.25 ± 0.01, and TCP = 1 ± 0.09) and 14 (PLLA = 1.11 ± 0.02, PLLA/n = 1.27 ± 0.12, and TCP = 1 ± 0.04) of differentiation, there was no significant difference in the Collagen type I gene expression level between all three groups (p > 0.05). Still, on day 21, the expression of the Collagen type I in cultured cells on NiFe2O4/ZnO-coated PLLA scaffold was increased compared to the PLLA and TCP (PLLA = 1.31 ± 0.1. PLLA/n = 1.98 ± 0.11, and TCP = 1.18 ± 0.13) (p < 0.05).
6 DISCUSSION
Bone tissue engineering aims to create materials that enter irreparable bone tissue lesions and regenerate through resident cells. Biomaterials can mimic the ECM’s function, resulting in cellular and vascular infiltration and structure of the bone matrix in injured tissue (Laurenti and Cauda, 2017; Koons et al., 2020; Troy et al., 2021). Numerous studies have been conducted to determine the best ability of nanofiber scaffolds incorporating nanoparticles, such as bioceramic, metal, etc., to repair bone defects. Even without bone growth agents, nanostructured materials operate as an effective signal in the mechanism of osteoblastic differentiation (Dang et al., 2018; Petersen et al., 2018; Tavangar et al., 2018). On the other hand, ideas such as bone protein uptake, topography, and surface calcification are proposed for assessing the ossification function of chemicals that can cause it (Tavangar et al., 2018; Montoya et al., 2021).
The ability of hAMSCs to differentiate into osteogenic cells was evaluated in this experiment using NiFe2O4/ZnO-coated PLLA as a scaffold to target bone tissue engineering. According to this, the mechanical properties of the PLLA scaffold improved following plasma treatment and nanocomposite coating. This method revealed evidence of additional tensile strength. Plasma therapy leads to carboxyl and hydroxyl groups forming electrostatic bonds with soluble ions such as calcium and growth hormones (Karimi et al., 2019). We hypothesize that this effect is due to the stiffness of NiFe2O4/ZnO-coated PLLA scaffolds. The stiffness of the scaffold promoted osteogenic proteins (Osteonectin and Osteopontin) and vascularization, resulting in a significant correlation between vascular growth, bone formation, and bone matrix deposition (Karimi et al., 2019; Montoya et al., 2021).
Wettability is essential for cell adhesion, and expansion and sterilization methods may affect it. About 60%–80% ethanol solution is a common disinfection technique that does not affect the chemical and morphological properties of the scaffold, but its high concentrations may cause fiber shrinkage (Ghobeira et al., 2017; Łopianiak and Butruk-Raszeja, 2020). Effective sterilization is ensured by combining ethanol and UV radiation, which is an effective method because the physical and chemical changes caused by H2O2 Plasma (HP) or Ethylene Oxide (ETO) occur far less and maintain the biocompatibility of sterilized nanofibers. In the studies done after UV sterilization, WCA remains constant, which indicates that 3 h of UV exposure does not cause surface chemical changes. Still, long-term UV radiation for 5–24 h can cause drastic differences in topography and chemical composition (Park et al., 2011; Ghobeira et al., 2017).
The nanocomposites applied to the scaffold surface, as shown in (Figure 1D–F), did not obstruct the porosity space of the scaffold. Also, nanocomposites coated on the scaffold surface have no inhibitory effect on adhesion cell proliferation and survival but rather enhance cell proliferation (Figure 4A). Connected pore networks can facilitate the movement of nutrients, oxygen, waste products, and angiogenesis. Roughness on the surface and other topological properties can enhance cell adhesion and fate (Gaharwar et al., 2020).
On day 7, DAPI staining revealed that the number of cells in the NiFe2O4/ZnO-coated PLLA scaffold was much higher (Figure 5D)We hypothesize that this effect can be attributed to the presence of magnetic nanoparticles to modulate and proliferate hAMSCs. Nanocomposites with magnetic properties, i.e., nickel and ferrite, affect cell proliferation and survival, achieved with surface modifiers. The broad porous nanofibers contain anchors that promote cell attachment and proliferation while boosting cell cohesion and diffusion (Seyedjafari et al., 2010; Vieira et al., 2017; Fan et al., 2020).
Cell growth and proliferation were increased on both scaffolds throughout the 21-day monitoring of hAMSCs differentiation into the osteogenic lineage (Figure 4B) but were higher on the nanocomposites-coated scaffold, which also had more cell layers on the surface. We hypothesized that hydroxyapatite granules on the surface of the NiFe2O4/ZnO-coated PLLA promote differentiation into the osteogenic lineage. Carbonate hydroxyapatite is a bone mineral necessary for forming phosphate and calcium. It is found between collagen fibers. These compounds are responsible for bone hierarchical and mechanical structural properties (Koons et al., 2020). We observed a slight cellular infiltration (Figure 4B), which is unclear in the image due to surface coating with cells. The major limitation of electrospun scaffolds is that they have solid layers with only a single surface porous network, which is limited to the sheet-like formation (Wu and Hong, 2016). Although electrospun scaffolds have high porosity, the pore diameter of these scaffolds is much smaller than the diameter of cells in the micrometer range. This unavoidable feature limits cell penetration through the scaffolds. But the depth of cell penetration into the Electrospun scaffolds varies from approach to approach (Blakeney et al., 2011; Khorshidi et al., 2016). Microporous scaffolds have been shown to promote hAMSC adhesion and osteogenic differentiation. Through intracellular and intercellular signaling, the material’s topographic and biochemical properties can alter the microenvironment of the desired location. These microenvironmental modifications affect cell differentiation by regulating enzymes, cells, and ions containing radical species (Gaharwar et al., 2020).
ALP activity was assessed based on our findings from the process of osteoblastic differentiation of hAMSC on PLLA, NiFe2O4/ZnO-coated PLLA, and TCP. The most activity of the ALP enzyme (Figure 5) was seen in nanofibers of NiFe2O4/ZnO-coated PLLA throughout this procedure. We assume this is due to Zinc in this nanocomposite. Zinc acts as a cofactor in ALP activity and promotes the development of osteoblastic activity (Laurenti and Cauda, 2017). ALP activity in osteoblasts is the primary marker of osteogenesis and hard tissue (Jaiswal et al., 2013).
As a significant factor, calcium functions in creating osteogenesis (Khader and Arinzeh, 2020). On the NiFe2O4/ZnO-coated PLLA scaffold (Figure 5), calcium levels rise during the differentiation phase from day 7 to day 21 due to the support of ALP activity, which initiates the mineralization process. By releasing signaling ions, biodegradable biomaterials can alter the environment. Calcium can excite calcium sensory receptors, essential for cell proliferation, differentiation, and chemotaxis. In addition, releasing ions from the phosphate, calcium, and biomaterial bases can stimulate endogenous cells, causing them to develop into the osteogenic lineage (Gaharwar et al., 2020).
On day 21, the highest amount of calcium mineralization occurred in the NiFe2O4/ZnO-coated PLLA, as shown in Figure 4C of Alizarin red staining, which serves as a seal of approval for the process of osteoblast cell mineralization and maturation during the differentiation process into the osteogenic lineage. Studies show that the magnetic mechanism of action is mediated through the calcium ion transport channel in the cell membrane. Additionally, it could affect the structure and crystallization of biomineral products, alter the spatial organization of proteins in the cytoskeleton, and affects the biomineralization behavior during the early stages of gene expression and protein synthesis (Fan et al., 2020). Cell receptors, proteins, and peptides interact to enable the cell to store minerals and ECM proteins (Koons et al., 2020).
During the 21-day observation of osteogenic lineage development, bone-related mRNAs (Osteonectin, Osteocalcin, ALP, Runx2, and Collagen type I) were detected during the molecular behavior of hAMSC. The nanocomposites on the scaffold surface boosted and maintained Runx2 expression until day 21 (Figure 6). The Runx2 gene regulates the expression of phenotypic markers such as osteocalcin and ALP during the differentiation of hAMSCs into pre-osteoblasts (Abe et al., 2019). The highest level of ALP mRNA expression on day 14 indicated the nanocomposites’ osteoblastic activity; we hypothesize this can be attributed to the action of Zinc, an essential element. ZnO significantly affected the amount of ALP and the magnetic field produced by nickel ferrite, which is effective at interacting with cells and their ossifying role (Ramezanifard et al., 2016; Abe et al., 2019).
[image: Figure 6]FIGURE 6 | Fold changes of mRNA expression. Alkaline phosphatase (ALP), Osteonectin, Osteocalcin, Runx2, and Collagen type I in osteogenic differentiation of hAMSCs on PLLA, NiFe2O4/ZnO-coated PLLA. (mean ± SD; p-value< 0.05). (*p < 0.01, **p < 0.001, ***p < 0.0001, ****p < 0.0001).
The Runx2 gene expression on the 21st day of differentiation was increased on the NiFe2O4/ZnO-coated PLLA scaffold. The high expression of the Runx2 gene was shown to increase the Bone Morphogenetic Protein-9 (Bmp9) gene expression (Karimi et al., 2019). Osteonectin is a calcium-binding glycoprotein that plays a function in the crystallization of osteoblasts during their early stages of development (Nafary et al., 2017). The highest level of Osteonectin gene expression was seen on day 21 on the NiFe2O4/ZnO-coated PLLA scaffold, which corresponds to the mineralization stage (2 weeks of differentiation) in the previous studies (Seyedjafari et al., 2010; Nafary et al., 2017). The Osteocalcin gene is known as a bone-growth protein (BGP) that osteoblasts generate and release during their maturation (3 weeks of differentiation) (Nafary et al., 2017; Nguyen et al., 2019). The highest level of Osteocalcin mRNA expression on day 21 indicates the osteoblastic activity of the NiFe2O4/ZnO-coated PLLA scaffold. We hypothesize that it can be attributed to the magnetic properties of the nanocomposite. Collagen type I is the most abundant protein in the bone matrix, as it aids in mineralization during bone formation (Peng et al., 2019). The expression of Collagen type I was increased on day 21 in this study, while there was no statistically significant difference between the groups on days 7 and 14 of osteoconductive culture. As a result, they provide surfaces capable of transmitting biological signals by mimicking the structure of the ECM (Chen et al., 2017; Dang et al., 2018; Komori, 2019). Numerous Studies indicated that moving electrons provide magnetic properties to stem cells, aiding their cohesion, survival, migration, proliferation, and differentiation. Their porosity space can result in the formation of arteries, angiogenesis, and a bone-like environment, enabling bone tissue regeneration (Chen et al., 2017; Komori, 2019; Dixon and Gomillion, 2022). Our results indicate that NiFe2O4/ZnO-coated PLLA and PLLA nanofibers prolong the osteoblastic obligation process in hAMSC.Combining PLLA nanofibers with nanocomposite (NiFe2O4/ZnO) promotes cell interaction and ossification in an osteogenic environment. The NiFe2O4/ZnO-coated PLLA scaffold may be used in animal models of bone injury to confirm this work’s findings, consistent with the link between osteogenic function in vitro and in vivo.
7 CONCLUSION
The differentiation of hAMSC into the osteogenic lineage demonstrated that interaction of cells with NiFe2O4/ZnO coated PLLA scaffold could provide a support role, like bone ECM architecture, culminating in osteoblast adhesion, proliferation, differentiation, and maturation. We assume that NiFe2O4/ZnO-coated PLLA could be the proper platform for directing connections and cellular activity toward the osteogenic lineage by hypothesizing having piezoelectric, magnetic, and proper mechanical properties. However, Future studies should be conducted to deepen the study of these properties and the potential of NiFe2O4/ZnO-coated PLLA scaffold designed as an in vivo osteoinduction material.
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Bioengineered porous bone tissue materials based on additive manufacturing technology have gradually become a research hotspot in bone tissue-related bioengineering. Research on structural design, preparation and processing processes, and performance optimization has been carried out for this material, and further industrial translation and clinical applications have been implemented. However, based on previous studies, there is controversy in the academic community about characterizing the pore structure dimensions of porous materials, with problems in the definition logic and measurement method for specific parameters. In addition, there are significant differences in the specific morphological and functional concepts for the pore structure due to differences in defining the dimensional characterization parameters of the pore structure, leading to some conflicts in perceptions and discussions among researchers. To further clarify the definitions, measurements, and dimensional parameters of porous structures in bioengineered bone materials, this literature review analyzes different dimensional characterization parameters of pore structures of porous materials to provide a theoretical basis for unified definitions and the standardized use of parameters.
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INTRODUCTION
Technical background
Repair of bone tissue defects caused by tumors, infections, trauma, and medically induced injuries are the main applications of bioengineered porous bone tissue materials. The ability of these materials to promote bone tissue repair and reconstruction has been widely recognized (Xia et al., 2023; Dall'Ava et al., 2020; Chen et al., 2018). The bioengineered porous bone tissue materials promote bone tissue reconstruction and repair by providing an effective support effect and maintaining a good mechanical environment at the defect site after implantation (Ponader et al., 2010; Wang et al., 2020; Lehder et al., 2021). They also act as a scaffold for tissue growth, enabling the growth and formation of fibers, blood vessels, and bone tissue (Harrison et al., 2014; Taniguchi et al., 2016; Wu et al., 2022). Moreover, due to their unique porous structure, the overall elastic modulus of the implants can be effectively reduced to avoid stress shielding and provide the necessary stress stimulation for bone tissue growth (Shah et al., 2016; Cheong et al., 2018; Jette et al., 2018; Chao et al., 2021). In addition, such materials can promote the integration of the tissue‒scaffold interface by constructing special morphologies on the material surface (Stevenson et al., 2016; Shuai et al., 2018; Kopp et al., 2019). They can also accelerate the bone defect repair and reconstruction process by relying on active substances, such as bone growth factors, that contribute to the formation of bone tissue (Li et al., 2015; Li et al., 2019a; Huang et al., 2020). They can also be prepared as slowly degradable porous materials using degradable metals, polymers, or other biomaterials, etc., eventually leading to complete bone tissue replacement (Carluccio et al., 2020; Cockerill et al., 2020; Wu et al., 2021; Qin et al., 2022a; Qin et al., 2022b). At present, such bioengineered porous bone materials constructed by additive manufacturing technology have replaced traditional techniques such as the direct foaming method, pore-forming agent method, and powder sintering method due to their controlled pore structure, reliable mechanical properties, and flexible formulation mechanism (Zaharin et al., 2018; Cao et al., 2020; Sharma et al., 2020).
Structure design
Currently, the pore structure design used for bioengineered porous bone tissue materials mainly includes two approaches: regular and irregular pore structures. In this line, there are two main technical solutions to constructing a regular pore structure: through the regular arrangement of rod structures in 2D planes and through the superposition of 2D planes in the Z axis (Cubo-Mateo and Rodriguez-Lorenzo, 2020; Sakthiabirami et al., 2021; Kilian et al., 2022). On the other hand, rod structures form the unit cells in 3D spaces through angular connections, and then the whole structure is formed by stacking the unit cells in the X/Y/Z axes (Li et al., 2018a; Li et al., 2018b). In recent years, the pore structure based on triply periodic minimal surface (TPMS) has emerged. It mainly involves the periodic extension of parametric surface sheets in three directions, culminating in the formation of walls in a 3D space state and a complete pore structure (Kelly et al., 2019; Corona-Castuera et al., 2021; Lu et al., 2022a; Lv et al., 2022). However, the design of irregular pore structures is more complex. It requires CT scanning of bone tissue to obtain the 3D structure of bone trabeculae, which are then rotated, stitched, and superimposed to achieve the overall design of the pore structure (Cheng et al., 2014). Alternatively, by employing Voronoi structures, it generates randomly distributed points within the spatial structure under certain conditions in a functional manner, subsequently forming pore structures with unspecified arrangements by connecting points to points (Deering et al., 2021; Zhao et al., 2021; Zhu et al., 2021). In addition to the above structures, the gradient pore structure has gradually become a research hotspot in recent years as the knowledge of the pore structure of bioengineered porous bone tissue materials has gradually deepened. These structures are usually implemented by parameterized adjustments of the pore structure sizes (Li et al., 2020a; Kamboj et al., 2020), rod diameters (Li et al., 2019b; Zhang et al., 2019; Li et al., 2020b; Liu et al., 2020; Xiong et al., 2020), or wall thicknesses (Afshar et al., 2016), changing the random distribution conditions of the point arrangement (Zhao et al., 2021; Zhu et al., 2021), or directly splicing different pore structures (Wieding et al., 2014; Wysocki et al., 2016; Kayacan et al., 2018) based on conventional pore structures.
CURRENT PROBLEMS
To characterize the pore structure dimension of porous materials, the pore size is often used as an important parameter and as the main control index to study the mechanical and biological properties of porous materials. However, after summarizing the relevant literature, we found that the definition of pore size is not clear in some literature sources. Furthermore, no unified positioning and measurement methods are available (Yavari et al., 2013; Amin Yavari et al., 2014; Soro et al., 2019; Liu et al., 2022). This problem has prompted some studies to cite findings from other literature with significant differences in the definition, localization, and measurement of pore size, leading to questioning the conclusions in their papers (Zadpoor, 2015; Dziaduszewska and Zielinski, 2021). More importantly, some studies have even used different definitions and positioning methods of pore sizes to describe different pore structures, possibly leading to some bias in comparative analyses of different structures, as shown in Figures 1A–C–C (Markhoff et al., 2015; Arabnejad et al., 2016; Zaharin et al., 2018; Hossein Ehsani et al., 2022). Probably due to this uncertainty regarding the definition of pore size, some studies have abandoned using pore size for evaluating pore structure and have instead used the unit cell size as a measure to characterize pore structure dimension in porous materials (Yan et al., 2015; Hedayati et al., 2017; Lim et al., 2017; Ahmadi et al., 2019; Lu et al., 2020; Yang et al., 2020). However, differences in the definition of the unit cell size ultimately lead to the inconsistent characterization of the pore structure size, as shown in Figure 1D (Lim et al., 2017). Considering the current confusing situation, we analyze and summarize the definition and measurements of the pore structure dimensions. In addition, the specific mechanisms affecting osteogenesis and bioengineered porous bone tissue materials are evaluated to clarify definitions and facilitate further material research and industrial applications based on previous research.
[image: Figure 1]FIGURE 1 | (A) The pore size is used to characterize the dimensional parameters of the pore structure. The pore sizes of different pore structures are defined using the maximum inner tangent circle in three dimensions and the maximum inner tangent circle in two dimensions, respectively (Arabnejad et al., 2016). (B) The pore size is used to characterize the dimensional parameters of the pore structure, and both define the maximum inner tangent circle of the 2D plane within the pore structure as the pore size. However, there are significant differences in the positioning of the pore size (Zaharin et al., 2018). (C) The pore size is used to characterize the dimensional parameters of the pore structure. The pore size is respectively measured in length and width and diagonally for the three different structures (Markhoff et al., 2015). (D) The unit cell size is used to characterize the dimensional parameters of the pore structure. Two different definitions of the unit cell are used for the six different pore structures (Lim et al., 2017).
DEFINITION OF PORE STRUCTURE DIMENSION
Conventional porous materials
Early in the field of bone tissue bioengineering, porous materials were mostly made by processes such as vapor-phase porogenesis (Oppenheimer and Dunand, 2010; Ji et al., 2012), blowing agent porogenesis (Kato et al., 2013; Kapat et al., 2017; Liu et al., 2017), and solid-phase porogenesis (Maya et al., 2012; Hsu et al., 2013; Yamanoglu et al., 2016), in which the porosity of porous materials can usually be precisely controlled by the volume of added porogenic agents or binders. However, the morphology of the internal pore structure and the pore size of porous materials cannot be effectively controlled. Considering the irregular pore shape, uneven distribution, and easy formation of closed pores in porous materials, technicians use spherical porogenic agents filled with regular particles and controlled particle size to form a uniformly distributed and regular morphological pore structure in porous materials (Jia et al., 2015). The preparation of porous materials by controlled particle porogenic agents enables the precise control of the morphology of the pore structure within porous materials, further making the pore size in the pore structure an important parameter to influence the mechanical and biological properties of these materials (Imwinkelried, 2007; Zhao et al., 2016). This molding technique involves mixing the granular material with the target material, casting, molding, and then removing the granular material by solution elution or high-temperature sintering after the material is formed to finally form a porous structure within the material with the outline of a granular material (Ye and Dunand, 2010). From the summary analysis, we concluded that the pore diameter in this type of porous material should represent the size of the 3D space inside the pore structure of the material, which is used to evaluate the maximum size to which the cells within the pore structure can grow (Cao et al., 2020). The pore throat size represents the size of the 2D planar channel used to achieve communication between adjacent pore structures on the surface of porous materials. It is used to evaluate the maximum planar size of the pore structure that can accommodate cells growing into the pore structure (Otsuki et al., 2006). Although the shape of porous materials produced by the conventional process can only achieve a simple geometry, this defect restricts the industrial application of these materials in bone tissue engineering. However, this method to characterize the pore structure dimension using both pore size and pore throat size is straightforward and should be used as an important reference and guide for defining pore structure dimensions.
Additive manufacturing of porous materials
The application of material-extrusion-based 3D printing (ME-3DP), such as fused deposition modeling (FDM) (Diez-Escudero et al., 2020) and direct ink writing (DIW) (Lewis, 2006) in the preparation of bioengineered porous bone tissue materials has, to some extent, solved the problems of inability to achieve a specific shape and inaccurate connectivity of the pore structure of porous materials prepared by conventional processes (Li et al., 2021). This technique is mainly used to extrude solid or slurry materials in 2D planes according to a specific scanning path and form a planar structure with pore morphology. It is followed by superimposing multiple planar structures with a certain thickness in the Z axis sequentially to finally build pore structures of porous materials (Cubo-Mateo and Rodriguez-Lorenzo, 2020; Sakthiabirami et al., 2021; Yang et al., 2021; Kilian et al., 2022). Considering this molding technology’s characteristics, the prepared material’s structure in the 2D plane can be controlled. Thus, its structure definition in the 2D plane is also accurate, but the 3D space structure cannot be accurately defined and positioned because the layer thickness cannot be precisely controlled. Therefore, the literature continues to use pore size as a specific parameter to define the pore structure dimension, defining it as the spacing of two parallel rods in a 2D plane (Shanjani et al., 2017; Gupta et al., 2021). However, some literature ignores the rod diameter size and uses the scan spacing directly as the pore size (Kilian et al., 2022). Nevertheless, according to the original definition of pore size and pore throat size, such parameters should be defined as the pore throat size in the 2D plane, not pore size in 3D space. The fundamental reason for this discrepancy is the objective drawback of the preparation technique of insufficient strength in molding and accuracy after molding.
With further developments in additive manufacturing technology, preparation techniques such as DLP (Schmidleithner et al., 2019), SLM (Yang et al., 2018; Pei et al., 2020), or EBM (Nune et al., 2017a; Zhang et al., 2020) have been gradually applied to bioengineered porous bone tissue materials, benefiting from the high-precision material formation of light-cured materials or powder materials by high-precision light sources or energy beams. In this context, the most typical and widely used technology is SLM, which mainly uses a micron laser beam to melt the micron powder material with high precision. Then the 2D plane structure is prepared by the movement of the laser beam, and the overall target structure is finally prepared by layer-by-layer processing (Wei et al., 2017). The advantages of these techniques over ME-3DP are the improved precision processing accuracy and the ability to build porous structures with controlled diameter, length, and tilt angle support structures in the Z axis through the individual superposition of 2D point structures in the Z axis. This results in a complete 3D space morphology in the porous structures; thus, most printed porous structures have controlled, regular, and connected 3D space shapes (Li et al., 2018a; Li et al., 2018b; Li et al., 2020c). Furthermore, as porous materials are prepared by relying on this molding technology, the control of various parameters of the structure during the molding process is more accurate, contributing to the appearance of different pore structure dimension definitions in the same type of structure. We found two definitions of pore diameter that follow the conventional molding process and ME-3DP, respectively, where the maximum internal tangent spherical diameter in the 3D space of the pore structure is taken as the pore diameter (Ambu and Morabito, 2019). In addition, the maximum internal tangent circular diameter in the 2D plane of the pore structure is defined as the pore diameter (Wauthle et al., 2015; Liang et al., 2022) in the relevant literature sources. According to the original definition of pore size and pore throat size, these two structures should be defined as pore size and pore throat size. Therefore, we believe this difference is the source of the current confusion in the academic community about the definition of the pore structure dimension of porous materials.
Recommended definition method
Two different ways of defining the pore structure dimensions and specific schemes were finally summarized by analyzing the relevant studies involving bioengineered porous bone tissue materials in recent years. The first one defines the maximum 3D space dimension that can be accommodated within the smallest pore structure within the porous material as the pore size. Then it defines the maximum 2D plane dimension that interconnects the pore structure inside the porous material with other adjacent pore structures as the pore throat size, as shown in Figure 2A (Afshar et al., 2016; Jette et al., 2018; Ambu and Morabito, 2019; Wang et al., 2020; Lehder et al., 2021; Timercan et al., 2021). The second one defines the maximum 2D plane dimension of the pore within the porous material that interconnects with other adjacent pore structures as the pore diameter. It also introduces the unit cell size that contains a minimum pore structure and can be accumulated by repetition to form a complete porous material for measuring the maximum 3D spatial dimension within the pore structure, as shown in Figure 2B (Nune et al., 2017b; Melancon et al., 2017; Dallago et al., 2018; Barba et al., 2019; Liverani et al., 2021). These two methods of definition do not contradict each other in a practical sense; both describe the pore structure in 3D space and 2D plane simultaneously in different ways, and both meet the basic requirements for the pore structure dimensional characterization. However, the basic morphology of the cell is still different from that of the pore structure. Therefore, it usually contains some structures attributed to other adjacent pore structures, leading to the problem that the unit cell size is larger than the actual value when used to describe the maximum space for cell growth within the porous structure. Based on the above reasons and combined with the basic characteristics of human bone trabeculae (Wang et al., 2018a), as shown in Figure 2C, the bone trabecular structure is composed of many pore structures. However, their pore size and distribution follow stress stimulation. The pore size in the trabecular structure should be defined as the size of the 3D spatial structure in which cells, tissues, and tissue fluids grow, while the pore throat diameter should be defined as the size of the 2D planar structure that allows cells, tissues, and tissue fluids to enter the porous structure. We believe that adopting the first definition scheme is more consistent with the practical needs of bioengineered porous bone tissue materials to define and describe pore structure.
[image: Figure 2]FIGURE 2 | (A) Defining the maximum 3D space dimension that can be accommodated within the pore structure as the pore size and the maximum 2D plane dimension to interconnect the pore structure with other adjacent pore structures in the vicinity of the pore throat size (Afshar et al., 2016). (B) Defining the maximum 3D space dimension that can be accommodated within the pore structure as the unit cell size and the maximum 2D plane dimension to interconnect the pore structure with other adjacent structures in the vicinity as the pore size (Liverani et al., 2021). (C) Considering the structural morphology of human bone tissue, the bone trabecular structure consists of a large number of pore structures of different sizes; the pore size should be defined as the size of the 3D space structure in which the cells grow, and the pore throat diameter should be defined as the size of the 2D plane structure that allows the cells to be accommodated within the pore structure (Wang et al., 2018a).
MEASUREMENT OF PORE STRUCTURE DIMENSIONS
Positioning method
As analyzed previously, characterizing the 3D space shape of simple, rod, interleaved structures prepared by ME-3DP is difficult due to the inability to control the Z axis effectively. Therefore, to further position the pore size, most of the measurements in such porous materials are performed only for the pore throat size in the 2D plane (Lee et al., 2018). The rod lengths and thicknesses usually exhibit relatively disparate differences during the pore throat diameter measurement of this porous structure. Therefore, usually, two different sizes of pore throats are characterized separately in the horizontal and vertical planes, with the horizontal pore throat consisting of the lengths of interwoven rods in the X and Y axes and the vertical pore throat consisting of the thickness and length of the rod (Shanjani et al., 2017; Cubo-Mateo and Rodriguez-Lorenzo, 2020; Diaz-Gomez et al., 2020). Therefore, it is accurate to describe the pore throat size simply by using one of the parameter dimensions of length and width when the pore throat shape is described as a square (Hossein Ehsani et al., 2022). However, when its pore throat shape is described as a rectangle, its length and width should be reported separately, and the pore throat size should be expressed as length*width (Lee et al., 2018). However, considering the possibility of collapse and deformation of the material during the preparation process, which leads to an irregular shape of the hole throat (Baptista and Guedes, 2021), it is recommended to evaluate the pore throat size using the inner tangent circle diameter or equivalent circle diameter for such structures.
In contrast, pore structures made by high-precision additive manufacturing technologies, such as SLM and EBM, have controllable dimensions in the X, Y, and Z axes and form a clear 3D space within the porous structure. This allows the pore size and the pore throat size of such structures to be clearly distinguished and located. For example, when the pore throat has a 2D plane geometry, such as octahedron type, in the measurement process, it is only necessary to select the 2D plane where the pore throat is located to measure the inner tangent circle of the pore throat, as shown in Figure 3A (Lei et al., 2021). However, when the pore structure is diamond-shaped, the quadrilateral structure forming the pore throat is distributed in 3D space. Therefore, the vertical direction of the maximum projected area of the quadrilateral structure should be selected to observe the pore throat size as a method to convert the 3D space to a 2D plane and then measure the inner tangent circle of the pore throat, as shown in Figures 3B,C (Dall'Ava et al., 2020; Moiduddin, 2018). However, when the pore throat is not a simple 2D structure or a 3D structure that can be planarly transformed, such as the TPMS-G type where the pore throat behaves as a spiral 3D channel, the results obtained by measuring the pore throat size only from a 2D plane do not necessarily match the actual situation (Zaharin et al., 2018; Wang et al., 2021; Su et al., 2022). Considering the gradual deepening of pore structure research, the complex shape of the pore structure will continue to be clarified. However, the complex 3D shape of the pore throat for accurately positioning the size poses a significant challenge, pending further research.
[image: Figure 3]FIGURE 3 | (A) Direct measurement of the inner tangent circle diameter of circular pore throats on the pore structure of porous materials prepared using SLM was performed under SEM (Lei et al., 2021). (B) Pore throat size was characterized by the 2D plane transformation of 3D space pore throats on the pore structure of porous materials prepared using EBM under a stereomicroscope, followed by measurement of the inner tangent circle diameter on the 2D plane (Moiduddin, 2018). (C) The 3D model of the pore structure of the porous material was obtained by Micro-CT, and a specific plane representing the pore throat size was selected. Then the pore throat size was measured by calculating the equivalent circle diameter of the pore throat (Dall'Ava et al., 2020). (D) The 3D pore structure was transformed into 2D planes using sample cutting, and the pore size data were measured indirectly by metallographic microscopy in 2D planes (Wauthle et al., 2015). (E) Representative cross-sections were obtained by Micro-CT, which adequately represent the pore morphology and measurements of the distance between two points or lines that are representative of the pore size within the 2D cross-section (Naghavi et al., 2022). (F,G) Using Micro-CT to obtain 2D cross-sectional images or 3D stereoscopic models of porous materials, the filling of different sizes of circular or spherical bodies was performed, as in Figure F (Taniguchi et al., 2016). Then the pore size distribution curves were plotted according to the size and number of different sizes of circular or spherical bodies, as in Figure G (Diez-Escudero et al., 2020).
However, pore size, as a 3D space parameter, can be defined, located, and measured only when the 3D space form of the pore structure is complete and specific. Based on the localization methods for pore throat size summarized in the previous section, it is currently relatively difficult to perform pore size localization under 3D space conditions using a direct microscopic view. However, since the pore in the 3D state is the same as the pore throat in the 3D state, the transformation of the 2D plane can be performed by changing the observation angle and cutting the material when the pore structure is regular, as shown in Figure 3D (Wauthle et al., 2015; Zhang et al., 2020). However, in the 3D state, the pore has a more complex morphological structure compared to the pore throat, and sometimes it is only used to measure the pore size by considering the distance between two rods or walls that can roughly represent the pore size (Gorgin Karaji et al., 2017; Ma et al., 2019; Naghavi et al., 2022). Nevertheless, there are some special structures, such as TPMS-Split p, lidinoid types, and bionic trabecular structures, where it is impossible to specify the morphology of the aperture, making it impossible to determine the specific dimensions from 2D or 3D morphology based on the relative relationship between points, lines, and surfaces (Wang et al., 2018a; Zhao et al., 2021; Zhu et al., 2021). Therefore, in this situation, it is necessary to introduce the technical means in the 3D space state to measure the pore size directly based on the definition of pore size for the dimensions of the tangential spheres within the pore structure. This approach reduces the human bias in selecting 2D cross-sections and viewing the orientation; however, the accuracy of measurements in this technique depends heavily on the accuracy of Micro-CT scans and data processing.
Measurement technology
The oldest pore size detection methods mostly started in the chemical and physical fields, including Mercury intrusion porosimetry (Zhang et al., 2013; Jiao et al., 2020). Although they can obtain pore size data more accurately, they are not suitable for detecting bioengineered bone materials because they are invasive methods and may be associated with other biological risks. In addition, since the core purpose of bioengineered bone materials is to realize the industrialization and clinical application of these materials, their detection method should be non-destructive, rapid, and accurate. Current methods for detecting pore size or pore throat size in bioengineered bone tissue materials include direct measurements performed by optical instruments such as SEM (Shuai et al., 2018; Lei et al., 2021) and indirect measurements relying on scanning devices such as Micro-CT (Cheng et al., 2014; Li et al., 2018a; Li et al., 2020c). Optical measuring instruments are, in essence, only a direct way of measuring in 2D plane conditions because their images cannot perceive the depth of the 3D space. Therefore, these techniques are only suitable for measuring 2D plane dimensions or 3D space dimensions that can be transformed through 2D planes (Wauthle et al., 2015; Shuai et al., 2018; Lei et al., 2021; Wu et al., 2021). This measurement method also has unique advantages. For example, the accuracy of direct measurement by optical instruments is significantly higher than that of Micro-CT-based 2D and 3D imaging measurements when the measurement target and evaluation method are specified. However, with the gradual advancement of pore structure-related research, the pore structure design is becoming increasingly complex. With the application of bionic non-regular pore structure and more different kinds of TPMS, the method used to measure pore structure dimension parameters, such as pore size or pore throat size on a 2D plane relying solely on optical instruments, is gradually replaced by other techniques.
Optical instruments are limited to 2D plane measurements in direct view and require destructive methods such as cutting or polishing. However, if planar switching of internal spatial structures is required, a highly accurate layer-by-layer scanning method of materials, such as Micro-CT or industrial CT, allows the acquisition of tomographic images for characterizing the layered morphology of materials and measuring local planes on tomographic 2D images (Yavari et al., 2013; Li et al., 2018a; Li et al., 2018b; Schmidleithner et al., 2019; Li et al., 2020c). The approach is, in essence, similar to that of direct measurement by optical instruments in the 2D plane, where the actual data measurement process is still highly dependent on the selection of 2D cross-section and view orientation, but its selection for 2D images are more accessible and accurate, as shown in Figure 3E (Otsuki et al., 2006; Dong et al., 2020; Naghavi et al., 2022). Because of the limitations of this technical solution in terms of subjective judgment, the aperture diameter is measured using the maximal covering spheres (MCS) method after the 3D reconstruction of images based on techniques such as Micro-CT. This automatic measurement technique works with spheres of different diameters by moving and filling the space structure until the boundary conditions are reached after the spheres form a tangent to the structure. Then the diameters of the spheres are included in the statistics and counted, eventually resulting in aperture diameter distribution curves related to the diameter and number of spheres, as shown in Figure 3F (Jones et al., 2007; Taniguchi et al., 2016; Timercan et al., 2021). In this measurement, the definition of pore size and pore throat diameter is ignored. Therefore, in the pore size distribution curves, we can observe a single pore structure, usually with a double or multiple peak pattern, respectively representing pore size and pore throat size, as shown in Figure 3G (Diez-Escudero et al., 2020). Another comparable technique is automatically measuring the trabecular separation (Tb.Sp) from Micro-CT 3D-reconstructed post data by software and using it to measure the pore size (Li et al., 2019b). Both of the above approaches are purely based on a comprehensive test of the 3D space size or distance, reflecting the approximate size of the pore and pore throat path in the form of average values and distribution curves. This type of measurement can accomplish pore size measurements for complex pore structures such as bone tissue trabecular structures, irregular structures, TPMS, gradient structures, and other porous scaffolds (Cheng et al., 2014; Wang et al., 2018a; Corona-Castuera et al., 2021; Zhu et al., 2021). However, this is more consistent with our specific needs for evaluating porous structures since the underlying logic of MCS in its measurement approach simulates the maximum size of cells that can pass and grow within the pore structure. In addition, clear distribution curves of pore and pore throat size can be obtained. Based on the above study, we believe that in the early development stage of porous structures and actual product quality sampling, techniques such as Micro-CT should be used to describe the pore size and pore throat size distribution curves. However, in the subsequent product treatment control process, optical instruments should be used for rapid and low-cost measurement of some of these structures that are easy to observe directly.
SIGNIFICANCE OF PORE STRUCTURE DIMENSION
Function of pore throat size
Since the relationship between pore throat size and pore size is determined by the shape of the pore structure, controlling changes in pore throat size usually results in changes in parameters such as pore size, porosity, and elastic modulus. Therefore, there are reports that independent control of the pore throat size parameters depends on using a single 2D plane structure with a deficiency of 3D space for in vitro cell tests. On this basis, studies have shown that when the pore throat size range is 50–100 μm, cells can form a membrane across the whole pore surface through morphological changes to block the pore, affecting the nutrient interaction and cell entry inside the pore structure, as shown in Figure 4A (Egles et al., 2013; Lei et al., 2021). However, when the pore throat size is > 200 μm, the cells no longer grow across the pores but show growth along the rod direction, and there is cell growth into the porous structure below its surface pores, as shown in Figure 4B (Liu et al., 2020; Sakthiabirami et al., 2021). This conclusion reflects the original implication of the pore throat size, which is a passage for cell entry. This size determines whether the cells can successfully enter the interior portion of the porous scaffold to perform their actual function (Deb et al., 2018). When the pore structure and pore throat size meet the above requirements, studies have shown that the smaller the pore throat size, the better the cell adhesion, proliferation, and differentiation for bone formation, as shown in Figure 4C (Yang et al., 2021). The main reason is that since the pore throat size reflects the angle, distance, and curvature between rods or walls in the pore structure, the specific mechanism by which the pore throat size causes differences in the cellular state may be related to differences in intracellular stress stimulation due to the morphology of cell adhesion and growth (Bershadsky et al., 2003; Rumpler et al., 2008; Bidan et al., 2013). On this basis, Fukuda et al. (2011) prepared cubic columnar canals of different sizes within the same scaffold to investigate the effect of pore throat size on the osteogenic effect of the scaffold pore structure in vivo. The results showed that the best internal bone tissue formation was achieved at a scaffold pore throat size of 500 μm and 5 mm from the end face, as shown in Figure 4D. It was also suggested that this might be related to the circulation of body fluids within the scaffold at different pore throat diameters. This conclusion further suggests that the pore throat size also interferes with the bone tissue formation within the porous material to some extent through the circulation of body fluids (Takahashi and Tabata, 2004; Van Bael et al., 2012). Considering the above studies, we believe that the main influence of pore throat size on bioengineered porous bone materials is mediated by controlling whether cells can enter the pore structure properly and circulating body fluids to influence cell adhesion and morphology.
[image: Figure 4]FIGURE 4 | (A) When the pore throat sizes were 33 μm and 81 μm, the cells inoculated on the surface of the scaffold grew across the top of the pore structure and blocked the surface pore structure so that other cells could not enter the pore structure (Lei et al., 2021). (B) When the pore throat diameter was >100 μm, the cells grew on the internal rod or wall surface of the pore structure, and the pore throat of pore structure was not blocked by cell coverage, maintaining a good environment for nutrient exchange (Liu et al., 2020). (C) When the pore throat size met the basic requirements for cell growth into the pore, the smaller the pore throat size was, the better the state of cell adhesion, proliferation, and differentiation into bone, the mechanism of which may be related to the morphological differences in cell growth on the rod (Yang et al., 2021). (D) Cubic columnar pores with different pore throat sizes were significantly different in the osteogenic area within each pore during in vivo animal experiments, and the area of bone tissue varied depending on the distance from the end surfaces (Fukuda et al., 2011).
Function of pore size
Comparatively, in vitro cellular and in vivo animal studies on the effect of pore size on bone ingrowth and osteogenesis of porous scaffolds by pore structure shape or pore size are more complex than those related to pore throat size. In vitro cell studies, mostly after inoculating cells on the surface of different porous materials, the pore structure is adjusted to change the cell adhesion state and the intracellular stress, affecting the physiological activity of the cells (Diez-Escudero et al., 2020; Wu et al., 2022). This is the same mechanism by which the pore throat size interferes with cell adhesion and growth on the surface of porous scaffolds. However, Papaefstathiou et al. (2022) showed differences in early cell proliferation and final total cell number due to differences in surface morphology and surface area between the two groups of solid and porous disc samples. However, their normalized treatment did not show significant differences in ALP expression. In addition, Liang et al. (2022) reported no significant difference in the proliferation activity of cells inoculated on the surface of the materials, while there were differences in the pore size and pore morphology of porous materials. Wang et al. (2018b) carried out comprehensive cellular and animal experiments on porous scaffolds with four different pore structures. The results showed that the osteogenic effect within the porous scaffolds did not significantly correlate with cell adhesion, proliferation, and differentiation statuses. Therefore, we believe that because in vitro cellular experiments cannot simulate the complex growth environment and stress state of cells within the pore structure of porous materials, they are limited to studying the surface and 3D morphology of the pore structure of porous scaffolds. In addition, the results at the cellular level alone do not accurately represent the actual effects of porous materials after implantation in vivo. This is in general agreement with the conclusion reached by Karageorgiou and Kaplan, (2005) that the osteogenic effect of the pore structure of porous materials has two opposite tendencies in vivo and in vitro. However, with technological developments, some studies have been conducted on hydrogels to achieve a 3D co-culture system between porous scaffolds and cells. The results of these in vitro cell experiments will be closer to the actual in vivo state (Ji et al., 2020; Ma et al., 2021). Meanwhile, hydrodynamics is gradually becoming a new hotspot in the study of porous materials, where changes in pore shape, pore throat size, and pore size interfere with the permeability or fluid environment within the porous structure (Ma et al., 2019; Chao et al., 2021; Timercan et al., 2021), ultimately affecting changes in cell adhesion and proliferation (Markhoff et al., 2015; Liu et al., 2020). With the innovation of such experimental approaches, it will become a trend to further elucidate the mechanisms related to the cell growth condition within porous materials by constructing a bionic growth environment and applying specific mechanical stimuli to the cells within porous scaffolds in vitro.
At this stage, to make up for the shortcomings of in vitro cell experiments, researchers usually supplement in vitro animal experiments for further validation. However, the experimental results obtained through animal experiments are still highly controversial, mainly because parameters such as pore throat diameter, porosity, and elastic modulus change while adjusting the pore structure and pore size in 3D spaces (Zadpoor, 2015). First, even when porous scaffolds with the same material, preparation process, and pore structure are implanted in the skull and femur of the same animal, the effect of osteogenesis within the porous material is not uniform, mainly due to the different stress stimuli on the scaffold at different implantation sites, as shown in Figure 5A (Walsh et al., 2019; Pei et al., 2020). Furthermore, when a clear stress stimulus is missing at the implantation site, the osteogenic outcome is relatively poor, suggesting that osteogenesis within porous materials may be positively correlated with stress stimuli (Li et al., 2015; Taniguchi et al., 2016; Li et al., 2021; Lu et al., 2022b). The idea was also confirmed by Tsai et al. (2021) in an in vivo study by designing porous materials with the same pore size and different rod sizes. The results showed that the smaller the modulus of elasticity and the higher the porosity, the better the percentage of bone tissue volume within the porous material, as shown in Figure 5C. In addition, according to Cheong et al. (2018), the distribution range of osteogenesis within the porous scaffold observed by histomorphology in animal experiments was highly consistent with the stress distribution region within the pore structure under finite element analysis. This finding further suggests that the specific mechanism by which the pore structure affects osteogenesis may be related to the difference in the elastic modulus under the intervention of pore size, as shown in Figure 5B. However, Shah et al. (2016) showed that porous scaffolds using the same pore structure and different materials had essentially the same volume fraction of bone tissue at each site within both scaffolds after implantation and only differed in the integration of the bone‒metal interface. In addition, Wang et al. (2018b) undertook comprehensive animal experiments using porous scaffolds with four pore structures. The results showed no clear linear relationship between the osteogenic effect within the porous scaffold and parameters such as pore size, porosity, and elastic modulus, as shown in Figure 5D. Therefore, based on the results of different animal experimental osteogenesis analyses, we believe there is a clear correlation between the osteogenic effect within porous materials and the pore size. However, the specific mechanism of action is often related to the pore throat size, elastic modulus, and other related parameters that are not yet completely clear and still need further in-depth studies.
[image: Figure 5]FIGURE 5 | (A) Porous scaffolds with the same pore structure implanted in the femur and skull of the same animal were very different in the final osteogenic effect due to the difference in their local skeletal stresses (Pei et al., 2020). (B) Comparative analysis between finite element stress analysis and animal implantation experiments of porous scaffolds showed that the osteogenic region within the porous scaffold clearly correlated with stress distribution (Cheong et al., 2018). (C) The final post-implantation osteogenic effect of porous scaffolds with different elastic moduli constructed solely by rod diameter control was inversely correlated with the elastic modulus (Tsai et al., 2021). (D) After constructing porous scaffolds with different elastic moduli simply by different pore structures, their cellular assays showed no differences in cell adhesion, proliferation, and quantitative analysis of calcium nodules between the groups except for ALP activity. In contrast, animal tests showed differences in the final osteogenic effect between the groups, with no apparent correlation with the differences in elastic modulus and ALP activity of the porous scaffolds (Wang et al., 2018b).
CONCLUSION
We analyzed the origin and internal logic of different definition methods for the evolution of pore structure dimension characterization in bioengineered porous bone materials and proposed that it is more practical to characterize pore structure dimension by pore throat size and pore size together.
1)The pore throat size is the maximum cross-sectional diameter of the penetration channel of the cells into the interior portion of the pore structure. It is the maximum internal tangent circle diameter in the 2D plane at the surface of the pore structure. It can be calculated using SEM or Micro-CT or other methods by directly measuring the internal tangent circle diameter or cross-sectional equivalent circle diameter under 2D conditions by selecting a specific plane or cross-section.
2)The pore diameter is the maximum space diameter that can allow the cells to grow after entering the interior portion of the pore structure. It is the maximum internal tangential sphere diameter in the 3D spatial environment within the pore structure and can be measured by the rod or wall spacing equivalent to the pore diameter within the pore structure using SEM or Micro-CT or based on the reconstructed 3D model after Micro-CT scanning. The software simulation can be used to obtain its internal pore diameter distribution data. However, it is worth noting that the pore size distribution curve obtained in this way includes the pore throat size.
At the same time, based on the joint definition of pore throat size and pore size, the specific functions and mechanisms of their respective roles in bioengineered porous bone materials were analyzed. The results showed that both pore throat size and pore size could affect the cell growth state and the final osteogenesis in porous scaffolds in different ways.
1)The pore throat size, which is the size of the channel that characterizes the internal access of cells to the pore structure, directly determines whether the cells can enter the pore structure smoothly. It also determines the specific state of the circulation of body fluids between the internal and external shelf tissues of the pore structure, which influences the specific process of osteogenesis within the pore structure in the form of nutrient supply. At the same time, the morphology and size of the pore throat, as a direct morphological structure perceived by cells adhering to the surface of the pore structure, can also affect the specific functions of cell proliferation and differentiation by changing the cell adhesion status. However, this conclusion is limited to the cellular level and has not been confirmed in animal experiments.
2)As a characterization of the size of the space in which cells can grow within the pore structure, the pore size also represents the pore structure dimensions. The function of pore size at the cellular level is similar to that of pore throat size in that it changes the cellular adhesion state through morphology and size, affecting the specific functions of cell proliferation and differentiation. However, the conclusions of such cellular-level studies are not fully consistent with the results of actual porous scaffold implantation in vivo, mainly because the cellular experiments lack the complex physiological environment and the mechanical stimuli in vivo. The function of the pore size in vivo is to co-intervene with parameters such as pore shape and rod diameter in the elastic modulus of the material to change the distribution of stress stimuli within the porous scaffold and influence the osteogenic state within the pore structure.
Currently, bioengineered porous bone tissue materials and their related products are initially applied in the first line of clinical practice. However, there are still various problems, such as intraoperative sinking, non-fusion of bone graft, pseudo-joint formation, postoperative implant infection, etc. The root cause of these problems is the lack of in-depth research on the pore structure and the inability to clarify the specific mechanisms of osteogenesis, vascularization, and fibrogenesis within the pore structure of porous materials, which cannot be precisely controlled and regulated. This paper proposed the characterization of pore structure dimension by pore size and pore throat size by reviewing, summarizing, and unifying the specific definition and measurement methods of pore size and pore throat size. On this basis, the possible roles and mechanisms of specific parameters of pore structure dimension that influence osteogenesis within porous materials were proposed to provide further theoretical references for the subsequent in-depth studies of pore structure.
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Three-dimensional-printed porous prosthesis for the joint-sparing reconstruction of the proximal humeral tumorous defect
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Background: Tumorous bone defect reconstructions of the proximal humerus with joint sparing is a challenge. Numerous reconstruction methods have been proposed but the proximal residual humerus is commonly sacrificed because of its extremely short length. To preserve the proximal humerus and improve clinical outcomes, we designed a three-dimensional (3D) printed uncemented prosthesis with a porous structure to treat tumorous bone defects of the proximal humerus.
Methods: Our analysis included seven patients treated between March 2018 and July 2019. A 3D model was established, and related data were obtained, including the diameter of the humeral head, the resection length, and the residual length. A prosthesis was designed and fabricated based on these data. Functional and oncologic outcomes were recorded, and complications and osseointegration were evaluated.
Results: The mean age of the patients was 20.3 years, and the median follow-up period was 26 months. The lengths of the residual proximal humerus were 17.9 mm on average. All the patients had preserved humeral heads and most of the rotator cuff was intact. The average postoperative range of motion (ROM) of the affected shoulder was 83.8°; flexion was 82.5°, extension was 43.8°, and adduction was 16.3°. The average Musculoskeletal Tumor Society score (MSTS) was 94.3%. Good osseointegration was observed on the interface between the bone and prosthesis.
Conclusion: A 3D printed porous prosthesis with cone-like structures successfully achieved joint-sparing reconstruction of proximal humeral tumorous defects with satisfying functional outcomes. The preservation of the rotator cuff and humeral head plays an essential role in the function of the shoulder joint.
Keywords: 3D printed, arthroplasty, prosthesis, intercalary prosthesis, proximal humerus
1 INTRODUCTION
The metaphysis of the proximal humerus is the most commonly affected site for primary malignant bone tumors (Bielack et al., 2002; Arndt et al., 2012). Although segmental resection with a safe margin has been widely accepted as the standard treatment for malignant bone tumors (Potter et al., 2009), joint preservation is still demanding due to the extremely short axial length of the residual proximal humerus (Liu et al., 2014).
There are currently some approaches available for the repair of tumorous defects involving the metaphysis, such as autograft, allograft, and prostheses (Ruggieri et al., 2011; Wieser et al., 2013; King et al., 2016; Maclean et al., 2017; Rafalla and Abdullah, 2017; Nota et al., 2018; Chauhan et al., 2019). Autologous fibula graft has been widely applied in clinical settings because of its excellent biocompatibility and osteoinductivity (Li et al., 2012; Pilge et al., 2018). However, the interface may not integrate well due to the severe mismatch between the fibula head and the remaining proximal humerus, and subsequent bone absorption and fracture frequently occur (Ceruso et al., 2001). Therefore, an allograft with various options for appropriate size and shape could provide an ideal interface contact, but unexpected immunological rejection and disease transmission are still major concerns (Gupta et al., 2017). As a result, prostheses seem to be one of the most acceptable choices for the reconstruction of segmental bone defects in the proximal humerus (Damron et al., 2008).
Hemiarthroplasty, total arthroplasty, and intercalary prosthesis replacements are all reasonable options for the reconstruction of proximal humeral tumorous defects. As for defects involving the metaphysis, hemiarthroplasty or total arthroplasty would inevitably sacrifice the humeral head, which could have been preserved. Compared with hemiarthroplasty or total arthroplasty, an intercalary prosthesis could not only preserve the humeral head anatomically to retain shoulder function but also provide early stability and rapid function recovery (Yoshida et al., 2010; Panagopoulos et al., 2017). However, current intercalary prostheses are cemented and fixed by an intramedullary stem, which requires at least 3 cm of bone to maintain acceptable stability (McGrath et al., 2011). Moreover, plates and screws are still required for extra fixation due to the lack of osteoinductive activity and bone ingrowth ability (Zekry et al., 2019; Zheng et al., 2019). Additionally, for a shorter proximal humerus (length < 3 cm), reconstruction with joint sparing cannot be achieved by intercalary prosthesis.
Recently, it has been accepted that the porous structure could significantly improve the integration ability of a prosthesis (Batta et al., 2014). In our previous clinical evaluation of three-dimensionally (3D)-printed porous intercalary prostheses, excellent interfacial integration was observed, even with a residual bone length shorter than .7 cm (Lu et al., 2018; Zhao et al., 2020). In this study, we aimed to design and apply a new 3D printed uncemented prosthesis with special features and evaluate its feasibility for the treatment of proximal humeral defects. The detailed design and features of the prosthesis, surgical techniques, and early-term clinical outcomes are presented and analyzed.
2 MATERIALS AND METHODS
2.1 Patients
Between March 2018 and July 2019, seven patients (two females and five males) with humeral malignant tumors received 3D printed uncemented prosthesis reconstructions in our institution. The average age was 19.25 years (range, 16–24 years). All the patients received preoperative radiographic assessments, including x-rays, 3D computed tomography (CT) scans (Philips Brilliance 64 Slice, thickness: .4 mm), magnetic resonance imaging (MRI) scans, and bone scans (SPECT) or positron emission tomography/computerized tomography (PET/CT) scans (Figure 1). A preoperative biopsy was performed for all patients. An Enneking surgical staging system was used to evaluate the surgical stage (Enneking, 1986). Tumor locations were classified with reference to the epiphyseal plate proposed by Kumta et al. (Kumta et al., 1999). Neoadjuvant chemotherapy was performed for patients with high-grade sarcoma according to the NCCN guidelines for bone cancer. The detailed characteristics of the patients are summarized in Table 1.
[image: Figure 1]FIGURE 1 | (A) X-ray, (B–D) 3D CT, (E) MRI, and (F) SPE/CT of case 1 with proximal humerus osteosarcoma are shown.
TABLE 1 | Patient characteristics.
[image: Table 1]This study was performed in accordance with the Declaration of Helsinki as revised in 2008 and was approved by the Ethics Committee of the West China Hospital. All patients signed an informed consent form before surgery and provided consent to publish and report individual clinical data.
2.2 Anatomical data measurement
The 3D CT data of patients were imported to Mimics V20.0 software (Materialise Corp., Leuven, Belgium) to build virtual 3D models of the tumor and bone. The tumor edge was determined using the combination of x-ray, MRI, and SPECT. Anatomical data, including the diameter of the humeral head, the proximal and distal osteotomy location, the resection length, the length of the residual humerus, and the diameters of the intramedullary cavity, were obtained. The curative margin was subsequently obtained to determine the tumor resection and residual bone parts, and an operation simulation was performed using Geomagic Wrap software (Geomagic inc., Morrisville, NC) (Figure 2A).
[image: Figure 2]FIGURE 2 | (A) The model of the humerus with tumor was established using 3D CT and MRI. (B,C) Prosthesis models (B,C) were designed based on the anatomy data.
2.3 Prosthesis design and fabrication
All prostheses were designed by our clinical team according to the anatomical data, and were fabricated by Chunli Co., Ltd., Tongzhou, Beijing, China. The prostheses consisted of a head, shaft, and stem. A hemisphere-like structure was selected for the design of the head shape, and the size of the head was customized in all patients as per the host humeral head. In addition, specific features, including suture holes and cone-like structures, were added to enhance the initial stability of the bone-implant interface. In detail, a solid core porous shell complicated structure concept was applied to design the prosthesis head. The thickness of the porous shell layer was 3–4 mm. Furthermore, 600-µm pores with 70% porosity were suggested for the setting of the porous shell (Karageorgiou and Kaplan, 2005; Palmquist et al., 2013; Hara et al., 2016; Shah et al., 2016; Wang et al., 2019). The shaft length depended on the bone defect length of the patient (Figures 2B, C).
The prosthesis was made of titanium alloy (Ti6Al4V powder, Chunlizhengda Corp., Beijing, China) and was fabricated using the electron beam melting technique (ARCAM Q10 plus, Mölndal, Sweden) with the powder bed fusion technique. The metal powder was placed in a vacuum and fused by heat from an electron beam. The components were then fabricated as per the previously designed model by the continuous addition of pre-alloyed powder layers. The plastic patient-specific instruments and trial models were fabricated via stereo lithography apparatus techniques (UnionTech Lite 450HD, Shanghai, China) (Figure 3).
[image: Figure 3]FIGURE 3 | Fabricated prosthesis pictures. (A) Prosthesis head. (B) Prosthesis shaft. (C) prosthesis stem. (D) Assembled prosthesis.
2.4 Surgical techniques
All patients were placed in a supine position. Through an anterior longitudinal humeral incision, the radial nerve was exposed and well protected. The preservation of the rotator cuff insertions was performed before the segmental resection. The osteotomy was performed with patient-specific instruments, in reference to the greater tubercle of the humerus. The remaining proximal humerus was trimmed, while reaming was performed to press-fit the prosthesis. The bone marrow from the reamed canal and trabecular bone trimmings were collected for subsequent autograft (Figure 4A).
[image: Figure 4]FIGURE 4 | Intraoperative pictures. (A) The remaining proximal humerus was trimmed after segmental resection. (B) The prosthesis stem was press-fit after assembly. (C) The prosthesis was implanted, and muscles were reconstructed using Marlex mesh.
The prosthesis was implanted after autografting. Extra fixation depended on the intraoperative initial stability of the prosthesis. When the prosthesis was appropriately in place, axial compression was carried out to press the cone-like structure into the proximal cancellous bone. The remaining proximal humeral cortex was sutured to the prosthesis head with the rivet lines, and the sutured cortex needed to be sufficiently stable to prevent avulsion (Figure 4B).
The residual muscles were anatomically relocated to the prosthesis surface with rivet lines but without knotting. The muscles posterior and medial to the humerus were sutured first, followed by the muscles anterior and lateral to the humerus. The knots to suture the rotator cuff were finished together to balance perishoulder muscle tension. The deltoid, pectoralis major, and pectoralis minor, which are important for shoulder ROM, were finally reconstructed, and soft tissue coverage was achieved. Intraoperative time and blood loss were recorded (Figure 4C).
2.5 Postoperative treatment and follow up
The affected limbs of patients were immobilized at 80° of abduction and 60° of flexion for 4 weeks. Passive movements were allowed after week 4, and patients were gradually transited to active movement at week 6. The exact time of lifting and exercise depended on the degree of osseointegration. Postoperative chemotherapy was started 2 weeks after surgery.
All patients underwent evaluations, including monthly physical examinations and radiography, during the first 3 months postoperatively and every 3 months thereafter. The absence of periprosthetic radiolucency or the observation of bone bridging, spot welding, and neocortex formation between the trabecular structures and the implant surface on x-rays or Tomosynthesis-Shimadzu Metal Artefact Reduction Technology (T-SMART) was considered good osseointegration. Chest CT scans were used to evaluate lung metastasis every 3 months. Functional outcomes were assessed using the Musculoskeletal Tumor Society score (MSTS), ROM of the glenohumeral joint was recorded, and complication rates were assessed.
2.6 Statistical analysis
Statistical analyses were performed using IBM SPSS Statistics software, version 22 (IBM SPSS, Armonk, NY, United States). Continuous data are represented as mean ± standard deviation. Student’s t-test was used to compare continuous variables. p < .05 was considered statistically significant.
3 RESULTS
Detailed measurement data are summarized in Table 2. The mean diameter of the humeral head was 42.4 ± 2.0 mm. The mean resection length was 130.5 ± 47.5 mm, and the mean lengths of the residual proximal humerus and residual distal humerus were 17.9 ± 1.3 and 155.5 ± 50.2 mm, respectively.
TABLE 2 | Anatomy data.
[image: Table 2]Detailed prostheses data are summarized in Table 3. The mean diameter of the prosthesis head was 34.7 ± 1.3 mm. According to different resection lengths, the mean length of the prosthesis was 178.6 ± 50.1 mm. Based on the residual length and the diameter of the intramedullary cavity, the mean length and diameter of the prosthesis stem were 48.6 ± 3.8 mm and 10.7 ± .8 mm, respectively.
TABLE 3 | Prosthesis data (mm).
[image: Table 3]Surgeries took 3.3 ± .7 h and the mean volume of intraoperative hemorrhage was 225.7 ± 59.1 ml. The entire supraspinatus and most of the infraspinatus were preserved in every case. The teres minor was rarely preserved, and part of the subscapularis was preserved.
The mean follow-up period was 26 months (range, 18–33 months). The average MSTS score was 94.3%, which increased with statistical difference (p < .05). Average abduction was 83.8°, flexion was 82.5°, extension was 43.8°, and adduction was 16.3° in this series (Figure 5). No aseptic loosening, breakage, dislocation, and infection of prostheses were found until the last follow up. No local recurrence and distant metastasis were observed in all cases. One patient had radial nerve palsy, which recovered completely 5 weeks after surgery. The absence of radiolucency between the prosthesis and the bone was observed with T-SMART 6 months postoperatively (Figure 6). Intraoperative data and oncologic and functional outcomes are summarized in Table 4.
[image: Figure 5]FIGURE 5 | The shoulder abduction of case 1 was normal 6 months after surgery.
[image: Figure 6]FIGURE 6 | T-SMART showed preliminary osseointegration 6 months after surgery.
TABLE 4 | Intraoperative data and oncologic and functional outcomes.
[image: Table 4]4 DISCUSSION
Tumorous defect reconstructions with shoulder joint preservation involving the metaphysis are challenging due to the limited surgical techniques and prosthesis designs. Our 3D printed porous prosthesis with cone-like structures successfully achieved joint-sparing reconstruction of proximal humeral tumorous defects with satisfying functional outcomes.
Prosthetic reconstruction is probably the most widely used method because of its availability, low complication rates, and acceptable functional results compared with other approaches (Ceruso et al., 2001; Gupta et al., 2017). The resection length and residual bone are important parameters for the application of an intercalary prosthesis. Benevenia et al. suggested that an intercalary prosthesis is a good reconstruction method for humeral defects when residual bone length is ≥ 4 cm (Benevenia et al., 2016). However, the length of intramedullary fixation severely restricted the application of the prosthesis. Abudu et al. (1996) showed that an intercalary prosthesis has a high risk of early loosening when the intramedullary fixation length is < 5 cm. When the fixation length is < 4 cm, a previous study advocated for extracortical plates to enhance fixation (Sewell et al., 2011). When the residual bone length is < 3 cm, or even 2 cm, the remaining humeral head has to be sacrificed for arthroplasty, which leads to potentially increased instability and a permanent reduction in limb function (Hardes et al., 2013).
In our study, the newly porous prosthesis successfully reconstructed the humeral defect and preserved the shoulder joint. Average ROM was 83.75° for abduction, 82.5° for flexion, 43.75° for extension, and 16.25° for adduction. The functional results showed an average MSTS score of 94.29%, which is better than those of other series (Wittig et al., 2002; Li et al., 2012; Zheng et al., 2019). In all cases, periprosthetic radiolucency disappeared 6 months postoperatively, and bone ingrowth could be observed with T-SMART.
Good osseointegration induced by uncemented fixation is essential for the long-term survival of the prosthesis with joint preservation. By contrast, cemented fixation failed to achieve joint-preserving reconstruction in cases of residual bone length of < 2 cm, and certainly cannot achieve interfacial integration, which inevitably results in prosthesis loosening or dislocation. McGrath et al. reported on 13 patients who underwent cemented intercalary prosthetic reconstruction (the shortest intramedullary stem = 3 cm) for malignant bone disease of the humerus (McGrath et al., 2011). Aseptic loosening occurred in four cases, and two patients presented with periprosthetic fractures. The overall complication rate related to the prosthesis was 31%. To promote osseointegration, the structure of the prosthesis was optimized. Previous studies showed that the porous structures (pore size of 300–800 µm and porosity of 70%) at the interface could enhance bone ingrowth (Karageorgiou and Kaplan, 2005; Palmquist et al., 2013; Hara et al., 2016; Shah et al., 2016; Wang et al., 2019). So, porous structures with a porosity of 70% and pore size of 600 µm were applied in the shell layer of the prosthesis head in our study.
However, osseointegration could be affected by micromotion through the formation of fibrous tissues and the induction of bone resorption (Pilliar et al., 1986). To reduce micromotion, we designed cone-like structures with uniform distribution on the prosthesis head. The advantages of the cone design are as follows. First, the design increases the contact surface and friction to reduce micromotion. Second, axial pressure makes the cones anchor into the spongy bone, which improves the initial rotational stability. Third, the contact of the cancellous bone and cones increases the shear force of the interface to avoid possible relative displacement. Furthermore, the tight sutures of the humeral head to the prosthesis provide axial stability to prevent the separation of the bone and the prosthesis. Moreover, all patients were restricted to passive movements of the involved shoulder by limb immobilization within the first 4 weeks, during which time bone ingrowth occurred. The optimization of the porous shell and the control of micromotion laid the foundation for subsequent functional rehabilitation. Comparatively, cemented intramedullary fixation relies on the adhesive properties of cement to provide initial stability. Zhao et al. (2020) suggested that high rotational stress and traction play a role in the early loosening of cemented fixation and recommended adding a preventive additional extracortical plate to share the partial stress of the intramedullary fixation. However, extracortical plate implantation increases the risk of prosthesis related complications, such as infection and rupture.
There were no cases of subluxation or dislocation in our study. Patients could even complete circumduction movements in the sagittal plane (Supplementary Video S1). Dynamic x-rays showed smooth movement of the shoulder joint (Supplementary Video S2). By comparison, patients have been reported to present with decreased shoulder abduction after resection of the proximal humerus, even after undergoing arthroplasty or bone graft (Wittig et al., 2002). In Dubina’s review, 84 patients from eight studies of shoulder arthroplasty were analyzed. The mean MSTS score was 70%, and 26% patients presented with mechanical failure. The favorable result of our study depends not only on the prosthesis design rationale but also on important anatomic structure preservation and precise surgical techniques. First, the preservation of the shoulder joint and rotator cuff directly resulted in good function of the shoulder joint. Although direct attachment of the residual rotator cuff to the allograft or prosthesis was performed, some proximal subluxation inevitably occurs because of the improper reconstruction of the rotator cuff (Ayoub et al., 1999; Black et al., 2007). Joint preservation reduced the difficulty of muscle reconstruction and the damage to the muscle insertions, which enhanced postoperative recovery. Second, the preservation of the articular capsule and rotator cuff maintained the passive tension of the joint. When the shoulder joint is in motion, passive tension in the rotator cuff provides compressive stress between the articular surfaces, which forms concavity compression to stabilize the joint (Halder et al., 2001). Additionally, the coordination of rotator cuff muscle contraction keeps the stress in balance in all directions, which is conducive to the stability of the shoulder joint (Lee et al., 2000; Abboud and Soslowsky, 2002). In our study, all patients had their entire humeral head and most of the rotator cuff preserved. Each insertion of the rotator cuff around the anatomical neck was marked with suture traction before the osteotomy and was sutured in situ after prosthesis implantation. The supraspinatus was intact and most of the infraspinatus was preserved because the insertion position was superior to the osteotomy plane. However, part of the subscapularis and most of the teres minor were removed to ensure a curative margin. Thus, we used Marlex mesh to repair the insufficient muscles. Therefore, the stability of the glenohumeral joint was well preserved and joint tension was maintained. On the basis of the stability of the glenohumeral joint, other muscles that also influence shoulder abduction, such as the deltoid muscle and pectoralis major, were carefully sutured through the designed holes on the prosthesis surface.
Our study has some limitations. First, because of the differences in the extent of the resections and disease processes, it was difficult to formulate a comparative control group. Second, there was no biomechanical analysis included in our study. Future studies should include a finite element analysis. Third, it is possible that more complications might arise after a longer follow up, but a safe surgical margin was obtained and no local recurrence was recorded at our last follow up. Therefore, further research should be performed and a longer follow up is needed.
5 CONCLUSION
A 3D printed prosthesis with cone-like structures can successfully achieve joint-sparing reconstruction of proximal humeral tumorous defects. The prosthesis was designed to improve initial stability and promote osteointegration, which ensured good survival. A surgical technique that considers shoulder joint integrity and passive tension balance results in favorable function.
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Porous tantalum implants are a class of materials commonly used in clinical practice to repair bone defects. However, the cumbersome and problematic preparation procedure have limited their widespread application. Additive manufacturing has revolutionized the design and process of orthopedic implants, but the pore architecture feature of porous tantalum scaffolds prepared from additive materials for optimal osseointegration are unclear, particularly the influence of porosity. We prepared trabecular bone-mimicking tantalum scaffolds with three different porosities (60%, 70% and 80%) using the laser powder bed fusing technique to examine and compare the effects of adhesion, proliferation and osteogenic differentiation capacity of rat mesenchymal stem cells on the scaffolds in vitro. The in vivo bone ingrowth and osseointegration effects of each scaffold were analyzed in a rat femoral bone defect model. Three porous tantalum scaffolds were successfully prepared and characterized. In vitro studies showed that scaffolds with 70% and 80% porosity had a better ability to osteogenic proliferation and differentiation than scaffolds with 60% porosity. In vivo studies further confirmed that tantalum scaffolds with the 70% and 80% porosity had a better ability for bone ingrowh than the scaffold with 60% porosity. As for osseointegration, more bone was bound to the material in the scaffold with 70% porosity, suggesting that the 3D printed trabecular tantalum scaffold with 70% porosity could be the optimal choice for subsequent implant design, which we will further confirm in a large animal preclinical model for better clinical use.
Keywords: additive manufacturing, bone repair, osseointegration, porosity, tantalum scaffold, trabecular
1 INTRODUCTION
Bone tissue has a natural regenerative and self-healing capacity to repair minor injuries such as cracks. However, large bone defects caused by severe trauma, degenerative disease, congenital malformations or surgical removal of malignant tumors often require surgical intervention to reconstruct bone morphology and function so as to achieve complete healing (McDermott et al., 2019; Koons et al., 2020). Moreover, changes in the bone microenvironment caused by degenerative diseases, infections, osteoporosis, and bone metastases have a large influence on bone repair (Claes et al., 2012). Current bone repair materials successfully used in clinical settings are bioactive bone (homogeneous autologous bone/homogeneous allogeneous bone/xenogeneic bone), bioceramics (hydroxyapatite, calcium phosphate, tricalcium phosphate), inorganic/organic polymers (collagen, alginate, polylactic acid, polyethylene glycol) and biomedical metals (titanium, stainless steel and tantalum) (Webber et al., 2016; Gillman and Jayasuriya, 2021). Bioactive bone is the gold standard for bone repair materials due to its excellent osteogenic, osteoinductive and osteoconductive properties, but insufficient donor sources, collateral donor site damage, potential risk of infectious disease transmission and immunogenicity restrict its large-scale use (Amini et al., 2012). Bioceramics provide relatively high compression modulus and release bioactive ions, but are brittle (Jakus et al., 2016). Polymers are widely available and easy to modify, but also have weak mechanical properties and immunogenicity risks (Guo et al., 2021). Therefore, the above materials are mostly used to repair small, non-weight-bearing bone defects, while metal is the best solution for critical and weight-bearing bone defects due to its excellent mechanical properties and good biocompatibility (Pobloth et al., 2018). Pure titanium and titanium alloys (Ti6Al4V) are the most commonly used metal implants in clinical practice which have high mechanical strength, fatigue resistance and corrosion resistance, but they also suffer from aseptic loosening around the implant due to the stress-shielding effect caused by high elastic modulus, side effects related to corrosion-induced ion release, and poor osseointegration performance (Alipal et al., 2021).
Tantalum metal has excellent biological affinity, superior corrosion resistance, good mechanical ductility, bone formation and bone conduction properties, and is increasingly favored by clinicians and researchers (Levine et al., 2006). As an inert metal, tantalum can combine with oxygen to form a stable tantalum pentoxide (Ta2O5) passivation film, which is not easy to corrode; At the same time, the presence of oxide film is conducive to the formation of osteoid apatite coating and reduces the adhesion and colonization of bacteria (Han et al., 2019). Similar to the elastic modulus (110 GPa) of titanium alloys, the elastic modulus of dense bulk tantalum (186 GPa) is significantly higher than that of human cortical bone (3–30 GPa) and cancellous bone (0.02–2 GPa) (Wang et al., 2016; 2021). In addition, the high density (16.68 g/cm3) and high melting point (2,996°C) of tantalum constrain the industrial manufacturing and medical applications of tantalum materials (Black, 1994). It was not until the 1990s that a highly porous trabecular tantalum metal (Trabecular MetalTM(TM), Zimmer, Warsaw, IN, United States) prepared by chemical vapor deposition (CVD) was introduced and successfully used in clinical applications, including but not limited to femoral or tibial cone and augmentation in knee/hip arthroplasty revision, monoblock/modular tibial component, acetabular cup prosthesis, femoral necrosis reconstruction rods, interbody fusion cage, artificial shoulder prosthesis and dental implants (Bobyn et al., 1999; Christie, 2002; Cohen, 2002; Huang et al., 2021). However, there are still some intractable key problems with the CVD method. First, this traditional preparation technology is costly, time-consuming, and inefficient; second, it is difficult to prepare bone implants that are individually tailored by the patient to fit the shape of the anatomical site; and third, it is impossible to guarantee the accuracy of the design and control of the porous structural features of the scaffold.
Additive manufacturing, as an advanced, powerful and mature processing technology, overcomes the deficiencies of traditional techniques and can be used to manufacture porous metal scaffolds with complex layered structures and high precision, which has very attractive application prospects (Bose et al., 2018). Additive manufacturing technologies are still progressing rapidly, including but not limited to selective laser melting (SLM), electron beam melting (EBM), selective laser sintering (SLS), laser engineered net shaping (LENS), fused deposition modeling, binder jetting, and direct metal printing (Chen Y. et al., 2020). SLM (Wauthle et al., 2015; Guo et al., 2019; Wang et al., 2019; Yang et al., 2020) and LENS (Balla et al., 2010; Bandyopadhyay et al., 2019) has been successfully used in the preparation of porous tantalum scaffolds. Among them, SLM, in particular Laser-based powder bed fusion (LPBF), stands out for its good stability, high efficiency, smooth surface finish and the ability to precisely tune the internal pore architecture of the porous structure.
The porous structure is critical for the mechanical and biological properties of the implant. Porosity, pore geometry, pore size, strut diameter and interconnectivity of pores are important parameters for the topology design of porous architectures (Gao et al., 2021). Among these, porosity is regarded as the dominant effect affecting the mechanical (stiffness and hardness) and biological properties of the implant, with other parameters such as pore geometry being a non-negligible secondary effect (Al-Ketan et al., 2018; Kelly et al., 2018). On the one hand, high porosity reduces the mechanical strength of metal scaffolds and subsequently achieves an elastic modulus comparable to that of bone, which helps to reduce stress shielding; on the other hand, high porosity provides a large specific surface area to promote cell migration as well as nutrient delivery and improves osseointegration. Several studies have reported the effect of porosity on the performance of porous metal scaffolds (Cheng et al., 2014; Chen Z. et al., 2020; Pei et al., 2021). Cheng et al. prepared a titanium alloy scaffold mimicking the structure of human cancellous bone using SLS and compared the effects of three porosities (16%, 38% and 70%, respectively) on in vitro osteogenesis, and found that the scaffold with 70% porosity was more favorable for osteoblast proliferation and differentiation (Cheng et al., 2014). Chen et al. compared Ti6Al4V ELI scaffolds with 60% and 70% porosity and showed that the scaffold with 60% porosity had the best bone growth outcome (Chen Z. et al., 2020). Among the porous tantalums prepared by additive materials, Wauthle et al. prepared highly porous tantalum implants (80% porosity) using SLM and demonstrated their excellent osteoconductivity and mechanical properties in vitro and in vivo (Wauthle et al., 2015). The above contradictory results may be related to the pore structure, material properties, preparation process, etc. Therefore, further studies are needed to comprehensively adjust the porous structure characteristics to achieve the optimization of mechanical and biological properties. Human cancellous bone is a complex morphologically irregular porous structure with porosity ranging from 50% to 90% and pore size of 300–500 μm, with non-homogeneous anisotropic properties (Li et al., 2017). The only porous tantalum implant successfully used in clinical practice to date, Trabecular Metal, uses a bone trabecular structure with 70%–85% porosity and an average pore size of 400–600 μm, a unique biomimetic structure that seems to have even more outstanding advantages (Wang et al., 2020). Yang et al. have successfully prepared porous tantalum scaffolds with a more refined trabecular bone mimetic structure using LPBF previously. Compared with the CVD-prepared TM, the trabecular bone tantalum scaffold prepared by SLM has the same porosity, interconnectivity of pores as well as larger pores and coarser filament diameter, and comparable mechanical properties to human cancellous bone (Yang et al., 2020). However, the biological properties of SLM-prepared trabecular tantalum scaffolds have not been fully investigated, especially the effect of porosity. In order to improve the reliability of implants in medical applications and for better clinical translation, there is an urgent need to systematically investigate the effects of porosity on bone formation, bone ingrowth and osseointegration of SLM-prepared trabecular tantalum scaffolds.
Therefore, the aim of this study was to explore the optimal porosity of SLM-prepared trabecular tantalum scaffolds for bone ongrowth and bone ingrowth. To this end, a series of trabecular bone tantalum scaffolds with different porosity were prepared by LPBF and characterized, followed by an in vitro study of their cytocompatibility and osteogenic ability, and finally a comparison of bone growth ability and biosafety in a rat femoral bone defect model.
2 METHODS
2.1 Material preparation and characterization
We designed three types of porous tantalum scaffolds (60%, 70% and 80%) with different porosity of bionic trabeculae (denoted as Ta T60, Ta T70 and Ta T80, respectively) and prepared porous tantalum discs (10 mm in diameter × 3 mm in height) for in vitro studies and porous tantalum cylinders (3 mm in diameter × 5 mm in height) for in vivo studies with the above structures by 3D printing technology. Specifically, the bionic bone trabeculae structure and 3D conformation of the porous tantalum scaffold were designed by Rhino3D NURBS V7.0 (Robert McNeel & Assoc., Seattle, WA, United States) and Materialise Magics V22.0 (Materialise N.V., Leuven, Belgium). Based on the aforementioned computer-aided design (CAD) model, The sample was prepared by Dazhou Medical Co., Ltd. (Shenzhen, Guangdong, China)] ulitizing PBLF additive manufacturing system Farsoon FM271M (Farsoon Technologies Co., Ltd., Changsha, Hunan, China). TEKMATTM Ta-45 powder (TEKNA Advanced Materials Inc., Sherbrooke, QC, Canada) was used, and the powder was melted by the laser under reasonable laser parameter regulation, stacked layer by layer, and solidified into shape. The final sample is obtained after sandblasting and annealing treatment. Finally, sufficient ultrasonic shaking and cleaning were applied to remove the unfused particles from the support.
The pore characteristics, surface morphology and elemental composition of the samples were determined using field emission scanning electron microscopy (FE-SEM, Hitachi S4800, Japan), energy disperse spectroscopy (EDS) and ImageJ were used for the analysis. The actual porosity of the samples was calculated using the weight method at standard atmospheric pressure according to the following formula.
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Static mechanical testing of porous tantalum scaffolds with different porosity including compression, bending and torsion experiments have been reported in previous studies (Yang et al., 2020).
2.2 In vitro cytocompatibility assessment
2.2.1 Culture of cells on materials
All materials were sonicated and vortexed for 2 h and washed with ultraclean water to remove unmelted powder prior to use. After autoclaving and drying, porous tantalum scaffolds were placed in 48-well plates with a small amount of Minimum Essential Medium-alpha (α-MEM, Hyclone) for infiltration. Rat bone marrow mesenchymal stem cells (rBMSCs) were extracted and cultured as previously described (Huo et al., 2021). The cell harvesting was approved by the Animal Ethics Committee of Renji Hospital, Shanghai Jiao Tong University School of Medicine. Briefly, cells were cultured in α-MEM containing 1% penecillin-streptomycin and 10% fetal bovine serum (FBS, Hyclone, Logan, UT, United States) in an incubator (37°C, 5% CO2 and 95% air) and maintained in an incubator with fluid exchange every 3 days. Cells passed to the second or third generation were used for subsequent experiments. If not otherwise specified, rBMSCs were inoculated on the surface of the scaffolds at a density of 2 × 104 cells/well in 48-well plates with α-MEM submerged scaffolds and fluid exchanges every other day.
2.2.2 Cytotoxicity and hemolytic reactions
Cytotoxicity and proliferation on the scaffold were assessed by Cell Counting Kit-8 (CCK-8) assay and hemolysis assay. The group inoculated with cells alone without scaffold served as control. Cells on scaffolds were assayed on days 1, 3, and 5 using CCK-8 reagent (Dojindo, Kumamoto, Japan). The original medium was replaced with fresh complete medium containing 10% CCK-8 and incubated in the incubator for 2 h. After incubation, 100 μL of supernatant per well was added to a new 96-well plate, and the optical density (OD) values at 450 nm were measured using a microplate reader (BioTek microplate reader). Each experiment was repeated three times. In addition, fresh blood samples were taken from the tail vein of rats for the hemolysis test, and the blood cells were collected by centrifugation at 3,000 rpm for 5 min. Phosphate buffer solution (PBS) was washed three times and resuspended to reach a final erythrocyte concentration of 4% (v/v). The sample was placed in a centrifuge tube, and a sufficient amount of fresh erythrocyte suspension was added. After 2 h incubation at 37°C, samples were centrifuged at 3,000 rpm for 3 min. 100 μL of supernatant was transferred from each tube to a 96-well plate, and the OD value was detected at 560 nm. The 0.1% Triton X-100 solution and PBS were used as positive control and negative control, respectively, and three parallel groups of each sample were used. The hemolysis rate (%) was calculated according to the following formula:
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(OD560 (Sample), OD560 (PBS) and OD560 (Triton) are the OD value of samples, PBS and Triton X-100 solution at 560 nm, respectively).
2.2.3 Live/dead cell staining
rBMSCs (4×104 cells/well) on the different scaffold were cultured for 7 days, and cell viability was assessed using Calcein/PI Live/Dead Assay Kit (#C2015M, Beyotime Biotechnology, Shanghai) according to the instructions. Briefly, cells on the samples were added to the Calcein/PI working solution, incubated for 30 min at 37°C in the dark and the staining effect was observed under the confocal laser scanning microscope (CLSM).
2.2.4 SEM observation of cell morphology
Cells were cultured as above for 1 day (density of rBMSCs was 2×104 cells/well), and the cells on the surface of the scaffolds were washed 3 times with PBS and fixed overnight at 4°C in 2.5% glutaraldehyde solution. Then, the cells were washed 3 times with deionized water, dehydrated in alcohol solution with stepwise concentrations (30%, 50%, 70%, 80%, 90%, and 100%) for 10 min, dried and sprayed with gold, and observed under a scanning electron microscope (Carl Zeiss, Germany).
2.3 In vitro osteogenic response assessment
2.3.1 Cell culture
rBMSCs were seeded at a density of 2 × 104 cells/well on the surface of the material as described previously, and after 24 h the complete medium was replaced with an osteogenic induction solution (containing 10% FBS, 1% penecillin-streptomycin, 100 nmol/L dexamethasone, 10 mmol/L β-glycerolphosphate and 50 mmol/L ascorbic acid) and continue to incubate at 37°C in a humidified incubator with 5% CO2, followed by fluid exchanges at 2-day intervals.
2.3.2 Alkaline phosphatase (ALP) staining and activity quantification
ALP staining and activity quantification of cells on the material surface were performed on days 7 and 14. Cells on the surface of the material were fixed with 4% paraformaldehyde for 1 min and stained by BCIP/NBT Alkaline Phosphatase Color Development Kit (#C3206, Beyotime Biotechnology, Shanghai) according to the instructions. Incubated for 30 min at room temperature in the dark, washed and dried, and took pictures. Meanwhile, ALP activity was assayed using the Alkaline Phosphatase Assay Kit (#P0321M, Beyotime Biotechnology, Shanghai). In brief, cells on the scaffold were washed with PBS, lysed on ice for 10 min with 0.1% Triton X-100, and the supernatant was removed. The absorbance was measured at 405 nm according to the operating instructions. In addition, total cellular protein of cells on the surface of each material was quantified using the BCA Protein Assay Kit (#23227, Thermo Scientific Pierce, Rockford, United States), and absorbance was measured at 562 nm. The ALP/total protein ratio was calculated to quantify ALP activity.
2.3.3 Alizarin red S staining and semi-quantification
Cells on scaffolds were examined after 14 and 21 days of culture using the Alizarin Red S Staining Kit for Osteogenesis (#C0138, Beyotime Biotechnology, Shanghai). Briefly, cells on scaffolds were fixed with 4% paraformaldehyde for 20 min, washed 3 times with PBS, stained with Alizarin Red S staining solution at room temperature for 30 min, washed with deionized water and photographed for mineralized nodules. After that, 10% cetylpyridinium chloride was added to lyse the mineralized nodules and the absorbance was measured at 620 nm for semi-quantitative analysis.
2.3.4 Quantitative real-time fluorescent PCR (qRT-PCR)
rBMSCs were inoculated at a density of 5 × 104 cells/well on the material surface in 24-well plates for 7 and 14 days. Total RNA was extracted from rBMSCs using Simply P Total RNA Extraction Kit (#BSC52M1, Bioer Technology, Hangzhou, China). Next, reverse transcription reactions of total RNA were performed with the Primierscript RT Master kit (as indicated) to obtain cDNA. Osteogenic-related genes including ALP, bone morphogenetic protein 2 (BMP2), C-X-C motif chemokine ligand 12 (CXCL12), Runt-related transcription factor 2 (RUNX2), and osteocalcin (OCN) were analyzed by qRT-PCR using a TB Green Premix Ex TaqII (Takara, Japan) on a fluorescent quantitative PCR instrument (QuantStudio 7, Thermo Scientific, United States) was performed. The relative expression of the above genes was calculated using the internal reference gene GAPDH as a control. The primers were synthesized by Sangon Biotech (Shanghai, China), and the sequences are shown in Table 1.
TABLE 1 | Primer sequences of rBMSCs used for qRT-PCR in this study.
[image: Table 1]2.4 In vivo bone ingrowth and biosafety assessment
2.4.1 Surgical procedures
All animal experiments and operations were approved by the Animal Ethics Committee of Renji Hospital, Shanghai Jiao Tong University School of Medicine. We established a rat model of bone defect repair in the lateral femoral condyle. A total of 36 male SD rats (12 weeks old, mean weight 350 g ± 25.2 g) were obtained from the Shanghai Lab. Animal Research Center and randomly divided into three groups: 1) porous tantalum scaffold with 60% porosity (denoted as Ta T60); 2) porous tantalum scaffold with 70% porosity (denoted as Ta T70), and 3) porous tantalum scaffold group with 80% porosity (denoted as Ta T80). Each rat was anesthetized with 2% pentobarbital sodium (0.2 mL/100 g, intraperitoneal injection). After shaving and disinfection of the right lower extremity of the rats, a 3-mm diameter, 5-mm deep bone defect perpendicular to the bone surface was made. After saline rinsing to remove the bone debris, porous tantalum scaffolds with different porosity were implanted. Finally, the wound was flushed with saline and sutured layer by layer. Six and 12 weeks after implantation, the rats (6 per group) were euthanized to collect femoral samples. At 4 and 2 weeks before rats were sacrificed, alizarin red (30 mg/kg) and calcein (20 mg/kg) were injected intraperitoneally to mark the new bone formation process.
2.4.2 Imaging assessment of the osteogenic properties of porous tantalum scaffolds in vivo
At 6 and 12 weeks postoperatively, intact right femurs of rats were obtained and fixed in 4% paraformaldehyde. The imaging characteristics of the porous tantalum scaffold were routinely evaluated using X-ray and micro-CT. X-ray frontal and lateral radiographs of the intact femur were taken using an X-ray imaging system (M-20, Faxitron, United States). Meanwhile, the femoral condyles and femur were scanned using micro-CT (SkyScan1076, Bruker, Belgium) to detect bone growth.
2.4.3 Histological and histometric analysis of bone ingrowth in porous tantalum scaffolds
After completion of imaging, rat femoral specimens were subjected to hard tissue sectioning stained with Van Gieson (VG) and methylene blue (MB). The stained sections were imaged by a high-resolution microscope and an automated digital section scanner. Images of bone ingrowth within the scaffold with different magnifications were obtained. Semi-quantitative analysis of bone ingrowth was performed by Image Pro Plus 6.0 software (Media Cybernetic, Rockville, MD, United States). Two methods were used to analyze bone ingrowth and osseointegration: one was to calculate the relative bone area (RBA), which is the area of new bone divided by the available void area (available void area = total area—metal area), and the other was to calculate the bone implant contact (BIC) index, which is the length of direct contact with bone at the interface/total length of the interface. Fluorescent labeling of transverse sections was observed with a fluorescence microscope (Leica, Germany). The excitation/emission wavelengths of alizarin red and calcein were 543/580–670 and 488/500–550 nm, respectively. Other unstained hard tissue sections were gold sprayed and the morphological and compositional changes of bone and scaffold were characterized by SEM and EDS.
2.4.4 In vivo biosafety assessment of porous tantalum scaffolds
The general condition of the rats including body temperature, weight change, and wound healing were observed daily after surgery. At 12 weeks postoperatively, arterial blood was randomly drawn from rats in each experimental group by cardiac blood collection (n = 3). Routine blood and blood biochemical parameters, including alanine aminotransferase (ALT), blood urea nitrogen (BUN) and creatine kinase (CK), were measured and compared. Meanwhile, heart, liver, spleen, lung and kidney organ specimens were obtained from each experimental group and HE staining was performed to assess the possible organ pathological damage.
2.5 Data analysis
Data analysis was performed using SPSS 26.0 statistical software (SPSS Inc., Chicago, United States). Numerical data are reported as mean ± standard deviation (SD). Statistical differences were analyzed by unpaired two-tailed Student's t-test or one-way ANOVA with Tukey post hoc comparisons. p < 0.05 were considered to be statistically significant.
3 RESULTS
3.1 Characterization of porous tantalum scaffolds
Figure 1A show the modeling and general appearance of porous tantalum scaffolds (discs and cylinders) with different porosities. Macroscopically, the surface of the scaffolds is smooth and flat, the pore structure is trabecular bone mimetic, and the pore size of each scaffold varies, which is consistent with the model. Then, we used SEM to further observe the microstructure of each scaffold (Figure 1C). The results showed that the strut diameter of each scaffold was uniform and complete, with the similar micro/nano rough surface, almost no unfused particles were present, and the pore size was consistent with the macroscopic one. In addition, the EDS results proved that all three porous tantalum scaffolds have only the presence of tantalum and oxygen elements, and the percentage of tantalum elements is basically the same (Figure 1D). The above results confirmed that pure tantalum porous scaffolds were successfully prepared by SLM with different pore sizes. Further, we compared the structural parameters such as porosity of each scaffold, and the structural parameters as well as mechanical properties of the three porous tantalum scaffolds are summarized in Table 2.
[image: Figure 1]FIGURE 1 | Material characterization of three porous tantalum scaffolds with different porosities. 3D modeling (A) and general appearance (B) of porous tantalum scaffolds (left: disks, right: cylinders). (C) and (D) Surface morphology of porous tantalum scaffolds under electron microscopy at ×30 (C) and ×100 (D) magnification, respectively (The upper right corner of Figure D is 1,000x magnification). EDS mapping (E) and spectra (F) show the elemental distribution and composition of each scaffold.
TABLE 2 | Structural parameters and mechanical properties of 3D-printed porous tantalum scaffolds with different porosities.
[image: Table 2]3.2 In vitro cytocompatibility
First, we assayed CCK-8 after culture of rBMSCs on tantalum scaffolds for 1, 3 and 5 days to assess cytotoxicity. As shown in Figure 2A, there was no significant difference between the cells on the three scaffolds and the blank control at day 1. On days 3 and 5, cells on the materials were statistically higher in each group than in the blank group (except for the Ta T60 group in day 3). The materials showed an increasing trend at all three time points, and comparison between groups showed that cells in the Ta T70 and Ta T80 group were higher than that of Ta T60 group. The results showed that all three porous tantalum scaffolds with different porosity were non-cytotoxic and promoted the proliferation of rBMSCs. Next, we used hemolysis assay to assess the compatibility of the material and blood cells. Qualitative results (Figure 2B) showed that all tubes with the scaffold were clear and bright compared to the positive control. The quantitative results (Figure 2C) suggested that the hemolysis rates of Ta T60, Ta T70 and Ta T80 were 6.46%, 4.74% and 4.95%, respectively, which were within the normal range, indicating that there was no hemolytic side effect of the materials. We also performed live/dead cell staining on cells cultured on the materials for 7 days to assess the cell state. The CLSM results (Figure 2D) showed that most cells on all scaffolds were green fluorescent, and the green fluorescence intensity was in the order of Ta T60, Ta T70 and Ta T80 from highest to lowest (Supplementary Figure S1). Interestingly, the green fluorescence signal near the nodes on the surface of all materials was stronger than that on the struts. However, the green/red fluorescence signal of Ta T60 group was slightly lower than that of Ta T70 and Ta T80, but not statistically different. In addition, we observed the morphology of rBMSCs cultured on the material surface for 1 day by SEM, and as shown in Figure 2E, the cells on all materials were well spread, with flat morphology and extended multiple pseudopods. The above illustrates the superior cytocompatibility of the 3D-printed porous tantalum scaffold.
[image: Figure 2]FIGURE 2 | In vitro cytocompatibility of porous tantalum scaffolds and their effects on the growth of rBMSCs. (A) Activity of rBMSCs cultured on each tantalum scaffold for 1, 3 and 5 days. Quantitative analysis (B) and qualitative analysis (C) of hemolysis of blood cells cultured with tantalum scaffolds. (D) Representative SEM images of rBMSCs grown in the surface of tantalum scaffolds for 1 day. (E) Live/dead cell staining for rBMSCs cultured on tantalum scaffolds for 7 d. Data are represented as mean ± standard deviation (SD). (n = 3, *p < 0.05; **p < 0.01; ***p < 0.001.
3.3 In vitro osteogenic properties
We performed qualitative and quantitative assays of ALP and calcium deposition by ALP staining and ARS staining, respectively, to assess the early and late osteogenic differentiation potential of porous tantalum scaffolds with different porosity. Figure 3A reflects the ALP assay on each group of material at 7 and 14 days, and the results showed that the amount of ALP was slightly higher in the Ta T60 group than in the Ta T70 and Ta T80 groups at 7 days, and the amount of ALP was significantly higher in all three groups at 14 days compared to 7 days, with no significant difference between the groups. ALP quantification (Figure 3B) suggested a higher ratio of ALP/total protein in the Ta T70 and Ta T80 groups than in Ta T60 at 7 and 14 days. Qualitative (Figure 3C) and semi-quantitative analysis of ARS staining (Figure 3D) showed a large number of red calcium nodules formed on the surface of all materials at 14 and 21 days, with no statistically significant difference between each other. In addition, we also used RT-PCR to detect the expression of some osteogenic-related genes (ALP, BMP-2, RUNX-2, CXCL-12 and OCN) to compare the osteogenic differentiation of cells on each group of materials at 7 and 14 days, and the results showed that at 7 and 14 days, the expression of ALP, RUNX-2, BMP-2 and CXCL-12 in Ta T70 and Ta T80 groups were higher than those of Ta T60. At 7 days, the difference in OCN between the three groups was not significant, while by 14 days, the expression of Ta T70 and Ta T80 groups was slightly higher than that of Ta T60.
[image: Figure 3]FIGURE 3 | In vitro osteogenic effect of rBMSCs in each porous tantalum scaffold. (A) and (C) Appearance of ALP staining at 7d and 14d. (B) and (D) Quantitative assessment of ALP activity at 7d and 14d of culture. (E) and (G) Appearance of alizarin red staining at 14d and 21d. (F) and (H) Semi-quantitative analysis of alizarin red staining. (I) Osteogenesis-related gene expression at 7d and 14d of culture. Data represent mean ± SD. (n = 3, *p < 0.05; **p < 0.01; ***p < 0.001).
3.4 In vivo osteogenesis and safety evaluation
To further compare the osseointegration and bone ingrowth ability of three porous tantalum scaffolds with different porosity, we established a rat femoral condylar bone defect repair model. All animals recovered well after the operation, and no adverse reactions such as rejection and infection occurred.
3.4.1 Radiographic results
The postoperative X-ray results at 6 and 12 weeks (Figure 4) showed that all implants were well positioned and stably integrated with the host bone, with no loosening or dislocation. The porous structure of the implants could be faintly seen in all groups. We also performed micro-CT scans to better present the position of the implants in the femur and the structure of the implants. Figure 4 presents the coronal, sagittal, and transverse 2D images of the three tantalum implants in the femur at 6 and 12 weeks, as well as the reconstructed spatial distribution of the implants in the femur and the 3D morphology of the implants. Because of the high density of tantalum, which can easily absorb X-rays and make them impenetrable, it is not possible to compare the bone ingrowth of the implant well, as many attempts have been made to see more radiographic artifacts around the implant. However, with micro-CT, we can visualize the position of the implant in the femur and identify the shape of the implant.
[image: Figure 4]FIGURE 4 | Radiological evaluation of tantalum scaffolds with different porosities implanted in rats. Representative X-ray images and corresponding 2D and 3D construction micro-CT images of the rat femoral condyle as well as the implant at 6w (A) and 12w (B) after surgery.
3.4.2 Results of histological and histometrical analysis
Next, we performed hard tissue sections of the specimens at 6 and 12 weeks and further evaluated the effect of different porosity on osseointegration and bone ingrowth of porous tantalum scaffolds by VG staining, MB staining, CLSM observation by sequential fluorescence, and SEM. The results of MB staining of the postoperative samples at 6 and 12 weeks are shown in Figure 5A. The global images of the scaffold and the new bone confirmed that the amount of new bone in the three groups of porous tantalum scaffolds with different porosity increased over time, and that the new bone staining purple grew not only at the periphery of the black tantalum scaffold, but also to the interior. The vast majority of them grew against the surface of the tantalum scaffold, in addition to a large amount of granular bone marrow tissue and lamellar collagen fibrous tissue within the material. The large porosity of the scaffold was more favorable for new bone to grow in, and the amount of new bone at 6 weeks was in the order of Ta T80, Ta T70 and Ta T60, but it should be noted that in the Ta T80 group, the bone tissue and the material did not fit closely together and there was more lamellar collagen fiber formation. In contrast, the new bone in Ta T70 was mostly tightly adhered to the material and had more bone marrow tissue. At 12 weeks, the amount of new bone was, in descending order, Ta T70, Ta T80, and Ta T60. Histometric analysis of the ROI area showed that Ta T60, Ta T70, and Ta T80 had 14.3%, 28.6%, and 23.3% of new bone area at 12 weeks, respectively, with BIC indices of 35%, 60%, and 45%, respectively. This result supports that Ta T70 and Ta T80 have better bone ingrowth than Ta T60, and Ta T70 has the best osseointegration ability. In Figure 5B we can see the panoramic and local magnified images of the VG staining of the samples. The red area represents the new bone tissue and the light yellow represents the bone marrow tissue. Similar to MB staining, the RBA at 6 and 12 weeks was in descending order for Ta T80, Ta T70, and Ta T60, but the new bone and material binding of the internal scaffold was not as good in Ta T80 as in Ta T70.
[image: Figure 5]FIGURE 5 | Bone growth in vivo evaluated by longitudinal-sectioning of porous tantalum scaffolds at 6w and 12w postoperatively. (A) Van Gieson staining and (B) methylene blue staining of undecalcified sections.
The results of the cross-section of porous tantalum scaffolds in each group are shown in Figure 6. The VG staining of the transverse section and the staining of the longitudinal section were similar (Figure 6A). New bone grew inward from the perimeter of the scaffold, and the bone growth into Ta T70 and Ta T80 was better than that of Ta T60. The sequential fluorescence staining showed stronger red and green fluorescence in Ta T70 and Ta T80 than in Ta T60 (Figure 6B). SEM and EDS confirmed the presence of new bone and close contact with the scaffold surface (Figure 6C).
[image: Figure 6]FIGURE 6 | Bone growth in vivo evaluated by cross-sectioning of porous tantalum scaffolds at 12w after surgery. (A) Representative HE staining results of porous tantalum scaffolds. (B) Undecalcified sections of sequential fluorescence staining for bone: red (Alizarin red), green (Calcein) and blue (DAPI). (C) SEM micrographs and EDS mapping of bone growth in different porous tantalum scaffolds. Maps of element tantalum, calcium, phosphorus, carbon, and oxygen are in green, pink, blue, cyan, and red, respectively. NB, New bone; Ta, Tantalum.
3.4.3 In vivo biosafety results
Three groups of rats were euthanized at 12 weeks postoperatively, and heart, liver, spleen, lung and kidney tissues were taken and sections were stained for HE. The results showed that in Figure 7A, no significant abnormal pathological changes were observed in the organ tissue sections of each group. The blood samples from each group were also examined for blood biochemical parameters, and there were no significant statistical differences between the three groups of rats in terms of blood routine, ALT, BUN and CK, all of which were within the normal reference range (Figure 7B). The above results indicate that the porous tantalum scaffold has excellent in vivo biosafety.
[image: Figure 7]FIGURE 7 | In vivo biosafety of porous tantalum scaffolds. (A) The HE staining results of rat heart, liver, spleen, lung, and kidney. (B) Blood routine and blood biochemical indexes in rats. (n = 3, *p < 0.05; **p < 0.01; ***p < 0.001).
4 DISCUSSION
Bone defects, especially large-sized bone defects of weight-bearing bone, remain one of the most pressing clinical challenges, and porous tantalum stands out for its high porosity, excellent biocompatibility, and suitable elastic modulus. Trabecular Metal prepared by the conventional CVD method is currently widely used in the clinic. However, the disadvantages of the traditional process, such as time-consuming and inefficient, the inability to personalize the material and the lack of precision in its internal structure, have stimulated interest in developing 3D printing technology for the preparation of porous tantalum. The high precision, efficiency and personalization of 3D printing allow us to prepare trabecular porous tantalum scaffolds with different porosity and to study the effects of their mechanical and biological properties. In this study, we successfully prepared three trabecular bone porous tantalum scaffolds with different porosity (60%, 70%, and 80%, respectively) by SLM technology, and in vitro studies revealed that although the cell adhesion on the surface of the Ta T60 group was higher than that of the Ta T70 and Ta 80 groups, the proliferation and osteogenic differentiation were inferior to the latter two. The in vivo results further confirmed that the Ta T70 and Ta 80 groups showed better bone ingrowth than Ta T60, with Ta T70 having the best osseointegration effect.
In 2015, pure tantalum implants with a high degree of porosity and high interporous interconnectivity were first prepared by Ruben et al. using SLM technology, and a variety of porous tantalum implants with different pore structures have since been prepared (Wauthle et al., 2015; Guo et al., 2019; Wang et al., 2019; Yang et al., 2020). Yang et al. first reported trabecular bone tantalum scaffolds fabricated by AM and compared them with bone trabecular tantalum metal prepared by conventional CVD (Yang et al., 2020). On this basis, porous trabecular tantalum scaffolds with different porosities were prepared. The actual porosity of the three scaffolds was essentially the same as the ideal porosity with an error within 5%, mainly due to the small size of the samples and the different evaluation methods, which was lower than the 99% previously reported (Yang et al., 2020). In addition, except for the differences in porosity and pore size, the strut diameter, inter-pore interconnectivity and micro/nano surface structure were basically the same among the scaffolds, ensuring comparability between groups. Residual powder is a problem that cannot be ignored in metal additive manufacturing processes (Maleki et al., 2021). It has been shown that the angle between the unfused particles and the substrate is less than 90°, which is considered to be beneficial particles that can improve the micro-nano roughness of the material surface and promote the integration with the bone, while if the angle is greater than 90°, it is considered to be harmful particles that can easily fall off from the substrate and cause undesirable performance such as surrounding osteolysis and prosthesis loosening (Pei et al., 2021). The porous tantalum scaffolds in this study were all post-treated by sandblasting, and the surface of the scaffolds was flat, showing a micro/nano-rough structure and essentially free of easily dislodged unfused particles (Figure 1). This post-treatment can better remove residual unfused particles and reduce the impact on 3D printing accuracy and material properties. The porous structure affects the mechanical properties of the material, and the elastic modulus of the trabecular tantalum scaffold fabricated by AM decreases with increasing porosity, but the elastic modulus of the porous tantalum scaffold with all three porosities is within the range of the elastic modulus of human cortical bone and cancellous bone (1.5–3 GPa, 3–30 GPa, and 0.02–2 GPa for porous tantalum scaffolds, human cortical bone, and human cancellous bone, respectively) (Wang et al., 2016; Yang et al., 2020; Wang et al., 2021). Therefore, trabecular tantalum scaffolds are ideal biomaterials for bone filling and bone repair due to their highly porous structure, human bone-matched mechanical properties and rough micro/nano surface structure.
Further, in vitro culture of MSCs on scaffolds confirmed the excellent cytocompatibility of trabecular tantalum scaffolds. Both the hemolysis and CCK-8 test confirmed the non-toxicity of the material. Cell adhesion is the first step in the reaction between cell and material, and the physicochemical properties and surface characteristics of the material can have an important impact. Tantalum’s inherent high wettability and surface energy as well as its rough micro/nanosurface structure facilitate protein adsorption and cell adhesion (Huang et al., 2022). SEM showed that MSCs on the surface of each material were fully spread and protruding pseudopodia by 1 day of culture. Live/dead cell staining showed cell growth on the surface of each scaffold after 7 days of culture (Figure 2) and revealed a negative correlation between cell adhesion and the porosity of the material, and, moreover, cells were concentrated on the nodes rather than on the struts. These results are consistent with previous studies (Chen Z. et al., 2020; Pei et al., 2021). Previous studies have shown that the surface area of the material as well as the local curvature have an effect on cell growth. A high surface area facilitates cell adhesion and proliferation, especially under 2D cell culture. In addition, cells prefer to grow on concave (k < 0) and flat surfaces compared to convex surfaces (k > 0) (Zadpoor, 2015). Cells can sense local curvature at the millimeter scale and tend to minimize surface tension at finite volumes, which is thought to be a mechanism that facilitates tissue growth (Rumpler et al., 2008). The struts of three scaffolds in this study had the similar diameter (similar local curvature). The smaller porosity had more scaffold junctions along with a larger surface area, implying relatively more cell adhesion on the surface of Ta T60 scaffold. However, the dead/live cell ratio was slightly higher in the Ta T60 group than in the Ta T70 and Ta T80 groups, and we speculate that the possible reasons for this are excessive cell aggregation or insufficient nutrients delivered due to low porosity. In addition, the relatively high number of residual unfused particles on the surface of Ta T60 may have an effect on the activity of cells.
ALP and calcium deposition were markers of early and late bone formation, respectively. ALP and ARS staining qualitatively and quantitatively showed that porous tantalum scaffolds of all porosities promoted osteogenic differentiation of MSCs, with the Ta T70 and Ta T80 groups outperforming the Ta T60 group. Further PCR assays also supported this result. The porous tantalum scaffolds with high porosity promoted the osteogenic differentiation of MSCs. This phenomenon is consistent with the results of some previous studies. Cheng et al. found that compared with lower porosity scaffolds, scaffolds with high porosities can promote the expression of OCN, OPN, BMP-2, BMP-4 and VGEF (Cheng et al., 2014). Wang et al. found that cellular genes such as ALP, RUNX-2, Col-1 and BMP-2 were more highly expressed in scaffolds with large pore size and porosity (Wang et al., 2022). Besides, in the study of Luo et al., they found that the calcium content of tantalum scaffolds with high pore size and porosity (400–600um/70%, 600–800um/80%) at 21 days of incubation was higher than that of scaffolds with low pore size (100–200um/23%, 200–400/53%), although there was no significant difference in ALP content (Luo et al., 2021). We speculate that the possible reasons for this phenomenon are as follows. First, there would be relatively dense cell distribution, tighter cell contacts, and more extracellular matrix secretion on struts of the scaffold with large porosity after growing the same number of MSCs. This direct cell-to-cell communication induced by cell signaling molecular transmission through gap junctions may significantly enhance osteogenic differentiation of MSCs (Van Bael et al., 2012). Second, large porosity scaffolds have relatively more large pores and more space for cell growth, and the larger distance between struts during attachment and migration may cause cells to produce more stretch to cross the gaps, and more cell stretch facilitates cell differentiation (Kumar et al., 2011). Third, the high permeability due to large porosity could transport more nutrients and oxygen, which may facilitate cell growth. However, some studies have obtained the opposite result. Chen et al. found higher expression of ALP, BMP-2, OPN, OCN and RUNX-2 in Ti6Al4V ELI scaffolds with 60% porosity than in the group with 70% porosity, and attributed this to the low permeability, high inoculation efficiency and high attachment surface area due to the small porosity and small pore size (Chen Z. et al., 2020). In summary, small porosity is more conducive to initial cell adhesion, but the low permeability and easy clogging associated with too small porosity can limit inward cell growth; large porosity is more conducive to cell proliferation and growth, especially inside the scaffold, but too large porosity can affect the mechanical and biological properties of the scaffold (inability to anchor or migrate). Therefore, pore characteristics need to be carefully adjusted to achieve a balance between mechanical, biological and hydrodynamic properties of the scaffold.
We implanted three bionic trabecular tantalum scaffolds into femoral condylar bone defects in rats to further evaluate the osteoconductivity and osseointegration of the material. Radiographic performance at 6 and 12 weeks indicated stable in vivo osseointegration of the scaffolds without significant osteolysis or inflammation. Due to the high energy spectrum of tantalum resulting in no X-ray transmission and the large number of metallic artifacts produced in microCT, it was not possible to further assess bone growth within the scaffold by imaging means. Therefore, we chose to use hard tissue sectioning and staining to assess the bonding of the metallic material to the bone. The 3D printed porous tantalum scaffold has superior osteoconduction and osteoincorporation as seen in the hard tissue section results. Once the implant enters the bone defect site, it is in close contact with the surrounding bone, which provides initial stability for successful intraosseous healing of the implant (Davies, 2007). Then, the blood first comes into contact with the implant and a series of biological reactions occur: protein deposition, coagulation, inflammatory response and tissue formation (Kuzyk and Schemitsch, 2011). The surface properties and topology of the implant can have a significant impact on these processes (Gittens et al., 2014; Rupp et al., 2018). The deposition of proteins in turn activates platelets and promotes clotting, i.e., the formation of clots that attach to the implant, and the inflammatory response occurs simultaneously and interacts with platelet activation and clotting (Shiu et al., 2014). The recruitment and migration of osteogenic cells is regulated by fibrin through the clots and possibly by leukocytes and platelets. When osteogenic cells reach the implant surface, they initiate the secretion of bone matrix, preferentially forming a highly mineralized, collagen-free interfacial zone (similar to the cement line of lamellar osteon) (Shah et al., 2019). Differentiated mature osteoblasts continue to secrete collagen outside this zone as well as undergo mineralization to form immature woven bone, which provides secondary stability for implant healing within the host bone while bridging the gap between the implant and the surrounding bone (Davies, 2003). Bone remodeling then occurs in the host bone around the implant and in the immature bone in the interstitial space, resulting in mature lamellar bone and eventual functional healing (Davies, 2003). In this study, the high friction force due to the high friction coefficient of tantalum provided good initial stability, and porous tantalum was more conducive to leukocyte activation and promoted early inflammatory response (Schildhauer et al., 2009). The rough surface topography of the 3D printed tantalum implant provides a larger surface area for protein and platelet adhesion and good osteoconductivity. The porous structure is also more conducive to bone growth and ingrowth. Furthermore, the bone-matched elastic modulus resulting from the porous structure will have a significant impact on later bone remodeling, as there is no significant stress-shielding effect.
3D printing technology has revolutionized the design and preparation process of implants, and the characteristics of precisely tuned porous structures make it possible for us to study the optimal porosity of bone growth. According to RBA and BIC, Ta T70 and Ta T80 have better bone ingrowth effect than Ta T60, among which, Ta T70 has the best osseointegration effect. The large porosity and large pore size of the scaffold can provide more space and attachment area, which facilitates the long entry of bone tissue. In addition, large porosity means more blood and oxygen delivery, and these provide fertile nutrients for bone formation. Several studies have reported the effect of implants with different pore characteristics on bone ingrowth. Taniguchi et al. designed three titanium implants with diamond structures of different pore sizes (300/600/900um) using the SLM technique. The rabbit diaphysis model suggested that the 300um scaffold was less effective in bone ingrowth than the other two groups, and separation experiments suggested that the 600um scaffold had the best bone ingrowth (Taniguchi et al., 2016). Similar results were reported in the study of Ran et al. (Ran et al., 2018). Luo et al. prepared four types of porous tantalum scaffolds with different pore sizes and porosities by SLM, and the in vivo results of the rabbit femoral condylar model confirmed that the osseointegration of tantalum scaffolds with large pore sizes (400–600um and 600–800um) was higher than that of scaffolds with low pore sizes (100–200um and 200–400um), with the best osseointegration ability of tantalum scaffolds with 400-600um. They concluded that the effective permeability increases with increasing porosity and pore size, but the effective contact area decreases with increasing porosity and pore size. Moreover, energy dissipation and cell seeding caused by high flow velocity and vortex formation in large pore size scaffolds also have an effect (Luo et al., 2021). Kelly et al. used LPBF to prepare titanium implants with gyroid-sheet architecture of various porosities (0%–90%) and implanted them into the sheep femoral shaft bicortical defect model to systematically investigate the relationship between porosity and implant stiffness, bone ingrowth, and implant-bone mechanical interlocking strength. They found a linear correlation between bone length entry and porosity, but a parabolic relationship between mechanical interlocking strength obtained by osseointegration and porosity, with peaks between 60% and 70%. The interfacial stiffness was inversely linearly related to porosity. The payoff effect of bone ingrowth on osseointegration strength diminished when porosity exceeded 80% (Kelly et al., 2021). The results of these studies are consistent with our results. Of course, there are some studies that do not support this conclusion. Chen et al. reported that the Ti6Al4V ELI porous scaffold prepared by SLM showed the best performance in bone formation (osteogenesis) and bone ingrowth for the scaffold with 500um pore size and 60% porosity compared to the scaffold with 600/700um pore size and 70% porosity (Chen Z. et al., 2020). In the study by Pei et al. (2021) they concluded that 3D printed titanium scaffolds with different pore characteristics (pore size and porosity) had no effect on bone ingrowth outcomes in a rabbit femoral stem cortical defect model and a beagle (beagles) femoral head necrosis model. Instead, implant site had a greater effect on bone ingrowth outcomes. The above results suggest that the design and preparation of materials, the selection of host species and sites, the implementation of experimental methods and the choice of evaluation methods all have an impact on the results, and that uniform and standardized protocols and systems for implant evaluation are needed.
There are still some disadvantages in this experiment. First, we used a rat femoral condylar defect model for the assessment of bone ingrowth effects. Although this is a very common assessment model, the faster bone growth ability of rats may have an impact on the results. Second, we used BIC, a common osseointegration evaluation method in dentistry and orthopedics, to indirectly assess the osseointegration effect, lacking indicators that can directly reflect the bone mechanical interlocking force, such as push-out force and torsion force. These will be further optimized in subsequent studies, such as the use of large animals (sheep, etc.) for modeling and the use of more intuitive mechanical tests for evaluation, for better clinical translation.
5 CONCLUSION
We prepared three porous tantalum implants with different porosity using LPBF. In vitro results showed that Ta T60 had more cell adhesion but less cell proliferation and osteogenic differentiation than Ta T70 and Ta T80. In vivo bone ingrowth results confirmed that Ta T70 and Ta T80 had better bone ongrowth and bone ingrowth than Ta T60, among which, Ta T70 had the best osseointegration effect. Combined with the in vivo and ex vivo results, the porous tantalum scaffold with 70% porosity has good osteogenesis, osteoconductivity, osseointegration, biosafety and mechanical properties, and is a very promising 3D printed implant for orthopedics and dentistry, and provides a strong support and reference for the design and optimization of porous tantalum implants afterwards.
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Introduction: Ureteral stents blocked with encrustation are a common clinical complication and affect bacteria colonization and inflammatory response. In this study, different concentrations of copper (0.25, 0.5, 1, 1.5, and 2 g/L) were immobilized on polyurethane (PU) that showed functionalization of microbe resistance and regulation of the inflammation response to RAW264.7.
Methods: X-ray photoelectron spectroscopy (XPS), atomic force microscope (AFM) and static water contact angles were used to analyze the surface characterization. Proteus mirabilis resistance test and adhesion of cells by SEM were carried out to evaluate the antibacterial property of Cu-bearing samples. Cell cytotoxicity assay and apoptosis were used to obtain acceptable concentrations of PU-Cu. The morphology of cells was used to observe the occurrence of pseudopodia after contact with PU-Cu. Would healing assay and Transwell invasion assay were carried out to observe the migration and recovery of macrophages. IL-6 and IL-10 were used to evaluate the secretion of pro-/anti-inflammatory cytokines.
Results: X-ray photoelectron spectroscopy (XPS), atomic force microscope (AFM), and static water contact angle measurement were used to confirm successful immobilization of Cu on PU. Plate counting assay and observation of adhered cells by SEM demonstrated that the antibacterial performance of PU-Cu against Proteus mirabilis increased with the amount of Cu loading in a dependent manner. Furthermore, the CCK-8 assay and apoptosis test suggested an acceptable cytotoxicity of PU-Cu at concentrations of 0.25, 0.5, and 1 g/L. The morphology of cells observed by SEM showed reduced occurrence of pseudopodia after contact with PU-Cu. Wound healing and transwell invasion assays manifested that migration and recovery of macrophages were improved by PU-Cu. ELISA of IL-6 and IL-10 demonstrated that PU-Cu could regulate inflammatory cytokines toward anti-inflammatory functionalization.
Keywords: ureteral stent, copper, microbe resistance, inflammatory response, RAW264.7
1 INTRODUCTION
Ureteral stents are considered ideal devices for urolithiasis that have been widely used to maintain the patency of urine from renal to bladder and to relieve obstruction of the urinary tract (Li et al., 2021). However, implantation of a foreign object would cause many complications, such as inflammation, encrustation, and urinary symptoms (Sali and Joshi, 2020). More than 80% of the patients suffer from varying degrees of pains in daily life, attributing to the retention of ureteral stents (Soria et al., 2021). Therefore, it is necessary to solve these side effects by inspecting new comfortable materials.
Encrustation generally occurs on both lumen and outer surfaces of the ureteral stent, aggravated by the accumulation of biofilm formation and indwelling time duration (Barghouthy et al., 2021). It has been shown that organic molecules, glycoproteins, and microbes could adhere to the stent in a short-term period to facilitate crystal deposition (Torrecilla et al., 2020). Ureteral stents tender the surface of substrates and are conducive to formatting microbial immobilization and biofilm formation (Bhardwaj and Ingole, 2022). Urease-positive microbiome (Proteus, Klebsiella, etc.) predisposes urea to ammonia and contributes to the elevation of urine pH that can accelerate precipitation of minerals from urine and gather on the stent. These complicated conditional films and micro-environment around stents construct a mutual promotion to generate new stones (Wasfi et al., 2020; Tomer et al., 2021). The main components of encrustation are calcium phosphate (CaP) and calcium oxalate monohydrate (COM), a potent type of calcium oxalate (CaOx) (Kram et al., 2022). These nuclei gradually induce the formation of stones that result in several kidney stone diseases and deposition of CaOx crystals in infiltrating macrophages (Singhto and Thongboonkerd, 2018; Zhu et al., 2019).
In addition to lumen blocking, stones can also activate the inflammatory response of the human body and ultimately lead to tissue injury under the control of related inflammatory meditators (Li et al., 2020; Liu et al., 2022a). Macrophages play an important role in the early inflammatory response, and diverse cytokines such as interleukin-6 (IL-6), interleukin-1β (IL-1β), and tumor necrosis factor-α (TNF-α) are secreted (Liu et al., 2022b). Once bacterial colonization and crystal deposition occur on the catheter, chronic infection is caused by macrophages and induces overproduction of reactive oxygen species (ROS), chemokines, and pro-inflammatory cytokines (Xue et al., 2020). Consequently, more immune cells including monocytes, macrophages, and neutrophils can be recruited toward the inflammatory sites. In addition, macrophage-engulfed COM contributes to the activation of pyrin domain-containing protein (NLRP3) that influences the recruitment of leukocytes and regulates the corresponding pro-inflammatory cytokines (Anders et al., 2018; Singhto et al., 2018; Lin et al., 2019). Furthermore, during monocytes phagocytosing crystals, macrophages would be polarized into M1 and M2 and affect the inflammatory response (Liang et al., 2021). M1 macrophages modulate promotion of the deposited crystals via regulating inflammation response and ROS by releasing pro-inflammatory cytokines like IL-6, leading to the deposition of crystals. Conversely, M2 polarization positively alleviates inflammatory response with secretion of anti-inflammatory cytokines like IL-10 that are conducive to tissue-healing and phagocytizing crystals (Liu et al., 2020; Jiang et al., 2021).
In this study, copper immobilized on PU was prepared based on the previous successful performance of Cu-bearing stainless steel that reduces biofilm formation, and it was fabricated by using the encrustation deposition method (Zhao et al., 2019). X-ray photoelectron spectroscopy (XPS), atomic force microscope (AFM), and contact angle measurement were used to characterize the surface properties. In order to investigate the inflammation response induced by copper after incubation with RAW264.7, cell proliferation, morphology, invasion, and secretion of pro-/anti-inflammatory cytokines were tested by cell counting kit-8 (CCK-8) assay, flow cytometry, scanning electron microscopy (SEM), transwell invasion assay, and enzyme-linked immunosorbent assay (ELISA).
2 MATERIALS AND METHODS
2.1 Preparation of copper-loaded samples
Polyurethanes (PUs) purchased from Lubrizol Corporation (United States) were divided into 10 × 10 mm segments for the experiments. Samples were treated with 2 g/L dopamine hydrochloride (PDA) (Biotopped, China) solution in Tris-HCL buffer at 37 C for 24 h. Then, dopamine-immobilized PU (PU-PDA) was washed ultrasonically with deionized water and absolute ethanol. After drying, the substrates were immersed in different concentrations of CuCl2 (0.25, 0.5, 1, 1.5, and 2 g) solution supplemented with 0.01 mol/L Tris-HCL and 0.1 mol/L dimethylaminoborane (DMAB) (Maya Reagent, China). The copper-bearing specimens were named PU-0.25Cu, PU-0.5Cu, PU-1Cu, PU-1.5Cu, and PU-2Cu according to the concentration of CuCl2.
2.2 Surface characterization
X-ray photoelectron spectroscopy (XPS, Thermo VG, United States) was used to measure the surface chemical compositions of diverse groups of samples with an Al Kα X-ray source. The peaks of copper and N element were analyzed using XPSPEAK41 software. An atomic force microscope (AFM, Agilent 5500) was utilized to detect roughness and surface morphology of coatings. Static water contact angles were measured using a contact angle goniometer (DSA-100, Kruss, Germany) with 5 µL water droplet placed on three random areas of each sample.
2.3 Proteus mirabilis cultivation and in vitro bacteria resistance test
The Proteus mirabilis lyophilized powder (BeNa Culture Collection, China) was dissolved in a liquid medium and incubated overnight in a shaker at 150 rpm. Afterward, 100 µL bacterial droplets were cultured on a solid medium for 24 h and prepared for the subsequent test. The plate counting method was used to evaluate the antibacterial property of Cu-bearing samples. A measure of 100 μL bacterial suspension at a concentration of 5.0 × 105 CFU/mL was dropped on the surface of sterilized samples. After incubating at 37°C for 24 h, samples were transferred into PBS solution and eluted by vortex-mixing for 1 min. The serially diluted suspensions were pipetted out for counting by coating on a solid agar. The antibacterial rate was calculated as follows:
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where A and B are the colonies of PU and PU-PDA or copper-loaded samples, respectively.
In addition, scanning electron microscopy (TESCAN MIRA, Czech Republic) was used to observe the distribution and morphology of P. mirabilis adhered on the substrates incubated with 5.0 × 107 CFU/mL suspensions. After co-culturing for 24 h, samples were washed with PBS three times and then fixed with 2.5% glutaraldehyde (Macklin, China) at 4 C for 2 h. Then, serial dehydration was performed, and samples were dried.
2.4 Deposited encrustation assay
Each sample was immersed in 1 mL artificial urine containing 5.0 × 108 CFU of P. mirabilis and then incubated at 37°C for 7 days. The proportion of artificial urine is shown in Table 1. At the indicated time, samples were taken out and washed with deionized water. After immersing in 5% HCl solution and ultrasonically cleaning for 5 min, the contents of Ca2+ and Mg2+ ions were measured by ICP-MS7900 (Agilent, United States).
TABLE 1 | Chemical components of the artificial urine.
[image: Table 1]2.5 RAW264.7 cell line culture
Mouse leukemia cells of monocyte macrophage cell lines (RAW264.7), obtained from the National Collection of Authenticated Cell Cultures, were cultured in Dulbecco’s modified Eagle medium (DMEM, HyClone, United States) supplemented with 10% fetal bovine serum (Gibco), 100 U/mL penicillin, and 100 μg/mL streptomycin (Genview, China) in a 5% CO2 incubator (Shel Lab, United States) at 37 C. Cells were treated with 0.25% trypsin-EDTA (Gibco, Canada) and re-suspended in fresh DMEM, while 80% confluence was reached.
2.6 Cytotoxicity assay
Cytotoxicity was used to evaluate the cell viability after treating with 24-h extracts of samples using CCK-8 (Biosharp, China). The ratio of samples’ surface-area to culture medium volume (3 cm2/mL) was used to prepare the extracts according to ISO 10993-5. A measure of 100 μL of cell suspensions at a concentration of 3 × 104/mL was seeded in a 96-well plate and incubated overnight. Afterward, the medium was replaced with 100 μL extracts or DMEM (negative control). After 24, 48, and 72 h of incubation, cell counting kit-8 was added and co-cultured for 2 h to measure the optical density (O.D.) at 450 nm (Bio-Rad, United States). The relative growth rate (RGR) was calculated by the following equation:
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where A is O.D. for each experimental group and B is the control.
2.7 Annexin V-FITC/PI apoptosis assay
RAW264.7 cells at a density of 1 × 106 cells per well were incubated in a six-well plate with the sample extracts for 24 h, respectively. Trypsin solution with phenol red (EDTA-free) (Biosharp, China) was used to harvest the cells, then washed with ice-cold PBS, and re-suspended with Annexin V-FITC/PI apoptosis kit (Multisciences, China) according to the standard instructions. Afterward, flow cytometry was used to detect apoptosis of cells, and the corresponding data were analyzed using ModFit LT software.
2.8 Morphology of cells
RAW264.7 cells at a density of 1 × 104 cells were seeded on samples and incubated for 24, 48, and 72 h. Subsequently, substrates were fixed with 2.5% glutaraldehyde (Macklin, China) and dehydrated with serial concentrations of ethanol. After drying and gold spraying, SEM (TESCAN MIRA, Czech Republic) was used to observe morphology of macrophages.
2.9 Cell distribution
The cell nucleus stained by DAPI (Beyotime, China) was used to observe distribution and counts of RAW264.7 cells seeded on the samples and incubated for 24, 48, and 72 h. At the indicated time, samples were taken out and fixed with 4% paraformaldehyde (Biosharp, China) for 30 min and then supplemented with 0.1% Triton-X-100 (Dingguo, China) for 5 min. After washing with PBS, DAPI was used to stain the cells out of light. Three random areas on each sample were observed using an immunofluorescence microscope (Olympus, Japan), and the average amount of cells was stated.
2.10 Wound healing assay
Wound healing assay was carried out to investigate the cell migration capacity of RAW264.7 cells. A density of 1 × 106 cells were cultured in a six-well plate and incubated until confluent. A 10-μL pipette tip was used to make a straight scratch. After washing three times, 2 mL of 24-h extracts was added, and photographs were taken using an optical microscope (Olympus, CKX53) at 0 h and after incubation for 24 h at a stable location. The wound areas were analyzed using Image J, and the relative migration area was calculated by the following equation:
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where A and B are the scratch marks with no cells at 0 and 24 h, respectively.
2.11 Transwell invasion assay
A measure of 100 μL of cell suspensions at a concentration of 5 × 105/mL was added into the upper chambers and transferred to the wells of 24-well plates containing 600 μL DMEM or 24-h extracts supplemented with 10% FBS. After incubation for 36 h, the membrane was fixed with 4% paraformaldehyde for 30 min at 4 C and then was stained with 0.1% crystal violet (Lengene, China). Three random locations of the membrane were imaged using an optical microscope (Olympus, CKX53), and the migration numbers were quantified.
2.12 ELISA of IL-10 and IL-6
The secretion of pro- or anti-inflammatory cytokines (IL-6 and IL-10) of RAW264.7 was detected using the ELISA kit (Multisciences, China). RAW264.7 cells at a density of 1 × 105 cells per well were cultured in a six-well plate with the extracts for 24, 48, and 72 h. The collected specimen from each well was centrifuged at 1,000 rpm for 20 min, and the supernatant was measured using IL-6 and IL-10 ELISA kits, respectively, according to the manufacturer’s protocol. The mean values of cytokine secretion of samples were calculated in triplicate.
2.13 Statistical analysis
Data were presented as mean ± standard deviation (SD). The statistical analysis was expressed by the t-test or one-way ANOVA with a post hoc test.
3 RESULTS
3.1 XPS analysis
XPS was used to analyze the composition of substrates, and the corresponding spectra of N1s and Cu2p regions are shown in Figure 1A. A secondary amine (-NH-) with a binding energy of 399.5 eV appeared in PU, whereas an additional amino-rich tertiary group (=N-) with a binding energy of 398.5 eV, which was the characteristic peak of PDA, appeared in PU/PDA, indicating a successful coating of PDA on PU. The peaks of Cu2p, including Cu (932.50 eV) and CuO (934.60 eV), were considered important evidence to prove immobilization of Cu on the substrates as shown in Figure 1A (c)–(g). Table 2 depicts the proportion of Cu, which increases with concentrations of CuCl2. The proportion of Cu loading on PU for concentrations of 0.25, 0.5, 1, 1.5, and 2 g/L were 11.98, 19.09, 24.61, 46.43, and 51.36%, respectively.
[image: Figure 1]FIGURE 1 | (A) (a)–(b) XPS results for PU and PDA, representing high-resolution spectra of N1s. (c)–(g) XPS results for PU-0.25Cu, PU-0.5Cu, PU-1Cu, PU-1.5Cu, and PU-2Cu, representing high-resolution spectra of Cu 2p3/2. (B). (a)–(g) 3D topography images of PU, PDA, PU-0.25Cu, PU-0.5Cu, PU-1Cu, PU-1.5Cu, and PU-2Cu. (h) surface roughness values of samples. Data were presented as mean ± standard deviation (n=3), with *p<0.05 indicating a significant difference. (C). (a)–(g) Representative droplet images of PU, PDA, PU-0.25Cu, PU-0.5Cu, PU-1Cu, PU-1.5Cu, and PU-2Cu. (h) Statistical results of water contact angles, with **p<0.01 indicating a very significant difference.
TABLE 2 | Proportion of Cu element determined by XPS.
[image: Table 2]3.2 Topography and roughness
AFM was carried out to study surface topography and roughness of samples. The 3D images in Figure 1B depict that PU has a smooth surface; however, topography of Cu-loaded samples displays a certain fluctuation. It showed that Ra of PU was 1.61 ± 0.19 nm, which was enhanced after immobilizing copper, ranging from 5 to 7 nm with no significant difference.
3.3 Contact angles
As illustrated in Figure 1C, the contact angle of PU and PDA was 94.4° and 80.9°, respectively, indicating that PDA was successfully immobilized on PU with the help of a hydrophilic reagent. There was no significant difference in copper-loaded PU except for a slightly increasing tendency.
3.4 Antibacterial property
Figure 2A shows the antibacterial rate of samples cultured with P. mirabilis for 24 h. Compared to PU, an enormous improvement was seen in PU-Cu against microbes, increasing with the copper loading content response. SEM was used to confirm adhesion of P. mirabilis on samples, as shown in Figure 2B. The morphology of P. mirabilis was rhabditiform and was distributed evenly on the majority of PU. However, fewer bacteria were adhered on PU-Cu samples.
[image: Figure 2]FIGURE 2 | (A) (a)–(g) P. mirabilis colonies on plates for PU, PDA, PU-0.25Cu, PU-0.5Cu, PU-1Cu, PU-1.5Cu, and PU-2Cu. (h) Antibacterial rate of samples compared to PU. Data were presented as mean ± SD (N=3), and a significant difference at p<0.01 is shown as **p<0.01. (B) (a)–(g) Morphology and distribution of Proteus mirabilis on the surface of PU, PDA, PU-0.25Cu, PU-0.5Cu, PU-1Cu, PU-1.5Cu, and PU-2Cu. (h) Amount of Proteus mirabilis on the samples. A significant difference at p<0.01 is shown by **p<0.01. (C,D) Contents of Ca2+ and Mg2+ in the encrustation on various samples by P. mirabilis. A significant difference at p<0.05 is shown as *p<0.05, #p<0.05 and p<0.01 is shown as **p<0.01 and ##p<0.01.
3.5 Deposited encrustation assay
The primary elements of encrustation were Ca and Mg. It was shown that the concentrations of Ca2+ and Mg2+, which dissolved from the samples, gradually decreased with the increasing contents of copper, as depicted in Figures 2C, D.
3.6 Cytotoxicity
CCK-8 was used to measure cytotoxicity of RAW264.7 after culturing with the extracts for 24, 48, and 72 h. As shown in Figure 3, the RGRs were all above 80% in PU, PDA, and PU-(0.25–1)Cu, indicating an acceptable cytotoxicity, according to the standard of ISO 10993–5. However, the RGR of cells co-cultured with PU-2Cu for 48 h was decreased to 66.71%, showing negative effects on RAW264.7 due to additional release of copper ions. When cultivating for 72 h, RGR was reduced to 59.68% and 57.30% for PU-1.5Cu and PU-2Cu, respectively, demonstrating that there was an acceptable cytotoxicity against cells only within a certain concentration range of Cu loaded on substrates. Thus, samples with an acceptable cytotoxicity were subjected to the following tests besides PU-1.5Cu and PU-2Cu.
[image: Figure 3]FIGURE 3 | RGR of RAW264.7 cultured with the extracts for 24, 48, and 72 h. Significant differences are marked as *p<0.05, ▲p<0.05, **p<0.01, ▲▲p<0.01, and ∆∆p<0.01, respectively.
3.7 Annexin V-FITC/PI apoptosis assay
Flow cytometry was performed to evaluate cell viability of PU, PDA, and PU-Cu groups. After incubating for 24 h, the results are displayed in Figure 4. It could be concluded that the percentage of live cells (Q4) of PU was 75.7%, whereas that of PDA, PU-0.25Cu, PU-0.5Cu, and PU-1Cu was 74.3, 73.8, 72.2, and 75.7%, respectively.
[image: Figure 4]FIGURE 4 | Flow cytometry results of RAW264.7 cultured with the extracts for 24 h. (A) PU, (B) PDA, (C) PU-0.25Cu, (D) PU-0.5Cu, and (E) PU-1Cu.
3.8 Cell morphology
Cell morphology on the surface of samples was visualized by SEM. As shown in Figure 5, RAW264.7 cells on PU and PDA were activated to become spindle-shaped with more pseudopod spreading. However, the cells adhered on PU-Cu showed a spherical shape with almost no pseudopods, which means less effect on macrophage irritation. There was no significant discrepancy of cell morphology among Cu-loaded PU substrates.
[image: Figure 5]FIGURE 5 | SEM images of RAW264.7 on the surface of samples.
3.9 Staining assay for the cell nucleus
Immunofluorescence microscopy was used to observe the cell nucleus distribution, and the corresponding results are shown in Figure 6. The average quantities of the nucleus were increased with the prolonged incubation period for each material. Statistically significant differences of PU-0.25Cu and PU-1Cu compared to PU indicated a favorable probability of cell attachment after coating with Cu for 24 h.
[image: Figure 6]FIGURE 6 | Immunofluorescence images of cell nucleus distribution stained by DAPI. (A) Cell nucleus distribution imaged using Immunofluorescence microscopy. (B) The average quantities of the nucleus. Data were obtained from three random areas on each sample. The statistically significant difference is shown as *p<0.05 and ∆p<0.05. A very significant difference is shown by ▲▲p<0.01 and ∆∆p<0.01.
3.10 Cell migration assay
The effect of PU-Cu on cell migration capacities was investigated by wound healing and transwell assays, respectively. As presented in Figures 7A, B, the relative migration area of RAW264.7 incubated with PU-0.25Cu was 17.3%, which was significantly higher than that of PU (13.1%). However, the other PU-Cu samples showed a negative influence. In addition, Figures 7C, D illustrate cell longitudinal migration capacity evaluated by transwell assay. Similar to the results of wound healing and compared with PU or other PU-Cu samples, more stained cells were observed after incubating with PU-0.25Cu.
[image: Figure 7]FIGURE 7 | (A) Wound healing assay imaged using an optical microscope, magnified 100 times at 0 and 24 h. (B) Relative migration area of samples. (C) Transwell assay recorded using an optical microscope at 36 h. (D) Number of cells migrated through the membrane for 36 h. The statistically significant difference at p<0.05 is shown as *p<0.05 and #p<0.05. p<0.01 is shown by different letters **p<0.01.
3.11 Detection of IL-6 and IL-10 secretion by ELISA
ELISA kits were used to detect concentrations of IL-6 and IL-10 secretion into the medium. As described in Figures 8A–C, the contents of IL-6 were obviously decreased after culturing with 24-h PU-Cu extracts, compared to PU for 24, 48, and 72 h. The concentration of the pro-inflammatory cytokine, IL-6, in PU was 1.013 ± 0.0064 pg/mL, whereas that in PU-0.25Cu, PU-0.5Cu, and PU-1Cu was 0.528 ± 0.060, 0.556 ± 0.098, and 0.712 ± 0.081 pg/mL, respectively, with the statistical difference between PU and PU-Cu for 24 h. It was obvious that the secretion of IL-6 in the PU group was increased to 1.200 ± 0.041 pg/mL after incubation for 72 h, while that of PU-Cu samples was significantly lower. These observations demonstrated that copper loaded on samples has a preferable effect on inflammatory inhibition. Figures 8D–F depict the concentration of IL-10 secreted into the medium. It can be seen that cells incubated with PU secreted the lowest concentration of IL-10 with a significant difference between PU-Cu for 24, 48, and 72 h, indicating that the anti-inflammatory cytokine, IL-10, would be increased with the existence of moderate Cu ions released from PU-Cu samples.
[image: Figure 8]FIGURE 8 | (A–C) Concentration of IL-6 secreted into the culture medium for 24, 48, and 72 h. Statistically significant differences are shown as *p<0.05, &p<0.05, △p<0.05, ▲p<0.05, **p<0.01, ##p<0.01, &&p<0.01, △△p<0.01, and▲▲p<<0.01. (D–F) Concentration of IL-10 secreted into the culture medium for 24, 48, and 72 h. Significant differences are represented as *p<0.05, #p<0.05, &p<0.05, ▲p<0.05, △p<0.05 **p<0.01, and ▲▲p<0.01.
4 DISCUSSION
Ureteral stents are indispensable in urological procedures and used to relieve obstruction after performing shock wave lithotripsy (Arkusz et al., 2021; Yoshida et al., 2021). Multiple serious effects attributing to the encrustation on stents coupled with subsequent chronic inflammatory response show an adverse influence on the recovery of patients (Rebl et al., 2020; Van de Perre et al., 2020). Thus, inhibitory inflammation is favorable to ureteral stents by modulating surface property. In this study, copper loaded on PU bound via PDA was conducted to kill microbes, contributing to the inhibition of encrustation formation, and suppressed the related cytokine expression for alleviating inflammatory response.
In order to confirm the coating of PDA on PU samples, high-resolution spectra of N1s were measured. The presence of a secondary and tertiary amine group of PDA with binding energies of 399.5 eV and 398.5 eV, respectively, as shown in Figure 1A (b), indicated successful PDA deposition. Meanwhile, Cu and CuO peaks confirmed the successful immobilization of Cu on the substrates, as demonstrated by the roughness and hydrophilicity changes. Cu+ is toxic to biological surroundings and kills bacteria via destroying Fe-S protein; however, it is not stable in solution as Cu2+. The Cu-loaded samples reacted well with water and formed Cu2O, which converted into CuO quickly (Eqs 4, 5) under an oxidation reaction. Cu2+ was then reproduced through the reaction with H+ in urine, and the dynamic equilibrium would be broken by the action of Cu. Therefore, disproportionation reactions (Eqs 6, 7) could be restricted to form more Cu+. Thus, in order to improve the antibacterial property, it is crucial to enhance the proportion of Cu on samples for more Cu+. The SEM results showed the inhibitory performance of PU-Cu samples against P. mirabilis in Figure 2B. The majority of PU was distributed with microbes, while a decreased number of cells were adhered on PU-Cu samples with the enhanced Cu proportion. Furthermore, Ma et al. (2019) confirmed that the release of Cu ions on the urinary implant materials could kill microbes, thus blocking the occurrence of the deposited encrustation. The depositions on samples were dissolved with HCl, and the corresponding concentrations of Ca2+ and Mg2+ were analyzed by ICP-MS. A significant decrease of crystal deposition on PU-Cu samples compared to PU or PDA was shown, which was due to continuous contact with PU-Cu.
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However, it was indicated that PU-1.5Cu and PU-2Cu manifested certain cytotoxicity to macrophage compared to PU-(0.25–1)Cu, with the same toxic tendency with the proportion of Cu. Figure 3 shows that only an appropriate range of Cu is preferably vital for RAW264.7, affecting the regulating crystal deposition. Macrophages play a pivotal role in the inflammatory response, with the capability of phagocytosis and secretion of related inflammatory cytokines that are functional in immune defense (Lee et al., 2021). The RAW264.7 cells were stimulated by samples to be activated and polarized to form pro-inflammatory M1 macrophage or anti-inflammatory M2 macrophage (Taguchi et al., 2016; Tu et al., 2021; Xiao et al., 2021). Pro-inflammatory M1 macrophage enhances deposition of CaOx crystals and promotes tissue injury, whereas anti-inflammatory M2 macrophage shows the opposite effect (Yang et al., 2020). Figure 5 confirms that the RAW264.7 cells adhered to PU were partly activated with the pseudopod spreading, whereas RAW264.7 cells on Cu-bearing samples were almost sphere plotting that showed anti-inflammatory tendency. In addition, macrophage recruitment and swallowing directly affect the eliminating crystals (Yan et al., 2022). Cell nucleus distribution as shown in Figure 6 was stained by DAPI, and the result identified that Cu ion plays an active role in RAW264.7 immobilization. Wound healing assay and transwell assay of cells indicated that RAW264.7 migrated faster and more with a certain concentration of Cu, which was conducive to enhancing chemotaxis. As mentioned previously, different secreted cytokines could promote inflammatory response or anti-inflammatory performance. ELISA for IL-6 secretion demonstrated that Cu can decrease secretion of the pro-inflammatory cytokine. However, it induced secretion of the anti-inflammatory cytokine, IL-10, suggesting that Cu modulated RAW264.7 for further immune response.
The mechanism of regulating encrustation response to macrophage is shown in Figure 9. M1 and its corresponding pro-inflammatory cytokines, TNF-α and IL-6, and oxidative stress molecules, property to promote the development of CaOx stones, were downregulated via diminishing the nuclear factor kB (NF-kB) signal pathway after contacting with PU-Cu stents (Song et al., 2016; Liu et al., 2022a). Lysosome rupture, ROS generation, and NLRP3 inflammasome activation were blocked in the process of macrophage engulfing (Jin et al., 2011). Nevertheless, deposition of CaOx crystals was suppressed by PU-Cu through polarizing to M2, which facilitates phagocytosis and contributes to eliminating crystals via lysosomes, clathrin mediation, and some related anti-inflammatory chemokines (Dominguez-Gutierrez et al., 2018; Taguchi et al., 2021). Further investigation should be focused on the related signal pathway targeting the regulation of macrophages converting into M1 and M2, and encrustation formation induced by the Cu-bearing ureteral stent in an infectious and crystal precipitation model.
[image: Figure 9]FIGURE 9 | Schematic diagram of Cu-bearing stents, inhibiting encrustation via phagocytosis.
5 CONCLUSION
In this study, Cu immobilized on PU was modified with the functionality of killing microbes and restraining encrustation. The antibacterial ability was increased with the concentration of Cu loading, whereas only PU-(0.25–1)Cu had an acceptable cytotoxicity to cells. In addition, RAW264.7 cells were recruited in the sustaining action of Cu and secreted the anti-inflammatory cytokine in response to phagocytized crystals, contributing to decreasing stone formation on the ureteral stent.
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Introduction: Ti6Al4V titanium alloy is widely used in producing orthopedic and maxillofacial implants, but drawbacks include high elastic modulus, poor osseointegration performance, and toxic elements. A new medical titanium alloy material with better comprehensive performance is urgently needed in the clinic.
Methods: Ti10Mo6Zr4Sn3Nb titanium alloy (referred to as Ti-B12) is a unique medical ß titanium alloy material developed by us. The mechanical properties of Ti-B12 depict that it has advantages, such as high strength, low elastic modulus, and fatigue resistance. In our study, the biocompatibility and osseointegration properties of Ti-B12 titanium alloy are further studied to provide theoretical guidance for its clinical transformation.
Results and Discussion: The titanium alloy Ti-B12 displays no significant effect on MC3T3-E1 cell morphology, proliferation, or apoptosis in vitro. Neither Ti-B12 titanium alloy nor Ti6Al4V titanium alloy depicts a significant difference (p > 0.05); Ti-B12 material extract injected into the abdominal cavity of mice does not cause acute systemic toxicity. The skin irritation test and intradermal irritation test reveal that Ti-B12 does not cause skin allergic reactions in rabbits. Compared to Ti6Al4V, Ti-B12 titanium alloy material has more advantages in promoting osteoblast adhesion and ALP secretion (p < 0.05). Although there is no significant difference in OCN and Runx2 gene expression between the three groups on the 7th and 14th days of differentiation induction (p > 0.05), the expression of Ti-B12 group is higher than that of Ti6Al4V group and blank control group. Furthermore, the rabbit in vivo test present that 3 months after the material is implanted in the lateral epicondyle of the rabbit femur, the Ti-B12 material fuses with the surrounding bone without connective tissue wrapping. This study confirms that the new β-titanium alloy Ti-B12 not only has low toxicity and does not cause rejection reaction but also has better osseointegration performance than the traditional titanium alloy Ti6Al4V. Therefore, Ti-B12 material is expected to be further promoted in clinical practice.
Keywords: titanium alloys, biocompatibilities, osseointegrations, osteoblasts, biomaterials
1 INTRODUCTION
For decades, Ti6Al4V has been one of the most widely used materials for orthopedics and oral implants due to its lightweight, corrosion resistance, fatigue resistance, and non-toxic and non-magnetic properties (Trevisan et al., 2018; Xi and Wong, 2021). However, clinical studies have found complications, such as loosening and displacement of the Ti6Al4V implants (Liu et al., 2019; Gkiatas et al., 2021). The reason is closely related to the defect of Ti6Al4V (Jing et al., 2020; Zhan et al., 2020; Zheng et al., 2020). Firstly, as compared to cortical bone (17–20 GPa) and cancellous bone (about 4 GPa), Ti6Al4V has an elastic modulus of about 110 GPa (Murr, 2017). A higher elastic modulus will cause a “stress shielding” effect (Pehlivan et al., 2020), causing excessive stress on the local cortical bone and low stress on the underlying bone, leading to osteolysis. Second, Ti6Al4V is a bioinert material without biological activity and osteoinducibility, and it is challenging to osteointegrate with surrounding bone tissues after implantation in the human body (Backes et al., 2021; Su et al., 2021). Additionally, these alloys use two toxic elements, V and Al. Studies have confirmed that V even shows higher toxicity than Cr and Ni and will accumulate in various organs after long-term implantation, which can induce cancer (Mello et al., 2019). However, the element Al enters the human body in the form of Al salt, which causes organ damage and side effects such as bone softening, nervous system disorder, and anemia (Willis et al., 2021). Al element may be related to Alzheimer’s disease (Vojdani, 2021).
Because of the defects of Ti6Al4V materials, domestic and foreign researchers have been committed to researching and developing new medical titanium alloys with better comprehensive properties (Sarraf et al., 2022; Szczesny et al., 2022). In the mid-1990s, Switzerland and Germany successively developed the second generation of medical titanium alloys Ti6Al7Nb and Ti5Al2.5Fe, which replaced V with Nb and Fe. However, these two alloys still contain an Al element that has adverse reactions to the human body, and the elastic modulus is still as high as 4∼10 times that of bone tissue. The mismatch between the mechanical properties of implant and bone tissue was unsolved. Recently, researchers have begun to focus on new ß titanium alloys (Nadammal et al., 2022; Sing, 2022; Vonavkova et al., 2022). This material can retain the unstable phase, such as the sub-stable ß phase or martensite structure, at room temperature, giving the material good processing plasticity and toughness. Adjusting the microstructure of material through post-processing, heat treatment, strength, toughness, elastic modulus, corrosion resistance, wear resistance, and fatigue properties can be significantly enhanced (Sidhu et al., 2021).
Additionally, Zr, Mo, Sn, Ti, Ta, Nb, Pd, Hf, and other non-toxic elements to human tissue are used in the new β-type titanium alloy to improve biocompatibility (Sidhu et al., 2021). The United States, Japan, Russia, and other countries have made some achievements in the research and development of biomedical β-type titanium alloys, such as Ti12Mo6Zr2Fe, TiNbTaZr, and Ti51Zr18Nb. These β-type titanium alloys have been successively applied in the medical field.
Using non-toxic elements, we developed a novel ß type of biomedical titanium alloy -- Ti10Mo6Zr4Sn3Nb, referred to as Ti-B12, and obtained the national invention patent (ZL.201110184053.X) (Cheng et al., 2020). Mechanical tests demonstrate that when the elastic modulus of Ti-B12 titanium alloy is as low as 50 GPa, the tensile strength is about 970 MPa, and the elongation can reach more than 40%, which has obvious advantages over pure Ti. The elastic modulus is about 60.7 GPa when the tensile strength reaches 1,010 MPa, while the elongation of material can still reach 15%, which is much less than Ti6Al4V. Additionally, Ti-B12 titanium alloy can obtain high strength, low modulus, and excellent comprehensive mechanical properties that match degree through the ‘martensite transition’ and the intermediate transition phase "ω phase” in the process of processing and heat treatment. Hence, it shows good biomechanical compatibility under static conditions. The Ti-B12 titanium alloy still has a high fatigue strength limit (σN ≥500 MPa, the number of cycles is 107) and recoverable strain (εmax-R≤2.25%) after cyclic loading and fatigue test, which is conducive to the implant material maintaining its original excellent biomechanical compatibility under long-term dynamic loading conditions. The results of this study illustrate that the biocompatibility of Ti-B12 titanium alloy is superior to that of Ti6Al4V material. However, it has better bone integration properties and is an excellent medical titanium alloy material, which is expected to achieve clinical transformation in the future.
2 METHODS
2.1 Statement of animal rights
Procedures for the care and use of animals were approved by the Ethics Committee of the First Hospital of Xi’an Jiaotong University (2022-196). All applicable institutional and governmental regulations concerning the ethical use of animals were followed.
2.2 Alloy design and composition
The biomedical metastable β-type titanium alloy with independent intellectual property rights of the Northwest Institute of Non-ferrous Metals was selected as the experimental material. Zero-grade small-particle sponge titanium, industrial grade sponge zirconium (Zr-1), Ti-32Mo, Ti-60Sn, and Nb-47Ti intermediate alloys were selected for three times melting by consumable vacuum arc melting furnace to ensure the uniform chemical composition of alloy ingot and avoid the occurrence of composition segregation and high and low-density inclusion. The measured results of chemical composition of Ti-B12 alloy ingot are as follows: Mo: 10.1%, Zr: 6.05%, Sn: 4.11%, Nb: 2.98%, O: 0.19%. The transus temperature is about 765 °C by conventional quenching metallography. Under the condition of 1,000 °C, using a 1-ton air-free forging hammer, the alloy ingot was upset and pulled many times to break the coarse cast structure, and finally, the square bar of 50 × 50×L mm was obtained. Under 850 °C, the transverse pass mill was used to roll the bar. After peeling and straightening, the alloy bar with a diameter of 8 mm was finally obtained. The synthesis process is shown in Figure 1.
[image: Figure 1]FIGURE 1 | Synthesis process of Ti-B12 titanium alloy.
2.3 Materials preparation
Using a numerical control lathe and Edm wire cutting equipment, a disc with a diameter of 8 mm and thickness of 1 mm and a cylinder with a diameter of 5 mm and height of 10 mm were manufactured, which were used for the comprehensive evaluation experiment of biocompatibility and bone integration performance. Ti6Al4V was used as the control material. All samples were cleaned by ultrasonic wave with distilled water, acetone, 95% ethanol, and distilled water in turn, each step for 30 min. The above operation was repeated three times. The cleaned samples were autoclaved at 121 °C for 40 min, dried in a vacuum, and put into sterile tubes for subsequent cell and animal experiments.
2.4 Biocompatibility of Ti-B12
2.4.1 Cell morphology observation and proliferation experiment
The sterilized Ti-B12 and Ti6Al4V materials were placed in sterile Petri dishes, and the growth medium containing α-MEM medium (Cellmax), 10% FBS (MRC), and 1% penicpstreptomycin mixture (Solarbio) was added and placed in the cell incubator for 72 h to prepare the extract. MC3T3-E1 cells in the logarithmic growth phase were collected and seeded in 96-well cell culture plates at 1×105 mL-1 (100 μL per well). They were divided into three groups: A, B, and C, with five wells set at each time point in each group. The culture medium was changed after 24 h in the cell incubator. Groups A and B were added with 200 μL of Ti-B12 and Ti6Al4V material extract, respectively. Group C was added with an ordinary growth medium, which was changed every 3 days. At 1, 3, and 7 days, cell growth status was observed by microscope and photographed, and then cell proliferation rate was detected by the Cell Counting Kit 8 (CCK8) kit (Biyuntian, Shanghai, China).
2.4.2 Cell apoptosis assay
MC3T3-E1 cells in good growth state were inoculated into sterile 6-well plates containing TI-B12 and Ti6Al4V, respectively, at the concentration of 1 × 105 mL-1, and each well was inoculated with 3 mL. In the blank control group, only osteoblasts were inoculated with three multiple wells in each group, and cells were cultured in the cell incubator for 24 h. Annexin V-PE/7-AAD Apoptosis Detection Kit (Yeasen) was used to detect cell apoptosis by flow cytometry.
2.4.3 Acute systemic toxicity test
A total of twelve healthy adult male mice were randomly assigned to three groups, Ti-B12 group, Ti6Al4V group, and control group, each consisting of four mice. The ethics committee of Xi, a Jiaotong University, approved the experiment. According to the systemic toxicity detection method of national standard GBT 16886.11-1997, mice in Ti-B12 group and Ti6Al4V group were intraperitoneally injected with metal material normal saline extract (50 mL kg-1), while mice in the control group were intraperitoneally injected with normal saline (50 mL kg-1). Status, body weight, toxic reactions, and the number of dead mice were observed daily for 5 days after injection. According to its manifestations, acute systemic toxicity can be classified into non-toxic, mildly toxic, moderately toxic, severely toxic, and death. Table 1 illustrates the specific evaluation indicators.
TABLE 1 | Evaluation criteria for systemic toxicity.
[image: Table 1]2.4.4 Skin irritation test
Six adult male New Zealand white rabbits, weighing 2.5–3 kg, were provided and raised by the Laboratory Animal Center of Xi’an Jiaotong University. Before the experiment, hair on both sides of the rabbit spine was removed (about 10 × 15 cm), and the two materials were placed in the hair removal area on both sides of the spine, respectively. The material surface was covered with 2.5 × 2.5 cm gauze, soaked with 0.9% normal saline, and fixed with bandages for 4 h. After removing the materials, the skin conditions at the contact sites on both sides of the skin were continuously observed for 1, 48, and 72 h, and the type of skin irritation response was evaluated according to the scoring system (Tables 2, 3).
TABLE 2 | Skin and intradermal stimulation response scoring system.
[image: Table 2]TABLE 3 | Type of stimulus-response.
[image: Table 3]2.4.5 Intradermal stimulation test
After sterilization, Ti-B12 and Ti6Al4V materials were placed into sterile six-well plates, 0.9% normal saline (polar extract) and olive oil (non-polar extract) were added, and placed in an incubator for 72 h to obtain the material extract. Six adult male New Zealand white rabbits, weighing 2.5–3 kg, were provided by the Laboratory Animal Center of Xi’an Jiaotong University. Before the experiment, the hair on both sides of the rabbit spine (about 10 × 15 cm) was removed, and six injection points were set on both sides. The test material saline extract and normal saline were injected at six intradermal injection points before and after one side of each rabbit spine. Olive oil extract of the same material and olive oil was injected at six intradermal injection points before and after the other side. Skin conditions at each injection site were recorded at 1, 48, and 72 h after injection and the types of intradermal stimulation responses were evaluated according to the scoring system (Tables 2, 3).
2.5 Osteointegrative properties of Ti-B12
2.5.1 Osteoblast adhesion ability
Cell adhesion was detected by acridine orange staining and cell counting. MC3T3-E1 cells at a concentration of 1×105 mL-1 were seeded in sterile 24-well plates containing Ti-B12 and Ti6Al4V, respectively, with 1 mL per well. Acridine orange staining was performed at 1, 3, and 5 h of co-culture, respectively. Three re-wells were set for each material and each time point.
2.5.2 Osteoblast adhesion status
MC3T3-E1 cells in the logarithmic growth phase were seeded in sterile 12-well plates with Ti-B12 and Ti6Al4V materials at a concentration of 1×105 mL-1 and incubated at 37 °C, 95% relative humidity, and 5% CO2 for 72 h. Before scanning electron microscopy, the culture was terminated for fixation, dislocation, critical point drying, and gold spraying.
2.5.3 Detection of IL-6 secretion
MC3T3-E1 cells were seeded at a concentration of 1×105 mL-1 were seeded in 24-well plates containing Ti-B12, the Ti6Al4V group, and the control group. Each time point of each group was set with three re-holes. Cells were cultured in the cell incubator for 2, 4, and 6 days, respectively. At the end of culture, 10 μL of cell culture medium was taken to detect the concentration of IL-6 according to the interleukin 6 (IL-6) ELISA kit (Biyuntian, Shanghai, China).
2.5.4 Alkaline phosphatase activity
MC3T3-E1 cells in the logarithmic growth phase were digested in a cell suspension and seeded in a 24-well plate containing two types of materials at a concentration of 1×105 mL-1. The blank control group contained no materials. Three re-wells were set for each time point in each group. The cells were incubated at 37 °C and 5% CO2 for 1, 3, and 5 days, respectively. At the time of termination of culture, 10 μL of cell culture medium sample was taken to detect ALP concentration according to the instruction of ALP ELISA kit (Biyuntian, Shanghai, China).
2.5.5 Expression of osteogenic related genes
The growth medium was replaced with an osteogenic differentiation medium after 24 h in the Ti-B12, Ti6Al4V, and blank control groups, and the growth medium was replaced every 3 days. After 7 and 14 days of induction, the culture medium was carefully sucked and discarded, the branch samples were washed twice with PBS, RNA was extracted, and osteogenic-related genes (ALP, OCN, and Runx2) were detected by RT-PCR. Table 4 illustrates the primer sequences.
TABLE 4 | The upper and lower primer sequences.
[image: Table 4]2.5.6 Osteoblast mineralization
MC3T3-E1 cells were seeded in 12-well plates containing Ti-B12, Ti6Al4V, or not at a cell concentration of 1×105 mL-1. After 24 h, the medium was changed to osteoblast mineralization medium (α-mem medium containing 10% FBS, 10 mmol/L β-sodium glycerophosphate, 10 nmol/L dexamethasone, and 50 mg/L vitamin C). The mineralized medium was changed every 3 days. After 30 days of culture, the medium was discarded, and the bottom of well and the material were washed three times with PBS, fixed with 4% paraformaldehyde for 30 min, and stained with 40 mmol.L-1 alizarin red for 20 min. Calcified nodules after staining were observed under an inverted microscope. Finally, 10% cetylpyridine chloride was added to dissolve mineralized nodules, and absorbance was detected at a wavelength of 590 nm.
2.5.7 In vivo experiments on animals
Ten adult male New Zealand white rabbits weighing 2.5–3 kg were divided into two groups, group A was implanted with Ti-B12 material, and group B was implanted with Ti6Al4V material. After administration of pentobarbital through the ear vein, the epicondyle of both rabbit femurs of rabbits was exposed, and a hole was made perpendicular to the femur with a 2.0 g Schner wire. The sterilized material was implanted and sutured layer by layer (Figure 2). Penicillin (10,000 U.kg-1) was used to prevent infection 3 days after the operation, and an X-ray examination was performed 3 months after the procedure. Three months after the operation, the animals were sacrificed by overdose of anesthesia to obtain specimens for hard tissue sections to observe bone growth around the material. The production process of hard tissue section is rough as follows: the femur specimen containing titanium alloy is made into a resin block after formalin fixation, gradient alcohol dehydration, and resin immersion. A diamond band saw was used to cut the resin blocks into sheets with a thickness of 200–300 μm, and the sheets were cleaned and adhered to the resin slides. The sample was ground to a thickness of approximately 50 µm using an EXAKT tissue mill (E400CS), and the sample surface was polished and stained with toluidine blue. The prepared sections were observed under a microscope.
[image: Figure 2]FIGURE 2 | The prostheses were implanted in the lateral epicondyle of the rabbit femur.
2.6 Statistical analysis
Data were expressed as mean ± standard deviation (SD) and analyzed statistically using one-way analysis of variance (ANOVA). Differences between the two groups and each time point were analyzed by independent sample t-test. The significance level of data is set at p < 0.05.
3 RESULTS
3.1 Biocompatibility of Ti-B12
3.1.1 Cell morphology observation and proliferation experiment
MC3T3-E1 cells grew well in Ti-B12 material extract, Ti6Al4V extract, and blank control group, but no significant differences in cell morphology were observed at each time point. On the first day, the cells adhered to the wall and grew in spindle shape or dendritic shape. On the third day, the cells increased significantly, grew rapidly, and the refractive index was strong. On the seventh day, the cells were in good condition, with entire cytoplasm and an increased number, almost covering the bottom of pore (Figure 3).
[image: Figure 3]FIGURE 3 | MC3T3-E1 Cell morphology observation of three groups on the 1st, 3rd, and 7th days.
Figure 4A presents that cells in the three groups proliferated with the increase in culture time. Although the Ti-B12 group demonstrated a higher proliferation rate than the Ti6Al4V and blank control groups, there was no significant difference (p > 0.05). Therefore, MC3T3-E1 cells can proliferate normally in Ti-B12 material extract, which meets the cytotoxicity requirements of biomedical materials and products.
[image: Figure 4]FIGURE 4 | Ti-B12 biocompatibility test in vitro. (A) MC3T3-E1 cell proliferation assay by CCK8. (B) cell apoptosis assay by flow cytometry. (C) comparison of early apoptosis rate among three groups. (D) weight changes in three groups of mice.
3.1.2 Cell apoptosis assay
Figure 4B displays the flow cytometry detection results, where quadrants B1, B2, B3, and B4 depict the proportion of necrotic cells, middle and late apoptotic cells, viable cells, and early apoptotic cells in all cells, respectively. Statistical analysis of the early apoptosis rate of three groups found that the early apoptosis rate of the Ti-B12 group, the Ti6Al4V group, and the blank control group was similar (Figure 4C), and there was no statistical difference (p > 0.05). The results revealed that Ti-B12 alloy did not induce early apoptosis of osteoblasts and had good biological activity.
3.1.3 Acute systemic toxicity test
All mice were observed after injection. Within 5 days, the weight of mice in the three groups increased continuously (Figure 4D), and no symptoms of peritoneal irritation, respiratory depression, decreased movement, cyanosis, diarrhea, tremor, or death occurred. It can be concluded that Ti-B12 meets the requirements of biological materials and products.
3.1.4 Skin irritation test
Figure 5A presents that erythema, eschar, and edema did not appear in the application site of Ti-B12 and Ti6Al4V materials in 1, 48, and 72 h, and their scores were all 0. The type of stimulation reaction was very mild, which met the requirements of the skin irritation experiment with biological materials and products.
[image: Figure 5]FIGURE 5 | (A) skin irritation test. (B) intradermal stimulation test.
3.1.5 Intradermal stimulation test
Figure 5B presents that the skin at the injection site demonstrated no erythema, eschar and edema at 1, 48, and 72 h after intradermal injection of polar and non-polar extracts of Ti-B12 and Ti6Al4V materials; this was the same as the performance after the intradermal injection of polar and non-polar control solvents, with an average score of 0; this indicates that Ti-B12 meets the requirements of subcutaneous stimulation of biological materials and products.
3.2 Osteointegrative properties of Ti-B12
3.2.1 Osteoblast adhesion ability
The number of adherent cells on the surface of two materials was counted under a fluorescence microscope (Figure 6), and the number of adherent cells of Ti-B12 and Ti6Al4V increased with the extension of culture time. At different times, the number of adherent cells on the surface of Ti-B12 material was higher than that of Ti6Al4V material. It can be seen that Ti-B12 has a better adhesion capacity for osteoblasts.
[image: Figure 6]FIGURE 6 | The adhesion ability of MC3T3-E1 on the surface of osteoblasts of two materials was observed under a fluorescence microscope.
3.2.2 Osteoblast adhesion status
Scanning electron microscope observation of cells on the surface of Ti-B12 and Ti6Al4V demonstrated that a large number of MC3T3-E1 cells were attached to the surface of the material, which was elongated and spindle-shaped, with many pseudopodia, and the growth status of the cells was good (Figure 7). The number and morphology of Ti-B12 adhesion cells were significantly better than that of Ti6Al4V, indicating that Ti-B12 material was more conducive to osteoblast adhesion.
[image: Figure 7]FIGURE 7 | Observation by scanning electron microscope of MC3T3-E1 cells on the surface of Ti-B12 and Ti6Al4V.
3.2.3 Detection of IL-6 secretion
The IL-6 content in the supernatant of the three groups was compared and analyzed at each time point. As we can see from the results (Figure 8A), there was no significant difference in IL-6 secretion between the two alloys and the blank control group at 2, 4, and 6 days of culture (p > 0.05); this indicates that the Ti-B12 titanium alloy does not stimulate osteoblast secretion of IL-6 and does not increase the immunogenic response.
[image: Figure 8]FIGURE 8 | Detection of osteogenic properties in vitro. (A) detection of IL-6 secretion. (B) comparison of alkaline phosphatase activity. (C) expression of osteogenic-related genes.
3.2.4 Alkaline phosphatase activity
Compared to the Ti6Al4V group (Figure 8B), the expression of osteoblast alkaline phosphatase in the Ti-B12 group was significantly increased on the third and fifth day of culture (p < 0.05) but also significantly higher than the blank control group on the third day (p < 0.05), indicating that the Ti-B12 alloy had a better promotion effect on early differentiation of osteoblasts.
3.2.5 Expression of osteogenic related genes
Figure 8C presents that on the seventh day of differentiation induction, ALP gene expression in Ti-B12 group was highest in the three groups (p < 0.05). ALP gene expression in Ti-B12 group was higher than that in the blank control group on day 14 of induced differentiation (p < 0.05). Although there were no significant differences in the expression of the OCN and Runx2 gene between the three groups at 7 and 14 days after differentiation induction (p > 0.05), the expression of the OCN and Runx2 gene in the Ti-B12 group was higher than that in the Ti6Al4V group and the blank control group.
3.2.6 Osteoblast mineralization
The results revealed that the deposition of calcium salt was significantly more in the Ti-B12 group than in the Ti6Al4V group and the blank control group (p < 0.05), and there was no significant difference between the latter two groups (p > 0.05), indicating that Ti-B12 material has a better promotion effect on osteoblast mineralization in vitro (Figures 9A, B).
[image: Figure 9]FIGURE 9 | Osteoblast mineralization. (A) calcium salts in mineralized nodules were stained dark red by alizarin red staining, shown by the red arrow. (B) quantitative determination of calcium salt deposition.
3.2.7 In vivo experiments on animals
Figure 10A displays the X-ray examination results 3 months after the operation, showing that both alloys were perfectly embedded in the lateral epicondyle of femur, and no peeling or displacement was found. The samples were well integrated with the surrounding bone, and no osteoporosis or inflammation was observed. Figure 10B presents the toluidine blue staining results of hard tissue sections of experimental rabbits 3 months after implantation of different alloys into the lateral epicondyle of femur. It was observed that the two alloys were closely bound to bone and that no connective tissue was found at the junction between the material and bone. However, the contact rate of bone tissue around Ti-B12 titanium alloy is better than that of Ti6Al4V.
[image: Figure 10]FIGURE 10 | In vivo experiments on animals. (A) results of the X-ray examination 3 months after the operation; (B) results of the toluidine blue staining of hard tissue sections.
4 DISCUSSION
Titanium alloys are widely used in orthopedic implants due to their good biocompatibility and mechanical properties (Kaur and Singh, 2019). However, some studies illustrated that Ti6Al4V (α+β titanium alloy), commonly used in clinical practice, has the drawbacks of excessive elastic modulus and toxic elements (Ottria et al., 2018). Therefore, many scholars have researched to exploit titanium-based materials with non-toxic and mechanical properties matching natural bone (Bedouin et al., 2019; Shi et al., 2021). To achieve this goal, the effects of different β-stabilizers such as Ta, Zr, Mo, and Nb on the properties of tailored titanium alloys have attracted the great attention of researchers (Mendes et al., 2016; Zhao et al., 2018; Zhang et al., 2021). These β-stabilizers have good shape memory effects, superelasticity, and a low Young modulus in titanium alloys. It can be seen from the recently published literature that the development of β-titanium alloy materials without Al and V elements has been a research hot spot (Kaur and Singh, 2019). Our group developed a new β-titanium alloy Ti-B12 with high strength and low elastic modulus using Mo, Zr, Sn, and Nb β stabilizers. Preliminary mechanical tests have also confirmed that the new material has excellent mechanical properties. However, the ultimate goal of customized β-Ti alloys is to obtain alloy properties similar to the physiological properties of tissues, which requires the new materials to have excellent mechanical properties, as well as excellent biocompatibility and osseointegration properties. Therefore, this study aims to identify the biological properties of Ti-B12 titanium alloy and provide theoretical guidance for its application in orthopedic implants.
Using biological materials replaces or repairs living tissues to enhance organ and tissue functions and treat diseases. The premise of its function is implantation in the human body. Therefore, in addition to providing specific functions, good biocompatibility is the basic condition that biomaterials must meet (Rahmati and Mozafari, 2019; Shahi et al., 2019). Biocompatibility refers to the reaction of medical materials and human tissues when interacting (Apostu et al., 2018). After the biological material is implanted into the human body, the implant is subjected to the fatigue of body fluids and various external forces. The material components will enter the human body due to corrosion or wear. Biocompatibility in cells means that the material has little or no cytotoxicity and does not cause cell necrosis or apoptosis. In the body, the local rejection of the contact site is small and does not cause local congestion, edema, erythema, and other inflammatory and allergic reactions. The overall response of tested animals is good, and no systemic symptoms such as agitation, anorexia, or even death occur. In vivo and in vitro experiments are essential components of the biocompatibility evaluation of medical materials. Using in vivo experiments, the biocompatibility of material is evaluated by inflammation, allergy, and other reactions of body tissue. The advantage of in vivo experiments is that the whole organism is used as the test object, and the result is similar to that of the implanted human body. However, it is difficult to distinguish the influence of complex factors on the experimental results. The in vitro experiment refers to the direct study (material itself) or indirect study (material extract) study of the effect of material effect on the growth, differentiation, or activity of tissue cells (Declercq et al., 2004). In vivo experiments need to consider the complexity of biological systems, and it is difficult to analyze a single factor objectively. Therefore, in vitro experiments are more sensitive to distinguishing biotoxicity and its effects on tissues and cells. Some studies revealed that some medical materials depict mild toxicity in vitro experiments but show good biocompatibility in vivo experiments (Suggs et al., 1999; Xie et al., 2016). This difference may be because cytotoxic substances released by material degradation are attenuated or eliminated by the complex biological regulatory system of the subject, thus masking their toxic effects. Therefore, only in vivo experiments cannot fully reflect the biocompatibility of tested materials. In vivo and in vitro experiments can counteract the influence of complex factors in the body to some extent and more fully reflect the impact of materials on cells.
To detect the toxicity of Ti-B12 material, MC3T3-E1 cells were cultured with Ti-B12 material extract, and cell morphology and proliferation were detected. At the same time, MC3T3-E1 cells and Ti-B12 were co-cultured, and cell apoptosis was detected by flow cytometry. Compared to the Ti6Al4V group and the blank control group, Ti-B12 material did not cause abnormal growth and apoptosis of MC3T3-E1 cells and had no adverse effect on cell proliferation rate. These results indicate that Ti-B12 material has low toxicity and meets the toxicity requirements of biological materials.
The implantation of biomaterials is like a foreign object invasion or trauma to the body, so it is necessary to evaluate the local and systemic reactions of materials in contact with the body. We injected the saline extract of Ti-B12 material into the abdominal cavity of mice and observed them for five consecutive days. No adverse reactions such as diarrhea, cyanosis, decreased exercise, and weight loss was found in mice. Additionally, the skin irritation experiment was carried out by directly contacting Ti-B12 with rabbit skin. The intradermal irritation experiment was conducted by injecting the Ti-B12 saline and olive oil extract into rabbit skin. The above studies demonstrated no erythema, lump, or swelling of the skin at the contact and injection sites, as in the Ti6Al4V group and the blank control group, with a score of 0, indicating that Ti-B12 implantation would not cause rejection.
Currently, some metal ions in commonly used medical alloy materials have a certain toxic effect on the human body. For example, Cr and Co have greater cytotoxicity and are metal metamorphosis sources. Ni can limit the growth of fibroblasts but also may cause allergic reactions or cancer; Al is neurotoxic, and V may be teratogenic or carcinogenic. However, Ti, Nb, Zr, Mo, Sn, and Nb are non-toxic or low-toxic elements. Yamamoto et al. reported that the toxicity of Nb to osteoblasts and fibroblasts was very low (Yamamoto et al., 1999). Zr might significantly improve osteoblast adhesion (Sista et al., 2013), which is currently marketed as Roxolid (Straumann, Basel, Switzerland). Sn has been found non-toxic and non-allergic (Niinomi, 2003). Thus, Tin (Sn) seems to be an alloying element that is safe to use with Ti. In several previous studies, Moelements h shown good biocompatibility. The components of Ti10Mo6Zr4Sn3Nb alloy are all elements with good biocompatibility. The research results also present that the material has good biocompatibility and meets the safety standards of biological materials.
The osseointegration performance of orthopedic implant material refers to the bony fusion of material with surrounding bone without connective tissue growth, which can improve the binding force of the material-bone interface and ensure the long-term stability of the prosthesis. Osteoblasts are one of the most important cells in bone tissue repair. An osteoblast adheres to the surface of a material which is essential for osseointegration. Acridine orange cell staining can count the number of cells, distinguish normal growth, apoptotic, and necrotic cells, and depict the growth state of cells. The results of acridine orange cell adhesion assay revealed that when MC3T3-E1 cells were co-cultured with Ti-B12 alloy, osteoblasts could adhere to the surface of alloy, and the number of adherent cells was higher than that of Ti6Al4V alloy (p < 0.05), thus it can be proved that Ti-B12 alloy has better adhesion ability to osteoblasts.
Further verification of the adhesion of the Ti-B12 alloy to osteoblasts was performed using scanning electron microscopy to evaluate the osteoblast morphology adhering to the material surface. Most osteoblasts adhered to the material in the form of elongated spindles, with more pseudopodia, and the cell growth status was good, which was more than that of the Ti6Al4V group. These results indicated that Ti-B12 was more conducive to osteoblast adhesion.
ALP is an essential indicator for detecting the degree of osteoblast differentiation of osteogenic cells, which has a high content in bone tissue and plays a key role in the calcification process (Vimalraj, 2020). Osteoblast function can be evaluated by measuring ALP secretion and is also a specific index for evaluating tissue calcification ability and osteoblast activity (Nakamura et al., 2020). The ALP content test of osteoblasts demonstrated that osteoblasts in the Ti-B12 group secret more ALP than the Ti6Al4V and blank control groups (p < 0.05); this indicated that the alloy could enhance the secretion of ALP in osteoblasts. ALP was expressed in the process of formation and maturity of extracellular bone matrix expression, OCN expression in the bone matrix mineralization process is the main index of osteogenetic differentiation, and Runx2 is one of the important transcription factors for osteogenesis cell differentiation throughout the various stages of the directional differentiation process, the main control cell division cycle, and other transcription factors also play a role. This study illustrated that gene expression levels for ALP, OCN, and Runx2 demonstrated no significant difference between Ti-B12 group, Ti6Al4V group, and blank control group at 7 and 14 days after induction of differentiation. However, the Ti-B12 group was slightly higher than the latter two, indicating that Ti-B12 alloy has more advantages in promoting osteogenic differentiation.
Mineralized nodules are the final expression of the osteogenic phenotype of osteoblasts in vitro (Park et al., 2021) and are also characteristic indicators of mineralized matrix formation. Therefore, the study of terminal differentiation and functional status of osteoblasts can be achieved indirectly by detecting mineralized nodules. Calcium salts in mineralized nodules were stained dark red by alizarin red staining, and 10% hexapylpyridine chloride dissolved the red-stained mineralized nodules. Calcium ion content was proportional to absorbance value. Alizarin red staining of mineralized nodules demonstrated that there were larger and more dark red mineralized nodules in Ti-B12 group, which were higher in number and size than those in Ti6Al4V and blank control group. After solubilization, the OD values of mineralized nodules depicted that Ti-B12 group was significantly higher than Ti6Al4V and blank control group (p < 0.05). Ti-B12 can enhance the mineralization of extracellular matrix of osteoblasts and promote bone formation.
To further evaluate the integration of new titanium alloy Ti-B12 with the surrounding bone, we implanted it in rabbits and studied it by X-ray and histological analysis. In this study, X-rays displayed that the implant was in a good position and the surrounding tissues demonstrated no signs of bone density loss, demonstrating good osseointegration between the implant and the bone tissue. Additionally, hard tissue sections can be used to slice bone tissues containing metal materials. The tested materials do not need to be predecalcified, and the position relationship between implanted metal materials and bone tissues remains unchanged, which can reflect the growth status of implanted bone tissues without damaging the original tissue structure of implant-bone interface. After toluidine blue staining of hard tissue sections, it is possible to observe the growth of surrounding bone tissue, and the ability of the material to directly combine with bone tissue can be directly evaluated. In this study, both materials were wrapped in bone tissue, and there was no fibrous tissue space between the materials and the new bone. However, the binding rate between Ti-B12 and surrounding bone tissue was better than that of Ti6Al4V, which proved that Ti-B12 alloy with low elastic modulus was similar to the elastic modulus of human bone and could provide good stress conduction, thus promoting the formation and reconstruction of surrounding bone tissue.
There are some defects and deficiencies in this study: 1) Only MC3T3-E1 cells were used in the experiment, and several more cells were needed to evaluate the biocompatibility of the material in the follow-up; 2) This study only evaluated the biocompatibility and bone integration properties of the new titanium alloy materials prepared by forging process, which lacked the research on the properties of the new titanium alloy materials under different processing methods, and needed to be further supplemented by subsequent research.
5 CONCLUSION
β-titanium alloy material has broad application potential in orthopedics and maxillofacial surgery due to its excellent mechanical properties. The premise of its clinical transformation is excellent biocompatibility and osseointegration performance. According to this study, the new β-titanium alloy Ti-B12 has low toxicity, does not cause rejection reactions, and has better osseointegration performance than the traditional titanium alloy Ti6Al4V. Therefore, Ti-B12 material is expected to be further promoted in clinical practice.
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Decalcified bone matrix has great potential and application prospects in the repair of bone defects due to its good biocompatibility and osteogenic activity. In order to verify whether fish decalcified bone matrix (FDBM) has similar structure and efficacy, this study used the principle of HCl decalcification to prepare the FDBM by using fresh halibut bone as the raw material, and then degreasing, decalcifying, dehydrating and freeze-drying it. Its physicochemical properties were analyzed by scanning electron microscopy and other methods, and then its biocompatibility was tested by in vitro and in vivo experiments. At the same time, an animal model of femoral defect in rats was established, and commercially available bovine decalcified bone matrix (BDBM) was used as the control group, and the area of femoral defect in rats was filled with the two materials respectively. The changes in the implant material and the repair of the defect area were observed by various aspects such as imaging and histology, and its osteoinductive repair capacity and degradation properties were studied. The experiments showed that the FDBM is a form of biomaterial with high bone repair capacity and lower economic cost than other related materials such as bovine decalcified bone matrix. FDBM is simpler to extract and the raw materials are more abundant, which can greatly improve the utilization of marine resources. Our results show that FDBM not only has a good repair effect on bone defects, but also has good physicochemical properties, biosafety and cell adhesion, and is a promising medical biomaterial for the treatment of bone defects, which can basically meet the clinical requirements for bone tissue repair engineering materials.
Keywords: decalcified bone matrix, artificial bone material, bone defect, tissue regeneration, Hydrophilic
1 INTRODUCTION
Bone tissue repair has always been a hot topic in biomedical research. In recent years, the number of patients with bone defects due to an ageing population, trauma, infections, bone tumors and congenital malformations has remained high and the demand for bone repair materials is increasing day by day (Henkel et al., 2013). Bone defects can disrupt bone continuity and lead to loss of bone function, making wound healing difficult, affecting the patient’s life and career and causing many problems for themselves and their families (Dimitriou et al., 2011). How to repair bone defects and restore normal function in a short period of time is the greatest demand of patients and the direction that the majority of medical workers are striving for.
Bone grafting or implantation of bone materials such as autologous bone, allogeneic bone and artificial bone materials are often required in the treatment of patients with bone defects. Autologous bone grafting is often seen as the best means of repairing bone defects in medicine (Pereira et al., 2017), but bone grafting operation can cause secondary injury to the body, damage the normal bone structure of the donor area and making it vulnerable to risks such as bleeding, infection and pain (De Ponte et al., 2017; Pan et al., 2018). Allogeneic bone is prone to fracture due to resorption after transplantation. On the other hand, it is also immunogenic and immune rejection and has a potential risk of epidemic transmission (Ippolito et al., 2019). In order to overcome these limitations in treatment, researchers have turned their attention to artificial bone materials with excellent properties, such as inorganic bone materials, polymer bone materials, composite bone materials and tissue engineering materials (Bian et al., 2019). Among them, biomaterials have been widely used in clinical practice for their excellent performance.
DBM is an artificial bone material obtained by decalcifying biological bone. It is a bone tissue engineering scaffold material with collagen as the main component and also contains non-collagenous proteins and lower concentrations of growth factors, with good biocompatibility and biodegradability (Hu et al., 2018; Cho et al., 2020; Hao et al., 2022). Among these, bone morphogenetic protein is the key factor in the induction of osteogenic activity, which can induce the differentiation of mesenchymal cells into chondrogenic cells and thus the formation of new bone (Chen et al., 2007; Salonius et al., 2020). The decalcification treatment removes the constraint imposed by calcium salts on bone morphogenetic protein, allowing it to be released and to fulfil its osteogenic potential (Zhang et al., 1997). Collagen is conductive to the synthesis of osteocalcin and can increase the activity level of osteoblast alkaline phosphatase. It is also conductive to the attachment of cells and the deposition of hard tissue. Loose porous structure can also promote the inward growth of osteoprogenitor cells and capillaries, so as to better play the role of bone conduction (Caballe-Serrano et al., 2020).
Currently, the DBM used in clinical practice is mainly derived from the skull, femur and tibia of terrestrial animals such as pigs, cattle, dogs and rabbits. Although they are easy to obtain, they carry a risk of transmitting diseases such as avian influenza, swine influenza and odontogenic diseases. Especially, the DBM of bovine origin carries a high risk of transmissible spongiform encephalopathy (TSE), bovine spongiform encephalopathy (BSE) and other potential viruses that may be transmitted to humans (Jonglareonrak et al., 2005; Widdowson et al., 2018). In addition to this, the DBM which derived from pigs is also banned in some countries for religious or ethical reasons. Compared with terrestrial animals, marine animals are rich in sources, easy to extract, and have higher safety. There are no animal disease risks and religious issues mentioned above (Lim et al., 2019). Marine animal collagen is similar in amino acid structure to terrestrial mammals and has a sequence structure similar to RGD amino acid sequence, which can effectively promote cell adhesion to biological materials and guide tissue regeneration, making it an ideal raw material for medical use (Silva et al., 2014; Chen et al., 2019). In addition, the presence of a large number of diaminodicarboxyl groups in the peptide chain makes the collagen of marine animals extremely hydrophilic, which can effectively solve the problem of difficult cell adhesion and proliferation on the DBM. (Wang et al., 2022).
This study was conducted to determine whether a decalcified bone matrix prepared from fish bones meets the requirements for a bone repair material and whether it has the ability to promote bone repair. In this study, fish bone from flounder was used as raw material, and the FDBM was obtained after a series of treatments, and its physicochemical properties and biocompatibility were tested. At the same time, an animal model of femoral defect in rats was established, and commercially available BDBM was used as the control group, and the area of femoral defect in rats was filled with the two materials respectively. The changes in the implant material and the repair of the defect area were observed by various aspects such as imaging and histology, and its osteoinductive repair capacity and degradation properties were studied.
2 MATERIALS AND METHODS
2.1 Materials
FDBM was prepared by the laboratory itself using halibut bone. BDBM was purchased from a conventional medical equipment manufacturer. Female Sprague Dawley (SD) rats (200–220 g) were purchased from Jinan Pengyue Experimental Animal Breeding Co Ltd (Jinan, China). New Zealand White rabbits (2–2.5 kg) were purchased from Qingdao Kangda Biotechnology Co Ltd (Qingdao, China). All other chemicals were of analytical grade and no further purification was required for use. All animal experiments were approved by the Animal Theory Committee of Yantai Lundy Biotechnology Co Ltd (approval number: LDSW2022037).
2.2 Preparation of fish decalcified bone matrix
This preparation process uses fresh halibut fish bones as raw material (Figure 1). We take 50 g of fish bones, cut it into 0.5 cm*0.5 cm cylinders, and rinse with pure water for 3 times. Soak the treated fish bones in 9% NaCl solution for 8 h with a material-to-liquid ratio of 1:20 (w/v) (remove impurities such as oil). The fish bones were soaked in 1% SDS solution for 8 h and the ratio of material-to-liquid was 1:20 (w/v) (remove impurities such as oil). After washing them with pure water for 3 times, the fish bones were soaked in propanetriol, and the ratio of material-to-liquid was 1:10 (w/v) (remove fat). It was stirred at 120 rpm for 8 h and filter out the solution. Then the fish bones were soaked in 3% hydrogen peroxide (H2O2) solution for 6 h, the ratio of material-to-liquid was 1:10 (w/v), and the fish bones was bleached. Wash with pure water for 3 times. The fish bones were soaked in anhydrous ether for 8 h, the ratio of material-to-liquid was 1:10 (w/v). Afterwards, the fish bones were soaked in 0.1 mol/L hydrochloric acid (HCl) and stirred with the same speed for 12 h, the ratio of material-to-liquid was 1:50 (w/v) (remove calcium). Then the fish bones were soaked in 0.5% pepsin for 30 min, the ratio of material-to-liquid was 1:30 (w/v). Finally, clean the FDBM with pure water, freeze-dry it in a freeze dryer, and sterilize it with 60Co.
[image: Figure 1]FIGURE 1 | Preparation of fish decalcified bone matrix (FDBM).
2.3 Physical and chemical properties
2.3.1 Characterisation and structural observations
The shape and morphology of the prepared FDBM was observed. Then, the structures of FDBM were observed by scanning electron microscope (SEM). The FDBM was cut into small pieces of 0.1 cm*0.1 cm and fixed on the sample table by conductive adhesive. After the surface was sprayed with gold, the surface, porosity, pore size and internal structure of the FDBM was observed by SEM (S-4800, HITACHI, Japan).
2.3.2 Mechanical strength
The FDBM (cylinders of 0.5 cm diameter and 0.5 cm height) were fixed on a universal testing machine at room temperature and the specimens were crushed at a rate of 2 mm/min until the FDBM pellets were crushed into flakes (CMT8502, MTS systems, China). The compressive strength was calculated from the measured pressure values. The mean value was taken from three parallel measurements under the same conditions. The standard deviation was calculated and presented as mean ± standard deviation ([image: image]).
2.3.3 Porosity testing
Anhydrous ethanol was added to the measuring cylinder and the volume was recorded as V1. The cylinder was then placed in a vacuum desiccator and evacuated to allow the ethanol to enter the pores of the material until no air bubbles escaped, at which point the volume was recorded as V2. Finally, the FDBM was removed and the remaining volume of ethanol was recorded as V3. The porosity of the FDBM was calculated according to the equation and the data are presented as mean ± standard deviation (x̅±s).
[image: image]
In the formula: V1 is the initial ethanol volume; V2 is the total volume of FDBM after submersion in ethanol; V3 is the remaining ethanol volume.
2.3.4 Calcium content
1) Establishment of calcium standard curve: Weigh 10 g analytically pure CaCO3 powder at 110°C in a beaker and gradually add 1 M HCl dropwise to the beaker until it is completely dissolved. The volume is then fixed to 100 ml in a volumetric flask. This calcium standard solution has a Ca2+ concentration of 1 mol/L. Dilute them into 5 parts of calcium standard solution of 1 mol/L, 0.8 mol/L, 0.6 mol/L, 0.4 mol/L and 0.2 mol/L respectively. The absorbance of the Ca2+ concentration of each group was observed under visible spectrophotometer 422.7 nm and the value was recorded as A. The relationship between n and A was analyzed and fitted to give the calcium standard curve equation:
[image: image]
In the formula: ρ is the absorbance value corresponding to the concentration of Ca2+; n is the amount-of-substance concentration of calcium ions, mol/L.
(2) Determination of total calcium in fish bones:1 g undecalcified fish bone was placed in a beaker, 5 ml concentrated H2SO4 was added and the beaker was placed on the electrothermal furnace. Continue to raise the temperature when the fish bones are black and sticky. Gradually add HClO4 solution dropwise to the beaker and continue heating to make it clear and transparent. After cooling, the final volume was adjusted to 50 ml by adding deionized water. A suitable volume of liquid was taken and the absorbance was measured under visible spectrophotometer 422.7 nm. The value was recorded as A. The total calcium content of the fish bones was calculated from the regression equation in 1).
(3) Determination of calcium content in fish bone decalcification solution: A suitable volume of decalcifying solution was taken and the absorbance was measured under visible spectrophotometer 422.7 nm. The value was recorded as A. The calcium content of the fish bone decalcification solution was calculated according to the regression equation in 1).
(4) Calculation of decalcification rate:
[image: image]
In the formula: S is the calcium content in decalcification solution; T is the total calcium in fish bones.
2.3.5 Water absorption
Six pieces of prepared FDBM were divided into six groups at room temperature, immersed in deionized water for 10 min and then suspended on a table. When no water drops fell from the samples, each group was weighed and the mass recorded as m. The samples were then freeze-dried, weighed again and the mass recorded as m1. Each group was repeated 3 times and the average was taken.
[image: image]
In the formula, m is the mass of FDBM after immersion in water, and m1 is the mass of FDBM after freeze-drying.
2.3.6 In Vitro degradation
Six pieces of FDBM were taken, weighed and placed in a 6-well culture plate, one piece per well. 6 ml of artificial degradation solution (0.1 mol/L PBS) was added to each well, and then placed the plate in a 37°C incubator for degradation. The FDBM was removed at weeks 2, 4, 6, 8 and 10, freeze-dried and weighed, and the rate of mass loss was calculated by averaging. After each recording was completed, the physiological degradation solution was replaced with an equal amount to continue the degradation. The degradation rate of the FDBM was calculated for each time period (2 weeks for each time period) and a degradation rate curve was plotted.
[image: image]
In the formula, A0 is the mass of FDBM at one time point before degradation, and A1 is the mass of FDBM at one time point after degradation.
2.4 Biocompatibility
2.4.1 Cytocompatibility
In order to evaluate the cytotoxicity, proliferation rate and adhesion of FDBM, we chose mouse fibroblasts (L929) as co-cultured cells with FDBM.
2.4.1.1 Cytotoxicity
Under aseptic condition, 5 g FDBM were placed in 30 ml DMEM high glucose (DMEM-H) complete medium and extracted at 37°C with 80 rpm for 24 h to obtain cell culture medium. The cytotoxicity was detected by CCK-8 method. L929 cells are cultured with the DMEM-H system containing 10% FBS. According to the standard of 8×103/well, L929 cells at logarithmic growth stage were inoculated in a 96-well plate with a volume of 100 μL per well. The upper layer of the cell culture medium was discarded after the cells adhered to the wall and formed monolayers. Then the mixture of 200 μl cell culture medium and extraction solution were sequentially added to the 96-well plate according to the proportion of 25, 50%, and 100%. After co-culture with cells for 24 h, each well was equipped with 100 μl CCK-8 solution (10 μl CCK-8 in 90 μl medium) according to the instructions of CCK-8 kit (Biosharp, China). Then the culture plate was incubated at 37°C and 5% CO2 for 2 h, and the optical density (OD) value was detected at 450 nm by microplate reader (Infinite F50, Tecan, Switzerland).
[image: image]
In the formula, As is the absorbance of wells with cells, CCK8 solution and leachate, Ac is the absorbance of wells with cells, CCK8 solution and no extraction solution, and Ab is the absorbance of wells with medium and CCK8 solution and no cells.
2.4.1.2 Live/Dead Cell staining
According to the standard of 1×105 cells per well, 500 μL cell suspension was put into 48-well plate. After the cells adhered to the wall, the original cell culture medium was replaced with the extraction solution. After culturing for 3 days, replace the normal cell culture medium with 1.5 μL propidium iodide and 1 μL calcein-AM (Solarbio, China) in PBS solution, and incubate for another 30 min. After the sample was gently washed with PBS, fluorescence was excited by 490 nm wavelength under inverted fluorescence microscope (ECHO RVL-100-G, United States), and the distribution of living dead cells was observed.
2.4.1.3 Observation of Cell adhesion
L929 cells were cultured in a cell incubator at 37°C and 5% CO2. The cells were digested and counted when the cells grew to the logarithmic phase. After 1 ml cell suspension was inserted into a 24-well plate. FDBM was put into the cell suspension, co-cultured with the cells for 24 h, fixed with 2.5% glutaraldehyde solution for 24 h and lyophilized. The cells were observed for adhesion, infiltration and growth on the surface and inside the bone material by scanning electron microscope.
2.4.2 In Vivo safety and degradation
2.4.2.1 In vivo implantation
Twelve SD rats were randomly divided into four groups and each group consists of seven rats. After the rats were anesthetized with 10% chloral hydrate at a dose of 0.4ml/100g, their backs were depilated within the 1 cm*1 cm area. After alcohol disinfection, the full-thickness skin openings of 0.5 cm were opened at 1.5 cm on both sides of the dorsal spine. Then FDBM and BDBM were placed on the left and right sides, respectively, and sutured. After all rats were awakened, the rats were observed for their living condition, mental status and feeding.
2.4.2.2 Histopathological Examination
On the 3rd, 7th, 14th, and 28th day after the operation, one group of rats were sacrificed respectively, and the embedded FDBM and BDBM were took out, which were fixed with 4% paraformaldehyde. After 24 h of fixation, the tissues were embedded in paraffin and sectioned in routine paraffin for HE and Masson staining. Finally, the morphology and cell infiltration of FDBM and BDBM were observed under light microscope.
2.4.3 Haemolysis rate
Under aseptic condition, 5 g FDBM were placed in 30 ml normal saline and extracted at 37°C with 80 rpm for 24 h to obtain the extraction solution of FDBM. 2 ml fresh anticoagulant blood was taken from healthy SD rats and 8 ml normal saline was added to dilute it. 10 ml FDBM extraction solution were prepared as experimental group. At the same time, the same amount of deionized water was used as the positive control group and the same amount of normal saline as the negative control group. Then 200 μl SD rats’ blood was added to test tubes from three groups, which are mixed thoroughly and incubated at 37°C for 60 min. After incubation, the tubes were centrifuged at 2500 rpm speed for 5 min in a high-speed centrifuge. After centrifugation, the hemolysis was observed, and the absorbance was measured with an ultraviolet spectrophotometer at 545 nm wavelength.
[image: image]
In the formula, A1 is the average absorbance of FDBM group, A2 is the average absorbance of normal saline group, and A3 is the average absorbance of deionized water group.
2.4.4 Pyrogen testing
The FDBM was tested for pyrogen by reference to the Chinese Pharmacopoeia (2020 edition). The extraction solution of FDBM was obtained by the method in 2.4.3, placed in a water bath and preheated to 38°C. Then three normal New Zealand White rabbits were taken and their body temperature was measured. 25 ml extraction solution of FDBM was slowly injected from each rabbit’s ear marginal vein, and then the temperature change was measured in real time over a 3 h period using the same online real-time thermometer. After the measurement was complete, the highest temperature during the entire test was used to subtract the normal body temperature of the rabbit as the number of degrees of increase in body temperature for this test. If all temperatures measured throughout are lower than normal body temperature, record as 0°C.
2.5 Ability to repair bone defects
2.5.1 Establishment of bone defects model
Forty-five SPF-grade 10-week-old female rats (200–220 g) were randomly divided into three groups of fifteen rats each. 10% chloral hydrate was injected intraperitoneally according to 0.4 ml/100 g body weight ratio. Aseptic operation was maintained during the operation. After rats were placed in a supine position, the hair on the inner side of the leg was removed and the skin was exposed and disinfected with 75% alcohol. Then a 1 cm skin incision was made along the left femur, the skin and muscle layers were spread along the femur in turn to expose the femoral stem. The periosteum was then separated to expose the middle and upper part of the femoral stem. The rat’s femur was drilled with a 2 mm diameter drill, the drill was moved up and down to create a bone defect area of approximately 2 × 3 mm2. The holes were flushed with sterile saline to quickly remove the bone fragments.
After the bone defects model was prepared, FDBM and BDBM were implanted into the bone defect area of different group, and the defect area was adequately filled. The self-healing group did not do any treatment. After implantation, the wound was closed with sutures and 400,000 units of penicillin were injected into the other thigh muscle to prevent infection. Normal feeding after operation.
2.5.2 Postoperative status observation
After the operation, the rats’ spirit, feeding, activity and wound healing were recorded daily. The effect of the surgery and the implant material on the rats was judged according to their behavior and reaction status. At the same time, the occurrence of redness, swelling, oozing and pus at the operative site was recorded. Five rats in each group were euthanized at the fourth, 8th and 12th weeks after operation, and the whole femur was removed. The muscles, fascia and other tissues on the femur were cleared and then the bone defect area was observed for the state of the material, the state of healing and the presence of infection.
2.5.3 CT radiographic observation
The femur in 2.4.2 was fixed in 4% paraformaldehyde for 24 h. The specimen was removed and washed three times with PBS buffer (pH 7.0) before CT radiography was performed to observe the bone repair of the defect site and the degradation of the implant material.
2.5.4 Histopathological examination
The rat femurs were put into the EDTA decalcification solution and placed in a constant temperature shaker at 37°C, 50 rpm for 1 month, during which time the EDTA decalcification solution was changed once a week. After decalcification was completed, the rat femurs were washed with distilled water, routinely dehydrated, embedded in paraffin, sectioned and then subjected to HE and Masson staining. The ability of the bone material to repair bone defects was evaluated by observing the degradation of the bone materials, the cell type and status of the bone defect area, and the bone repair at the defect site. New bone formation was evaluated semi-quantitatively at the 4-week time point with reference to the histological outcome assessment criteria in “YY/T 1680–2020 In vivo evaluation of osteoinductive potential for materials containing demineralized bone”. The results were evaluated independently by two investigators blinded and counted.
3 RESULT
3.1 Physical and chemical properties of FDBM
The FDBM was prepared from flounder fish bones through a process of defatting, decalcifying and freeze-drying. The freeze-dried FDBM is faintly yellow, hard and dense. As a whole, its shape resembles that of a cylinder with a diameter and height of 0.5 cm. From the side, its shape is irregular, with two large ends and a thin middle part. In the determination of calcium content in FDBM, the relationship between n and A was analyzed and fitted to give the calcium standard curve equation: ρ = 0.9078n + 0.0585 (R2 = 0.9995). In the formula: ρ is the absorbance value corresponding to the concentration of Ca2+; n is the amount-of-substance concentration of calcium ions, mol/L. After calculation, the average decalcification rate of FDBM is 78.41 ± 5.73%. Normally DBM has the disadvantage of poor mechanical properties, so we did not completely decalcify it during the preparation of FDBM. This approach allows the FDBM to maintain good mechanical strength without compromising the repair effect. This facilitates the better use of FDBM in bone tissue engineering. In the process of tissue repair, materials with higher porosity can provide a wider space for cell adhesion, proliferation and differentiation. The results show that the porosity of FDBM is 72.56 ± 4.67%, which basically meets the requirements of an ideal bone tissue engineering material.
The mechanical strength of the FDBM was measured using the compression test method and the first turning point of the compression curve was defined as the mechanical strength. Figure 2 shows that the stress increases as the FDBM is continuously compressed, with a turning point when the strain reaches about 30%. The compressive stress when FDBM was destroyed was 4.03 ± 0.17 MPa which is close to the strength of human cancellous bone (2–20 MPa) (Bose et al., 2012). The results indicating that FDBM has excellent mechanical strength and is very suitable for biomedical materials.
[image: Figure 2]FIGURE 2 | Mechanical strength diagram of FDBM (n = 3)
The hydrophilicity of biomaterials is an important parameter in tissue engineering applications, and good hydrophilicity facilitates cell adhesion, growth and differentiation (Mishra et al., 2019). HCl treatment can fully expose the hydrophilic groups of fish bone, so that the FDBM has good hydrophilicity. Experiments showed that the water absorption rate of the FDBM can reach 86.41% (Table 1). The ideal bone tissue engineering scaffold should also have good biodegradability. The degradation rate of the scaffold after implantation should be commensurate with the growth rate of the tissue and should maintain its shape over a period of time, which can provide a shaping effect on the new tissue. Too fast or too slow a degradation rate of the scaffold can affect the structure of the new tissue. Figure 3 shows that the FDBM degrades in vitro in a physiological degradation solution at a slow rate for the first 6 weeks, with a significantly faster rate after 6 weeks and rapid cleavage as it approaches 10 weeks. The results show that the in vitro degradation time of FDBM is approximately 8–10 weeks.
TABLE 1 | Water absorption in each group (n = 3, per group).
[image: Table 1][image: Figure 3]FIGURE 3 | In vitro degradation diagram of FDBM (The test was conducted for a total of 10 weeks, with observations every fortnight.) (n = 6).
The ideal bone repair scaffold should have a highly interconnected porous structure that provides a biological environment conductive to cell adhesion and proliferation as well as tissue growth and nutrient flow (Zhang et al., 2019). Figure 4 shows that the freeze-dried FDBM showed a porous honeycomb shape with a dense and regular arrangement in the electron microscopic field of view. At high magnification, the FDBM shows a loose and porous structure with good connectivity between the porous structures. The pores of the FDBM range from 10 μm to 50 μm, and its loose and porous structure provides good access and storage for small molecules, which provides a structural basis for cell crawling and growth inside the scaffold (Lv et al., 2021).
[image: Figure 4]FIGURE 4 | Electron microscope scan of FDBM.
3.2 Biocompatibility assessment of FDBM
3.2.1 Cytocompatibility
Cell metabolism can be affected by cytotoxic materials. After the Calcein AM-PI staining, the living cells were green and the dead cells were red (Zhang et al., 2021). From the staining results of live/dead cells cultured to 3 days (Figure 5), the cells cultured by FDBM extraction solution grow well compared with the control group, and there is no significant difference in the proportion of dead cells, indicating that the FDBM scaffold has no cytotoxicity. Similarly, the results of CCK-8 test (Figure 6) also proved that the prepared FDBM is non-cytotoxic. The cells cultured in all three concentrations of FDBM extraction solution had a cell proliferation rate of around 95%. The cellular value-added rates at the three concentration tests were approximately equal and the differences were not statistically significant. According to the grading standard of cytotoxicity evaluation, the cytotoxicity is level 1. According to the standard, it is deemed to be non-cytotoxic when the cytotoxicity is at the first level. The cytocompatibility of TADM was satisfactory.
[image: Figure 5]FIGURE 5 | Live-Dead staining of L929 cells cultured by FDBM extraction solution after culturing for 3 days (green for living cells and red for dead cells; magnification, ×40).
[image: Figure 6]FIGURE 6 | Cell proliferation rate. The horizontal coordinate is the proportion of FDBM extraction solution to the cell culture medium. A is 100%; B is 50%; C is 25%. (There was no significant difference between the three data sets.) (n = 6).
Figure 7 shows that L929 cells can normally infiltrate the FDBM and adhere to it. A large number of cells adhere to the interior of the material, but the cells mainly adhere to the collagen surface and extend pseudopods on its surface, showing some crawling behavior. In addition, some of the cells replicate and proliferate inside the material. This again demonstrates the good cytocompatibility of the FDBM. The results show that the FDBM not only has high porosity, but also has good fibroblast adhesion and potential to induce fibroblast migration and growth, which fully indicates that the FDBM has good cell compatibility.
[image: Figure 7]FIGURE 7 | Electron microscope picture of the adhesion and growth of L929 cells on FDBM.
3.2.2 Destructive effect on blood cells
The results of the hemolysis test (Figure 8) showed that the supernatant of the normal saline group was clear and transparent, and no hemolysis occurred. The supernatant of the FDBM group was slightly red, and most of the red blood cells were precipitated to the bottom of the tube, only a very small number of red blood cells were lysed. The distilled water group had no red blood cell precipitation, and the liquid in the tube appeared uniformly red. The absorbance was measured by adjusting the wavelength of the UV spectrophotometer to 545 nm. General standards stipulate that if hemolysis rate is less than 5%, the material could meet the clinical blood safety requirements. The average hemolysis rate of the FDBM group was only 1.55% (Table 2), which was much less than 5%. It can be determined that it will not cause a hemolytic reaction.
[image: Figure 8]FIGURE 8 | The result diagram of FDBM hemolysis (A is distilled water, B is FDBM extraction solution, C is normal saline) (n = 10 per group).
TABLE 2 | OD and hemolysis rate in each group (n = 10, per group).
[image: Table 2]3.2.3 Pyrogen testing
The entry of substances with immunogenicity into the body induces an immune rejection reaction, which is manifested externally by increased body temperature and poor mental status (Gil-Castell et al., 2020). All New Zealand White rabbits were in good spirits and could eat normally without any abnormal reaction after the injection of the FDBM extraction solution. Body temperature testing (Figure 9) showed that the rabbits’ temperature had no significant change at a total of 6 time points over a period of 3 h after injection. All rabbits did not have an increase in body temperature of more than 0.6°C and the sum did not exceed 1.3°C. The results showed that the FDBM was free of pyrogenic reactions and complied with the provisions of the standard results composite related to pyrogenic reactions of biomedical materials.
[image: Figure 9]FIGURE 9 | Temperature test curve of New Zealand white rabbits. A, B and C are tests on three New Zealand White rabbits (Test every 30 min Six tests in total.).
3.2.4 Degradation in the body
After the DBM was buried subcutaneously in the rats, the rats lived in good condition and ate normally during the observation period. There was no immune rejection and allergic reactions such as swelling, redness, or seeping pus in the area of the implantation. The histological staining of subcutaneously implanted DBM is shown in Figure 10. The results showed that both groups of material were encapsulated by the fibrous capsule wall on day 3, along with a large infiltration of tissue fluid. There were some inflammatory cells entering the scaffold along the larger pores. On day 7, a small number of inflammatory cells have infiltrated the pores of the scaffold, and the collagen fibers in the scaffold have begun to degrade and adhere to the connective tissue of the skin. On day 14, the fibrous capsule that encases the material was significantly smaller. The collagen fibrous structure became incomplete and gradually fused with the skin and cells as with normal soft tissue. On day 28, the volume of the remaining bone material was approximately 1/2 of the initial volume and degradation was evident. The inflammatory cells largely disappeared. The results show that the fish decalcified bone matrix has good biocompatibility and does not cause inflammatory reactions or immune rejection in rats. Its good in vivo degradability is also demonstrated.
[image: Figure 10]FIGURE 10 | The results of HE and Masson staining are obtained by subcutaneously embedded FDBM and BDBM. The tissues were taken for H&E and Masson staining on the third, seventh, 14th and 28th day after implantation (magnification, ×40). F is the FDBM group, B is the BDBM group (The red arrows show the implanted bone matrix).
3.3 Femoral defect repair in rats
3.3.1 Postoperative status observation
All the rats in the bone defect model woke up within 1 h after surgery, and their mental and dietary conditions were slightly poor for the first 3 days, and returned to normal after 3 days. During the whole experimental cycle, the surgical area of the rats healed well and no obvious symptoms of infection such as swelling, redness, or seeping pus were observed. Figure 11 showed that all three groups of rats had formed a larger volume of bone crust structure at the site of the bone defect at week 4 postoperatively. Among them, the self-healing group had the largest bone crust structure, and the FDBM group had a smaller bone crust structure compared with the BDBM group. The area of the femoral defect was significantly reduced in all three groups, with the FDBM group showing the greatest reduction and the self-healing group the smallest. At 8 weeks postoperatively, the bone defect area in the FDBM group was almost completely healed and the bone surface had been repaired, but the bone crust structure was still present and significantly smaller than at 4 weeks. The repair status of the BDBM group was similar to that of the FDBM group, but the bone crust structure was relatively larger. The bone defect area in the self-healing group was not completely healed in all rats, and the remaining defect area was significantly larger than the other two groups, and the bone crust structure was still significantly. At 12 weeks postoperatively, the FDBM group had the best healing status, with no capsule or encapsulation around the material. The defect surface was largely intact, with the bone crust structure largely gone. The bone defect area in the BDBM group also healed better, but there was still a relatively small bone crust structure in all rats. The defect area in the self-healing group was not repaired, and the bone crust structure was significantly larger in all rats than in the other two groups.
[image: Figure 11]FIGURE 11 | Effect of repairing femoral defect (B: BDBM group; F: FDBM group; C: Self-healing group).
From this, it can be tentatively judged that the prepared FDBM has good ability to induce bone repair and that it repairs bone defects faster than commercially available BDBM. It can be used as a potential clinical bone repair material.
3.3.2 CT radiographic observation
The femurs of the rats removed in 3.3.1 were subjected to CT radiographs and the image data were analyzed to observe bone repair at the defect site and degradation of the implant material (Figure 12). At week 4 postoperatively, both the self-healing group and the group filled with bone material showed varying degrees of fracture at the site of the bone defect. The edges of the defect area were clear and the size of the defect was not significantly reduced. The bone material in both groups showed a hypodense shadow that could be completely visualized and differed significantly from normal femoral tissue. There was no new bone production on the marginal bone surface of the material and the femoral defect area.
[image: Figure 12]FIGURE 12 | CT radiographic observation (B: BDBM group; F: FDBM group; C: Self-healing group).
At week 8 postoperatively, CT images showed varying degrees of shrinkage of the bone crust in the area of the bone defect in all three groups. In the self-healing group, the bone scab structure was the largest, and the FDBM group had a smaller bone scab structure compared to the BDBM group. In addition, the area of hypodense shadow was significantly reduced in the FDBM group, and the density of the defect area was close to that of normal femoral tissue, indicating that new bone tissue was being produced along the edges of the defect area towards the center, but complete healing of the entire defect area had not yet been achieved. In contrast, the femoral defect area in the BDBM group recovered slightly less well.
At week 12 postoperatively, only about 1/4 of the defect area in the FDBM group was slightly less dense than the high-density area, while the rest of the area was not significantly different from normal femoral tissue. This indicates that the FDBM has been resorbed, degraded and mature new bone tissue has formed at the edges and within the defect area. There is no longer any bone crust structure present on the image. The difference between the BDBM group and the FDBM group was not significant, with only a small portion of the defective area being slightly less dense than the high-density area, while the rest of the repaired defective area did not differ significantly in bone structure and density from the normal area. The self-healing group still had a large amount of bone scab structure present and the defect area showed a large hypodense shadow, mostly not replaced by new bone tissue, with poor recovery.
The CT results showed that the FDBM was superior to the BDBM in terms of speed of bone healing and denseness of the bone tissue formed, indicating that the FDBM has good osteogenic ability and is a good material for bone repair.
3.3.3 Histopathological analysis
The results of HE staining (Figure 13) showed that the FDBM group had been partially degraded at week 4 and the remaining material was wrapped in fibrous tissue. Newly generated bone tissue and bone trabeculae were interspersed between and at the edges of the fibrous tissue. There were also a number of inflammatory cells and osteoblasts distributed in the fibrous tissue. At week 8 postoperatively, the interior of the bone defect was covered with new bone tissue. The osteocytes are distributed among the newly created bone tissue and there are no inflammatory cells. There was still a small amount of artificial bone material located in the middle of the new bone tissue. At week 12 postoperatively, the entire defect area had been filled with new bone tissue and there was a significant number of osteoblasts present in the bone tissue. The area was fully integrated with the original femoral tissue, except for a small intermediate area which was slightly less integrated with the surrounding bone tissue. The BDBM group showed the same trend of bone repair as the FDBM group at the first two time points. However, at week 12, a small portion of the defective area was still filled with collagen fibers and was not fully osteogenic. The repair effect was slightly lower than in the FDBM group. The self-healing group had the worst bone repair effect, with significantly worse bone trabeculae numbers and new bone tissue density at each time point than the FDBM group and the BDBM group. At week 12, the interior of the defect area was still relatively sparse with new bone tissue and fibrous tissue, and large areas were not completely filled.
[image: Figure 13]FIGURE 13 | The H&E staining map of bone defects in rats. The tissues were taken for H&E staining at weeks 4, 8 and 12 after implantation (magnification, ×40).
Masson staining showed (Figure 14) that at week 4 postoperatively, all three groups of defect areas were heavily filled with collagen fibers internally. A portion of the FDBM and the BDBM were encapsulated by collagen fibers. In both bone material groups, there was some newly generated collagen and mature collagen from the edges of the defect area towards the interior, and the defect area was not clearly demarcated. In the self-healing group, there was no new collagen around or inside the defect area and the boundary with the original bone tissue was clearly visible. At week 8 postoperatively, there was a large amount of mature and new bone tissue filling the defect area in all three groups, but the filling density was significantly higher in the two bone material groups than in the self-healing group. At week 12 postoperatively, most of the bone defect area in the FDBM group had been replaced by new bone tissue, with only a small portion of the area remaining filled with relatively sparse bone tissue, which had not yet formed a mature and dense bone structure. In the bovine decalcified bone matrix group, a small area remained filled with collagen fibers, with a small amount of new bone tissue scattered within. In the self-healing group, most of the defect area was still filled with new bone tissue and collagen fibers, and no dense bone tissue was formed.
[image: Figure 14]FIGURE 14 | The Masson staining map of bone defects in rats. The tissues were taken for Masson staining at weeks 4, 8 and 12 after implantation (magnification, ×40).
Combining the two staining results, it was found that the FDBM did not cause any immune response in the rats and had good biocompatibility. It also has good osteogenic induction, which can guide osteoblasts to grow in and form mature bone, new bone and osteoid at the edges of the defect area and within the material to fuse with the autologous femur. The FDBM group produced more new bone tissue and trabeculae in the early stages of repair than the BDBM group, and had better overall repair capacity. While new bone was formed, the material gradually degraded and had good degradation properties in the animals. The results show that the FDBM has the ability to be used as a bone repair material.
Semi-quantitative analysis showed (Figure 15) that the new bone formation score in the self-healing group was 0.9. Compared with the self-healing group, the new bone formation score was significantly higher in the DBM group (p < 0.01). And the FDBM group scoring slightly higher than the BDBM group (p < 0.05). With reference to the criteria of YY/T 1680–2020, it can be concluded that the FDBM has good osteoinductive potential.
[image: Figure 15]FIGURE 15 | New bone formation score for femoral repair at 4 weeks. (C: Self-healing group; B: BDBM group; F: FDBM group) (**: Significant difference compared to the self-healing group, p < 0.01; *: Significant difference compared to BDBM, p < 0.05).
4 DISCUSSION
In reality, it is very common for people to suffer from bone defects as a result of work-related injuries, accidental injuries or injuries of medical origin. Currently, the implantation of bone tissue engineering repair materials remains the most effective method of treating patients with bone defects. Various types of bone tissue engineering materials have been widely used in clinical practice due to their excellent bone repair properties (Geng et al., 2022). However, there is still a problem of low osteogenic activity in clinical practice, which makes it difficult to meet the needs of a large number of clinical patients. In general, an ideal bone tissue engineering material should have sufficient osteoconductivity, osteoinductivity, good biocompatibility and degradability. DBM is a bone material that has been acid-treated to remove the mineral matrix, while retaining organic matter and growth factors. DBM was first reported to have an important osteogenic effect in 1965, with collagen as its main component and bone morphogenetic proteins (BMPs) with osteogenic activity but no species specificity as the rest. It is now generally accepted that the repair mechanism of implanted bone materials is to heal bone defects by promoting osteoblast growth and angiogenesis. DBM induces osteogenesis by removing the calcium salt barrier through decalcification, removing the encapsulation of calcium salts around BMPs and other osteogenic active factors and stimulating the conversion of MSCs into cartilage and osteoblasts. At the same time the decalcification process gives the DBM a natural pore structure. This not only allows the DBM to develop good plasticity, but also facilitates the slow release of BMPs and the growth of new bone and other tissues into it, thus improving the mechanical strength and enhancing the efficiency of the repair. And the antigenic surface structure of the DBM is disrupted during the acid treatment, resulting in no immune rejection and reduced morbidity at the surgical site. In our study, we use halibut fish bone that is left from the former procedure and obtained FDBM after a series of treatments, which effectively improved the utilization efficiency of fish bone and reduced solid waste.
4.1 Physicochemical properties and biocompatibility evaluation of FDBM
As a tissue engineering scaffold for bone defect repair medicine, it must have the characteristics of good porosity, mechanical strength, biocompatibility and biodegradability. The porosity of collagen materials increases with their internal surface area. During tissue repair, higher porosity of collagen materials can provide a wider space for cell adhesion, proliferation and differentiation. The results of scanning electron microscopy show that FDBM has a high porosity and basically meets the requirements of an ideal bone tissue engineering material. The mechanical strength is an important indicator to evaluate the mechanical properties of the scaffold, which indicates the effective load-bearing capacity of the mate rial and determines the tolerance to mechanical loading during the process from new tissue growth to the degradation of the scaffold matrix (Tao et al., 2017). The mechanical strength of the prepared FDBM is similar to that of human cancellous bone. It can withstand a large degree of deformation without rupture and basically meets the requirements of bone repair materials in terms of mechanical properties. The results showed that the treatment of incompletely decalcified can enable the scaffold to maintain a certain mechanical strength based on its good performance, which is beneficial for its application in bone tissue engineering. Additionally, because of its biodegradability, the FDBM can be de-graded by itself at the bone defects, so there is no need to take it out again, which reduces the occurrence of secondary trauma.
The rate of degradation of bone tissue engineered scaffolds is mainly determined by the nature of the material itself and the local physiological environment after implantation. In vivo degradation is mainly related to the action of osteoclasts and multinucleated macrophages. The rate of bone resorption by osteoblasts is higher than the rate of bone formation by osteoclasts, which can result in poor bone repair (Geng et al., 2021). During the formation of new bone, the scaffold material is broken down by components such as lysosomal enzymes released by osteoclasts. The residual fragments are engulfed by macrophages, thus allowing the scaffold material to be gradually degraded and resorbed. The results showed that the FDBM could be gradually degraded in the body, indicating it has good biosafety and biodegradability. Cell adhesion and spreading are two key factors in the regulation of cell functions (Geng et al., 2020). The results of the co-culture of cells and materials showed that the FDBM not only has high porosity, but also has good fibroblast adhesion and potential to induce fibroblast migration and growth, which fully indicates that the FDBM has good cell compatibility. Important means including hemolysis test, pyrogen test, subcutaneous implantation test, cytotoxicity test whether implanted bone tissue engineering materials are qualified. It was found that no adverse reactions occurred. The FDBM has an excellent biosafety profile and meets the requirements of a medical device.
4.2 Bone defect repair capacity of FDBM
The critical size defect (CSD) is the most commonly used model for evaluating materials for bone defect repair. Schmitz et al. define CSD as the smallest bone defect in a particular bone of a particular animal that does not heal over its lifetime (Gordon et al., 2008). Hollinger et al. define CSD as a bone defect that heals less than 10% over the life of the animal, and if this level is not reached within 1 year, the model is considered to meet the criteria for CSD (Gordon et al., 2008). However, most preclinical studies have a time limit for assessment and Gosia et al. state that “the critical size defect in animal studies is the size of the defect that does not heal during the study period” (Song et al., 2016). Female rats at 10 weeks of age were used for this experiment to ensure that the femur was of sufficient width. A 2 × 3 mm bone defect was created on the medial side of the upper middle femur of the rat. Throughout the experiment, the imaging and histological findings of the blank control group showed that the bone defect was not completely repaired and met the CSD criteria. The results show that the rat femoral bone defect model meets the requirements for discussing FDBM-based repair of femoral bone defects.
The repair of bone defects is a long and complex process. The safety and efficacy of the obtained FDBM were evaluated by bone defect repair testing in rats for 12 weeks, and compared with BDBM that have been used in clinical practice for many years. The results show that FDBM is slightly more effective than BDBM in repairing bone defects, and that it has a good in vivo biosafety profile, making it a promising medical biomaterial for the treatment of bone defects. It has been suggested that DBM alone has limited osteoinductive potential and does not have the ability to promote complete repair of bone defects (Giannoudis et al., 2005; Gerhardt et al., 2011; Yannas, 2013), and some experiments have demonstrated a lack of bone regeneration despite the use of DBM in critical size defects (Larranaga et al., 2014; Tainio et al., 2017). Up to 12 weeks postoperatively, the imaging results of the DBM group still showed incomplete healing of the bone defect, possibly due to partial loss and insufficient concentration of bone forming proteins during preparation, making it difficult to develop a dose effect. However, for the time being, the prepared FDBM is better than commercially available BDBM in the treatment of bone defects and has good biocompatibility. It also effectively improves the utilization of marine resources and reduces solid waste. In conclusion, FDBM is a promising medical biomaterial for the treatment of bone defects and is expected to replace BDMB in clinical practice.
5 CONCLUSION
In this study, we prepared FDBM from halibut fish bone and characterized its properties. The results showed that the FDBM has good porosity, mechanical strength, biodegradability and biocompatibility, which is conductive to cell infiltration, adhesion and growth. Its good bone repair ability was confirmed in a rat bone defect model, and it can effectively induce the growth of new bone tissue, and its repair speed and quality are better than those of the commercially available BDBM. The FDBM is an artificial bone material with good application prospects, which can basically meet the clinical requirements for bone tissue repair materials.
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The number of patients with bone defects caused by various bone diseases is increasing yearly in the aging population, and people are paying increasing attention to bone tissue engineering research. Currently, the application of bone tissue engineering mainly focuses on promoting fracture healing by carrying cytokines. However, cytokines implanted into the body easily cause an immune response, and the cost is high; therefore, the clinical treatment effect is not outstanding. In recent years, some scholars have proposed the concept of tissue-induced biomaterials that can induce bone regeneration through a scaffold structure without adding cytokines. By optimizing the scaffold structure, the performance of tissue-engineered bone scaffolds is improved and the osteogenesis effect is promoted, which provides ideas for the design and improvement of tissue-engineered bones in the future. In this study, the current understanding of the bone tissue structure is summarized through the discussion of current bone tissue engineering, and the current research on micro-nano bionic structure scaffolds and their osteogenesis mechanism is analyzed and discussed.
Keywords: scaffold, nanotechnology, hierarchically structured scaffold, porosity, bone tissue regeneration
1 INTRODUCTION
With the aging population, the number of patients with bone defects caused by various bone diseases is increasing annually (El-Rashidy et al., 2017). Among them, large-scale bone defects are the biggest problem faced by orthopedic surgeons, which often require multiple operations, and the clinical treatment effect is poor, leading to delayed union or non-union, and even amputation. Presently, the gold standard for the clinical treatment of bone defects is pedicled autologous bone flap transplantation; however, the source of the autologous bone is limited, which increases the risk of wound infection, causes secondary injury to patients, and aggravates their pain. Biological factors, such as adding the vascular endothelial growth factor and bone morphogenetic protein into scaffolds, can regulate the directional differentiation of mesenchymal stem cells into vascular endothelial cells and promote bone regeneration (Won et al., 2020); however, the clinical effect is not good, the action is limited, the osteogenic effect is not ideal, and there is the possibility of inducing tumors (Silva et al., 2020; Hanusek et al., 2022). Cell or gene treatment methods have limitations such as being time-consuming, expensive, difficult to master in clinical applications, and potentially carcinogenic. The repair of massive bone defects is a clinical challenge in modern medicine, hence there is an urgent need to find a safe, convenient, and efficient means to promote bone regeneration.
In recent years, biomaterial scientists, represented by Academician Xingdong Zhang of Sichuan University, proposed the concepts of “tissue-induced biomaterials” and “in vivo tissue engineering” (Xing et al., 2019; Zhou et al., 2021). In other words, the microstructure design of the material is carried out to endow the material with the ability to induce tissue regeneration (Xing et al., 2019). This promotes fracture healing without the addition of growth factors. This theory suggests a new method to guide the research and development of bone regeneration materials in the future. Additionally, by improving the internal structure of the bone scaffold, the performance of the scaffold can be further optimized. by adjusting its surface morphology, which can adjust the fate of the cells and promote the progression of osteogenesis. Therefore, through a reasonable design of the scaffold, the maximum therapeutic effect of the scaffold, promotion of healing of bone defects, and alleviation of pain in patients can be achieved.
In this study, structure influencing factors influence its characteristics, the current micro-nano structure scaffold design, and the structure influence mechanism of osteogenesis. The purpose of this study was to determine the influence of the scaffold structure on the scaffold performance and cell fate.
2 BONE STRUCTURE
Bone tissue is a natural nanocomposite material that is mainly composed of bone cells and a matrix around the bone cells. Bone cells are deeply embedded in a mineralized matrix, which senses mechanical stimulation and converts it into biological signals, regulates mineral homeostasis, promotes hematopoiesis and regulates secretion (Divieti Pajevic, 2013). The matrix components around the bone cells are mainly composed of organic and inorganic compounds. The main component of inorganic matter is calcium phosphate, which exists in the form of nano-hydroxyapatite crystals (Weiner et al., 1999); 90% of organic components are mainly type I collagen, and the rest are composed of lipids, growth factors, osteopontin, proteoglycan, adhesion proteins, and other molecules (Carvalho et al., 2018). Macroscopically, the bone tissue is composed of cortical and cancellous bones. Cancellous bones are mainly composed of trabeculae of different sizes, forming a high-porosity structure (up to 30%–90%) and a low elastic modulus. Cortical bones are mainly composed of a Haval bone plate, an inner interosseous plate, and an outer ring bone plate, with low porosity (5%–30%). The special structure of the bone tissue determines its special function; the high porosity of cancellous bone ensures the exchange of intramedullary nutrients and participates in the main metabolic process of bone tissue (Lin et al., 2016). The cortical bone plate is mainly composed of mineralized accumulation and precipitation of inorganic components, and the cortical bone has a high elastic modulus, high hardness, and low toughness, which play a major supporting role (Han et al., 2018). When the scaffold is implanted into a bone defect site, it mainly replaces the bone, temporarily supports the structure, and participates in the metabolism of the bone tissue. Therefore, scaffolds must have hierarchical structures and characteristics similar to those of the bone tissue. The hierarchical structure of scaffolds mainly includes macroscopic features such as the tubular diameter, shape, pore, and microchannels, and nano-microscopic features such as surface morphology and nano-pores (Figure 1). Its characteristics include inductivity, electrical conductivity, mechanical properties, hydrophilicity, hydrophobicity, cell compatibility, biodegradability, and biocompatibility. It is the key to the scaffold design for bone tissue engineering to adjust the scaffold structure and improve the scaffold characteristics (Giannitelli et al., 2014). Table 1 provides an overview about the influence of scaffold structure on scaffold characteristics.
[image: Figure 1]FIGURE 1 | The primary structure of the scaffold at present.
TABLE 1 | Influence of scaffold structure on scaffold characteristics.
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3.1 Conductivity and inductivity of scaffolds
The scaffold, which has a certain conductivity, must provide a growth surface for osteoblasts from the periphery of the implant bed and directional osteoblasts in the bone marrow. The pore diameter between 0.1 mm and 0.5 mm is regarded as the best distance for bone conduction, which may be related to the proliferation of pre-osteoblasts and better initial adhesion of osteoblasts (Hollister, 2005; Murphy et al., 2010). The induction of scaffolds means that biomaterials directly induce peripheral mesenchymal stem cells to differentiate into bone precursor cells and osteoblasts and further form bone tissue. Presently, most artificial bone products used in clinics only have bone conductivity, poor osteo-inductivity, and weak osteogenesis, and it is still difficult to solve large bone defects clinically (Ho-Shui-Ling et al., 2018). Numerous studies have reported that the conductivity and inductivity of scaffolds are affected by their structures (Humbert et al., 2019). The surface characteristics of the scaffold are related to osteogenesis, and a concave surface of the scaffold is more conducive to osteogenesis than a convex one (Graziano et al., 2008). The cells on the microcavity-rich scaffold released a significant amount of BMP-2 and VEGF into the culture medium and expressed higher alkaline phosphatase activity, which induced bone tissue formation (Graziano et al., 2007; Wang H. et al., 2013) deduced that the macro-porous structure of the HA stent is beneficial for angiogenesis and osteo-induction. Macro-porous structures ensure nutrient and metabolic waste transport, vascular ingrowth, and direct osteogenesis (Murphy et al., 2010; Wang et al., 2021). This type of pore has an optimum size. In the research by Zhang et al. (2022b), it was deduced that in vivo experiments, the porous structure with a size of 400 μm is more conducive to ectopic bone growth, whereas in situ bone defects, the porous structure with a size of 600 μm has the largest area of new bone tissue. Yamasaki and Sakai (1992) emphasized that the existence of interconnected microporous structures (2–10 μm) can endow scaffolds with osteo-inductive characteristics; inward bone growth was not observed in similar materials with a dense morphology. On one hand, micropores can provide niches for cells that preferentially undergo osteogenic differentiation, and adsorb cells to settle in micropores by capillary forces (Polak et al., 2013). On the other hand, the microporous structure can increase the surface area of scaffolds and provides more adsorption sites for proteins or cells.
3.2 Mechanical properties of scaffolds
When the scaffold is implanted into the bone defect site, it should meet certain mechanical properties, provide support for the fracture end, and simultaneously, should be similar to the mechanical properties of human bone tissue. Otherwise, it would cause stress concentration and fracture recurrence. The mechanical properties of the scaffold are closely related to the structure, whereas those of the same material can be changed by changing the internal structure. Wang et al. (Feng et al., 2017) used a three-dimensional (3D) printing system to prepare three types of biomimetic scaffolds with different packing patterns (i.e., cross-packing, quartet close-packing, and hexagonal close-packing patterns). Among them, the compressive strength of the hexagonal dense stacked bionic scaffold was the highest (the range was 30–46 MPa). Furthermore, the mechanical properties of the scaffolds can be enhanced by controlling the pore architecture and stacking direction. Among the scaffolds made of PCL/PLGA blends, the highest compressive strength of the triangular scaffolds is 9.81 Mpa, which can be used to enhance their mechanical properties, whereas the compressive strength of lattice and staggered scaffolds is 6.05 Mpa and 7.43 Mpa, respectively (Lee et al., 2012). Presently, the influence of the differences in the construction direction, material structure, and geometric shape of the support on stress, can be determined using the finite element model to further design the support and improve its performance (Boccaccio et al., 2016; Zhao et al., 2019; Xiao et al., 2016) used finite element modelling (FEM) to redesign the scaffold microstructure and improve its bending strength without significantly lowering its compressive strength and ability of bone regeneration in vivo. The data verified the prediction of the finite-element simulation. This scaffold, with a different pore gradient structure, composed of a less porous outer region and a more porous inner region, exhibited a flexural strength (34 ± 5 Mpa) that was more than twice the value of the uniform grid-like microstructure (15 ± 5 Mpa) and a higher compressive strength (88 ± 20 Mpa) than the grid-like microstructure (72 ± 10 Mpa). It can better imitate the microstructure of human long bones and provide a more reliable guarantee of bone repair.
3.3 Hydrophilicity and hydrophobicity
The hydrophilicity and hydrophobicity of the material surface affect the cell morphology and surface adhesion level. Cells can spread, proliferate, and differentiate on hydrophilic surfaces, whereas hydrophobic surfaces adsorb more proteins. The hydrophilicity and hydrophobicity of the scaffold surface are related to its topological structure, and Yu et al. (2018) showed that silica exhibits a hydrophilic-to-hydrophobic transition driven by its silanol surface density. The topological constraint theory was applied to show that the surface reactivity and hydrophilic/hydrophobic character of silica are regulated by the atomic topology of its surface. The surface structure of the scaffold can affect the hydrophilicity and hydrophobicity of the scaffold, and further, affect protein adsorption. Gagner et al. (2012) used wet chemical methods to synthesize gold nano-cubes (AuNC) with 100 facets and gold nano-ctahedra (AuNO) with 111 facets. Their chemical compositions are similar, but their protein adsorption level is different. When the protein concentration was saturated, the protein was adsorbed on AuNO with a higher surface density. The different surface structures may affect the packing density of the negatively charged ligands and further affect their affinity for protein adsorption. Wu et al. (2022) formed a nano-rod coating on a surface of the scaffold using a hydrothermal method, which improved the hydrophilicity of the scaffold. In contrast, nano-rod coating significantly increases biological activity. Moreover, by changing the internal tubular diameter of the scaffold, hydrophilicity and hydrophobicity can also be affected, thus affecting the protein adsorption level. Gongadze et al. (2013) quantitatively detected fibronectin content by ELISA and found that the adsorption of fibronectin on the surface of TiO2 nanotubes with different diameters was quite different.
3.4 Pore size and porosity
Porosity refers to the ratio of the pore volume to the total volume of materials, which is a morphological property independent of materials (Karageorgiou and Kaplan, 2005). Natural bone, as a gradient porous structure, has a complex structure and can meet expected physiological functions. The cancellous bone is mainly composed of trabeculae with a high porosity of 50%–90%, whereas the cortical bone has only 5%–10% porosity. The pore structure is essential for cell nutrition, proliferation, migration, tissue vascularization, and new tissue formation (Salerno et al., 2012). Generally, larger pores are conducive to blood vessel growth and abundant material exchange, which are more suitable for cell survival (Artel et al., 2011). For scaffolds with pore sizes between 250 and 500 μm, chondrocytes show preferential proliferation and ECM production (Lien et al., 2009). The pore structure facilitates cell adsorption and provides anoxic conditions that induce osteochondral formation before osteogenesis (Karageorgiou and Kaplan, 2005). However, the ability of larger pores to promote cell infiltration has been proven to override the beneficial effect of a larger initial cell attachment surface area provided by smaller pores (Loh and Choong, 2013). Presently, it is generally accepted that scaffolds with 300–800 μm through macropores and secondary capillary micropores (≤10 μm) inside the macropores show good osteo-inductivity (Li T.-T. et al., 2021). The porosity and pore size of a scaffold directly affect its function in biomedical applications. Porosity is proportional to the surface area, and the surface area of the scaffold material gradually increases with an increase in the porosity, which may help to transport nutrients and oxygen or make more cells grow inward; cells are more likely to adhere to the surface of the scaffold material (Cychosz et al., 2017). However, owing to the large void volume, compressive strength are reduced, and the degradation process of the scaffold is promoted (Karageorgiou and Kaplan, 2005). Additionally, the porosity and pore size affect cell proliferation and differentiation. Ma et al. (2000) constructed high porosity (HP, 89.6%, average pore size 39 μm) and low porosity (LP, 84.9%, average pore size 30 μm) using polyethylene terephthalate by hot compression technology. The proliferation rate of ED27 cells in the LP co-culture system was higher than that in the HP co-culture system, but the differentiation activity of the ED27 cells in the HP co-culture system was higher than that in the LP matrix, which may be related to the small pores in LP, limiting the cell cluster and affected cell differentiation. Additionally, the porosity and pore size can affect the ECM composition of the extracellular matrix. Fibronectin and type I collagen were deposited in fibroblasts cultured in a synthetic human elastin scaffold with high porosity and a large average pore size during cell culture, and the expression of the collagen-related marker genes was also up-regulated (Rnjak-Kovacina et al., 2011).
3.5 Biodegradability
Biomaterials should have the ability to degrade with time in vivo so that new tissues can grow and replace old ones, to increase the growth space for new tissues, and finally to make new bone tissues completely replace scaffolds and restore the normal physiological functions of bone defects (Yang et al., 2019). The tissue growth rate is different in different parts, For example, the lower limb requires negative weight, the fracture stabilization takes time, and material degradation time can be delayed; head and face or upper limb fracture stabilization time is relatively short, the material degradation rate can be accelerated, and the ideal biomaterial has controlled rate degradation according to the tissue growth rate. The scaffold structure is closely related to its degradability. Chew et al. (2016) prepared PLGA scaffolds with different structures to evaluate the influence of structures on scaffold degradation and found that the degradation ability of the thin strand scaffolds, which had the highest SVR, was stronger than that of the coarse and fine chain structures because the increase in the surface area allows more contact between water molecules and degradable ester groups in the polymer. Zhang et al. (2019) prepared Ga-P scaffolds with different pores using 3D printing technology. The porosity increased non-linearly with an increase in the pore size, and the degradation rate of the scaffolds also increased. Kim et al. (2016) prepared magnesium phosphate ceramic scaffolds containing macropores (100 µm) but micropores of different sizes by combining 3D printing with salt immersion. Compared to scaffolds without micropores, scaffolds containing micropores exhibited faster biodegradation. Therefore, by improving the scaffold structure, individual schemes can be formulated to satisfy different degradation requirements.
3.6 Biocompatibility
Biocompatibility refers to the properties of living tissues that react with inactive materials (Crawford et al., 2021). Any implant in the body causes rejection. Currently, the purpose of the scaffold design is to regenerate tissues and support cell activity without causing toxic side effects or host reactions (Hussein et al., 2016). Therefore, in the design and application of stents, in vivo rejection must be minimized. Presently, the most common strategy is to increase the biocompatibility of scaffolds by combining them with natural materials. It is generally believed that scaffolds constructed from natural materials such as hydroxyapatite, chitosan, and collagen (Akilbekova et al., 2018) have good biocompatibility (Cheburu et al., 2011; Park et al., 2019; Cursaru et al., 2022), but natural materials are difficult to process, unstable in material properties, and poor mechanical properties, and some materials such as collagen can have immunogenicity (Shahab et al., 2012). Additionally, the scaffold structure can affect biocompatibility. Dezfuli et al. (2012) deduced that the porosity distribution influences cell viability and proliferation. High porosity indicates a large surface area, and scaffold cells with a large surface area have high viability. In addition to the shape of the scaffold, the shape of the internal particles also affects cell viability (Hamilton et al., 2009; Zhao et al., 2013) co-cultured cells with nano-sized hydroxyapatite (nHA) of different shapes. They found that needle- and plate-shaped nHA resulted in the most significant cell death in BEAS-2B cultures compared to sphere- and rod-shaped nHA.
4 STRUCTURE OF SCAFFOLD
4.1 Hierarchical structure of bone
Natural bone is a non-homogeneous anisotropic nano-composite material whose main components are organized in layers into several structural levels ranging from macroscopic to nanoscale levels (Figure 2). The cognition of the hierarchical structure of bone tissue is a gradual process. Weiner et al. (1999) first proposed that the lamellar bone is composed of lamellar unit structures by measuring the angle deviation of the collagen fibers using an SEM microscope and proposed that the lamellar bone has seven hierarchical structures. In 2014, Reznikov et al. (2014) proposed a three-dimensional bone by the focused ion beam electron microscopy and serial surface observation method for further observation of the architecture and proposed further improvements to this theory by dividing the lamellar bone into nine structures. In 2018, the structure of mineralized collagen fibers was subdivided using STEM tomography, followed by the proposal in Science that the natural bone has a complex multilayered structure at different scales ranging from the millimeter level to the micro-nanometer level for a total of 12 levels (Reznikov et al., 2018). Natural bone contains a rich hierarchical structure that provides directions for scaffold construction and structural optimization. The construction of multi-level structural scaffolds from the macrocosm to the microcosmic bone by simulating the natural bone structure is a major challenge in current bone tissue engineering.
[image: Figure 2]FIGURE 2 | The anatomical structure of bone is analogical to architecture, which is divided according to hierarchy, and each hierarchy plays its own function and forms a whole together.
4.2 Hierarchical structure of the scaffold
The rich hierarchical structure is a typical feature of the natural bone structure, which not only provides excellent biological properties to materials but also provides an ideal microenvironment in vivo, which contains rich and diverse signal clues affecting the cell fate (Iacoviello et al., 2020). Current bone repair biomaterial scaffolds aim to reproduce such a microenvironment, promote inward cell growth and differentiation, and be applied in the vascularization of osteogenesis. Therefore, biomaterial scaffolds with porous nanostructures and 3D layered structures are the most promising bone substitutes for simulating natural bones (Vordemvenne et al., 2020; Luo et al., 2020) simulated the dimensions of fibers in human extracellular matrix (ECM) using the membrane-liquid interface culture method, to produce a novel bacterial cellulose/cellulose acetate scaffold, which exhibited an interpenetrated nano (42 nm) and submicron (820 nm) fibrous structure and contained nanopores and macropores. The novel scaffold exhibited enhanced cell proliferation, alkaline phosphatase activity, and gene and protein expression compared to single bacterial cellulose and cellulose acetate scaffolds. Thomas et al. (Vordemvenne et al., 2020) studied collagen sponges. They observed that the collagen sponge had 60.66 ± 24.48 μm pores and 32.97 ± 1.41 nm nano-pores, and coated it with SiO2 nanoparticles with a size of approximately 146 nm to cover up the original morphology and structure. Subsequently, the levels of bone growth and healing decreased in the skull defect model. Zhang et al. (Wu et al., 2020) fabricated biomimetic natural wood-like hierarchically structured scaffolds with first-level macropores (∼100–600 μm) and second-level micro/nanoscale pores (∼100–10,000 nm) by 3D printing technology. A micro/nano-whisker coating was prepared on the surface of the scaffold by hydrothermal treatment. This hierarchically structured scaffold exhibited excellent osteo-inductive activity. Li et al. (2019) inspired by the composition, structure, and function of hot dogs, printed hollow bioceramic tubes through improved 3D nozzles through 3D printing technology and bidirectional freezing technology and well-dispersed bioceramic slurry was placed in hollow ceramic tubes and fixed by bidirectional freezing technology. Finally, ice crystals were sublimated by the freeze-drying method. Finally, a hierarchical hot dog scaffold composed of a hollow tube structure embedded with a bioceramic rod and a uniformly arranged layered microstructure was successfully prepared. Compared to a non-hot dog-like system with the same chemical composition, this layered hot dog-like structure had a double-layer macro-porous and microporous structure, and its drug loading capacity and drug release time were significantly improved. The drug release time was 90 days. The scaffold has a large surface area, which is beneficial for cell adhesion and can promote the expression of osteogenic genes, such as Runx2, OCN, and OPN.
4.3 Macrostructure of scaffold
Current studies have confirmed that different scales of hierarchical structures have different functions (Figure 3): small structures (<10 μm) are more easily impregnated by tissue fluid, creating more sites for cell adsorption (Perez and Mestres, 2016); medium structures (20–40 μm) help promote the conversion of primary macrophages to the M2 type and upregulate anti-inflammatory gene expression to suppress the host immune response to grafts (Sadtler et al., 2016), which facilitates the inward growth of host cells, especially MSCs; the large scale structures (>100 μm) facilitate angiogenesis, cell homing, and colonization, and provide a site for cell colony formation (Karageorgiou and Kaplan, 2005; Murphy et al., 2010; Zhang et al., 2018). Additionally, the size of the pore structure affects cell proliferation and differentiation. Adipose stem cells were inoculated onto PCL stents prepared with different pore sizes (100 μm, 200 μm, and 400 μm) and placed under chondrogenic differentiation conditions for 21 days. The results showed that for the 100 μm and 200 μm pore sizes, the ASC cells were evenly distributed and proliferated in higher numbers, whereas in the 400 μm pore size scaffolds, the cells tended to aggregate, and proteoglycan production and chondrogenic markers were significantly higher in the 400 μm pore size scaffolds than in the 100 μm and 200 μm pore sizes (Im et al., 2012). Although many 3D-printed biological scaffolds with high porosity have been prepared for tissue regeneration, the micropores in the scaffolds cannot form channel structures, which hinders the formation of the basic vascular system and internal new bone tissue (Yan et al., 2019; Liu et al., 2023). Adding microchannels to the scaffold can induce endothelial cells to form a basic vascular system, promote oxygen/nutrition perfusion, and induce tissues to grow inward along these channels (Rnjak-Kovacina et al., 2019; Wen et al., 2021). Feng et al. (2017) fabricated lotus-root-like biomimetic materials with parallel multichannel structures via a modified 3D printing strategy. Owing to the existence of microchannels, the porosity and specific surface area of this bionic structure material were obviously improved. Compared with traditional 3D printing materials, lotus root-like bionic materials have significantly improved the attachment and proliferation of BMSCs in vitro and osteogenesis, as well as angiogenesis in vivo.
[image: Figure 3]FIGURE 3 | Scaffolds with different hierarchical structures play different functions.
4.4 Nano-microstructure of scaffold
The nanostructured composition of the bone tissue consists mainly of nano-hydroxyapatite and collagen fibers. The main component of hydroxyapatite is calcium phosphate crystals, which are mainly located inside collagen fibers. In contrast, collagen, as an endogenous structural protein, makes up the organic component of the bone tissue, formed mainly by the self-assembly of three amino acid peptide chains with 31.93 ± 14 nm pores on the surface (Greiner et al., 2019), providing an attachment surface for the hydroxyapatite crystals (Xu et al., 2020) and promoting their better mineralization (Nudelman et al., 2010). During bone formation, nHA crystals are mainly arranged along the c-axis parallel to the collagen fibers and organize the biomineralization along the fibers in a periodic, staggered fashion, and thus constitute the main nanostructure of the bone tissue (He et al., 1999). This kind of nano-microstructure structure mainly involves nano-scale, including surface morphology and nano-pores. Nanostructures are essential for tissue engineering, not only to modulate hydroxyapatite crystal mineralization but to increase the mechanical strength of the bone and further influence physical and chemical properties, such as the crystal polymorphism and melting point after crystal nucleation (Hamilton et al., 2012; Jiang and Ward, 2014) but also to guide cells to assemble and attach in a specific way or a specific area on the scaffold, ultimately affecting the fate of the cells (Singh et al., 2014). Some studies have shown that the preparation of nanotube structures with diameters ranging from 30 to 50 nm by mimicking the surface pores of collagen fibers can promote mineralization (Yang et al., 2014; Minagar et al., 2015; Zhang et al., 2017). In a study by Cantaert et al. (2013), it was observed that the pore size was closely related to the degree of crystal orientation, and the degree of crystal orientation at 50 nm was better than that at 200 nm. Moreover, numerous studies have shown that the nanosphere structure affects the biological properties (Manoukian et al., 2018). Zhen et al. deduced that nano-topology exhibits better cell adhesion and proliferation than micro-topology, thus increasing the biomechanical strength of implants (Geng et al., 2020b). Meanwhile, Xia and his research team (Xia et al., 2020) deduced that increasing the nanopore diameter inhibits the initial adhesion of BMSC cells, but can promote a larger diffusion area of cells and an increased expression level of ALP, osteopontin, osteocalcin, and type I collagen, which are more favorable for osteogenesis. Greiner et al. successfully constructed self-assembled silica nanoparticles by a thermally induced cross-linking reaction with oleic acid–silica nanocomposites with a pore size of approximately 34 ± 14 nm and demonstrated that the surface pore size of endogenous type I collagen fibers could promote stem cell osteogenic differentiation (Greiner et al., 2019). Moreover, surface nano-topography is sufficient to regulate cellular behavior. Park et al. prepared vertical titanium dioxide nanotubes with diameters of 15 nm and 100 nm, and MSCs grown on 15 nm diameter nanotubes exhibited increased expression of the bone morphogenetic protein-2, which promoted osteogenic differentiation, whereas the 100 nm diameter nanotubes exhibited reduced cell adhesion levels, increased apoptosis, and promoted chondrogenic differentiation (Oh et al., 2009). Dalby et al. prepared nanogroove structures of different depths using polymer layering and colloid lithography. Cytoskeleton staining of the HMSCs cell co-culture revealed that the cell spreading area increased and the expression of the stress fibers increased. Additionally, HMSC’s react strongly to surface features down to 10 nm in height with a low aspect ratio and enriched osteoblast differentiation (Dalby et al., 2006a).
In conclusion, the microstructure of the scaffold plays a different role depending on the surrounding bone tissue hierarchy, constructing bone regeneration scaffolds, further studying the biological properties of different layers of bone tissue, and providing a basis for subsequent studies on multilevel structural scaffolds. However, the effect of these scaffold structures on osteogenesis can be summarized as follows.
5 MECHANISM OF SCAFFOLD STRUCTURE PROMOTING OSTEOGENESIS
5.1 Biomechanics of material morphology
The internal structure of a material can induce cell deformation and regulate gene expression (Liu and Ding, 2020). When the material is implanted into the body, the cells adhere to the surface of the material, and the material morphology induces cell deformation, causing changes in the cell surface pressure and internal tension, which are transmitted to the nucleus through a series of signals, which finally causes the cells to respond (Campbell and Humphries, 2011; Könnig et al., 2018). Therefore, extracellular matrix mechanical signals play a crucial role in the regulation of physiological processes, such as the maintenance of the cell behavior and function (Hannezo and Heisenberg, 2019). It is important for the development, growth, and maintenance of the bone. Numerous receptors (Nguyen and Jacobs, 2013; Bertrand et al., 2020), are distributed on the surface of bone cells and participate in cell mechanical transduction. Integrin-containing focal adhesions, Wnt receptors, including Lrp5, primary cilia, voltage-gated calcium channels, and connexin-based gap junctions are the major mechanisms implicated in bone cells (Li X. et al., 2021) (Figure 4). When a mechanical force acts on the cell membrane, it stimulates the autophosphorylation of the focal adhesion kinase (Michael et al., 2009), and further promotes the sliding of F-actin on myosin II, which causes the contraction of the cytoskeleton and finally transmits it to the linker of the nucleoskeleton and cytoskeleton complex, thus regulating the transport of the transcription factors (Wang et al., 2005; Speight et al., 2016). Zhen et al. affected the mineralization of the surface coating by adjusting the pH. Compared with the flake morphology prepared at low pH, the expression levels of ITG α5 and ITG β1 related to the cell adhesion level increased on the surface nano-needle strontium-substituted apatite coating prepared at high pH, and the expression of related osteogenesis related genes such as Runx2, ALP, Col-I, and OCN also increased significantly (Geng et al., 2021). Moreover, F-actin opposes the Yes-associated protein (YAP) and transcriptional coactivator with PDZ-binding motif (TAZ) phosphorylation through inhibition of the kinases LATS1 and LATS2 (Halder et al., 2012). As a transcriptional co-activator, YAP/TAZ can up-regulate the expression of the vascular endothelial growth factor, transforming growth factor-β (TGF-β), bone morphogenetic protein-2 (BMP-2), and other growth factors (Pefani et al., 2016; Azad et al., 2018; Sivaraj et al., 2020), and plays an important role in the fracture healing process (Zarka et al., 2021). In scaffolds, high curvature surfaces or small pores (<125 µm diameter) can up-regulate the phosphorylation of YAP-related proteins, whereas relatively low curvature or large pores (>250 µm diameter) can down-regulate the phosphorylation of YAP and increase its nuclear translocation, and transcriptional activation reverses osteogenic differentiation (Swanson et al., 2022). The mechanical stimulation of the Wnt pathway involves binding of the Wnt ligand to the transmembrane receptor Fzd, which forms a complex with LRP5. Wnt-Fzd binding causes Dvl to inhibit Axin/APC/GSK-3β, releasing β-catenin to the nucleus and binding to the TCF/LEF family as a coactivator of transcription (Bertrand et al., 2020), which can up-regulate the expression of osteoblast-related genes, such as Col-1, ALP and OCN, thus controlling the osteoblast differentiation and bone development (Li et al., 2018). Primary cilia are mechanically sensitive to flow and serve as part of the calcium signaling system (Saternos et al., 2020). Flow-induced calcium influx inhibits adenylyl cyclase 6, which in turn leads to a decrease in the cyclic AMP and activated protein kinase levels, thus promoting the transformation of MSC into osteoblasts (Siddappa et al., 2009; Nguyen and Jacobs, 2013).
[image: Figure 4]FIGURE 4 | Schematic of interactions of various signaling pathways under mechanical stimulation. Integrins, Wnt receptors, and Ca2+ channels were stimulated by mechanical stimulation, thereby inducing a series of transcription factors to regulate osteoblast proliferation and differentiation.
5.2 Bone immune mechanism
Although tissue-engineered bone scaffolds have biocompatibility, the host immune response is an inevitable stage after tissue-engineered bone implantation (Vishwakarma et al., 2016). The initial inflammatory response following biomaterial implantation aids in tissue repair and regeneration; however, persistent inflammation impairs the wound-healing response (Julier et al., 2017).
The material structure and morphology can regulate the bone immune response and promote bone repair (Zheng et al., 2019). When the scaffold was implanted, neutrophils migrated around the scaffold within 24 h and prepared to recruit immune cells by secreting cytokines and releasing neutrophil extracellular traps (NETs). When neutrophils adhere to the surface of the scaffold (extracellular matrix), they are activated to excrete DNA and form neutrophil extracellular traps (NETs) (Schoen et al., 2022; Won et al., 2020) fabricated hierarchically structured “microchannel” 3D printed scaffolds by the 3D printing of a polycaprolactone polymer. Compared to non-microchannel scaffolds made of the same material, the neutrophil-capturing net can be reduced, which is beneficial for tissue repair. Additionally, different levels of extracellular neutrophil capture can be induced by adjusting the template components and diameters during electrospinning, and the capture net can be significantly reduced by increasing the fiber diameter (Fetz et al., 2017).
Macrophages are among the most important immune cells. As early responders after biomaterial implantation, they play a significant role in guiding angiogenesis and tissue remodeling and are closely related to bone remodeling (Guo et al., 2020). Macrophages are usually divided into M1 and M2 phenotypes: M1 macrophages act as pro-inflammatory factors and can release a large number of cytokines such as IL1β, IL8, and TNFα through exosomes, which can cause a series of immune responses (Recalcati et al., 2010; Gao et al., 2016); in contrast to M1, the M2 macrophages mainly release cytokines such as IL10, which inhibit inflammatory responses, promote anabolism such as osteogenesis and angiogenesis, and play a key role in wound healing, tissue repair and other processes (Italiani and Boraschi, 2014; Lee et al., 2019). The surface morphology and microstructure of scaffolds can influence the immune response of the body. The special scaffold structure can reduce macrophages to M1, polarize them to M2, and further regulate angiogenesis and osteogenesis. The most important factors are the particle size (Lebre et al., 2017), porosity (Jordan et al., 2018), and pore size (Chan et al., 2022) of the scaffold structure. Tylek et al. (2020) constructed square porous polycaprolactone fiber scaffolds with different structural shapes using 3D printing technology, with pore sizes ranging from 100 μm to 40 μm. These scaffolds promoted the extension of macrophages and are differentiated into the M2 type, which was most obvious on scaffolds with a pore size of 40 μm. Zheng et al. (2019) regulated the surface structure of the scaffold using near-infrared radiation from a flat surface to a groove-like surface structure, which causes macrophage phenotype changes. Garg et al. (2013) deduced that an increase in the fiber diameter in the electro spun scaffold can promote the transformation of macrophages to M2 macrophages in vitro. The 100 nm nanostructure produced on Ti by anodic oxidation is beneficial to M1 macrophages, whereas 30 nm is beneficial to M2 polarization. Cell elongation induces the release of cytokines (IL-4 and IL-13) and polarizes macrophages to the M2-like phenotype, indicating that the cell shape plays a role in the regulation of phenotypic polarization (McWhorter et al., 2013).
5.3 Adsorption mechanism of peripheral protein
The influence of the material structure on cells or host reactions is mainly realized by affecting the adsorption behavior of proteins on the surface of materials. When a biomaterial is implanted as a foreign body, its surface is in contact with the extracellular environment, and proteins are usually adsorbed on the surface of the biomaterial earlier than the cells (Puleo and Nanci, 1999). Cells can recognize specific peptide domains in this protein, further regulate their fate, and ultimately affect the biological properties of the scaffolds (Lutolf and Hubbell, 2005). Therefore, increasing protein surface coverage can improve cell adhesion and diffusion (Atif et al., 2022). The structure of the scaffold affects the protein adsorption level. Increasing the number of micropore structures can also increase the interaction between the scaffold and serum proteins, which may be an attractive strategy to promote the osteo-inductivity and osteo-conductivity of scaffolds (Perez and Mestres, 2016). These proteins can then stimulate osteogenic-related cell functions, such as attachment, proliferation, osteogenic differentiation, and biomineralization (Wang et al., 2014). The microporosity and micropore size of the scaffolds have a significant influence on the protein adsorption characteristics. HA and BCP particles with higher and/or more micropores can adsorb more fibrinogen and insulin (Zhu et al., 2010). The rich microporous structure and relatively high body surface area of the scaffold can promote the adsorption of osteogenesis-related proteins, which leads to new bone formation (Campion et al., 2011; Wang J. et al., 2013) studied the effects of calcium phosphate ceramic particles with different structures on protein adsorption using a dynamic protein adsorption device. Under simulated dynamic conditions, the phase composition and microstructure of the CaP ceramics affect their protein adsorption capacity. Among them, spherical hydroxyapatite and biphasic calcium phosphate ceramic particles prepared by spray drying sintering with abundant micropores and high specific surface area have a higher adsorption capacity for serum proteins such as fibronectin and vitronectin, which is beneficial for cell adhesion. Simultaneously, the protein adsorbed on the implanted scaffold can regulate immune activity and play a significant role in macrophage adhesion, activation, and foreign body giant cell formation (Dadsetan et al., 2004).
5.4 Cell adhesion mechanism
Cell adhesion is one of the basic life activities of cells, and plays a key role in regulating proliferation, maintaining activity, differentiation and migration. Cell adhesion is related to transmembrane proteins on the cell surface, such as integrin and cadherin (Niessen et al., 2011). These transmembrane proteins can interact with the ECM, directly or indirectly regulate the proliferation of stem cells, and promote cell adhesion and multidirectional differentiation (Abdal Dayem et al., 2018). Some related studies have shown that the micro-nanomorphology of the scaffold surface can affect the adsorption level of cells (Acevedo-Morantes et al., 2012; Li H. et al., 2021). Geng et al. (2020a) simulated a continuous deep pit-like surface structure inside the gill cover of a snail on the surface of a titanium implant to increase the adsorption level of cells. Filova et al. (2015) prepared nanotubes with different diameters by adjusting the voltage of the Ti-6Al-4V alloy. After the co-culture of Saos-2 cells, the adsorption level of the former cells increased significantly compared with that of the cells cultured on glass plates. The surface of this type of metal stent is negatively charged and the surface charge density at the sharp edge is high. Therefore, the surface charge density of small-diameter nanotubes is high, which promotes the adsorption of the fibronectin and vitronectin molecules and proteins with a quadrupolar internal charge distribution, resulting in more effective adhesion and diffusion of osteoblasts to scaffolds and the promotion of osteogenic effects (Kabaso et al., 2011; Gongadze et al., 2013). Different fiber diameters also affect cell adhesion and morphology. When cells contact coarse fibers, they tend to adhere to the surface of the coarse fibers as a whole and fill pores in a circular manner; When coming into contact with fine fibers, the cells tend to wrap fine fibers at one end, thus forming a “bypass”. Consequently, the cells exhibited an obvious directional growth trend on a specific arrangement of thick and thin fibers (Xie et al., 2019). Moreover, the richer the hierarchical structure of the materials, the richer the adsorption effect. Wang et al. prepared a TiO2 nanotube structure based on a micron trabecular bone structure by anodic oxidation and formed a micro-nano gradient coexistence bionic structure. Compared to pure titanium and micron-trabecular bone groups with lower structural levels, it was deduced that a rich hierarchical structure can effectively promote the adhesion, proliferation, and osteogenic differentiation of BMSCs (Jang et al., 2017). For example, adding nanoscale structures on the surface of the scaffold using a laser can promote the adhesion function of BMSCs and promote osteogenesis (Šugár et al., 2021). Bone progenitor cell differentiation can point to the osteoblast phenotype by reducing the size of the nano-morphology to 10 nm (Dalby et al., 2006b).
6 INFLUENCE OF MANUFACTURING PROCESS ON SCAFFOLD STRUCTURE
The fabrication process affects the structure of the scaffold. Generally, to prepare a specific scaffold structure, it is necessary to use a specific preparation method. Presently, the most common methods for preparing pore scaffolds are freeze-drying (Brougham et al., 2017), electrospinning (Yan et al., 2020), and gas foaming (Chen et al., 2021); however, these methods cannot effectively control the pore structure. With the update of 3D printing technology, new technologies such as digital light projection printing can quickly manufacture composites with complex pore structures, adjust the pore structure parameters (Zhang et al., 2022a; Song et al., 2022), and accurately control the shape of scaffolding. Therefore, geometric structures with different shapes can be accurately manufactured by computer aided design (CAD) (Zopf et al., 2015), such as complex geometric objects or artificial organ frames. For the topological structure of the scaffold surface, nano-coating is often used to cover the scaffold surface by hydrothermal deposition, or the scaffold surface is patterned directly by laser micromachining (Aguilar et al., 2005; Geng et al., 2020) prepared the texture topology of the operculum of a river snail on a Ti surface using electrochemical corrosion and anodic oxidation. Strontium-doped apatite was then deposited on the surface by hydrothermal deposition. Moreover, 3D printing technology can be easily processed for microchannel structures with a simple structure. Microchannels with complex structures can be constructed using the sacrificial template method (Jeon et al., 2023; Saggiomo and Velders, 2015)proposed a simple two-step acrylonitrile butadiene styrene (ABS) scaffold removal method that can be used to realize 3D multilayer complex micron channels in a single block of polydimethylsiloxane.
7 OUTLOOK, PERSPECTIVE, AND CONCLUSION
The process of the osteogenic differentiation of mesenchymal stem cells is influenced by the external matrix. In natural bone, cells grow in an external matrix with a hierarchical structure, after which, the scaffold is implanted into the body and the extracellular environment is exposed in the scaffold. Therefore, by imitating the natural bone structure, optimizing the scaffold structure can regulate cell growth and differentiation and provide a suitable external environment for cells. Scaffolds with different structures have different functions, such as macropores and microchannels, which are beneficial for blood vessel growth; a concave surface is beneficial for bone formation and micropores are beneficial for cell adsorption. These functions can affect the characteristics of the scaffold, and the scaffold can be used to the maximum extent using a reasonable design. Technological innovations in preparation methods such as photo-curing 3D printing and the sacrificial template method, or through scaffold hierarchical structure innovations such as bionic technology to improve the scaffold structure, create new possibilities for new micro-nano bionic scaffolds and the development of bone tissue engineering. Moreover, the osteogenic mechanism of the scaffold structures remains unclear. It mainly is in the classical pathway but lacks the interaction between scaffolds and signal molecules. In the future, through transcriptome analysis, single-cell sequencing and other technologies can be used to deeply explore the principle of the structural influence on osteogenesis.
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Background: Reconstruction after a total sacrectomy is a challenge due to the special anatomical and biomechanical factors. Conventional techniques of spinal-pelvic reconstruction do not reconstruct satisfactorily. We describe a novel three-dimensional-printed patient-specific sacral implant in spinopelvic reconstruction after total en bloc sacrectomy.
Methods: We performed a retrospective cohort study including 12 patients with primary malignant sacral tumors, including 5 men and 7 women with a mean age of 58.25 years (range 20–66 years), undergoing total en bloc sacrectomy with 3D printed implant reconstruction from 2016 to 2021. There were 7 cases of chordoma, 3 cases of osteosarcoma, 1 case of chondrosarcoma and 1 case of undifferentiated pleomorphic sarcoma. We use CAD technology to determine surgical resection boundaries, design cutting guides, and individualized prostheses, and perform surgical simulations before surgery. The implant design was biomechanically evaluated by finite element analysis. Operative data, oncological and functional outcomes, complications, and implant osseointegration status of 12 consecutive patients were reviewed.
Results: The implants were implanted successfully in 12 cases without death or severe complications during the perioperative period. Resection margins were wide in 11 patients and marginal in one patient. The average blood loss was 3875 mL (range, 2000–5,000 mL). The average surgical time was 520 min (range, 380–735 min). The mean follow-up was 38.5 months. Nine patients were alive with no evidence of disease, two patients died due to pulmonary metastases, and one patient survived with disease due to local recurrence. Overall survival was 83.33% at 24 months. The Mean VAS was 1.5 (range, 0–2). The mean MSTS score was 21 (range, 17–24). Wound complications occurred in 2 cases. A deep infection occurred in one patient and the implant was removed. No implant mechanical failure was identified. Satisfactory osseointegration was found in all patients, with a mean fusion time of 5 months (range 3–6 months).
Conclusion: The 3D-printed custom sacral prosthesis has been effective in reconstructing spinal-pelvic stability after total en bloc sacrectomy with satisfactory clinical outcomes, excellent osseointegration, and excellent durability.
Keywords: implant, sacral tumor, spinopelvic reconstruction, total en bloc sacrectomy, 3D-printed
1 INTRODUCTION
Primary malignant sacral tumors are rare and include chordoma, chondrosarcoma, osteosarcoma, and Ewing sarcoma (Senne et al., 2021). En-bloc wide resection is the recommended surgical treatment for the management of sacral malignancies, which can prolong survival time (Chatain and Finn, 2020). Large bone defect after total sacrectomy resulting in spinopelvic discontinuity leads to significant instability. Unless reconstruction restores continuity and stability, the patient’s postoperative function and quality of life will be severely limited (Kim et al., 2021).
Reconstruction after a total sacrectomy is a complex procedure due to the special anatomical and biomechanical factors of the lumbosacral region. The reconstruction technique should provide sound stability, which facilitates early pain-free mobility and bone healing. Many types of spinopelvic reconstruction have been described but long-term success is limited and remains controversial (Bederman et al., 2014). Traditional methods of spinal-pelvic reconstruction do not reconstruct satisfactorily.
The use of customized 3D-printed implants for the reconstruction of severe oncologic bone defects in selected cases is increasing when the use of conventional techniques is difficult or impossible (Wang and Yang, 2021; Meng et al., 2022). Customized implants are used for spinopelvic reconstruction in complex clinical cases (Wei et al., 2017; Chatain and Finn, 2020; Peng et al., 2020). However, there are still 30% of patients with implant failure (breakage of screws and/or rods) and other defects (Wei et al., 2019), lack long-term follow-up results, and can not provide reliable clinical prognosis information for doctors, and the prosthesis needs further optimization. We previously reported that the use of a prosthesis to restore continuity after sacral GCT resection is safe and effective and facilitates better functional outcomes (Lv et al., 2020). The design concept was of an implant with porous bone-implant interfaces to connect the posterior lumbar spine, anterior spinal column, and both sides of the ilium in one step. Given the rarity of these cases, robust data on the use of prosthetic reconstruction are lacking.
Currently, to our knowledge, a 3D-printed custom-made prosthesis with a two-wing design is rare for spinopelvic reconstruction. The purpose of this study was to describe the design concept and surgical skills of the 3D-printed prosthesis in primary malignancies of the sacrum, and explore the function, complications, and osseointegration.
2 MATERIALS AND METHODS
2.1 Patients
We performed a retrospective cohort study including 12 patients with primary malignant sacral tumors, including 5 men and 7 women with a mean age of 58.25 years (range 20–66 years), undergoing total sacral osteotomy with 3D printed prosthesis reconstruction from 2016 to 2021.
Twelve patients presented with complaints of lumbosacral pain and eight patients had bladder and bowel symptoms. Preoperative puncture biopsies were performed to determine the pathological classification of the tumors. 7 cases were diagnosed as chordoma, 3 as osteosarcoma, 1 as chondrosarcoma, and 1 as undifferentiated pleomorphic sarcoma. This study was approved by the Medical Ethics Committee of Qilu Hospital of Shandong University. Informed consent was obtained from all participants. Details are shown in Table 1.
TABLE 1 | Diagnoses, operative data, oncologic, functional outcomes and complications of patients.
[image: Table 1]2.2 Prosthesis design and fabrication
Pelvic CT in DICOM format was exported to the software MIMICS (Materialise, Leuven, and Belgium) to reconstruct a 3D rendering to identify anatomical details (Figure 1A). We determined the osteotomy plane and the morphology of the bone defect (Figure 1B). The osteotomy guides were highly conformed to the surface morphology of bone and had positioning holes for Kirschner wire drilling (Figure 1C). The two-wing-like sacral implant fully adapting to the bone defect was designed as a patient-specific structure (Figure 2). The central portion is attached to the lower endplate of the L5 vertebrae and the two wings are attached to the osteotomy plane of the bilateral iliac bones. The small holes facilitate the suture of the surrounding soft tissue. The lumbar pedicle screws are attached to the implant with titanium rods. The bone-implant connection is a porous structure and is firmly fixed by screws. The implant design was biomechanically evaluated by individualized finite element analysis using Abaqus (Dassault Systèmes, Velizy Villacoublay, and France) before the actual fabrication of the implant. After evaluation of the finite element analysis, we found that the bone loading neither causes fractures nor stress shielding and that the implant design is sufficiently strong (Figure 3). It takes about 2 weeks from implant design to surgery.
[image: Figure 1]FIGURE 1 | A 3D bone tumor model from CT data was created for surgical planning (A). Bone defect model after tumor resection (B). Design of the cutting guide (C).
[image: Figure 2]FIGURE 2 | Design of the sacral implant. Dorsal view (A), front view (B), side view (C), and upward view (D) of the sacral implant 3D model.
[image: Figure 3]FIGURE 3 | A 3D bone tumor model from CT data was created for surgical planning (A). Bone defect model after tumor resection (B). Design of the cutting guide (C).
2.3 Surgical techniques
Selective arterial embolization and abdominal aortic balloon occlusion were used to reduce intraoperative bleeding. An adequate preoperative enema was performed to minimize any intraoperative disturbance. An artificial vessel was prepared and if the vessel was damaged, an anastomosis was performed. After anesthesia, all patients were placed in the prone position using a posterior-only approach. The incision is an inverted Y-shaped incision. The deep fascia is incised to reach the sacrospinous muscle, exposing the dorsal sacrococcygeal, bilateral sacroiliac joints, part of the iliac crest, and the L5 spinous process. Bilateral pedicle screws are placed at L4 and L5. The sacrospinous muscle and sacral and coccygeal ligaments were removed. The space between the rectum and the sacrum is then filled with gauze and the rectum is pushed forward to ensure that the bowel wall is not damaged during the separation. The iliac vessels, ureter, sciatic nerve, and other vital structures are protected. The sacral spine was excised to expose the sacral canal and dural sac and ligated. The bilateral L5 nerve roots are carefully separated. The L5-S1 intervertebral disc is excised. A cutting guide was placed according to the preoperative simulation and fixed with a Kirsch pin, the iliac bones were osteotomized bilaterally, and the entire sacrum was then removed in one piece along with the tumor (Figure 4). A plastic implant test is used to confirm the match, followed by pulsed irrigation with isotonic sodium chloride solution, followed by a 3-min wound soak with iodophor, and then pulsed irrigation. Prosthesis installation usually begins with sublumbar endplate fixation, resetting the entire pelvis and fixing the prosthesis to the remaining iliac bone with a metal rod attached posteriorly to the lumbar spine (Figure 4). Re-irrigation is performed, followed by autograft filling with bone chips at the bone-implant interface. The soft tissue is tightly sutured to the prosthesis to reduce dead space. There was enough tissue to tightly close the wound, and we did not use a rotational or free flap in these patients.
[image: Figure 4]FIGURE 4 | Preoperative simulation and intraoperative images. (A) The outer view of the implant. These models included the implant trial and the remaining bone after tumor resection allowed the surgeon to practice the procedures before the real surgery. (B) The cutting guide was placed according to the preoperative simulation and fixed with a Kirsch pin, the iliac bones were osteotomized bilaterally. (C) Bone defect after excision. (D) The entire sacrum was then removed in one piece along with the tumor. (E,F) The X-ray shows that the prosthesis has been properly placed.
2.4 Postoperative treatment and follow up
Postoperative antibiotic therapy was administered and an inflatable leg pump was used to prevent lower extremity venous thrombosis. The drainage tube was removed when the daily drainage was less than 50 mL. The length of time the catheter is left in place is determined by whether the patient can urinate. If the patient was unable to urinate, the indwelling catheter was kept in place and functional bladder exercises were continued. At 6 weeks postoperatively, patients were instructed to stand up using crutches and to perform progressive lower extremity walking exercises. One patient received adjuvant radiotherapy. Patients with osteosarcoma received adjuvant chemotherapy.
Patients have regular outpatient follow-ups for pelvic radiographic review in the third, sixth and twelfth months after surgery. After 1 year, reviews were performed every 6 months; after 3 years, reviews were performed annually. The Visual Analog Scale (VAS) was used to assess pain levels. Functional outcome was determined using the MSTS 93 system at the latest follow-up. The complications, including surgery-related complications and mechanical failures, were determined at the final follow-up. Osseointegration was assessed every 3 months using radiographs or computed tomography scans. The criterion for osseointegration is the continuous trabecular structure of the bone on the surface of the implant viewed on CT.
2.5 Statistical analysis
Statistical analyses were performed using IBM SPSS Statistics software, version 22 (IBM SPSS, Armonk, NY, United States). Continuous data are represented as mean.
3 RESULTS
3.1 Operational outcomes
Resection margins were wide in 12 patients and marginal in one patient (Table 1). The average blood loss was 3,875 mL (range, 2000–5,000 mL). The average surgical time was 520 min (range, 380–735 min). No patient died of intra/perioperative complications.
3.2 Oncologic outcomes
At a mean follow-up of 38.5 months (range, 20–62 months), 9 patients were alive with no evidence of disease, and one patient survived with disease due to local recurrence. Two patients with osteosarcoma were found to have distant metastasis at a mean of 14.5 months postoperatively and died due to rapid tumor progression at a mean of 20.2 months. One patient had a local recurrence at 11.2 months postoperatively. Overall survival was 83.33% at 24 months.
3.3 Functional outcome
After surgery, all patients experienced an improvement in quality of life resulting from the reduction or resolution of pain. The Mean VAS was 1.5 (range, 0–2). All patients experienced an improvement in limb function at the final follow-up. At the last follow-up, 12 patients were able to walk independently, while 2 patients could only walk at home with walking aids. The mean MSTS score was 21 (range, 17–24). Patients all experienced postoperative bowel, bladder, and sexual function loss. After 2–6 months of bladder function exercises (mean 4 months), these patients were able to compress the bladder or pass urine on their own. Patients were instructed to perform defecation exercises, follow a controlled diet, and participate in medication-assisted therapy to defecate by regularly squeezing the lower abdomen.
3.4 Complications
Wound complications occurred in 2 cases as post-operative. Wound dehiscence was successfully treated with surgical wound debridement, antibiotic therapy, and VSD therapy. A deep infection occurred in one patient and the implants were removed 1 year after the operation. Local recurrence occurred in one patient.
3.5 Implant status
No aseptic loosening and fracture were identied. Osseointegration at the all bone-implant interface was radiographically confirmed in all patients using CT (Figure 5).
[image: Figure 5]FIGURE 5 | CT showed excellent osseointegration at the bone–implant junctions in coronal (A), sagittal (B). And axial (C) views.
4 DISCUSSION
The treatment of extensive sacral bone loss and spinopelvic discontinuity is challenging. Spinal pelvic reconstruction after total sacrectomy is very difficult. In recent years, several studies have begun using custom-made 3D-printed prostheses in spinopelvic reconstruction, with encouraging results. Paul Wuisman et al. applied a custom-made prosthesis consisting of five components in a patient with sacral osteosarcoma involving both iliac bones, and at a 3-year postoperative follow-up, the patient was able to walk short distances outdoors with crutches (Wuisman et al., 2001). Guo Wei et al. reported a kind of total sacral reconstruction using a 3D-printed one-piece prosthesis and found that the prosthesis significantly outperformed the conventional approach in terms of reconstructive stability and motor pain function scores and that the integration between the prosthesis and bone remained strong even with the presence of broken nails (Wei et al., 2019). Doyoung Kim et al. used a 3D-printed prosthesis for reconstruction in a Hemisacrectomy, and CT at 1-year follow-up showed that bone ingrowth had occurred at the prosthesis-bone interface (Kim et al., 2017). Previously, our team used a modular prosthesis for reconstruction in the resection of sacral giant cell tumor with preservation of the sacral nerve and found that the modular design was easy to install, had excellent osseointegration properties, and helped maintain long-term stability (Lv et al., 2020). Currently, the design and application of the prosthesis are in the exploratory stage, and the surgeon’s surgical philosophy has a strong influence on the design of the prosthesis, integrated or grouped, preferring anatomical or functional reconstruction, but also showing certain commonalities, such as better matching of the bone defect structure, design of holes that can be fixed with screws, and the use of holes that facilitate lightweight and bone ingrowth. In our series, all patients regained walking function after surgery, and good bone ingrowth was found during follow-up, showing some superiority over traditional reconstruction methods. These prostheses show satisfactory results in terms of surgical technique, operating time, safety, and functional outcomes. The complication rate is comparable to other complex reconstructions.
The use of 3D printing technology in bone tumor treatment is safe and effective, reducing operative time and complication rates, obtaining satisfactory functional and oncological outcomes and has become cost-effective and reliable, making it suitable for orthopedic oncology (Yen et al., 2021). The 3D-printed prosthesis conforms to the current concept of lumbar-pelvic reconstruction (Kim et al., 2021). The prosthesis is implanted to reconstruct the anterior lumbar column and the posterior pelvic ring and is connected to the posterior lumbar spine in combination with a nail rod system to achieve all-around fixation. The 3D-printed prosthesis can be customized to fit any shape of the sacral defect. The preoperative planning and the use of osteotomy guides allow for a very good fit of the prosthesis to the bone defect. The porous structure and rough surface inside the prosthesis provide a scaffold for cellular adhesion and proliferation, and the new bone can be cross-locked inside the pores to form a strong osseointegration (Guyer et al., 2016). At our follow-up, bone osseointegration at the prosthesis-bone interface was also observed, even as the new bone shell wrapped around the edges of the prosthesis, and the L5 position and posterior pelvic ring opening remained unchanged significantly during the follow-up period, indicating very high reconstructive stability of the prosthesis. The elastic modulus of the porous structure is close to that of human cortical bone, and the elastic modulus can be adjusted by changing the structure, and porosity, or achieving a gradient porosity distribution to avoid stress fractures. In conclusion, the advantages of conforming to current reconstruction concepts, having the advantage of individualized matching, a porous structure that facilitates osseointegration, and an elastic modulus similar to that of cortical bone make 3D printed prosthesis an optimistic prospect for lumbar-pelvic stability reconstruction.
It is very important to choose the appropriate surgical approach, protect the nerves and blood vessels, avoid damaging the bowel or ureter, control the risk of bleeding, and restore stability to the lumbosacral region (Houdek et al., 2020). En bloc sacrectomy is a procedure with a high rate of major complications, often necessitating secondary interventions (Verlaan et al., 2015). Although most patients have permanent neurological deficits after tumor resection, extensive resection is the best way to treat sacral tumors to reduce the chance of local recurrence and prolong survival time (van Wulfften Palthe et al., 2017). Depending on the pathology of the tumor, adjuvant radiotherapy should be considered as a postoperative treatment. Unfortunately, despite total En bloc sacrectomy and adjuvant therapy, both older patients developed recurrence and passed away. Throughout the follow-up period, all patients steadily improved their ambulatory function and regained the ability to walk long distances to climb stairs. Patients’ MSTS scores continued to improve, reflecting the fact that the use of prosthetic reconstruction was very beneficial to the recovery of functional activity of the patient’s lower extremities. Patients in this study had a total En bloc sacrectomy with immediate postoperative urinary and fecal incontinence, but there was no impact on the motor ability and no loss of plantar flexion of the foot, but there was residual numbness of the lower extremity to varying degrees. A total of 2 patients experienced wound complications. Poor healing, such as wound infection and dehiscence, was reported in 29.2% of sacral tumor surgeries (Li et al., 2013). The incidence of wound infection or poor healing after resection of high sacral tumors can be 25% and 53.5% (Ruggieri et al., 2012). High suture tension at the skin margin, inadequate blood flow, and local fecal contamination are common causes. Some studies have shown that high sacral tumors, tumor volume over 200 cm3, and abundant tumor blood supply are independent risk factors for intraoperative hemorrhage (Tang et al., 2009). In this study, the overall bleeding was lower than that reported in the literature due to the use of preoperative embolization and balloon block to control bleeding.
Our study has some limitations. This study had a limited sample size and lacked an appropriate control group; therefore, we believe that a larger sample size, appropriate control group, and longer follow-up period are necessary. For 3D-printed prostheses, the relatively short follow-up period in this study may underestimate the potential for late complications in these patients. We consider the absence of gaps at the bone-prosthesis interface with the presence of continuous trabeculae as good osseointegration. Patients with good osseointegration did not experience displacement or screw loosening. Therefore, the impact of assessment bias was not significant. In addition, studies analyzing changes in spinal biomechanical status due to internal fixation devices could provide additional clinical evidence for optimizing treatment options. The widespread use and familiarity with the latest generation of 3D printed custom prostheses over the past 5 years or so has made this new reconstruction technique possible and therefore allows for long-term follow-up of patients. We believe the real value is the opportunity to share this experience and technical description in the hope that it will stimulate the potential for multi-institutional research and collaboration to further refine the options for this challenging clinical problem.
5 CONCLUSION
The 3D-printed custom sacral prosthesis has been effective in reconstructing spinal-pelvic stability after total en bloc sacrectomy with satisfactory clinical outcomes, excellent osseointegration, and excellent durability, which is worth further promotion in clinical practice.
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Bacterial infection is a major challenge that could threaten the patient’s life in repairing bone defects with implant materials. Developing functional scaffolds with an intelligent antibacterial function that can be used for bone repair is very important. We constructed a drug delivery (HA@TA-CS/SA) scaffold with curcumin-loaded dendritic mesoporous organic silica nanoparticles (DMON@Cur) via 3D printing for antibacterial bone repair. Inspired by the adhesion mechanism of mussels, the HA@TA-CS/SA scaffold of hydroxyapatite (HA) and chitosan (CS) is bridged by tannic acid (TA), which in turn binds sodium alginate (SA) using electrostatic interactions. The results showed that the HA@TA-CS/SA composite scaffold had better mechanical properties compared with recent literature data, reaching 68.09 MPa. It displayed excellent degradation and mineralization capabilities with strong biocompatibility in vitro. Furthermore, the antibacterial test results indicated that the curcumin-loaded scaffold inhibited S.aureus and E.coli with 99.99% and 96.56% effectiveness, respectively. These findings show that 3D printed curcumin-loaded HA@TA-CS/SA scaffold has considerable promise for bone tissue engineering.
Keywords: 3D printing, curcumin, scaffolds, DMON, antibacterial
1 INTRODUCTION
Bone defects that exceed critical size deficiencies require surgical intervention to use bone grafts to repair the damaged tissue (Boos et al., 2010). Traditional treatment methods include autologous bone grafting and allogeneic bone grafting by obtaining bone tissue from the patient or donor and then implanting it into the bone defect site. Among them, autologous bone graft has complete histocompatibility without immune reaction and is also known as the gold standard of clinical treatment. However, conventional treatment is limited by the lack of bone donors, inflammation, infection, chronic pain at the donor site, and long-term medical care (Koushik et al., 2023; Mirkhalaf et al., 2023). In addition to the traditional treatment methods, Bioactive scaffolds have emerged as an alternative strategy for treating bone defects since interconnected pore structures allow space for inward tissue growth and oxygen and nutrient delivery (Zhang et al., 2019; Jodati et al., 2020). Moreover, bioactive scaffolds avoid the drawbacks of traditional bone repair procedures, such as lack of bone cells and immune rejection, which can considerably reduce the patient’s suffering from bone diseases (O'Brien, 2011; Delloye et al., 2007). The ideal scaffold is also required to have superior osteoinductivity, matching the new bone production rate’s degradation rate, mechanical strength compatible with the original bone, etc., (Lee et al., 2022; Shi et al., 2022). Generally, bone tissue engineering scaffolds are available in four categories: natural polymers, synthetic polymers, bioceramic materials, and composite biomaterials (Boos et al., 2010; Lee et al., 2022; O'Brien, 2011; Zhang et al., 2019). Organic/inorganic composites as bone scaffolds have been the subject of extensive research to imitate the structure of natural bone, which comprises 60–65 wt% inorganic hydroxyapatite (HA) embedded in an organic collagen matrix (Olszta et al., 2007; Shi et al., 2022). There are various ways to make these bone scaffolds, but 3D printing has shown excellent capabilities in fabricating scaffold materials with complex shapes and individual customization (Zhang et al., 2019). 3D printing has structural design advantages and can couple functional designs to achieve structural and functional integration (Brunello et al., 2016; Zafar et al., 2019; Zhang et al., 2019; Wang et al., 2020; Yadav et al., 2021; MacDonald et al., 2022). Our previous research reported that 3D-printed La3+ ions-doped OCP/PLA scaffolds could promote osteogenic differentiation of BMSCs and accelerate bone defect healing in vivo (Xu et al., 2022). Nevertheless, synthetic polymers' hydrophobicity frequently causes cell adhesion problems, which limits their use. Natural polymers (like chitosan, sodium alginate, collagen, etc.) are similar to the extracellular matrix (ECM) structure. They have outstanding biocompatibility, cell adhesion, and cell growth-promoting qualities (Donnaloja et al., 2020; Guo et al., 2021; Ressler, 2022; Ye et al., 2022). Because of this, researchers are paying more and more attention to them. Mussels, marine organisms, can adhere firmly to a range of non-specific surfaces by secreting protein fibres containing the catechol fraction (Barros et al., 2021; Radulescu et al., 2022). In recent years, there had been remarkable success in the functionalization of mussel-inspired material surfaces (Lee et al., 2007; Mehdizadeh et al., 2012; Guo et al., 2016; Guo et al., 2017; Guo et al., 2018; Lu et al., 2020). Tannins with catechol moieties had been shown to adhere strongly to inorganic surfaces, enhancing the interfacial forces of the complexes (Guo et al., 2020; Yan et al., 2020; Yu et al., 2023).
In clinical, however, implant-related infection is the major concern for implant failure. Staphylococcus aureus is the most common pathogen of infections (Lew and Waldvogel, 2004). It can lead to the failure of bone repair and even the death of the patient. Antibiotics was the most effective treatment strategy for bone implant infections, but systemic delivery may cause significant adverse effects and bacterial medication resistance (Ribeiro et al., 2012; Fernandes et al., 2017; Filipovic et al., 2020). Developing and manufacturing bone scaffolds with antibacterial activity is necessary. For instance, Lei et al. reported a ZIF-8-loaded vancomycin bone scaffold with an inhibition efficiency of about 93.5% against S.aureus, which exhibited a faster VAN release rate in a weakly acidic solution (Han et al., 2022). In addition, many other types of drugs are used for the antimicrobial functionalization of bone scaffolds, such as doxycycline (Bakhsheshi-Rad et al., 2018; Wang et al., 2021a), tannic acid(TA) (Zhang et al., 2022a; Liao et al., 2022; Zhou et al., 2022), etc. Turmeric is used in Traditional Chinese Medicine (TCM) to treat and prevent various diseases such as osteoarthritis, cancer, stomach ulcers, etc., (Chen et al., 2022). Turmeric has more than 300 bioactive components, including curcumin(Cur), a class of natural orange-yellow polyphenolic compounds found in turmeric (Iweala et al., 2023). Extensive studies had shown it has good antioxidant, anti-inflammatory, antibacterial, and antiviral activities (Benameur et al., 2022; Benameur et al., 2023; Nasiry and Khalatbary, 2023). But curcumin has very low solubility in an aqueous solution and is easily degraded, which limits its clinical application (Hamilton and Gilbert, 2023; Jiang et al., 2023). Therefore, a suitable curcumin carrier is important to improve its bioavailability. There had been several drug release studies for curcumin, such as cellulose nanocrystals containing curcumin for an antimicrobial delivery system for diabetic wound excipients, and the drug can be released stable for 36 h (Ou et al., 2018; Tong et al., 2018). Studies have shown that porous materials combined with low-solubility drugs can significantly improve drug solubility (Kong et al., 2016; Pezzini et al., 2016; Riachy et al., 2016). Dendritic mesoporous organic silica nanoparticles (DMON) can significantly enhance low-solubility drug delivery and release due to their large surface area, high porosity, excellent biocompatibility, and biodegradability (Wang et al., 2021b). Tannin acid is a class of natural water-soluble polyphenol dendrimers with antioxidant and antibacterial properties. Studies have shown that redox-active antioxidants can improve curcumin’s chemical stability and biological activity (Nimiya et al., 2016). In addition, Tannin acid is an efficient precursor for surface treatment, capable of layer-by-layer assembly and deposition with polymer molecules through non-covalent bonds (Zhang et al., 2022a; Liao et al., 2022; Zhou et al., 2022). As a strong adhesive, tannic acid can also easily adhere to the surface of hydroxyapatite (Guo et al., 2020). Therefore, tannins are increasingly used in antibacterial bone scaffolds.
Inspired by the adhesion mechanism of mussels, this study prepared HA@TA powder by adhering TA to HA surface. TA was then used as a “bridge” to connect HA and CS, compounded with SA using electrostatic interactions, and doped with DMON@Cur nanoparticles of different mass fractions to produce curcumin-loaded HA@TA-CS/SA scaffolds by 3D printing. As shown in Figure 1, this bionic scaffold had a fully interconnected porous structure that provides a site for tissue ingrowth and nutrient transport, and a rough surface microstructure that promotes cellular and bacterial adhesion. All components of the scaffold are biologically active and degradable compared to other biomaterials, with curcumin providing significant antibacterial properties to the scaffold. This bionic antimicrobial scaffold has great potential in reducing bacterial infections during bone defect repair.
[image: Figure 1]FIGURE 1 | Design ideas and preparation of curcumin-loaded HA@TA-CS/SA scaffolds created with BioRender.com.
2 EXPERIMENTAL SECTION
2.1 Materials
Analytical reagent diammonium hydrogen phosphate ((NH4)2HPO4), sodium alginate (SA.), chitosan (CS. high viscosity, >400 mPa.s), and glycolic acid (GA, 70% aqueous) were purchased from Shanghai Aladdin Bio-Chem Technology Co., Ltd (China). Acetamide (AA), hexadecyl trimethyl ammonium bromide (CTAB), bis(3-(triethoxysilyl)propyl) tetrasulfide (BTES), tetraethoxy-silane (TEOS), curcumin(Cur) and tannic acid (TA) were procured from Macklin Biochemical Technol-ogy Co., Ltd (China). Calcium chloride dehydrate (CaCl2·2H2O, 99%), Tris(hydroxymethyl)amino-methane (C4H11NO3,99.8%), and calciumnitrate tetrahydrate (Ca(NO3)2·4H2O analytically pure) were purchased from Sinopharm Chemical Reagent Co., Ltd (China). All chemicals were used as received without further purification.
2.2 Preparation and characterization of powder
2.2.1 Preparation of DMON and DMON@Cur
The DMON synthesis was based on the previously published technique with certain modifications (Dong et al., 2022). The following procedures were carried out in the dark to produce DMON@Cur powder. Ultrasonically dispersing 0.1 g of curcumin and 0.1 g of DMON powder in 50 mL of PBS-Tween 80 (0.09 wt%) took 10 min. This was followed by magnetic stirring at 37°C and 500 rpm for 12 h. The bottom precipitated pellet was then dried under a vacuum at 37°C after high-speed centrifugation. The process’s supernatant was collected, and its UV absorbance at 425 nm was measured using a UV-6100 UV spectrophotometer (Mwere dissolved in 200 mL of Acetamide (AA) solution (1 mol/L) aAPADA) to determine the encapsulation efficiency and loading. A standard calibration curve of Cur in PBS-Tween 80 (0.09 wt%) was used to determine how much Cur was in the supernatant. Eq. 1, 2 were used to determine encapsulation efficiency and loading capacity.
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2.2.2 Synthesis of long rod-shaped hydroxyapatite modified with tannic acid
Hydroxyapatite (HAp, Ca10(PO4)6 (OH) 2) powder samples were prepared via the pH-adjusting agents-assisted hydrothermal synthesis. In a typical experiment (Zhang and Darvell, 2010), 0.025 mol of Ca(NO3)2·4H2O and (NH4)2HPO4 were dissolved in 200 mL of Acetamide (AA) solution (1 mol/L) and then mixed slowly at a Ca/P ratio of 1.67. Then the pH was adjusted to 3.0 with 0.1 mol/L of HNO3. The resulting reaction system was reacted hydrothermally at 180°C for 6 h and then filtered and washed to obtain pure HA powder.
To synthesize HA@TA powder (Guo et al., 2020), first dissolved an appropriate amount of Tris(hydroxymethyl)aminomethane in deionized water and adjusted the pH to 9.0 with 1 mol/L hydrochloric acid to form 50 mM Tris-HCl solution. Then, 5 g of tannic acid was added to 100 mL of Tris-HCl solution and stirred until clear, and an equal mass of HA powder was dispersed in 150 mL of Tris-HCl solution. The above solutions were mixed and sealed at room temperature under mechanical stirring for 24 h. Finally, the above yellow-green suspension was centrifuged at 4500 rpm for 10 min, washed 3 times with deionized water, and dried in an oven at 60°C for 6 h.
2.2.3 Characterization of powder
Field emission scanning electron microscopy (FESEM; SU8010, Hitachi) and transmission electron microscopy (TEM; TecnaiG2F20S-TWIN, FEI) analyses were used to examine the microstructure and distribution of the synthesized HA and DMON. The products' corresponding elemental mapping and energy-dispersive X-ray spectra (EDS) were obtained from the TEM. The surface area and pore size of DMON were measured on a Micromeritics TristarII 3020 system using an N2 adsorption-desorption isotherm. The samples were degassed under vacuum at 120 °C for 24 h before testing. The crystalline nature of HA, HA@TA powders were identified by X-ray diffraction (XRD, Miniflex600, Rigaku) using Cu Kα radiation at 40 kV and 15 mA current. The 2θ angles were scanned from 10° to 65° at a scan rate of 2°/min. The chemical and functional characteristics of HA, HA@TA, DMON, and DMON@Cur powders were examined by FTIR spectroscopy (Lambda 950, Perkin Elmer). Raman spectrophotometer (LabRAM HR, HORIBA) was also used to characterize the KBr integrated samples, using an Nd: YAG laser with a wavelength of 633 nm, a displacement range of 400–4000 cm-1, and a resolution of 2 cm−1. The surface potential of HA, HA@TA powders identified with the BI-200SM dynamic light scattering particle size analyzer.
2.3 Preparation of scaffolds
Table 1 lists the names of all the scaffolds prepared in this work.
TABLE 1 | The names and codes of the prepared scaffolds.
[image: Table 1]2.3.1 Preparation of HA@TA-CS/SA scaffolds and 3D printing
The slurry of the HA@TA-CS/SA scaffold for printing requires an inorganic-organic mass ratio mimicking natural human bone of 6:4, which is prepared by the in situ compounding method. Specifically, 1 g of CS was dissolved in 200 mL of ethanolic acid (2 wt%) to prepare a 5 g/L solution of CS. 2 g of the prepared HA@TA powder was dispersed in 150 mL of deionized water and stirred continuously with a magnetic stirrer for 20 min to achieve uniform dispersion. 53.33 mL of CS solution was added to the above solution by high-speed magnetic stirring for 30 min, and the pH of the solution was adjusted to 7.6 by adding 1% sodium hydroxide solution dropwise. Some of the above-stirred slurries were dried in the oven at 60 °C to obtain HA@TA-CS powder, which was then used for subsequent characterization tests. Then, 1.07 g of SA powder was weighed and slowly added to the above solution under high-speed mechanical stirring so that the mass ratio of CS to SA was 2:8. Stirring was continued until the SA was dissolved entirely so that the slurry was well mixed. Some of the above-stirred slurries were dried in an oven at 60 °C to obtain HA@TA-CS/SA powder, which was used for subsequent characterization tests. The resulting solution was frozen in a refrigerator at −20 °C for 12 h and then freeze-dried for 48 h until complete. The freeze-dried "foamy" solid was mixed with deionized water in a ratio of 1:3 by mass and stirred with a glass rod until it was in the form of a slurry. The prepared slurry is then loaded into a 50cc cylinder and waited for printing.
The cylindrical models of Φ15 × 5 mm and Φ15 × 30 mm were constructed using SolidWorks2020 modeling software, saved as stl format files, imported into the model slices using CurA slicing software, set specific process parameters: layer thickness 0.6 mm, filling density 50%, filling path serrated, filling direction 90°, printing speed 25 mm/min. After that, the Gcode file is generated, and the porous scaffold is printed layer by layer by an extrusion 3D printer whose needle diameter is 0.6 mm under the control of a computer program. After printing, the scaffolds were crosslinked in 10 wt% CaCl2 solution for 5 h, then washed three times with deionized water to remove the CaCl2 solution from the surface and dried in an oven at 37°C for 24 h.
2.3.2 Characterization of HA@TA-CS/SA scaffolds
The crystalline nature of HA@TA-CS and HA@TA-CS/SA powders were identified by X-ray diffraction (XRD, Miniflex600, Rigaku). The chemical and functional characteristics of HA@TA-CS and HA@TA-CS/SA powders were examined by FTIR spectroscopy (Lambda 950, Perkin Elmer) and Raman spectrophotometer (LabRAM HR, HORIBA) to explore their interactions in the scaffold composites. Elemental and bond composition of HA@TA-CS/SA powders used by x-ray photoelectron spectroscopy (XPS). The surface potential of HA@TA-CS and HA@TA-CS/SA powders were identified with the BI-200SM dynamic light scattering particle size analyzer.
The rheology and viscoelasticity of the printed slurry were tested at 25°C using a rheometer (TA Instruments, DHR-2). The rheology of the slurry was tested in flow scan mode using a 25 mm diameter 5.805° conical-plate-shaped rotor with a measurement gap of 150 μm. The viscoelasticity of the slurry was tested using the same rotor in amplitude scan mode at 1 Hz and with a measurement gap of 150 μm. FESEM carried out the microscopic morphology of the prepared HA@TA-CS/SA scaffold at 5 kV after gold sputter coating.
2.3.3 Preparation of curcumin-loaded HA@TA-CS/SA scaffolds
DMON@Cur nanoparticles with varying mass ratios (3.0, 6.0, and 9.0 wt%) were added to the above HA@TA-CS/SA slurry to make the scaffolds antibacterial. It is worth noting that the remainder of the preparation procedure was identical. Portions of the above-stirred slurries were baked in a 60 °C oven to produce curcumin-loaded HA@TA-CS/SA powder for future characterization testing.
2.3.4 Characterization of curcumin-loaded HA@TA-CS/SA scaffolds
The chemical and functional characteristics of curcumin-loaded HA@TA-CS/SA powder were examined by Fourier transform infrared spectroscopy (Lambda 950, Perkin Elmer).
The rheology and viscoelasticity of the printed slurry were tested at 25°C using a rheometer (TA Instruments, DHR-2). The rheology of the slurry was tested in flow scan mode using a 25 mm diameter 5.805° conical-plate-shaped rotor with a measurement gap of 150 μm. The viscoelasticity of the slurry was tested using the same rotor in amplitude scan mode at 1 Hz and with a measurement gap of 150 μm. FESEM carried out the microscopic morphology of the prepared curcumin-loaded HA@TA-CS/SA scaffolds at 5 kV after gold sputter coating. The thermal stability of the scaffold’s powder was measured using a comprehensive thermal analyzer (STA449-F3, Netzsch), with a heating rate of 10 k/min and a measurement interval of 30°C–900°C.
2.4 Compression testing
For the compressive strength tests, two more control scaffolds (HA-SA and HA@TA-SA) were prepared using the controlled variable method to see how the different parts of the HA@TA-CS/SA scaffolds worked together. The HA-SA and HA@TA-SA scaffolds were fabricated using the same fabrication process, and both had an organic/inorganic component ratio of 4:6. The 3D-printed HA-SA, HA@TA-SA, HA@TA-CS/SA, and curcumin-loaded HA@TA-CS/SA scaffolds were all Φ15 × 30 mm in size. The compressive stress and Young’s modulus of the porous scaffolds were measured using a universal testing machine (CMT4304, SANS).
2.5 Immersion tests
The in vitro degradation test of the curcumin-loaded HA@TA-CS/SA scaffolds was conducted in PBS solution (pH = 7.4) at 37°C to evaluate the weight loss. The exact weight of the scaffold (Wi) was measured, and then the scaffold was put into a beaker with PBS. Under the aforementioned conditions, the beakers were sealed entirely and kept at 37°C for 14 days. At set times, samples were taken out, washed, freeze-dried, and weighed (Wf), and the shape of the degraded scaffold was examined using a FESEM microscope. Eq. 3 was used to determine the percentage degradation rate (DR):
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2.6 Curcumin release studies
To evaluate the drug release pattern of curcumin-loaded scaffolds in normal and inflammatory environments, scaffolds containing different concentrations (3.0,6.0,9.0 wt%) of DMON@Cur particles were placed into dialysis bags (30 kDa, Solarbio, China). Meanwhile, A set of HA@TA-CA/SA-loaded curcumin scaffolds without DMON nanoparticles, in which the curcumin loading concentration was 9 wt%, was also prepared and put into the dialysis bag as a comparative test. The dialysis bags were placed in 50 mL of PBS-Tween80 (0.9 wt%, 100 rpm/min) solution at pH 5.3 and pH 7.4, respectively, as a release medium without ambient light. At defined time intervals, 3 mL of the solution was removed and replaced with a new PBS-Tween80 solution. Samples obtained from the release medium were characterized using a UV spectrophotometer at 425 nm to determine the concentration of released Cur.
2.7 Cytocompatibility assay
Bone marrow mesenchymal stem cells (BMSCs) of 3-5 generations were used for the study of in vitro cellular experiments. Primary rat bone marrow MSCs were isolated and cultured following previously reported procedures. BMSCs were cultured in culture flasks and maintained at 37°C as well as 5% CO2 in a cell culture chamber (SCO5W-2, Shellab, United States). Cells were cultured with DMEM/F12 medium containing 10% fetal bovine serum, 1% streptomycin-penicillin double antibody and 1% glutamine, renewed every 2 days. All curcumin-loaded HA@TA-CS/SA scaffold extracts were prepared according to ISO 10993–12 2017. The curcumin-loaded HA@TA-CS/SA scaffolds were immersed in ethanol (75 v/v%) for 2 h, then rinsed with sterile PBS and immersed in the medium at 10 ± 0 mg/mL (same as cell culture medium) and incubated on a shaker at 37°C. The medium was collected, renewed every other day with a sterile syringe, and filtered through 0.22 µm. The filtrate was collected in a 15 mL centrifuge tube and stored in a refrigerator at 4°C for later use.
The cell viability of the curcumin-loaded HA@TA-CS/SA scaffolds was measured by the Cell Counting Kit-8 (CCK-8) assay. In a typical experiment, BMSCs were incubated with extracts at a density of 8 × 104 cells/cm2 in 96-well plates. 10 μL CCK-8 solution was added to each well at different time points (1, 3, and 5 days). After 1 h of incubation, each well’s optical density (OD) was measured at 450 nm using an enzyme marker to quantify cell proliferation.
After 1, 3, and 5 days of incubation, bone marrow BMSCs were stained with a calcein-AM/PI double staining kit (Dalian Meilun Biotechnology Co., Ltd.) The fluorescence images of bone marrow MSCs obtained by inverted fluorescence microscopy.
The results of osteogenic differentiation were observed under the microscope after incubation of the three generations of BMSCs cells with the infiltrates of four curcumin-loaded scaffolds for 7 days using alkaline phosphatase staining. ALP activity was then quantified using an alkaline phosphatase assay kit (p0321, Beyotime).
2.8 Antibacterial test
With the inhibition circle method, the inhibition ability of the curcumin-loaded HA@TA-CS/SA scaffold against E.coli and S.aureus was measured. The slant strains of E.coli and S.aureus used in the experiment were bought from the Shanghai Conservation Biotechnology Centre. Inoculation loops put E.coli and S.aureus on nutrient agar plates. The plates were then incubated at 90% humidity and 37°C for 20 h until the bacteria entered the exponential growth phase. A small number of bacteria entering the exponential growth phase was picked up with an inoculation loop, dissolved in PBS solution, and diluted to 1 × 108 cfu/mL using the medium diffusion method.
Bacterial inhibition loop experiment using E.coli and S.aureus: Dilute the above 1 × 108 cfu/mL E.coli and S.aureus bacterial solution 100 times with PBS solution, use a pipette to take 100 μL of the diluted bacterial solution on an agar plate, spread it evenly with a spreader, allow the bacterial solution to dry and then take a Φ15 × 5 mm size curcumin-loaded HA@TA-CS/SA (0,3,6, and 9 wt%) porous scaffolds were evenly placed in the Petri dishes and incubated upside down in a constant temperature incubator at 37°C for 24 h before comparing the size of the inhibition rings.
The bactericidal rate test is an important measure of whether the scaffold could kill the bacteria in contact with it in the surrounding environment. The above 1 × 108 cfu/mL Staphylococcus aureus and Escherichia coli solutions were diluted 10 times to 105 cfu/mL in PBS solution. Curcumin-loaded HA@TA-CS/SA (0,3.0,6.0 and 9.0 wt%) scaffolds were placed in a bacterial suspension at a 105 cfu/mL concentration rate of 1 g/100 mL and placed in a 37°C incubator. Plates were counted at 24 h of incubation at 10-fold dilution, each group was repeated three times, and the bactericidal rate was calculated. Bactericidal rates were assessed using Eq. 4:
[image: image]
The bacteria were diluted with PBS buffer until the absorbance OD value was 0.1 and then co-cultured with the scaffolds for 12 h. Using the BCA kit, protein concentration was measured.
3 RESULTS AND DISCUSSION
3.1 Characterization of DMON@Cur
FESEM analysis showed that the organic dendritic mesoporous silica microspheres (DMON) appeared as uniformly sized spherical particles with fullness (Figure 2A). Meanwhile, TEM analysis (Figures 2B, C) revealed the fine surface structure of DMON, highlighting the presence of distinct dendritic mesopores. Mappings (Figure 2D) showed that element C was uniformly distributed on the microspheres' surface and internal pores, proving that curcumin had been loaded onto the DMON microspheres. The specific surface area and pore size distribution of the prepared DMON and DMON@Cur nanoparticles were measured using N2 adsorption-desorption isotherms (Figures 2E, F). The N2 adsorption-desorption isotherms of both nanoparticles could be classified as type IV, indicating a mesoporous structure(Yao et al., 2020). The specific surface area rapidly reduced after total absorption (from 632.6 m2/g to 170.8 m2/g). Furthermore, the pore size of DMON was 17.5 nm, which dropped to 15.6 nm in DMON@Cur, suggesting the successful production of Cur-loaded DMON nanosystems. The average size of DMON@Cur particles was approximately 228 ± 5 nm (Figure 2G). The encapsulation efficiency and drug loading capacity of DMON were 73.81% and 70.25%, respectively, calculated by Eqs 1, 2. X-ray diffraction (Figure 2H) and FTIR (Figure 2I) showed the DMON and DMON@Cur structural characteristics spectroscopy. As shown in the XRD patterns (Figure 2H), characteristic diffraction peaks of amorphous SiO2 within 15°–30° for mesoporous silica and the main diffraction peaks of curcumin appeared at 2θ = 17–28°(Ou et al., 2018; Oboudatian and Safaei-Ghomi, 2022). The FTIR (Figure 2I) showed the typical peaks of the DMON could be observed in the region of 1092–1150 cm−1, reflecting the Si–O–Si asymmetric stretching vibration, Si–O–Si peak was observed at 812 cm−1, which represented the symmetric stretching vibration. Moreover, the peaks at 463 cm−1, 1621 cm−1, and 3446 cm−1 correspond to the Si–O bending vibration, the O–H bending vibration, and the stretching vibration, respectively(Oboudatian and Safaei-Ghomi, 2022). The main characteristic peaks of curcumin were the unsaturated carbonyl vibrations at 1630 cm−1, the hydroxyl vibrations at 3510 cm−1, and the benzene ring peaks at 1600 cm−1 and 1510 cm−1 (Benassi et al., 2008). It was found that Cur and DMON interacted by hydrogen bonding. All the above results showed that the synthesized DMON nanoparticles could bind well with curcumin through hydrogen bonding.
[image: Figure 2]FIGURE 2 | (A) SEM micrographs of DMON. (B) TEM micrographs of DMON. (C) TEM micrographs of DMON@Cur. (D) Elemental mappings. (E) Nitrogen absorption−desorption isotherm. (F) the corresponding pore-size distribution of DMON and DMON@Cur. (G) Size distribution of DMON@Cur (H) XRD of DMON and DMON@Cur. (I) FTIR of DMON and DMON@Cur.
3.2 Characterization of scaffolds
The SEM (Figure 3) showed the scaffolds doped with DMON@Cur particles of various mass fractions (0,3.0,6.0, and 9.0 wt%) microscopic morphology. All scaffolds had an interconnected porous structure with a rough uncracked surface and pore size of 300 ± 60 μm. The scaffolds became deeper in color as the proportion of Cur-loaded particles increased. The rod-shaped HA was faintly visible and encapsulated inside the scaffolds.
[image: Figure 3]FIGURE 3 | Surface morphology of scaffolds with different DMON@Cur loadings (A) 0 wt% (B) 3.0 wt% (C) 6.0 wt% (D) 9.0 wt%.
The hydroxyapatite(HA) prepared by the hydrothermal method was demonstrated by FESEM (Figure 4A) as homogenous hexagonal long rods (60–170 μm) with a diameter of 818 ± 207 nm and a high aspect ratio (59–278), which was similar to the results of previous studies (Zhang and Darvell, 2010). After TA modification, the surface morphological roughness of HA crystals changed, and some fine HA particles could be seen adsorbed on the surface. It also showed that TA had a high capacity to adsorb and bond to the HA surface (Figure 4B). The HA lattice spacing (Figure 4C) was 0.34 nm, corresponding to the (002) crystal plane of the standard card (JCPDS PDF 9–432), and showed that the HA crystals were developing in a C-axis orientation (Zhang and Zhu, 2005). The elemental distribution of the HA@TA powder was analyzed by EDS (Figure 4D), which showed that the main composition consisted of C(13.87wt%), Ca(29.72wt%), P(18.1wt%), and O(38.31wt%) elements. The presence of C indicated that TA was adsorbed on the surface of HA.
[image: Figure 4]FIGURE 4 | (A) SEM micromorphology of HA. (B) SEM micromorphology of HA@TA. (C) TEM microscopic morphology and electron diffraction of HA. (D) Elemental mappings.
The X-ray diffraction (Figure 5A) showed patterns of HA, HA@TA, HA@TA-CS, and HA@TA-CS/SA powders to determine their crystalline properties. The sharp characteristic peaks of HA powders (Figure 5A) were consistent with those of the standard XRD card (JCPDS PDF 9–432) of hydroxyapatite. The characteristic peaks at 10.82°, 21.819°, 25.897°, 28.126°, 28.966°, 31.773°, 32.196°, 32.902°, 39.818°, 46.711°, 49.468° correspond to the planar diffraction peaks of HA (100), (202), (002), (102), (210), (211), (112), (300), (202), (310), (222), (213), where the diffraction peak at (211) crystal plane is the strongest.It indicated that HA powders with high crystallinity were successfully synthesized using the hydrothermal method (Zhang and Zhu, 2005). As previously reported, the most vigorous peak intensity occurred in the (211) lattice plane (Yang et al., 2005). After the surface modification, however, the intensity diffraction peak of HA powders was decreased. Moreover, the functional groups of the material and their possible interactions within the scaffold were assessed using FTIR and Raman techniques. The FTIR spectra (Figure 5B) showed the HA powder and after organic modified HA powder. The characteristic peaks at 1093, 1034, 602, and 564 cm-1 were PO43- and the absorption peaks at 3571 and 633 cm-1 were attributed to hydroxyl groups. These main vibrational peaks were typical of the characteristic peaks of HA (Koutsopoulos, 2002; Zhang and Darvell, 2010). Compared to the pure HA powder, the HA@TA powder had C-O stretching peak (1707 cm−1), C-O stretching peak (1609 cm−1), C-C-C aromatic ring stretching peak (1444 cm−1), and C-C bond corresponding to the aromatic ring 754 cm−1 peak(Hussain et al., 2022). The absorption peak at 1552 cm−1 of the HA@TA-CS powder spectrum corresponded to the -NH2 bending vibration. The absorption peak (1440 cm−1) was related to the electrostatic interaction between the NH3+ group of CS and the phenoxy (Ph-O-) group of HA@TA(Lee et al., 2023). The absorption peaks of the HA@TA-CS/SA powder were C-O-C stretching at 1030 cm−1 and OH- stretching at 3450 cm−1. The observed bands at 1625 and 1420 cm−1 for SA were attributed to carboxyl groups and asymmetric and symmetric COO- stretching vibrations, respectively. The antisymmetric stretching of COO- in SA shifts towards the lower band, and wave numbers overlap the antisymmetric stretching peaks of COO- at 1546 cm−1 and 1595 cm−1. It confirmed the presence of ionic interactions between cationic CS and anionic SA via electrostatic interactions (Ke et al., 2010). The Raman spectra (Figure 5C) also showed the typical characteristic peaks of HA, with the modified powder having CH- and C=C double bonded peaks at 1350 cm−1 and 1550 cm−1, respectively. The most pronounced peaks on the surface of the scaffold demonstrated successful modification on the surface of HA. Based on the XPS spectra of HA@TA-CS/SA scaffold powders results (Figure 5D), the deconvolution peaks of Ca2p and P2p were typical of the elements and families of HA crystals (Yang et al., 2005). The deconvolution peaks of C-C (284.8 eV), C-O-C (286.41 eV), O=C-O (288.61 eV), and π-π* (291.0 eV) in the C1s spectrum and C=O (533.02 eV) and C-O (531.55 eV) in the O1s spectrum reflected organic bonding on the HA ceramic surfaces (Hussain et al., 2022; Lee et al., 2023). The appearance of C-NH2 (400.15 eV) in the N1s spectrum also demonstrated the introduction of CS in the scaffold (Lee et al., 2023).
[image: Figure 5]FIGURE 5 | (A) XRD spectra of powders. (B) FTIR spectra of powders. (C) Raman spectra of powders. (D) XPS spectra of HA@TA-CS/SA scaffold powders.
Rheological performance is an essential judgment in examining the printable properties of the slurry. After adding DMON@Cur particles with mass fractions of 0, 3.0, 6.0, 9.0 wt% to the HA@TA-CS/SA slurry, the pastes' rheological characteristics (Figure 6A) were examined. The apparent viscosity of all slurry decreased significantly with increasing shear rate showing an apparent “shear thinning” phenomenon typical of pseudoplastic fluids. In addition, the higher the mass fraction of DMON@Cur particles added, the apparent viscosity of the slurry was slightly reduced, but the effect was not significant. Frequency scans (Figure 6B) of the slurries showed that the G′ values for all slurries remained essentially constant throughout the frequency range, indicating good crosslinking (Dong et al., 2022). The addition of DMON@Cur carrier particles had little effect on the internal crosslinking mechanism of the slurries, which were stable and continuous.
[image: Figure 6]FIGURE 6 | (A) Variation curve of viscosity with the shear rate for curcumin-loaded HA@TA-CS/SA scaffolds. (B) Variation curves of G′ and G″ with the shear rate for curcumin-loaded HA@TA-CS/SA scaffolds. (C) zeta potential (D) TG curves of curcumin-loaded scaffolds (E) DTG curves of curcumin-loaded scaffolds.
We performed zeta potential tests during each step of the scaffold preparation to determine the binding pattern within the material (Figure 6C). At the initial stage, the synthesized HA surface displayed a positive charge of 4.32 mv. After the TA modification, the material exhibited a negative charge of −3.43 mv (Hussain et al., 2022). Following the introduction of CS, the material displayed another positive charge of 20.5 mv. Finally, after the binding of SA, the material displayed a negative charge of −8.71 mv. It had been reported that TA could easily adhere to the HA surface mainly through hydrogen bonding. Based on the combined results of XRD, FT-IR, Raman, and XPS analysis, we speculated that the catechol group of TA formed a hydrogen bond with the hydroxyl group of HA and wrapped tightly on the surface of HA to form a TA film. At this time, the HA@TA particle had a negative charge. After cationic CS was introduced, the NH3+ group in CS adsorbed on the surface of HA@TA particles through electrostatic interaction (Shu et al., 2001). By stirring and electrostatic mutual repulsion, the charged particles could be uniformly dispersed in the slurry. After adding SA, all positively charged HA@TA-CS particles were attracted to each other by electrostatic interaction with the negative charge of SA, and finally, the slurry was formed. The alternating positive and negative changes in Zeta potential with each step of material modification proved that the material components were bonded through hydrogen bonding and electrostatic interactions.
Figures 6D, E showed the TG and DTG curves of the scaffolds loaded with different mass fractions (0, 3, 6, 9 wt%) of DMON@Cur nanoparticles. The weightlessness process of all scaffolds went through roughly three stages. The first stage was roughly 40°C–150°C due to the evaporation of free water in the scaffold. The main thermal decomposition stage occurred at 200°C–700°C. This stage saw the decomposition of polymer tannins, chitosan, sodium alginate, and curcumin. The weight loss of the scaffold gradually stabilized in the third stage 700°C–900°C, and the hydroxyapatite in the scaffold underwent a slow phase transition. All scaffolds' final weight loss ratio was positively correlated with the mass of loaded curcumin.
3.3 Compressive strength of scaffolds
The compressive stress-strain curves of the HA-SA, HA@TA-SA, and HA@TA-CS/SA scaffolds are shown in Figure 7A. The strains were in the range of 0%–45% for all three groups of scaffolds. It could be seen that the compressive strength of the HA-SA scaffold without TA and CS modification was 43.23 Mpa. When TA and CS modified the HA-SA scaffold, the prepared HA@TA-CS/SA scaffold had the highest compressive strength increasing to 68.09 Mpa. The prepared scaffolds were still competitive in terms of mechanical properties when compared with published studies (Chi et al., 2022; Rezania et al., 2022; Zhao et al., 2022). To confirm the great increase of compressive strength for the HA@TA-CS/SA scaffold was due to the solid electrostatic interactions by CS, the HA@TA-SA scaffold was designed and produced without CS modification. It is notable that the HA@TA-SAC scaffold, however, was less intense than the HA-SA scaffold, being the least strong of the three groups at 30.47 Mpa. In addition, the HA@TA-CS/SA scaffold had the highest maximum strain of the three groups at 43%. At the yield stress point of the other two groups of scaffolds, the compressive strength of the prepared HA@TA-CS/SA scaffold for the same period was 65 Mpa.
[image: Figure 7]FIGURE 7 | (A) The presentative compressive stress-strain curves of the HA-SA, HA@TA-SA, and HA@TA-CS/SA scaffolds. (B) compressive stress and Young’s modulus of the HA-SA, HA@TA-SA, and HA@TA-CS/SA scaffolds. (C) compressive stress and Young’s modulus of the DMON@Cur loaded scaffolds.
The three groups of scaffolds compared Young’s modulus (Figure 7B), with the HA@TA-CS/SA scaffold still having the best modulus (574.92 Mpa), which was higher than the HA-SA scaffold without CS and TA modifications (381.75 Mpa) by 50.6%. As a comparison, Young’s modulus of the HA@TA-SA scaffold (305.99 Mpa) decreased by 46.77%. Compared the results with the Zeta potential data (Figure 6C), the HA@TA was negatively charged and repelled the negative charge of SA, which was the main reason for the deterioration in mechanical strength. After introducing positive charged CS as a bridge between the TA and SA, part of the TA’s hydroxyl group made hydrogen bonds with the CS, as indicated in the IR spectrum. While the other portion protonates the -NH2 group of the CS, forming an electrostatic connection with the TA’s phenoxy group (Ph-O-). Particles with a positively charged outer layer were generated during the slurry preparation process and then added to the anionic SA solution.
The CS in the outer layer could create hydrogen and amide bonds with the SA, as revealed by the XPS spectra (Figure5D). The anionic SA and cationic CS rely on electrostatic interactions for homogenous binding. At last, Ca2+ ions chelated the SA in the slurry to generate a double network structure maximized scaffold strength (Song et al., 2022). The compressive strength and Young’s modulus of scaffolds (Figure 7C) with the addition of different mass fractions of particles showed that both the compressive strength and Young’s modulus of the scaffolds were decreased slightly. Owing to their stiffness differences, microspheres produce stress concentrations in materials, making them more brittle. The microspheres may also propagate defects and cracks in the material, leading to the fragmentation of the cross-linkage network between the internal components of the scaffolds, which weakens their mechanical properties.
The mechanical properties of bone repair scaffolds have an important role in bone tissue regeneration. Especially in the initial stage of tissue regeneration, it can provide the necessary mechanical support and sufficient stability for the bone repair site, so that the conditions for tissue growth and nutrient delivery exchange during bone tissue regeneration can be created. Secondly, the high modulus bone repair scaffold can simulate the mechanical properties of normal bone, reduce the displacement and stress concentration during bone reconstruction, promote the growth and regeneration of bone cells, and facilitate bone repair (Zhang et al., 2021a; Zhang et al., 2022b).
3.4 In vitro degradation and mineralization
The rate of deterioration in vitro of bone tissue engineering scaffolds is an essential characteristic. The optimal pace of scaffold breakdown should be proportional to the rate of new bone formation. It is also vital to research the long-term behaviour of the scaffold in the same physiological context for medication application. Following 14 days in PBS media, (Figure 8),optical photos of the dried scaffolds revealed that all scaffolds retained their structure and that additional fractures were discovered on the surface of the scaffolds, but no substantial deformation occurred. More rod-shaped HA and DMON@Cur particles were observed on the surface of the scaffolds when the microstructure was examined using SEM (Figure 8). The number of particles exposed exhibited a similar pattern to the amount of medication loaded. Figure 10A depicted the DMON@Cur-loaded scaffolds' weight degradation curves, revealing that all scaffolds degraded similarly, with an overall sluggish, fast, and slow degradation rate. The greatest rate of deterioration occurred on day 7, followed by a slowing on day 12. The total mass on day 14 decreased to 23.47, 21.85, 21.56, and 19.38%, respectively, with small variances in degradation mass closely proportional to the drug-loaded mass.
[image: Figure 8]FIGURE 8 | Surface morphology of the DMON@Cur loaded scaffolds after 14 days of in vitro degradation. (A) 0 wt%. (B) 3 wt%. (C) 6 wt%. (D) 9 wt%.
It is used to measure the biological activity of osteogenesis in vitro that the capacity to generate apatite on the surface of biological materials in simulated body fluids (SBF) (Chen et al., 2020). Figure 9 depicted optical and SEM photos of the scaffold after 14 days of immersion in SBF. The optical pictures revealed that the structure suffered no significant damage due to the immersion. Ca/P or hydroxyapatite deposits appeared on the surface, and the morphology was intact. SEM revealed similarly dispersed white spherical particles of identical size on the surface of all scaffolds (Olad et al., 2019; Chen et al., 2020). There were no significant differences between the four scaffold groups. The presence of calcium and phosphorus on the surface of the scaffolds was confirmed by EDS elemental analysis of the white spherical particles detected. Calcium cations have been found to play a vital function in the mineralization of scaffolds as crosslinking agents in scaffold preparation (Song et al., 2022). Moreover, the amino group of CS may enhance the deposition of biominerals (Xu and Liang, 2022; Hakimi et al., 2023). Consistent with our findings, all DMON@Cur-loaded scaffolds exhibited excellent mineralization virtually uniformly, indicating the scaffolds' potential capacity to promote new bone formation.
[image: Figure 9]FIGURE 9 | Surface morphology of scaffolds with different drug loadings after 14 days of immersion in SBF. (A) 0 wt% (B) 3 wt% (C) 6 wt% (D) 9 wt%.
3.5 In vitro release of curcumin
Curcumin is often used to prevent and treat various diseases and has various pharmacological properties, including anticancer, anti-osteoarthritis, antioxidant, and antibacterial. Nevertheless, its insolubility in water (only 0.4 ug/ml) and rapid degradability at physiological pH severely reduce its bioavailability (Hamilton and Gilbert, 2023; Jiang et al., 2023). As a result, this investigation employed curcumin as a typical drug template being loaded into the scaffold to explore the scaffolds' in vitro drug release at pH 7.4 and pH 5.3. As shown in Figure 10B, the cumulative curcumin release rates of the DMON@Cur-loaded (3.0,6.0, and 9.0 wt%) scaffolds at pH 7.4 over 180 h were 52.78% ± 3.2%, 42.02% ± 3.67%, and 35.84% ± 3.32%, respectively. Also at pH 5.3, the release rates of cumulative curcumin over 180 h were 21.98% ± 1.35%, 27.51% ± 0.46%, and 30.16% ± 1.46% (Figure 10C). As a comparison, the cumulative release rate of the scaffolds directly doped with 9 wt% curcumin was only 11.45% and 10.41% during the same period. The release of curcumin-loaded scaffolds was slower and more sustained at the pH of the inflammatory environment. It showed that the scaffolds loaded with DMON@Cur particles exhibited better drug release performance for all gradient concentrations than the control group. There was an overall rapid release trend at pH 7.4, followed by a gradual smoothing out, reaching the maximum drug release concentration at 120 h. In contrast, at pH 5.3, the release pattern of curcumin was first rapid and then slow, with an inflection point at 60 h. The scaffolds loaded with a more mass fraction of DMON@Cur particles simultaneously had greater drug release concentrations.
[image: Figure 10]FIGURE 10 | (A)The degradation rate of curcumin-loaded scaffolds. (B) Drug release from curcumin-loaded scaffolds at pH7.4 (C) Drug release from curcumin-loaded scaffolds at pH5.3.
It is presumably because more DMON@Cur particles were exposed on the surface as the scaffolds continued to degrade in PBS, leading to more drug release. Acidic inflammatory environments protonate chitosan in the scaffold and form more amide bonds with sodium alginate, leading to tighter binding, slower degradation and more sustained drug release during scaffold degradation. The composite of curcumin with mesoporous material might restrict curcumin in monomorphic form within the spaces of a porous material (Ananth et al., 2022). In this way, the solubility and bioavailability of curcumin could be significantly improved.
3.6 Biocompatibility assay
In vitro cell assay is an essential tool to detect growth inhibition, functional changes, cell lysis, death, or other toxic reactions of cells after exposure to biological materials in an isolated environment that simulates the growth environment of an organism (Ananth et al., 2022; Claro et al., 2023). The cell viability of BMSCs cultured in DMON@Cur-loaded HA@TA-CS/SA scaffold extracts assayed by the CCK-8 method is demonstrated in Figure 11A. The results showed that all scaffolds were non-toxic. There was no significant difference between the groups on the first day. Still, with time, the cell proliferation of the DMON@Cur-loaded scaffolds was significantly better than that of the positive control group. The cell survival rate reflected an increasing trend, and the proliferation was positively correlated with the DMON@Cur loading, showing good biocompatibility. Figure 11C showed the results of BMSCs cells stained under a fluorescence microscope, and the overall situation is consistent with the detection of the CCK-8 assay. The cell morphology of the DMON@Cur-loaded scaffolds was more spreading and numerous, which strongly confirmed that the scaffold had good biocompatibility and could promote the proliferation of BMSCs cells (Zhang et al., 2021b). The synthesized scaffold materials using natural polymers have shown very good biocompatibility. Figures 11B, D showed the quantitative analysis and staining results of alkaline phosphatase (ALP) after BMSCs cells were cultured for 7 days in the infiltrate of HA@TA-CS/SA-loaded curcumin scaffold. The results showed that the scaffold with more drug loading had a deeper and denser ALP staining status, indicating that the curcumin-loaded scaffold could significantly promote the differentiation of BMSCs cells (Li and Zhang, 2018; Chen et al., 2021; Inchingolo et al., 2022).
[image: Figure 11]FIGURE 11 | (A) CCK-8 assay for scaffold cytotoxicity. (B) ALP quantitative analysis (C) Live-dead staining of cells (D) ALP osteogenic differentiation staining.
On the other hand, curcumin could promote the survival and proliferation of osteoblasts by eliminating the inhibitory effect of reactive oxygen species on the Nrf2 signaling pathway to reduce osteoblast apoptosis and maintain their differentiation function, as reported by Li et al. (Wu et al., 2019; Dang et al., 2021). In conclusion, all curcumin-loaded scaffolds have good proliferation-promoting and differentiation effects on BMSCs cells, showing their great potential in bone repair properties.
3.7 Antibacterial performance
Selected representative S.aureus and E.coli characterize the antibacterial activity of the scaffolds, qualitatively and quantitatively, by using the disk diffusion method and plate coating method, respectively. As shown in Figure 12A, the inhibition ring diameters of the scaffolds were 15.4 ± 0.6 mm, 19.3 ± 0.8 mm, 23.6 ± 0.5 mm, and 27.4 ± 0.8 mm after 24 h incubation with DMON@Cur-loaded scaffolds (0, 3,6, and 9 wt%) in S.aureus medium. The inhibition ring diameters were 15.8 ± 0.3, 16.4 ± 0.2, 17.2 ± 0.3 and 18.0 ± 0.2 mm, respectively, after 24 h incubation with the same concentration gradient of DMON@Cur-loaded scaffolds in E.coli culture dishes. All concentration gradients of DMON@Cur-loaded scaffolds showed inhibition, and the inhibition effect was significantly stronger for S.aureus than for E.coli. Adding 0% DMON@Cur-loaded particles to the scaffolds also produced a small amount of inhibition, attributed to the antimicrobial properties of TA and CS in the scaffolds. It is noteworthy that the TA and CS added to the scaffold were only in small amounts, and the bacterial inhibitory effect of the scaffold increased significantly with the increase of the curcumin-loaded drug content, which was mainly influenced by curcumin. Figure 12B showed the results of the DMON@Cur-loaded scaffold co-cultured with S.aureus and E.coli bacteria for 24 h after plate coating. It coincided with the results of the inhibition test; Figure 12C showed the bactericidal rate of S.aureus and E.coli after treatment with the DMON@Cur-loaded HA@TA-CS/SA scaffolds. Adding 9 wt% of DMON@Cur-loaded microspheres to the scaffold produced 99.99% and 96.56% bactericidal effects against S.aureus and E.coli, respectively. The above test proved that the DMON@Cur-loaded HA@TA-CS/SA scaffolds had a good antibacterial effect, especially on S.aureus bacteria, which was also in line with the results of previous studies (Doustdar et al., 2022).
[image: Figure 12]FIGURE 12 | (A) and (B) Antibacterial capacity of curcumin-loaded scaffolds for testing S.aureus and (E) coli by disk diffusion and plate coating methods. (C) BCA kit detects protein concentrations released by bacteria co-cultured with curcumin-loaded scaffolds. (D) bactericidal rate of S.aureus and (E) coli after treatment with the curcumin-loaded scaffolds. (E, F) SEM after co-cultivation of S.aureus and (E) coli with curcumin-loaded scaffolds for 24 h.
The bacteria morphology was observed under SEM after co-cultivation of S.aureus and E.coli with DMON@Cur-loaded scaffolds for 24 h, respectively (Figures 12E, F). The rough surface of the scaffolds was favourable for bacterial adhesion. It was also observed that the cell membrane of S.aureus and E.coli were broken to expose the intracellular material, and DMON@Cur-loaded microspheres were distributed around them. In contrast, most S.aureus had more intact cell structures than E.coli, and more folds could be seen on their cell surfaces. It is theorized that curcumin disrupted bacteria’s cell membrane structure, ultimately resulting in their demise. Despite the qualitative results observed for visualization in electron micrographs, it had been shown that the intracellular leaked-out proteins could be quantitatively characterized using the BCA protein kit. As shown in Figure 12D, according to the protein assay, both the E.coli groups and the S.aureus groups were able to cause a large amount of intracellular protein leakage after co-culture with the DMON@Cur-loaded scaffolds compared to the blank groups. Among them, the curcumin-loaded scaffolds containing 9 wt% of DMON@Cur particles were co-cultured with Escherichia coli and Staphylococcus aureus with protein concentrations up to 176.59 ± 2.6 and 120.54 ± 2.53 μg/mL, respectively. It is consistent with the results visualized in the electron micrographs, indicating that our hypothesized mechanism of bacterial inhibition of the DMON@Cur-loaded scaffold was bio-compatible. In addition, the S.aureus group shed less intracellular material. That could be because the thick layer of peptidoglycan on the outside of Gram-positive bacteria acts as a barrier to releasing intracellular chemicals. Gram-negative bacteria lack such a robust protective barrier, causing E.coli to break down and spill out vast amounts of intracellular protein (Yuan et al., 2022).
4 CONCLUSION
In summary, we prepared a series of HA@TA-CS/SA scaffolds with different curcumin-loaded silica microspheres (0,3.0,6.0, and 9.0 wt%) using 3D printing. XRD and TEM showed that the synthesized long rod-shaped hydroxyapatite grew directionally along the C-axis with a high aspect ratio. IR, Raman, XPS, and zeta potential showed that the components within the scaffold were bound to each other in layers by hydrogen bonding and solid electrostatic interactions. The rheological test revealed that the slurry was a pseudoplastic fluid with a stable bond. Their rheological properties were unaffected by the addition of silica-loaded particles. The scaffolds also had good mechanical qualities (compressive strength 68.09 Mpa). In addition, SEM and EDX demonstrated that the scaffolds had high biomineralization capability and a good degradation rate. The synthesized scaffold’s have high cytocompatibility which can boost the proliferation of BMSCs significantly. Curcumin’s solubility and bioavailability were enhanced by the scaffold, as demonstrated by in vitro drug release test. Moreover, the HA@TA-CS/SA-9% DMON@Cur scaffolds inhibited S.aureus and E.coli with 99.99% and 96.56% effectiveness, respectively. The scaffolds' antibacterial activity mechanism was confirmed using SEM, and the BCA protein assay, which was curcumin disrupts bacteria’s cell membrane structure. Overall, the results indicated that HA@TA-CS/SA-9% DMON@Cur scaffolds had considerable potential for therapeutic bone tissue engineering.
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A comparative study of Sr-loaded nano-textured Ti and TiO2 nanotube implants on osseointegration immediately after tooth extraction in Beagle dogs
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Dental implantation, when performed immediately after tooth extraction, simplifies the treatment procedure, resulting in satisfaction for dentists and patients. Dental implants with nanotopography surface modification have been used to promote osseointegration immediately after implantation. We compared two different nanotopography surface implants on the effects of osseointegration immediately after tooth extraction: TiO2 nanotubes (NT-TiO2) fabricated by anodization and Sr-loaded nanotopography Ti (NT-Sr) formed via magnetron sputtering technology. Sr-loaded nanotextured Ti nanotubes (NT-Sr) were fabricated via magnetron sputtering using 99.99% SrTiO3 as the sputtering target. TiO2 nanotubes (NT-TiO2) were fabricated by anodization in 0.5 wt% hydrofluoric acid (HF). After the surface topography, hydrophilicity, chemical components, and interface bonding strength were analyzed, two different nano-topographies were applied for in vivo cellular activity evaluation. Subsequently, the implants with NT-Sr and NT-TiO2 surfaces were inserted into the fresh socket immediately after tooth extraction. Radiological scanning, histological analysis, and biomechanical tests were carried out to investigate implant osseointegration. The results showed that nanotubes with diameters of 15–80 nm were distributed on the NT-TiO2 surface, while the NT-Sr group showed 20–40 nm nanoparticles deposited on the surface. Compared to NT-Sr, the NT-TiO2 surface possessed better hydrophilicity and favorable cellular adhesion and proliferation. The NT-Sr surface possessed greater interfacial bonding strength than the NT-TiO2 group, and greater bone formation, higher bone-to-implant contact (BIC%), and maximum pull-out force were observed in the NT-Sr group. The above results indicated that although the NT-TiO2 surface showed favorable in vitro bioactivity, the NT-Sr surface, with higher interface bonding strength, showed better in vitro osteogenesis, and would be more favorable for immediate implantation.
Keywords: strontium, nano, magnetron sputtering, osseointegration, surface modification, immediate implantation
1 INTRODUCTION
Immediate implant placement after tooth extraction has led to much satisfaction for dentists and patients over the past decades (Seyssens et al., 2022). Compared to traditional delayed implantation, immediate implants can simplify the treatment procedure. In addition, immediate implantation is favorable for preservation of the extraction site and decreases alveolar bone resorption (Araújo et al., 2019). In order to attain comparable long-term clinical efficacy to delayed implantation, immediate implantation demands higher yields of early osteogenic ability around the implant and higher initial stability. Various strategies have been developed to achieve early osteogenesis and initial stability during immediate implantation, including implant thread optimization and implant surface roughening. Previous studies have demonstrated that rough implant surface modifications can induce osteogenesis around the implant and subsequently stabilize osteointegration (Robo et al., 2022). To date, the conventional topography of commercial implant is almost at the micro-scale (1–10 μm). At present, nano scale surface (1–100 nm) modification has received significant attention, owing to its favorable biological reaction compared to micro-scale surface implants (Mendonça et al., 2008; Cavalu et al., 2020).
Previous studies have reported that a nanotopography surface promotes the osteointegration of implants. Nanotopography structures are classified, according to their topography, as nanoparticles, nanotubes, nanofibers (Mendonça et al., 2008; Yeo, 2019), and so on. An in vitro study conducted by Long et al. reported that titanium dioxide (TiO2) nanotubes can create a favorable osteoimmunomodulatory environment for bone regeneration and osseointegration (Bai et al., 2021). Parnia found that dental implants with nanoparticle coatings possess enhanced osseointegration and antimicrobial properties (Feridoun et al., 2017). Our previous studies have demonstrated that strontium (Sr)-loaded nanoparticle surfaces can promote osteogenesis in cellular and animal experiments under normal and osteoporotic conditions. However, surface roughness modification is a double-edged sword; an active roughness surface may decrease the coating interface bonding strength of the implant. Therefore, it is meaningful to fabricate surfaces possessing the dual properties of high coating interface bonding strength and active osteogenic ability. Few studies have investigated the effects of different nanotopographic surfaces on osseointegration in immediate implantation, especially when applied to large animal models.
Therefore, this study was performed to compare effects of two different typical nanotopographic surfaces on osseointegration during immediate implantation: Sr-loaded nanotextured Ti nanotubes (NT-Sr) and TiO2 nanotubes (NT-TiO2).
2 MATERIALS AND METHODS
2.1 Sample coating fabrication and investigation
Titanium disks (Φ 15 mm × 1 mm) and titanium screw implants (Φ 4 mm × 8 mm) were randomly divided into two groups. The NT-TiO2 implant group was prepared via anodization in a 0.5% (w/v) hydrofluoric (HF) acid electrolyte solution for 30 min, using a 20 V direct current (DC) power supply, and a platinum electrode as the cathode. NT-Sr group implants were fabricated via magnetron sputtering using an industrial physical vapor deposition (PVD) system. The films were deposited under the following conditions: Ar2 gas composition at 0.5 Pa. After fabrication, all samples were cleaned sequentially with acetone, ethanol, and deionized water ultrasonically, and finally sterilized with γ irradiation for subsequent testing. The samples were tested using field-emission scanning electron microscopy (FE-SEM, HITACHI S-4800) to observe the surface topography and X-ray photoelectron spectroscopy (XPS, ESCALB MK-II) for chemical component analysis.
The interfacial bonding strength of nanotopography layers was evaluated using an epoxy resin docking tensile test, and the Ti samples after epoxy resin docking tensile testing were investigated using SEM to evaluate the collapsed surface characteristics. The surface hydrophilicity of the Ti samples was measured using a surface contact angle measurement machine (DSA30; Kruss, Germany).
The Sr release experiment was carried out using the following procedures: NT-Sr samples were immersed in 5 mL phosphate buffer solution (PBS, Gibco) at 37°C. The PBS was collected and replaced with fresh PBS after 1, 4, 7, and 14 days. The PBS solution containing released Sr was analyzed using inductively coupled plasma atomic emission spectrometry (ICP-AES; IRIS Advantage ER/S). The NT-Sr samples were completely dissolved in a HNO3 and HF mixture with ultrasonic treatment at room temperature. The total amount of Sr was determined using ICP-AES.
2.2 In vitro cellular assay
The murine MC3T3-E1 osteoblast cell line was used for co-culture with Ti samples. The cells were cultured in α minimum essential medium (α-MEM, Gibco) containing 10% fetal calf serum (FCS, Gibco) at 37°C, with the medium changed every 3 days. The Ti samples were placed in a 24-well plate and the cells were seeded at a density of 2 × 104 cells/mL for the assays.
Cell adhesion analysis was carried out after incubation for 30, 60, and 120 min; the attached cells were stained using 4′,6′-diamidino-2-phenylindole (DAPI) (Sigma-Aldrich Co., St Louis, MO, United States). Positive cells were counted under an optical microscope (Olympus FluoView FV1000).
Cell proliferation was assessed after culturing for 1, 4, and 7 days using a 3-(4,5-dimethylthiazol-2-yl)-2, 5-diphenyltetrazolium bromide (MTT) (Sigma-Aldrich Co.) assay. At prescribed time points, the Ti samples were gently rinsed with PBS and transferred to a new plate. The Ti samples were then incubated with the MTT solution at 37°C for 4 h. The formazan was then dissolved in dimethyl sulfoxide, and the optical density was measured at 490 nm using a spectrophotometer (Bio-Tek).
Alkaline phosphatase activity (ALP) analysis was performed after 7 days in culture. A colorimetric assay was used to determine the quantity of ALP present. This assay was based on an ALP reagent containing p-nitrophenyl phosphate (p-NPP) as the substrate. Moreover, cell morphology observation after incubation for 3 days was carried out to compare the in vitro cellular activity of the two nano-texture surfaces. After incubation for 3 days, the samples with attached cells were fixed in 3% glutaraldehyde, dehydrated in a graded ethanol series, freeze dried, sputter coated with gold, and observed using FE-SEM. The details of the above in vitro cellular assay complied with our previous study (Li et al., 2015).
2.3 In vivo experiment
2.3.1 Animals and surgical procedures
Eight 2-year-old beagles were included in our study. The study was approved and supervised by the Laboratory Animal Ethical Inspection, School of the Fourth Military Medical University [Xi’an, China; approval document no. 2014 (058)]. Adequate measures were taken to minimize pain and discomfort in animals. Animals were anesthetized with sodium pentobarbital (30 mg/kg; Merck Drugs and Biotechnology). The two different surface implants were inserted into fresh extraction sockets immediately after bilateral mandibular premolar extraction. The NT-TiO2 implants were implanted on the left side, and the NT-Sr implants on the right. The gaps between the implants and extraction sockets were filled with autologous bone chips and X-ray scanning (IntraOs 70, Blue X, Assago, Italy) was performed before teeth extraction, post-extraction, and post-implantation. Antibiotics (ampicillin, 0.5 mg/kg, China) were administered for 5 days to prevent infection post-operation, mouth care with normal saline rinsing was performed for 1 week, and a semi-fluid diet was fed to avoid excessive occlusal force. Twelve weeks after implantation, all animals were euthanized according to the following procedures: overanesthesia with pentobarbital (3%, 100 mg/kg) intravenous injection was applied before harvesting, after vital signs including breathing and heart rate were not detected and tongue cyanosis observed. Mandibles with implants were harvested for subsequent testing. Calcein (8 mg kg−1, Sigma Chemicals Co., United States) and tetracycline (50 mg kg−1, Amresco Ltd., United States) were administered via intramuscular injection on days 4 and 14 to evaluate new bone deposition.
2.3.2 Micro-CT scanning
After euthanasia, the samples were immersed in 75% alcohol and prepared for micro-CT scanning (Inveon, Siemens, Erlangen, Germany). A three-dimensional image was reconstructed using an isotropic voxel size of 15 µm. A region of interest (ROI) was defined as a ring 1 mm in radius from the implant surface. Images acquired from the ROI were used for quantitative analysis, which included bone volume/total volume (BV/TV), trabecular number (Tb.N), trabecular thickness (Tb.Th), and trabecular separation (Tb.Sp).
2.3.3 Histological analysis
The samples were prepared for non-decalcified sections after micro-CT scanning. The samples were immersed in 75% alcohol for 7 days and then dehydrated using a graded series of dilutions of ethanol and 100% acetone. Samples were embedded in polyester resin and cut mid-axially into slices of 150 μm, which were subsequently ground into 100 µm-thick slices using a sawing microtome (Leica SP 1600, Leica Microsystems). Images were captured using a fluorescence microscope (Leica).
After fluorescence observation, the sections were stained with methylene blue acid fuchsin and analyzed using a digitized image analysis system (Leica) coupled to a light microscope (Olympus). BIC% was calculated as the linear percentage of direct bone-to-implant contact relative to the total implant interface in the cancellous bone.
2.3.4 Biomechanical testing
After the specimens were harvested, eight samples from each group were immediately subjected to a biomechanical pull-out test using a universal material testing system (AGS-10KNG, Shimadzu, Japan). The speed was set at 2 mm/min. The displacement–force curve was recorded to calculate the maximum pull-out force.
2.4 Statistical analysis
Data analysis was performed using the Statistical Package for the Social Sciences (SPSS, version 18). A paired-samples t-test was applied for comparisons between two groups. All data are expressed as the mean ± standard deviation (SD). Significant difference was defined as p < 0.05, and highly significant differences as p < 0.01.
3 RESULTS
3.1 Surface characterization of the samples
SEM images clearly show the surface textures of the two different samples. Nanotubes with diameters of 15–80 nm were distributed on the NT-TiO2 surface, whereas nanoparticles with diameters of 20–40 nm were deposited on the NT-Sr surface (Figure 1). XPS results showed that Ti, O, and fluorine (F) elements were detected in the NT-TiO2 samples. The XPS survey of the NT-Sr samples detected the presence of Ti, O, and Sr (Figure 1).
[image: Figure 1]FIGURE 1 | Surface characteristics evaluation of the two different samples. (n = 8). Scale bar is 200 nm. NT-TiO2, TiO2 nanotubes surface; NT-Sr, nano strontium-containing titanium surface; SEM, scanning electron microscopy; XPS, X-ray photoelectron spectroscopy.
The interface bonding strength of NT-Sr and NT-TiO2 samples were 52.40 ± 8.73 MPa and 18.20 ± 4.16 MPa, respectively, and a significant difference existed between the groups. SEM images show that the nanotube structure disappeared and that only a residual nanopitted texture remained, whereas the NT-Sr sample displayed a few nanoparticle splits (Figure 1). The contact angles of NT-TiO2 and NT-Sr were 23.96° ± 3.64° and 29.76° ± 5.18°, respectively, which indicated that the NT-TiO2 surface possessed better hydrophilicity than the NT-Sr surface (Figure 1).
Furthermore, the initial Sr release occurred quickly and the release rate decreased with time. Seven days later, the Sr release rate was relatively constant (Figure 2); the approximate amount of Sr released from NT-Sr samples daily was 0.0156 ± 0.0092 μg/cm2. The total Sr content loaded on the NT-Sr surfaces was 42.08 ± 2.52 μg. The results indicated that the total Sr content could be released continuously for over 1 year.
[image: Figure 2]FIGURE 2 | Non-cumulative Sr release time profile for NT-Sr into PBS (n = 5 at each time point).
3.2 In vitro cellular assay
As shown in Figure 3, the number of adherent cells on all the Ti samples increased from 30 to 120 min, and the number of cells adhered on the NT-TiO2 surface seemed to be higher than that on the NT-Sr group over the entire process.
[image: Figure 3]FIGURE 3 | In vitro cellular activity evaluation of the two different samples. *p < 0.05 and **p < 0.01 compared to NT-TiO2 samples. (n = 6 at each time point). (A) SEM images of cellular adhesion on the two surfaces; (B) Cellular attachment on the two different samples; (C) Cellular proliferation after incubation for 1, 4, and 7 days. (D) ALP activity for two samples. Scale bars: yellow scale bar = 100 μm, red scale bar = 10 μm, blue scale bar = 2 μm, green scale bar = 200 nm.
Cell proliferation was evaluated using MTT assay (Figure 3). The cells of the two groups proliferated well, with culture times of 1–7 days. On day 1, there was no discernible difference in cell proliferation among the different Ti samples. On days 4 and 7, the NT-TiO2 samples showed better cell proliferation ability than the NT-Sr samples.
As shown in Figure 3, high-magnification SEM images reveal that osteoblasts had spread on the NT-Sr and NT-TiO2 surfaces. Compared with the cells grown on NT-Sr, the lamellipodia of the cells grown on NT-TiO2 spread more smoothly.
Furthermore, the results in Figure 3 indicate that the NT-Sr group showed significantly better ALP activity after 7 days in culture.
3.3 In vivo animal experiment
X-ray examination indicated that the teeth were extracted without additional trauma. Subsequently, the implants were inserted into the extraction socket, and the inferior alveolar neurovascular bundle was not injured (Figure 4). No implant loss occurred after 3 months of observation.
[image: Figure 4]FIGURE 4 | Procedure for immediate implantation and X-ray. (A1) before teeth extraction; (B1) after teeth extraction; (C1) immediately after implantation; (A2) X-ray before teeth extraction; (B2) X-ray after teeth extraction; (C2) X-ray immediately after implantation.
The 3D reconstructed images from micro-CT are shown in Figure 5, which depict bone remodeling around the implants. The bone volume of the NT-Sr group was higher than that of the NT-TiO2 group. In the quantitative assessment, BV/TV, Tb.N, and Tb.Th were significantly higher for the NT-Sr group. Particularly, as the most important parameter reflecting bone remodeling, the BV/TV of the NT-Sr group increased 0.91-fold compared to the NT-TiO2 group (Table 1).
[image: Figure 5]FIGURE 5 | Micro-CT scanning (n = 10) and histological analysis (n = 12) for evaluating osseointegration around the two different surface implants.
TABLE 1 | Quantity analysis of trabecular bone from Micro-CT scanning for implantation immediately after teeth extraction *p < 0.05 and **p < 0.01 compared with NT-TiO2 (n = 10).
[image: Table 1]As shown in the fluorescence microscopy images (Figure 5), the tissues labelled with calcein were observed with a green fluorescence marker, while those observed with a yellow fluorescence marker indicated tissues labelled with tetracycline; the markers were deposited along the implant surfaces. The mineral apposition ratio (MAR, μm/d) indicates the rate of new-bone mineralization, which is defined as the distance between two double-fluorescence markers. There were statistically significant differences in the MAR between the two groups, in the following order: NT-Sr > NT-TiO2 (p < 0.01). Moreover, from images of the methylene blue/acid fuchsin staining, calcified bone was stained with its characteristic bright pink color and Ti implants were stained black on the slides (Figure 5). One section from each specimen was used for the analysis, and the results of histomorphometry were expressed as BIC% (Table 1). Twelve weeks after implantation, the BIC% of the NT-TiO2 and NT-Sr groups were 44.13% ± 6.2% and 76.63% ± 8.16%, respectively, and a significant statistical difference in BIC% existed between the two groups.
Table 2 lists the results of the maximal pull-out force of the two groups 12 weeks after implantation. The pull-out force of the NT-Sr group was significantly higher than that of the NT-TiO2 group (p < 0.01).
TABLE 2 | Histological analysis and biomechanical test for evaluating osseointegration around two different surface implants: *p < 0.05 and **p < 0.01 compared with NT-TiO2 (n = 12).
[image: Table 2]4 DISCUSSION
Previous clinical and experimental studies have demonstrated that implants immediately inserted in fresh extraction sockets can prevent post-extraction bone loss. However, the immediate implantation strategy has two potential challenges: firstly, gaps between the regular implant and the irregular extraction socket prevent a part of the implant surface from making direct alveolar bone contact (Naji et al., 2021; Slagter et al., 2021). Secondly, unpredictable implant primary stability results from lower thread mechanical retention in the surrounding bone (Levin et al., 2021). Therefore, favorable osteogenic ability and primary stability are crucial for immediate implantation success.
Conventionally, the regions where the implant surface directly contacts the host bone facilitate favorable osseointegration, while the regions of mismatch gaps between the implant and extraction socket require better bone induction ability. Compared to micro-topography surfaces, nanotopography appears to positively affect cell behavior, including cell adhesion, spread, motility, and proliferation, and nanotopography can selectively adhered to osteoblasts (Price et al., 2003; McManus et al., 2005). For example, on nanosized materials, the affinity ratio between osteoblasts and fibroblasts was 3:1, but for conventional materials, the ratio was 1:1 (Webster et al., 2000). Nanotopography is crucial for osteogenesis between gaps in the implant surface, which can ensure that osteoblasts, instead of fibroblasts, occupy the gaps between the implant and extraction socket. Therefore, in this study, two typical nanotopographic surfaces, NT-Sr and NT-TiO2, were applied to promote osteogenesis around titanium implants. SEM imaging indicated that nanoparticles (20–40 nm) and nanotubes (15–80 nm), respectively, were fabricated on these titanium surfaces. Subsequent in vitro cellular assays showed a positive effect on cell adhesion, proliferation, and differentiation. Additionally, compared to the NT-Sr group, the NT-TiO2 surface showed better cell adhesion and proliferation, which may be attributed to the superior hydrophilicity of the NT-TiO2 surface. While higher ALP activity was observed on the NT-Sr surface, Sr loading may be one of the most important factors that influenced bone remodeling. Previous studies have demonstrated that strontium has dual effects on promoting osteogenesis: stimulation of osteoblast differentiation and inhibition of osteoclast functions (Marx et al., 2020). The osseointegration effect of strontium-loaded surfaces under normal and osteoporotic conditions was verified by in vitro and in vivo experiments (Shi et al., 2017; Liu et al., 2019; López-Valverde, Muriel-Fernández, Gómez de Diego, Ramírez, and; López-Valverde et al., 2019). Moreover, the Sr release assay used in this study detected continuous Sr release at a slow rate, which can ensure active osteogenesis and mineralization. A similar phenomenon was observed in the double fluorescence labelled results, which indicated that the NT-Sr surface possessed a better mineralization ability than the NT-TiO2 surface.
The animal experiment investigated osseointegration around the implants, and reversed trends from the in vivo assay were observed in the two nanotopography groups: the BIC%, MAR, and maximum pull-out strength of the NT-Sr group were higher than those of the NT-TiO2 group. This can be explained by the results of the epoxy resin docking tensile test, which indicated that the nanocoating interfacial bonding strength of the NT-TiO2 surface was only 34.73% of that of the NT-Sr surface. SEM imaging after the epoxy resin docking tensile test also showed completely desquamated nanotubes, whereas the NT-Sr surface showed no obvious changes. In clinical practice, a greater range difference is applied to obtain primary stability during immediate implantation; hence, the solid bonding strength between the coating and the titanium substrates is of great importance. Once the coating collapses from the substrates during implant insertion, the free collapsed particles result in potential adverse inflammatory responses, peri-implantitis, and implant loosening. Potential systemic toxicity resulting from desquamate nanoparticles and debris has been reported in previous studies (Hoet et al., 2004; Warheit et al., 2004; Zeman et al., 2018). Therefore, the interfacial bonding strength of the implant and surface coating was comparable to that of the coating and surrounding bones. Considering the above issues, we fabricated a bioactive nanotopography surface using magnetron sputtering technology, which can synthesize highly adherent thin films via physical vapor deposition (PVD) (Stan et al., 2011) (Qadir et al., 2019).
The positive results of the NT-Sr surface in in vitro osseointegration satisfied the two main demands of immediate implantation mentioned above. Firstly, nanotopography and Sr loading can promote osteogenesis, which is needed to simultaneously perform implant insertion and tooth extraction. Secondly, a high interfacial bonding strength can resist the strength of a greater insertion force, which is required for better primary stability. Therefore, compared to the NT-TiO2 surface, the NT-Sr surface is more suitable for immediate implantation.
5 CONCLUSION
Although we tried to take all aspects into consideration, limitations still inevitability existed, such as limited evaluation indicators and a short observation period. Nonetheless, we can conclude from our preliminary results that NT-TiO2 and NT-Sr surfaces show favorable in vivo cellular activity. NT-TiO2 possessed better cellular adhesion and proliferation due to its higher hydrophilicity. While NT-Sr surfaces with higher coating interfacial bonding strength would be more suitable for immediate implantation, Sr loading on the surface facilitating improved mineralization was another crucial factor.
DATA AVAILABILITY STATEMENT
The original contributions presented in the study are included in the article/Supplementary material, further inquiries can be directed to the corresponding author.
ETHICS STATEMENT
The animal study was reviewed and approved by the Laboratory Animal Ethical Inspection, School of the Fourth Military Medical University.
AUTHOR CONTRIBUTIONS
YL: conceptualization, investigation, writing-original draft. LT: investigation, data curation, visualization. MS: investigation, data curation, formal analysis. ZW: investigation, data curation, visualization. XH: conceptualization, revision, writing-review and editing, validation. All authors contributed to the article and approved the submitted version.
PUBLISHER’S NOTE
All claims expressed in this article are solely those of the authors and do not necessarily represent those of their affiliated organizations, or those of the publisher, the editors and the reviewers. Any product that may be evaluated in this article, or claim that may be made by its manufacturer, is not guaranteed or endorsed by the publisher.
REFERENCES
 Araújo, M., Silva, C. O., Souza, A. B., and Sukekava, F. (2019). Socket healing with and without immediate implant placement. Periodontol . 79,168–177. doi:10.1111/prd.12252
 Bai, L., Zhao, Y., Chen, P., Zhang, X., Huang, X., Du, Z., et al. (2021). Targeting early healing phase with titania nanotube arrays on tunable diameters to accelerate bone regeneration and osseointegration. Small 17, e2006287. doi:10.1002/smll.202006287
 Cavalu, S., Antoniac, I. V., Mohan, A., Bodog, F., Doicin, C., Mates, I., et al. (2020). Nanoparticles and nanostructured surface fabrication for innovative cranial and maxillofacial surgery. Mater. (Basel) 13, 5391. doi:10.3390/ma13235391
 Feridoun, P., Javad, Y., Vahid, J., and Solmaz, M. D. (2017). Overview of nanoparticle coating of dental implants for enhanced osseointegration and antimicrobial purposes. J. Pharm. Pharm. Sci. 20, 148–160. doi:10.18433/J3GP6G
 Hoet, P. H., Brüske-Hohlfeld, I., and Salata, O. V. (2004). Nanoparticles - known and unknown health risks. J. Nanobiotechnology. 2, 12. doi:10.1186/1477-3155-2-12
 Levin, B. P., Chu, S. J., Saito, H., Nevins, M., and Levin, J. P. (2021). A novel implant design for immediate extraction sites: Determining primary stability. Int. J. Periodontics. Restor. Dent. 41, 357–364. doi:10.11607/prd.5527
 Li, Y., Qi, Y., Gao, Q., Niu, Q., Shen, M., Fu, Q., et al. (2015). Effects of a micro/nano rough strontium-loaded surface on osseointegration. Int. J. Nanomedicine. 10, 4549–4563. doi:10.2147/IJN.S84398
 Liu, F., Li, Y., Liang, J., Sui, W., Bellare, A., and Kong, L. (2019). Effects of micro/nano strontium-loaded surface implants on osseointegration in ovariectomized sheep. Clin. Implant. Dent. Relat. Res. 21, 377–385. doi:10.1111/cid.12719
 López-Valverde, N., Muriel-Fernández, J., Gómez de Diego, R., Ramírez, J. M., and López-Valverde, A. (2019). Effect of strontium-coated titanium implants on osseointegration in animal models: A literature systematic review. Int. J. Oral. Maxillofac. Implants. 34, 1389–1396. doi:10.11607/jomi.7827
 Marx, D., Rahimnejad Yazdi, A., Papini, M., and Towler, M. (2020). A review of the latest insights into the mechanism of action of strontium in bone. Bone. Rep. 12, 100273. doi:10.1016/j.bonr.2020.100273
 McManus, A. J., Doremus, R. H., Siegel, R. W., and Bizios, R. (2005). Evaluation of cytocompatibility and bending modulus of nanoceramic/polymer composites. J. Biomed. Mat. Res. A 72, 98–106. doi:10.1002/jbm.a.30204
 Mendonça, G., Mendonça, D. B., Aragão, F. J., and Cooper, L. F. (2008). Advancing dental implant surface technology-from micron-to nanotopography. Biomaterials 29, 3822–3835. doi:10.1016/j.biomaterials.2008.05.012
 Naji, B. M., Abdelsameaa, S. S., Alqutaibi, A. Y., and Said Ahmed, W. M. (2021). Immediate dental implant placement with a horizontal gap more than two millimetres: A randomized clinical trial. Int. J. Oral. Maxillofac. Surg. 50, 683–690. doi:10.1016/j.ijom.2020.08.015
 Price, R. L., Gutwein, L. G., Kaledin, L., Tepper, F., and Webster, T. J. (2003). Osteoblast function on nanophase alumina materials: Influence of chemistry, phase, and topography. J. Biomed. Mat. Res. A 67, 1284–1293. doi:10.1002/jbm.a.20011
 Qadir, M., Li, Y., and Wen, C. (2019). Ion-substituted calcium phosphate coatings by physical vapor deposition magnetron sputtering for biomedical applications: A review. Acta. Biomater. 89, 14–32. doi:10.1016/j.actbio.2019.03.006
 Robo, I., Heta, S., Papakozma, D., and Ostreni, V. (2022). Modification of implant surfaces to stimulate mesenchymal cell activation. Bull. Natl. Res. Cent. 46, 52. doi:10.1186/s42269-022-00743-x
 Seyssens, L., Eeckhout, C., and Cosyn, J. (2022). Immediate implant placement with or without socket grafting: A systematic review and meta-analysis. Clin. Implant. Dent. Relat. Res. 24, 339–351. doi:10.1111/cid.13079
 Shi, J., Li, Y., Gu, Y., Qiao, S., Zhang, X., and Lai, H. (2017). Effect of titanium implants with strontium incorporation on bone apposition in animal models: A systematic review and meta-analysis. Sci. Rep. 7, 15563. doi:10.1038/s41598-017-15488-1
 Slagter, K. W., Meijer, H. J. A., Hentenaar, D. F. M., Vissink, A., and Raghoebar, G. M. (2021). Immediate single-tooth implant placement with simultaneous bone augmentation versus delayed implant placement after alveolar ridge preservation in bony defect sites in the esthetic region: A 5-year randomized controlled trial. J. Periodontol. 92, 1738–1748. doi:10.1002/jper.20-0845
 Stan, G. E., Pasuk, I., Husanu, M. A., Enculescu, I., Pina, S., Lemos, A. F., et al. (2011). Highly adherent bioactive glass thin films synthetized by magnetron sputtering at low temperature. J. Mat. Sci. Mat. Med. 22, 2693–2710. doi:10.1007/s10856-011-4441-1
 Warheit, D. B., Laurence, B. R., Reed, K. L., Roach, D. H., Reynolds, G. A., and Webb, T. R. (2004). Comparative pulmonary toxicity assessment of single-wall carbon nanotubes in rats. Toxicol. Sci. 77, 117–125. doi:10.1093/toxsci/kfg228
 Webster, T. J., Ergun, C., Doremus, R. H., Siegel, R. W., and Bizios, R. (2000). Specific proteins mediate enhanced osteoblast adhesion on nanophase ceramics. J. Biomed. Mat. Res. 51, 475–483. doi:10.1002/1097-4636(20000905)51:3<475:aid-jbm23>3.0.co;2-9
 Yeo, I. (2019). Modifications of dental implant surfaces at the micro- and nano-level for enhanced osseointegration. Materials 13, 89. doi:10.3390/ma13010089
 Zeman, T., Loh, E. W., Čierný, D., and Šerý, O. (2018). Penetration, distribution and brain toxicity of titanium nanoparticles in rodents' body: A review. IET. Nanobiotechnol. 12, 695–700. doi:10.1049/iet-nbt.2017.0109
Conflict of interest: The authors declare that the research was conducted in the absence of any commercial or financial relationships that could be construed as a potential conflict of interest.
Copyright © 2023 Li, Tang, Shen, Wang and Huang. This is an open-access article distributed under the terms of the Creative Commons Attribution License (CC BY). The use, distribution or reproduction in other forums is permitted, provided the original author(s) and the copyright owner(s) are credited and that the original publication in this journal is cited, in accordance with accepted academic practice. No use, distribution or reproduction is permitted which does not comply with these terms.
		ORIGINAL RESEARCH
published: 17 August 2023
doi: 10.3389/fbioe.2023.1224596


[image: image2]
3D printed hybrid scaffolds for bone regeneration using calcium methoxyethoxide as a calcium source
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Introduction: Hybrids consist of inorganic and organic co-networks that are indistinguishable above the nanoscale, which can lead to unprecedented combinations of properties, such as high toughness and controlled degradation.
Methods: We present 3D printed bioactive hybrid scaffolds for bone regeneration, produced by incorporating calcium into our “Bouncy Bioglass”, using calcium methoxyethoxide (CME) as the calcium precursor. SiO2-CaOCME/PTHF/PCL-diCOOH hybrid “inks” for additive manufacturing (Direct Ink Writing) were optimised for synergy of mechanical properties and open interconnected pore channels.
Results and Discussion: Adding calcium improved printability. Changing calcium content (5, 10, 20, 30, and 40 mol.%) of the SiO2-CaOCME/PTHF/PCL-diCOOH hybrids affected printability and mechanical properties of the lattice-like scaffolds. Hybrids containing 30 mol.% calcium in the inorganic network (70S30CCME-CL) printed with 500 µm channels and 100 µm strut size achieved the highest strength (0.90 ± 0.23 MPa) and modulus of toughness (0.22 ± 0.04 MPa). These values were higher than Ca-free SiO2/PTHF/PCL-diCOOH hybrids (0.36 ± 0.14 MPa strength and 0.06 ± 0.01 MPa toughness modulus). Over a period of 90 days of immersion in simulated body fluid (SBF), the 70S30CCME-CL hybrids also kept a stable strain to failure (∼30 %) and formed hydroxycarbonate apatite within three days. The extracts released by the 70S30CCME-CL hybrids in growth medium did not cause cytotoxic effects on human bone marrow stromal cells over 24 h of culture.
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INTRODUCTION
Non-union bone defects occur in up to 10% of all fracture cases (Calori et al., 2011), and may form critical size defects which do not correctly heal if unaided (2–2.5 times the diameter of the affected bone) (Lasanianos et al., 2010). These often require reconstructive grafts to fill the defect and repair the bone. The gold standard is autografts; however, the procedure has limitations such as donor site morbidity, pain, and the requirement of a second operation site to harvest the bone, increasing recovery time and risks of infection (Baino and Vitale-Brovarone, 2011). The amount of bone that can be harvested is limited and has mismatched mechanical properties compared to long bones (Lasanianos et al., 2010; Jones, 2013), due to being non-load bearing and may poorly fit the defect site. Bone grafts are also not recommended when the defect exceeds 4–5 cm in length as partial resorption of the graft and revascularisation result in weakness and susceptibility to fractures (Lasanianos et al., 2010). Therefore, non-union bone defects are an unmet clinical need. Novel techniques have been used for long-bone diaphyseal defects (>5 cm), such as vascularised bone grafts (Lasanianos et al., 2010), or induced membrane technique with external fixators (Roddy et al., 2018; Masquelet et al., 2019). This however highlights the need for more specialised interventions. Synthetic biomaterial medical devices could meet this unmet need for scaffolds (temporary templates) and: share load with the host bone; bond to the host bone; stimulate osteoprogenitor cells to produce new bone; support vascularised bone ingrowth in a 3D structure; biodegrade as the bone remodels (Jones, 2013).
Recent medical devices for bone regeneration focus on biodegradable materials, with the aim of bone replacing the graft as the material degrades, followed by continued bone remodelling. Bioglass and silicon substituted hydroxyapatite have been proven to stimulate osteogenesis in vitro (Xynos et al., 2001) and improved bone regeneration in vivo (Oonishi et al., 2000; Midha et al., 2013) compared to other synthetic bone grafts, but while they have good compressive strengths, they are brittle (Jones et al., 2006a; Poologasundarampillai et al., 2016). A hypothesis is that choosing a scaffold material that can share cyclic loading with the host tissue can avoid stress shielding and promote high quality bone regeneration (Wei et al., 2020). Biodegradable polymers (natural: collagen, or synthetic: aliphatic polyesters), provide elasticity but not suitable strength (Wei et al., 2020). Combining organic polymers and inorganic bioactive ceramics or glasses as composites would be a strategy for increasing the toughness of bioactive ceramics or glasses (Koons et al., 2020). However, this leads to bioactive phases being hidden from the in vivo environment and heterogeneous degradation rates between the phases, resulting in poor mechanical properties as the scaffold degrades during the bone regeneration process (Jones, 2013). A hybrid differs from composites as their inorganic and organic components are indistinguishable above the nanoscale (Jones, 2013), making them single phase materials. The hypothesis is that the fine scale integration of the co-networks will enable the hybrid biomaterial to degrade as one phase and allow cells to interact with the organic and inorganic networks simultaneously, with no masking of the bioactive phase (Valliant and Jones, 2011). Hybrid biomaterials are synthesised by incorporating a polymer into the sol-gel process, which is usually based on the hydrolysis of silicate based alkoxides such as tetraethylothosilicate (TEOS), prior to the gelation of the sol, which forms a silicate network. The synthesis and subsequent drying are carried out below 60°C to prevent polymer burnout or thermal degradation (Tallia et al., 2018). The specification of the organic polymer for the hybrid is important, as it must be: soluble in the sol; tough; able to form dynamic and covalent bonds with the inorganic network; degradable at a controllable rate. For hybrids designed for use as biomaterials, they must have covalent bonds between the organic and inorganic networks, otherwise water will penetrate and force the chains apart, causing dissolution (Poologasundarampillai et al., 2010). Covalent bonding can be achieved through covalent coupling molecules, such as (3-glycidyloxypropyl) trimethoxysilane (GPTMS), (3-isocyanatopropyl) triethoxysilane (ICPTS), or by co-polymerisation techniques (Tallia et al., 2018). Early examples used ICPTS as the coupling agent for PCL containing class II hybrids (Tian et al., 1996; Tian et al., 1997; Tian et al., 1998; Rhee et al., 2002; Rhee, 2004), but mechanical properties were low. Others used gelatin as the polymer, with its carboxylic groups opening the epoxide ring of the coupling agent, GPTMS. The gelatin therefore presented siloxane groups to the silica sol (Mahony et al., 2010). Hybrids with caprolactone co-polymers, GPTMS, and silica were also synthesised and showed adhesion of pre-osteoblast cells to the material (Sang et al., 2018).
For the inorganic network of the hybrids to have the bioactive properties of bioactive glass, calcium must be incorporated into the silicate network (Tallia et al., 2022). This will trigger hydroxycarbonate apatite (HCA) layer formation for bone bonding and release of calcium ions for osteogenic stimulation of cells (Jones, 2013). However, the addition of calcium to the inorganic component of the hybrid poses a challenge: the common calcium source used for sol-gel glass production is calcium nitrate, as it is soluble in the sol. However, it requires a heat treatment higher than 400°C to burn off toxic nitrate by-products and incorporate the calcium into the silicate network (Lin et al., 2009; Jones, 2013). While calcium can be introduced into hybrids at low temperatures as non-toxic calcium salts, such as calcium chloride, the calcium does not bond into the network, making its release uncontrolled on immersion in fluids. Low temperature (<60°C) calcium incorporation in hybrids is needed to prevent the polymer component from degrading (Valliant and Jones, 2011). As an alternative to calcium salts, calcium alkoxides have been used, such as calcium methoxyethoxide (CME) and calcium ethoxide (CE). CME has been shown to incorporate into the silica network at temperatures below 60 °C, where calcium salts did not (Yu et al., 2012). It was hypothesised that the CME hydrolyses when added to the hydrolysed TEOS solution, incorporating calcium into the wet gel. As the silica cross-links during ageing and drying, it maintains calcium in its network (Yu et al., 2012). Using calcium alkoxide instead of nitrate as the precursor for sol-gel glass synthesis was shown to produce thicker and more homogeneous HCA surface layers on glasses (Rámila et al., 2002). CME was successfully incorporated into a SiO2-CaO/poly (γ-glutamic acid) bulk hybrids (Poologasundarampillai et al., 2014), SiO2-CaO/polyethylene glycol bulk hybrids (Li et al., 2015), and SiO2-CaO/PTHF/PCL-diCOOH bulk hybrids (Tallia et al., 2022) which all showed apatite formation after 3 days in simulated body fluid (SBF) and promising cell response. CE was also investigated as another calcium source in class II silica-gelatin hybrids with GPTMS as the coupling agent (Dieudonné et al., 2014; Lao et al., 2016). Calcium alkoxides being highly sensitive to water meant the choice of water-soluble gelatin limited the synthesis process to avoid fast gelation, leading to uneven distribution of the calcium (Dieudonné et al., 2014; Lao et al., 2016).
None of these calcium-containing hybrid compositions were optimised for additive manufacturing. Tallia et al. recently reported hybrids of the SiO2/PTHF/PCL-diCOOH composition that could be printed through Direct Ink Writing and showed excellent resistance to cyclic loads (Tallia et al., 2018). The size of the pore channels was found to be critical for the specific tissue engineering application. When scaffolds were printed with ∼250 µm wide pore channels, bone marrow stem cells cultured in the scaffolds progressed down the chondrogenic route, producing articular-like cartilage matrix rich in collagen Type II, Aggrecan, Sox9, and glycosaminoglycans, indicative of articular cartilage matrix. When the pore channels were increased to 500 μm, the cells produced matrix that was collagen Type I rich (Li et al., 2020). This underlined the importance of the geometry, as well as degradation by-products to trigger cell signalling and tissue regeneration. For bone regeneration applications, it was therefore important to consider the effect of calcium addition to the hybrid structure. Calcium was first successfully incorporated into the SiO2-CaO/PTHF/PCL-diCOOH hybrids using CME with a 60:40 TEOS:CME molar ratio (Tallia et al., 2022), but only in the form of cylindrical monoliths, reaching stress and strain to failure of 60 MPa and 55%, respectively (Tallia et al., 2022), compared to calcium free SiO2/PTHF/PCL-diCOOH hybrid monoliths with similar inorganic/organic ratio reaching only 3 MPa and 28%, respectively (Tallia et al., 2018). This increase in strength and toughness due to the addition of calcium showed a real potential for use in bone regeneration.
The aim of this work was to build on the previous research to develop a new hybrid with calcium fully incorporated into the silicate network and synthesise it into an “ink” for Direct Ink Writing to produce open channel interconnective scaffolds suitable for vascularised bone regeneration (>400 μm) with mechanical properties similar to porous bone. The scaffold should also trigger apatite formation in vitro and maintain mechanical properties during the biodegradation.
MATERIALS AND METHODS
Materials
All materials were obtained from Sigma Aldrich (Dorset, UK) and VWR UK, unless specified otherwise.
Synthesis of calcium methoxyethoxide (CME)
CME was prepared following the process established by Pickup et al. (2009): 2 g of calcium was reacted with 48 mL of anhydrous 2-methoxyethanol at 80°C under Argon for 24 h; the solution was then centrifuged for 20 min at 6,000 rpm to remove unreacted calcium metal and deposit. A transparent dark red solution was obtained. To measure its concentration, 1 mL of solution was transferred into a platinum crucible and heated to 1,050°C for 10 h: the solvent evaporated, and the CME converted to CaO. The concentration was calculated as a ratio of the mass of CaO and the molecular weight of CaO. The CME concentration used in this work was 1 M.
Synthesis of SiO2-CaOCME/PTHF/PCL-diCOOH hybrid inks for Direct Ink Writing
The synthesis of the hybrid ink was a two-step procedure developed previously (Tallia et al., 2018), starting with a TEMPO oxidation of the PCL diol to produce a dicarboxylic acid, PCL-diCOOH. The -COOH group was necessary to react with the coupling agent of the hybrid, GPTMS, to form covalent bonds between the silica network and the polymers (Tallia et al., 2018). PCL-diCOOH was used in the sol-gel hybrid synthesis in the organic precursor solution, Figure 1, consisting of PCL-diCOOH (1 mol), (3-glycidyloxypropyl) trimethoxysilane (GPTMS, 2 mol) and boron trifluoride diethyletherate (BF3·EOt2, 0.5 mol) in tetrahydrofuran (THF, 100 mg mL-1 with respect to PCL-diCOOH). This solution was stirred at room temperature for 1.5 h to allow the polymerisation of THF to occur, forming PTHF. GPTMS acted as the initiator for in situ cationic ring-opening polymerisation of the THF solvent. In parallel, the inorganic solution was prepared, with TEOS as a silica precursor, using a TEOS:PCL ratio of 70:30 wt.% to achieve a final inorganic:organic (I:O) ratio of 20:80 wt.%. The TEOS was mixed with the CME solution, a TEOS:CME ratio of 60:40 mol.% was initially used but altered throughout the work, down to 95:5 mol.%. The TEOS and CME were mixed at room temperature for 3 h. The organic solution was added dropwise to the inorganic sol and left to stir at room temperature (RT) for a further hour at 400 rpm24. After which, the deionised water was added in stoichiometric volume to hydrolyse the TEOS and GPTMS, followed by 2 M nitric acid (1/3 volume of water). The sol was stirred for 30 min before removing the lid to increase the evaporation of excess solvent, this part was found to take from 10 up to 45 min, varying with temperature and humidity. When the appropriate viscosity was achieved it was then poured into 3 mL Luer-lock plastic syringes and stored in a freezer at −82°C.
[image: Figure 1]FIGURE 1 | Flow chart of the complete SiO2-CaOCME/PTHF/PCL-diCOOH hybrid scaffold synthesis at room temperature (RT).
Direct Ink Writing of SiO2-CaOCME/PTHF/PCL-diCOOH hybrid
The SiO2-CaOCME/PTHF/PCL-diCOOH sol-gel ink syringes were defrosted. Once the correct viscosity (degree of gelation) was reached for printing (∼4 h), the syringe was placed in the Direct Ink Writing machine (Robocaster, 3d Inks LLC, USA), connected to a computer with the RoboCAD software (3d Inks LLC, USA). The strut size was determined by the nozzle used, and the strut separation and layer thickness by the scaffold design. The ideal viscosity, which was visually assessed, was reached when the ink was liquid enough to flow through the nozzle but viscous enough to hold its shape without collapsing. This ongoing gelation was utilised to form bonds between the printed layers. The printing window (length of time for which the ink could be printed) was between 1 and 2 h, increasing as calcium content increased. The printing speed and deposition rate also helped to determine the final strut size; with faster printing speed the ink filament could break. A speed of 10 mm s-1 and deposition rate of 0.05 mL min-1 were used. The latter was held constant during printing by an automatic force adjustment applied to the plunger on the z-axis, as the ink viscosity and resistance to extrusion increased with gelation. Strut spacing of 1 mm guaranteed a final pore size of 400–500 μm, post drying. The layer thickness, or z-spacing, was set at 0.20 mm, matching the tip size. The printing substrate needed to allow for stability of the scaffold during extrusion but facilitate the removal after printing. Greaseproof paper was taped on a flat metal plate and used as the printing substrate. Once the scaffolds were printed, they were carefully removed from the substrate and placed in poly (methyl pentene), PMP, airtight pots for the ageing and drying process at 40°C. The ageing process lasted 3 days in an airtight container, followed by gradual loosening of the lid by a quarter of a revolution every day for 7 days, or until fully opened, to slowly dry the scaffolds.
Characterisation of the hybrid scaffolds
To evaluate the architecture of the hybrid scaffolds, Scanning Electron Microscopy (SEM, JEOL 6010 LA) was used in secondary electron mode with a voltage of 20 kV, a working distance between 13 and 20 mm and spot size between 40 and 60 μm. The samples were fixed on aluminium holders using carbon tape and coated in a 10—15 nm layer of gold using a EMITECH K575X Peltier cooled coater. The top surface and cross sections were imaged after manually cutting with a sharp blade to investigate the horizontal and vertical pore channels of the scaffolds. Post simulated body fluid (SBF) immersion, SEM was used to analyse signs of apatite formation or surface degradation.
To characterise the porosity percentage and interconnectivity of channels, 60S40CCME-CL scaffolds (Table 1) were scanned using X-ray microtomography (µCT, Nikon XTH225 ST) at 70 kV and 140 μA, with a voxel size of 4.0 µm. The µCT images were reconstructed (Nikon’s CT Pro 3D) and a sub volume of interest (VOI, 2,600 × 2,600 × 2,600 μm) was defined for quantification. First a 3 × 3 × 3 median filter was applied to reduce noise (Yue et al., 2011), then manual thresholding was performed, selecting the mid-point between attenuation peaks using Avizo (version 2021). “Label analysis” in Avizo was utilised for the measurement of porosity and interconnectivity (percentage of pores connected with each other and the exterior). Pore sizes and the strut equivalent diameter of 60S40CCME-CL scaffolds were measured using the open-source image processing program ImageJ with the BoneJ plugin (Doube et al., 2010). Two types of thickness maps were made: one illustrating pore size and the other strut equivalent diameter (Atwood et al., 2004).
TABLE 1 | SiO2-CaOCME/PTHF/PCL-diCOOH hybrids synthesised with varying compositions and final I:O ratios.
[image: Table 1]Fourier Transform Infra-red (FTIR) spectroscopy was used to verify the presence of the functional groups corresponding to the organic and inorganic components of the hybrid system and investigate the variation in the hybrid chemical structure and bonding due to the different addition of calcium. This technique also identified compositional changes after immersion in SBF. A Thermo Scientific Nicolet iS10 FTIR equipped with Smart Golden Gate for Single-Reflection Diamond ATR Analysis, with OMNIC software was used. 64 scans were collected at a resolution of 4 cm-1 for a spectral range of 400—4,000 cm-1. Solid samples were usually prepared by manually grinding them into a fine powder.
Simultaneous Differential Scanning Calorimetry and Thermogravimetric Analysis (DSC/TGA) were performed on Netzsch Jupiter STA 449C instrument with Proteus software to process the acquired data. The hybrid samples were manually ground to a fine powder, and between 10 and 15 mg was placed in a platinum crucible, the reference being an empty platinum crucible. A heating rate of 10°C min_1 over a temperature range of 20–800°C under continuously flowing air was used. This technique was used to analyse the hybrids final I:O ratio and finding the characteristic burn-out temperature of both polymers present in the system: PCL-diCOOH and PTHF. The I:O ratios were also evaluated after various timepoints of immersion in SBF.
Compression testing was done to assess maximum stress and strain of the 3D printed hybrid scaffolds. A sharp blade was used to cut the scaffolds to 5 × 5 × 5 mm3 cubes, and the load was applied perpendicular to the plane of deposition during printing. A Bose Electroforce Series III mounted with a 450 N load cell was used for compression testing, with the Wintest software to collect the data. The displacement rate used was 0.5 mm min-1. The engineering and true stress and strain at yield were calculated. Cyclic loading was also performed on scaffolds of the same dimensions to show their ability to recover deformation in a specific strain range. The test comprised of 10 cycles, all in the same conditions, in a strain-controlled manner to compress each sample to 20% of their original measured height. The loading and unloading steps were both performed at 0.5 mm min-1, similar to the compression to failure tests. A dwell time of 30 s between each cycle was programmed to enable complete recovery of the deformation after loading. DMA (Dynamic Mechanical Analysis) was performed on the same scaffold dimensions with the Bose Electroforce Series III used in parallel with the Wintest DMA software. The tests were done at strain ranges of 1%–5%, 5%–9% and 9%–13%, individually calculated for each scaffold from their measured height, collecting data at frequencies of 0.1, 1 and 10 Hz. DMA was performed to analyse the viscoelastic behaviour of the scaffolds and compare the stiffness of hybrids with varying calcium content and after immersion in SBF at various timepoints.
X-ray Diffraction (XRD) measurements were performed using a Bruker D2 PHASER desktop diffractometer, the data was analysed with a PANalytical X’Pert HighScore software. A Cu Kα tube anode was used (λ = 1.5418 Å) and the generator settings fixed at a voltage of 30 kV and current intensity of 10 mA. A nickel filter was used to remove Kβ, though still visible from most intense peaks. Each pattern was recorded in the range of 5 to 120°, this is specified if changed to analyse a narrower range of angles. The step size and time per step were set at 0.035° and 0.35 s step−1. Minimal sample preparation is required, hybrid samples were usually manually ground to a fine powder and flattened in a single crystal silicon sample holder, to prevent it showing background noise. This method provided information on the presence of crystallised apatite on otherwise amorphous hybrid scaffolds after immersion in SBF.
A Thermo Scientific ICAP 6300 Inductively coupled plasma-optical emission spectroscopy (ICP-OES) with autosampler was used in parallel with the iTEVA software to determine the concentration of Ca, Si and P in SBF solution after immersion of hybrid scaffolds. The aim was to analyse potential apatite formation on the hybrids for bone regeneration, as well as monitor the slow release of silica and calcium ions due to the controlled degradation of the hybrid (Tallia et al., 2022). Due to the high content of calcium in SBF itself, the samples were diluted by a factor of 10 with DI water (1 mL of the aqueous sample and 9 mL of DI water). The standard solutions for calibration were prepared containing Si, Ca, and P at 0, 0.1, 0.2, 0.4, 0.8, 1, 5, 10 and 20 μg mL-1. For the dissolution studies, timepoints of 0–8 h, 1, 3, 7, 21, 30, 60 and 90 days were selected to analyse the effect of immersion of hybrid scaffolds with different calcium content in SBF. SBF was used, as opposed to phosphate buffered saline (PBS) or tris(hydroxymethyl)aminomethane (TRIS), as the deposition of apatite on the bone scaffold was investigated. Scaffolds were cut to the desired size (5 × 5 × 5 mm3) and weighed to measure mass loss post dissolution. They were then rinsed three times in DI water prior to the immersion in SBF to ensure no reaction by-product were left over (such as BF3·EOt2) and placed in SBF at a 1.5 mg mL-1 scaffold mass to SBF volume ratio. This concentration is commonly used for testing apatite formation on bioactive glasses in SBF (Jones et al., 2001; Tallia et al., 2022). The scaffolds were then kept in an incubator at 37 °C and 120 rpm (Maçon et al., 2015).
All 29Si Magic-Angle-Spinning Nuclear Magnetic Resonance (MAS NMR) measurements were performed at 7.05 T using a Bruker Avance III HD-300 spectrometer operating at a29Si Larmor frequency of 59.5 MHz. These experiments were undertaken using a Bruker 7 mm HX probe which enabled a MAS frequency of 5 kHz for all 29Si single pulse experiments performed to assess the Si speciation quantitatively. The pulse time calibration was performed on solid kaolinite (Al2O3·2SiO2·2H2O) from which a π/2 pulse time of 6.0 μs was measured. All 29Si MAS NMR data were acquired using a π/2 nutation angle, a recycle delay of 240 s, and a heteronuclear 1H/29Si decoupling field strength of 80 kHz during data acquisition. The reported 29Si chemical shifts were referenced against the IUPAC recommended primary reference of Me4Si (1% in CDCL3, δiso = 0.0 ppm), via a secondary solid kaolinite standard which has a known shift of δiso = −92.0 ppm (Harris et al., 2002). The degree of condensation of the silica network, Dc, Equation 1, was calculated from quantitative measurement of the Qn structures derived from TEOS (Si(OSi)n (OR)4-n species, with R being Ca or H) and Tn structures derived from the coupling agent GPTMS (C-Si(OSi)n (OR)3-n species, with R being Ca or H), from the 29Si MAS NMR data (Connell et al., 2014).
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Cell culture study: Conditioned medium, cell seeding, and plate preparation for in vitro cultures
Discs of 8 mm diameter were punched out of 1 mm thick 70S30CCME-CL and 90S10CCME-CL hybrid monoliths. The discs were sterilised by 3 washing cycles in DI water, 70% and 100% ethanol, then irradiated under UV light for 3 h and air dried under sterile conditions for 24 h.
The 70S30CCME-CL and 90S10CCME-CL hybrid conditioned media and vehicle medium (VC, fresh serum-free Dulbecco’s Modified Eagle Medium, DMEM) were prepared as per ISO 10993–12 (ISO 10993-12:2021 Biological evaluation of medical devices—Part 12: Sample preparation and reference materials, 2021) (3 discs mL-1 of fresh serum-free DMEM to give 300 mm2 mL-1, 72 h incubation at 37 °C). The conditioned media were sterilised by filtration through a 0.2 μm non-pyrogenic sterile 28 mm syringe surfactant-free cellulose acetate filter (#431219, Corning). Dilution series of 0%, 25%, 50%, 75% and 100% were prepared with vehicle medium (VC or 0%). ICP-OES was used to analyse the release of soluble calcium, phosphate, and silica ions in the extracts. XRD was used to evaluate the deposition of hydroxyapatite on the samples after incubation. Prior to treating cells, all conditioned media were reconstituted with 10% (v/v) Fetal Bovine Serum (FBS), 1% (v/v) Penicillin/Streptomycin (P/S) and 1% (v/v) L-glutamine.
Fresh unprocessed human-bone marrow stromal cells (h-BMSCs, #PT2501, LONZA) were expanded and used up to passage 5 maximum. On the day prior to the cytotoxicity study, h-BMSCs were detached by enzymatic digestion (trypsin/EDTA) and seeded to 1 × 104 cells well-1 in the central wells of 96-well plate prefilled with 60 μL of freshly prepared non-selective growth medium. The cells were incubated for 24 h in standard sterile culture conditions (37°C, 5% CO2) to allow the formation of a semi-confluent monolayer. Just prior to starting the in vitro cytotoxicity study, growth medium was replaced by freshly prepared conditioned media or VC.
Cell viability was assessed using an Alamar Blue HS kit, as per manufacturer’s protocol. A decrease of Alamar Blue dye fluorescence reading in h-BMSCs exposed to hybrids extracts was used as marker of cytotoxicity. Cytotoxicity in h-BMSCs was recorded prior to and after 24 h of exposure to the dilution extracts from conditioned media.
RESULTS AND DISCUSSION
Ink formulation for Direct Ink Writing
The effect of calcium content on hybrid printability, chemical characteristics, and mechanical properties were analysed, using TEOS:CME molar ratios of 60:40, 70:30, 80:20, 90:10 and 95:5. To keep the hybrid I:O ratios consistent (approx. 25:75 wt.%), the TEOS:PCL-diCOOH ratios were altered as the TEOS:CME ratio changed. The ratios and composition of each ink are summarised in Table 1, with the I:O ratio determined by TGA. The hybrids are identified by their TEOS:CME ratios, with a hybrid with a molar ratio of x:y being named “xSyCCME-CL”.
The 80S20CCME-CL hybrid composition was not printable due to phase separation. This composition was therefore used in understanding the chemical bonding of calcium in the hybrid but not to assess mechanical properties, as no scaffolds could be printed. All other composition “inks” appeared homogeneous and were printable, forming regular hybrid structures with open channel interconnectivity (Figure 2). After printing, the scaffolds were aged and dried, which caused shrinkage. The aim was to achieve x-y channels of approximately 500 µm and z channels of 100 µm post drying (Table 2) by setting a strut spacing of 1 mm and using a tip size of 0.20 mm. The channels of each scaffold were measured using ImageJ from SEM micrographs (Figure 2), showing drying and shrinkage variability between the compositions. x-y channel widths ranged from 399.2 ± 95.5 to 515.2 ± 80.2 μm, shrinkage of 50%—65% compared to the CAD file. Channel widths in the z direction were measured at 103.2 ± 32.8 to 150.5 ± 52.5 μm, 50%—75% of the CAD file, due to shrinkage and the weight of the struts in the z direction. The scaffold printed from these calcium containing inks shrank more than calcium-free (100S0C-CL) hybrid scaffolds previously printed by Li et al. to achieve the same 500 μm final channel size (Li et al., 2020) (x - y channel size was 503 ± 82 μm, with strut sizes ranging between 210—230 μm32). This was expected due to the addition 2-methoxyethanol solvent introduced during the hybrid synthesis for the calcium addition. Increasing the amount of calcium with CME increased the gelation time to reach printability of the ink, as well as the printing window, meaning the ink was printable for longer (varying from 1 h to 2 h). It however increased the shrinkage of the hybrid scaffold during the drying stage, showing a difference of approximately 100 µm between compositions (Table 2). The aim to create scaffolds with an open interconnected channel network was achieved for hybrid compositions: 60S40CCME-CL, 70S30CCME-CL, 90S10CCME-CL, and 95S5CCME-CL. The variability observed did not impact the final structure, but the different hybrids need further testing to underline which composition shows the most potential for bone regeneration.
[image: Figure 2]FIGURE 2 | Photographs (scale bars 2 mm) and SEM micrographs (scale bars 500 µm) of 3D printed SiO2-CaOCME/PTHF/PCL-diCOOH hybrid scaffolds of compositions xSyCCME-CL, where x:y is the TEOS:CME molar ratio, printed via Direct Ink Writing using a tip size of 0.20 mm and strut spacing of 1 mm.
TABLE 2 | Structure of SiO2-CaOCME/PTHF/PCL-diCOOH hybrids of different compositions (xSyCCME-CL, where x:y is the TEOS:CME molar ratio) after Direct Ink Writing using a tip size of 0.20 mm and strut spacing of 1 mm. Mean values ± standard deviation (n ≥ 3).
[image: Table 2]Approximately 50% porosity was achieved in the scaffolds, measure by analysis of the µCT rendering (Figure 3). This was below the porosity of trabecular bone (70%—95%) (Aspden, 2004); however, the importance of the porous structure was to have open pore channels, interconnectivity suitable for tissue ingrowth, i.e., to create a scaffold for bone to grow on rather than to recreate a bone structure directly. The 60S40CCME-CL hybrid scaffold had a total porosity calculated at 51.2% ± 2.8% with 99.9% of the pores were interconnected (i.e., connected to each other and the surface). The strut size is in Figure 3B by a 3D colour map; the mean strut equivalent diameter was 174 ± 65 μm, with a maximum of 473 µm. Due to the channel like structure of the porosity, it was difficult to classify the channels into pores and connecting apertures (as done in some prior studies (Atwood et al., 2004; Jones et al., 2006b; Jones et al., 2009; Yue et al., 2010)) but Figure 3C shows representation of the channels (with the scaffold removed); the mean pore equivalent diameter (most are channels, see Figure 3C) was 243 ± 105 μm, with a maximum of 476 µm. Figure 3D shows connections between channels, with the majority of the channels interconnected by passages over 200 µm in equivalent diameter. Interestingly the range of pore and interconnect sizes is similar, but the mean pore equivalent diameter is larger.
[image: Figure 3]FIGURE 3 | μCT imaging and analysis of a volume of interest (2,600 × 2,600 × 2,600 μm) of the 60S40CCME-CL hybrid scaffold of overall porosity 51.2% ± 2.8% and pore interconnectivity of 99.9%, (A) 3D rendering of the scaffold struts; (B) strut thickness map coloured by their diameter size; (C) 3D rendering of the interconnected pore network (negative of the strut rendering); and (D) a colour map to visualise the interconnecting channel thickness.
Mechanical properties
The effect of calcium on the mechanical properties of the hybrid scaffolds was assessed by compression to failure and DMA analysis. Representative stress-strain curves in Figure 4A show elastic deformation, and the values obtained from the curves are in Table 3, with the maximum stress corresponding to strut fracture, which is equivalent to the yield stress. The corresponding strain at the yield point was taken as the maximum strain of the hybrid. An increase in strength as calcium content increased was expected, hypothesised to be due to calcium cations forming stabilising complexes with lone pairs on the ester linkages along the PCL backbone, and with any remaining unreacted carboxylate terminal groups. The carbonyl oxygen has two lone electron pairs and slight excess of negative charge to form a stabilising complex with calcium, oxygen acting as a ligand in the metal complex. It could act as a monodentate or bidentate ligand, binding through one or two donor sites (Tallia et al., 2022).
[image: Figure 4]FIGURE 4 | SiO2-CaOCME/PTHF/PCL-diCOOH hybrid scaffolds, with compositions xSyCCME-CL (x:y is the TEOS:CME molar ratio) and control 100S-CL were characterised: (A) true stress versus strain under compression; (B) stress versus strain under cyclic compression (curves shown for 60S40CCME-CL scaffolds); (C) FTIR spectra; (D) Single pulse solid-state 29Si MAS NMR spectra - shaded regions highlight peaks attributed to Tn and Qn species.
TABLE 3 | SiO2-CaOCME/PTHF/PCL-diCOOH hybrid scaffolds with composition xSyCCME-CL, where x:y is the TEOS:CME molar ratio and control 100S-CL true stress, true strain, toughness modulus and elastic modulus. Mean values ± standard deviation (n ≥ 3).
[image: Table 3]The 95S5CCME-CL hybrids, which had the addition of 5 mol.% calcium compared to the 100S-CL (Ca-free) control, had a similar yield stress to the 100S-CL scaffolds, but the yield strain decreased by 6%. The slight reduction could be due to the less regular scaffold print due to the ink behaviour. As calcium content was increased, 90S10CCME-CL and 70S30CCME-CL hybrids showed an increase in yield stress by 0.3 and 0.5 MPa, respectively, to 0.71 ± 0.17 and 0.90 ± 0.23 MPa. This behaviour followed the expectation that calcium incorporation increases the hybrid strength (Tallia et al., 2022). Interestingly, the yield strain of 90S10CCME-CL and 70S30CCME-CL were similar to that of the Ca-free (100S-CL) scaffolds; however, properties of 90S10CCME-CL had large variation between scaffolds tested. The 70S30CCME-CL hybrid scaffolds exhibited the highest yield strength at 0.90 ± 0.23 MPa, at a strain of 30%, over all compositions tested, and the highest modulus of toughness (0.22 ± 0.04 MPa). As calcium content was increased further to 60S40CCME-CL, the yield stress dropped down to 0.38 MPa and the yield strain increased 13% compared to the control, illustrating the change in behaviour of the hybrid due to the addition of calcium. This increase in strain in the 60S40CCME-CL hybrid scaffold showed the shear thinning property of the CME solution affected the final properties of the hybrid. The elastic region could not be accurately quantified from measuring the Young’s modulus as it exhibited a non-linear elastic deformation. Therefore, DMA was performed to quantify the elastic modulus at 1 Hz frequency, representative of the frequency range investigated, 0.1–10 Hz and physiological activities of humans (Khusainov et al., 2013). The strain ranges of 1%–5%, 5%–9% and 9%–13% were studied as deemed to be a safe range (i.e., damage-free elastic region) to analyse the elastic properties of the hybrids of each composition. The first observation for all compositions was that the damping values obtained by DMA (i.e., tanδ) were all close to zero with E’ >> E’’. Due to the negligible damping values, it was concluded that all compositions showed an elastic behaviour in those strain ranges and the storage modulus could be directly related to the stiffness of the material. The 95S5CCME-CL hybrids and the 90S10CCME-CL showed similar values of stiffness, 3.54 ± 0.06 and 3.26 ± 0.45 MPa, respectively. However, the later composition had a larger variability, similarly to its stress strain values. As expected, from the stress-strain curves, the 60S40CCME-CL hybrid showed the lowest stiffness of 2.14 ± 0.14 MPa. 70S30CCME-CL reaching up to 4.48 ± 0.29 MPa.
Cyclic loading was performed on the 60S40CCME-CL hybrid scaffolds to show that even with the maximal addition of CME, 60 mol.% with respect to TEOS, the hybrid was still able to recover from deformation, similarly to the original 100S-CL hybrid (Tallia et al., 2018). A safe strain range was established with the compression data, 20% strain was inflicted on the scaffolds for 10 cycles (Figure 4B). Every cycle recovered the strain reached, after the first cycle. The maximum stress reduced with each cycle until it settled around 0.22 MPa. A hysteresis loop was observed, significative of a lag in deformation recovery, characteristic of viscoelastic behaviour (Tallia et al., 2018; Tallia et al., 2022). The first cycle showed initial higher stress reached, this behaviour seemed typical of hybrids tests in cubic form, with struts at the edge having a higher stress concentration and individually breaking (Tallia et al., 2018), whilst the bulk stayed intact. The Mullins effect could also have an impact; it is a characteristic of pure elastomer with mechanical softening occurring due to the transformation of hard domains to soft domains (Cantournet et al., 2009). This shows a decrease in stress on unloading compared to loading, characterised by the hysteresis visible in Figure 4B. Despite the first cycles showing a slightly different behaviour, the 60S40CCME-CL did sustain cyclic loading, making it an option for trabecular bone repair, with preconditioning potentially required before use. This slow reduction until settling at 0.22 MPa was not seen in the calcium-free 100S-CL hybrids (Tallia et al., 2018), the increased elasticity of 60S40CCME-CL scaffolds and higher strain reached could explain this initial compression.
Calcium incorporation into the silicate network
FTIR spectra show features of the organic and inorganic networks. Bands corresponding to bonds in the inorganic network are mostly found at wavenumbers below 1,200 cm-1, with the band between 1,100 and 1,000 cm-1 corresponding to the Si-O-Si asymmetric stretching and Si-O-C stretching (Figure 4C). For calcium contents less than 70S30CCME-CL, one prominent band was observed, with a small shoulder towards higher wavelengths. For the 60S40CCME-CL hybrid, two bands were observed, at 1,078 and 1,031 cm-1; the band at 1,078 cm-1 being of lower relative intensity. The band at 1,000–900 cm-1 corresponds to the Si-OH stretching vibration, characteristic of non-bridging oxygens (NBOs). This band was of higher relative intensity in hybrids with highest calcium content, merging in with the Si-O-Si and Si-O-C bands. Calcium’s role as a network modifier of the silicate network explains this disruption, ionically bonding with the silica network. The band at 790 cm-1, corresponding to the symmetric Si-O-Si stretching, was more intense in the control and lower calcium content hybrids.
The main difference between the FTIR spectra of the calcium-free control and 95S5CCME-CL hybrids compared to all other hybrid compositions was the carboxylate anion band, COO−, at 1,580 cm-1. This band was not present for both the control and the 95S5CCME-CL hybrid, and its intensity increased as the calcium content increased in SiO2-CaOCME/PTHF/PCL-diCOOH hybrids (90S10CCME-CL, 80S20CCME-CL, 70S30CCME-CL, and 60S40CCME-CL). It is possible that the calcium only remained bonded to the PCL-diCOOH if present in excess and sites for integration into the silica network were saturated. In the hybrid network, PCL-diCOOH will form covalent bonds with GPTMS or act as a chain terminator for THF polymerisation (Tallia et al., 2018); both these reactions will therefore reduce the amount of carboxyl bonds available in the hybrid network, mainly having carbonyl groups characteristic of the ester. It is hypothesised that the calcium cations could form stabilising complexes with lone pairs on the ester linkages along the PCL backbone as well as any remaining unreacted carboxylate terminal groups. The carbonyl oxygen has two lone electron pairs and slight excess of negative charge to form a stabilising complex with calcium, oxygen acting as a ligand in the metal complex. It could act as a monodentate or bidentate ligand, binding through one or two donor sites (Tallia et al., 2022). This should not affect the C=O band intensity.
The hypothesis is that calcium preferentially bonds to Si-O bonds in the silica network once hydrolysis of the TEOS occurs, and that the CME and TEOS homogenisation step does not result in any interactions between them. When the organic and inorganic solutions are mixed, no hydrolysis of the TEOS has occurred (no water present), so calcium bonds to the PCL-diCOOH via carboxyl or carbonyl interactions. Excess calcium remains unreacted until after the water and acid are added and hydrolysis of TEOS and GPTMS begins, the calcium is then scavenged from the carboxylate complex and as it is free in sol, can enter the silica network, bonding to the Si-O- groups. If excess calcium is still present after, it will stay bonded to PCL-diCOOH, forming stabilising complexes with the lone pairs on the ester linkages and any unreacted carboxylate terminal groups. For the hybrid composition with no or a barely visible carboxylate band (95S5CCME-CL and 90S10CCME-CL hybrids), it can be assumed that all the calcium integrated into the inorganic network.
To confirm calcium entered the silica network, solid state 29Si MAS NMR of the different SiO2-CaOCME/PTHF/PCL-diCOOH hybrid compositions were obtained, comparing them to spectra from the calcium free control, 100S-CL (Tallia et al., 2022). The molecular conditions of silane groups were assessed by measuring the relative quantities of the Qn (TEOS) and Tn (GPTMS) species (Figure 4D) and calculating the Dc (Table 4). Qn values indicate the number (n) of bridging Si-O-Si bonds between silicon atoms, which form the silicate network, with n having a maximum of 4. The Qn values (Table 4) indicate increased incorporation of calcium into the silicate network as CME precursor increased, with % Q4 reducing from 54% to 41% as CME was introduced at 5% (95S5CCME-CL). Q3 and Q2 also increased. As calcium content was increased to 90S10CCME-CL and 70S30CCME-CL, little change was seen in the Q speciation. However, for 60S40CCME-CL, Q4 reduced to 25%, and Q2 increased from 2% to 16% and Q1 units were detected (5%), indicating more calcium incorporation.
TABLE 4 | Chemical shifts from 29Si CP-MAS NMR and percentage abundance from 29Si single-pulse MAS NMR of silicon T and Q species (from GPTMS and TEOS, respectively), and the corresponding degree of condensation (Dc) of the silica network of the SiO2-CaOCME/PTHF/PCL-diCOOH hybrids.
[image: Table 4]The degree of condensation calculation, Equation 1 (Table 4), confirms calcium incorporation into the silicate network. The calcium-free control showed the highest degree of condensation (91.8%), this is due to the absence of calcium as a network modifier. 95S5CCME-CL, 90S10CCME-CL, and 70S30CCME-CL all had a similar degree of condensation, all approximately 4% less than the control. 60S40CCME-CL calcium showed a drop of approximately 10% compared to these compositions. In terms of Dc values, from the carboxylate band in the FTIR spectra (Figure 4C), it seems the additional calcium of the 70S30CCME-CL composition formed stabilising complexes between the lone pairs on the ester linkages and any unreacted carboxylate terminal groups. The degree of condensation of the silica network of the 60S40CCME-CL composition dropped a further 10%, leading to the hypothesis of the lone pairs on the ester linkages and carboxylate terminal groups being saturated, forcing the calcium to further modify the silica network. This also explained the drop in mechanical properties seen in Figure 4A for this composition (Tian et al., 1996). Previous work by Tallia et al. on the calcium-free control, showed a degree of condensation of 91.8% (Tallia et al., 2018). Their 60S40CCME-CL hybrids had a degree of condensation of 84.8% (Tallia et al., 2022), indicating Ca incorporation. The degree of condensation of 60S40CCME-CL hybrid in this work (78.9%) was lower due to the reduction in TEOS during synthesis to enable final I:O ratios of all the compositions, to match with the 100S-CL control. The degree of condensation of the silica network agreed with FTIR spectra as the Si-OH stretch at 950 cm-1 (Figure 4C) increased as the calcium content in the hybrid increased, significant of a lower degree of condensation, which was expected as calcium acts as a network modifier.
Scaffold mechanical properties during dissolution in SBF
The degradation properties of each composition needed to be investigated before choosing a final composition to assess osteogenesis abilities. The mechanical properties must be maintained as the scaffold decomposes in vivo and the degradation by-product should stimulate HCA formation of the surface of the structure, showing bioactivity. Figures 5A, B show the yield stress and strain of each hybrid scaffold composition, recorded at different times of immersion in SBF.
[image: Figure 5]FIGURE 5 | Mechanical assessment as a function of degradation, of the SiO2-CaOCME/PTHF/PCL-diCOOH hybrid scaffolds with compositions xSyCCME-CL, where x:y is the TEOS:CME molar ratio, from compression tests following immersion in simulated body fluid (SBF) for 0, 1, 3, 7, 30, 60, and 90 days: (A) true strain at yield; (B) true stress at yield (C–F) storage modulus values at strain ranges of 1%–5%, 5%–9%, 9%–13% for (C) 60S40CCME-CL, (D) 70S30CCME-CL, (E) 90S10CCME-CL, and (F) 95S5CCME-CL. Error bars are standard deviations from the mean values for n = 4.
All compositions underwent an initial drop in yield stress after 24 h. This could be due to the change in condition, from dry to wet testing the scaffolds after immersing in SBF. The 60S40CCME-CL and 90S10CCME-CL scaffolds did not revert to their original strength and plateau at 0.2 MPa and 0.4 MPa, respectively. The 70S30CCME-CL and 95S5CCME-CL both showed a gradual increase in strength, with 70S30CCME-CL reaching its original value after 90 days immersion and 95S5CCME-CL exceeding its dry value, reaching 0.98 MPa after 60 days of immersion. The yield strain is an important factor to consider, with both 90S10CCME-CL and 95S5CCME-CL dropping to approximately 10%, indicating increase in brittleness, although 10% strain is higher than that sustained by trabecular bone. The 60S40CCME-CL and 70S30CCME-CL scaffolds showed similar strain at yield to their dry values, at approximately 30%. This showed an increased stability from these compositions, when exposed to simulated body conditions. From this behaviour, the 70S30CCME-CL composition was the most consistent when subjected to SBF immersion.
The storage modulus (Figures 5C–F) initially decreased over the first 3 days of immersion, for all compositions at all strain ranges. 60S40CCME-CL and 70S30CCME-CL showed little change in modulus as strain ranges increased. As immersion time increased, storage modulus reached up to 2.3 and 4.4 MPa, respectively. The 90S10CCME-CL scaffolds showed a sharp increase in modulus after 7 days, followed by a reduction, due to the scaffolds breaking during the test. The 95S5CCME-CL showed a less drastic change after 7 days, apart for the 9%–13% strain range as scaffold failure occurred during the test. This showed these two compositions were more unreliable, especially the 90S10CCME-CL, breaking at strains within the trabecular bone range, ≤ 7%. Values of elastic compressive modulus of trabecular bone ranges from 0.8 to 2.7 GPa (Carter and Spengler, 1978; Keaveny et al., 2004; Gibson and Ashby, 2014; Mirzaali et al., 2016; Morgan et al., 2018). The 70S30CCME-CL showed the highest initial modulus, whilst ensuring no failure, its value of 6.2 MPa was however not within the range required to mimic bone tissue.
Apatite formation in SBF
To evaluate the in vitro bioactivity of these hybrids, the pH variation in SBF was evaluated, as well as the release of silica, calcium, and phosphate ions (Figure 6). As expected, silica release was gradual from the inorganic glass network.
[image: Figure 6]FIGURE 6 | pH measurements and silicon, calcium, and phosphorous content in SBF (measured by ICP) for the SiO2-CaOCME/PTHF/PCL-diCOOH hybrid scaffolds with composition xSyCCME-CL, where x:y is the TEOS:CME molar ratio, for immersion up to 90 days. Expanded view of the first 72 h including hourly time points for the first 8 h are presented (A) to show details of ion release from the 90 days timeframe (B). Error bars are standard deviations from the mean values for n = 5.
After 7 days immersion in SBF, the 90S10CCME-CL and 95S5CCME-CL compositions released ∼5 μg mL-1 of Si and the 60S40CCME-CL and 70S30CCME-CL compositions released more than 11 μg mL-1. The calcium disruption of the silica network, seen in the NMR data Table 4, clearly increased silica network dissolution; all compositions plateaued after 30 days. Over the first 8 h, calcium released increased with calcium content in the hybrid, at rates of ∼ 1 μg mL-1 and 4 μg mL-1 per hour for the 95S5CCME-CL and 60S40CCME-CL hybrids, respectively. After 24 h, a drop in calcium concentration in the SBF was visible for all scaffold compositions, especially between day 7 and 30, from on average of 90 μg mL-1 down to 55 μg mL-1. The 70S30CCME-CL composition dropped to 70 μg mL-1, increasing back up to 90 μg mL-1 at day 60. Between 30 and 60 days, the calcium concentration increased for all compositions, apart from 95S5CCME-CL. This early behaviour was mirrored in the phosphate concentration; it was initially stable as no phosphate was released by the hybrid, and when the calcium concentration started to drop between day 1 and 3, so did the phosphate. It decreased fastest for the 70S30CCME-CL hybrid, followed by the 60S40CCME-CL, 90S10CCME-CL and 95S5CCME-CL. The drop in both calcium and phosphate after 3 days confirmed the formation of calcium phosphate, characteristic of hydroxyapatite, as seen in FTIR spectra and XRD patterns of the scaffolds after immersion (Figure 7). This correlated with the white deposit observed on the hybrids at day 3 (Figure 8). The slow increase in calcium after 30 days could be due to the rate of calcium release overtaking the rate of calcium deposition. There seems to be a limit to how much calcium phosphate can form, due to the limited phosphate content.
[image: Figure 7]FIGURE 7 | Evaluation of the SiO2-CaOCME/PTHF/PCL-diCOOH hybrid scaffolds of composition 70S30CCME-CL after immersion in SBF over 90 days: (A) FTIR spectra, section highlighted in blue is where all bands for calcium phosphate are found, the bands highlighted in orange are the carboxyl and carboxylate bands from the calcium reacting with the polymer; and (B) XRD patterns with annotated peaks characteristic of carbonate-hydroxyapatite (Legeros et al., 1967).
[image: Figure 8]FIGURE 8 | SiO2-CaOCME/PTHF/PCL-diCOOH hybrid scaffolds of composition 70S30CCME-CL after immersion in SBF for 0, 3, and 60 days; SEM micrographs showing (A) the top surface, (B) cross section (scale bar 500 µm), and (C) photographs of the scaffolds (scale bars 2 mm); (D) SEM image of the details of the growth on the scaffolds (scale bar 50 µm); and (E) the XRD patterns comparing the dried deposit from the scaffold to commercial HA powder (Sigma-Aldrich, UK).
The pH of SBF fluctuated during the dissolution study (Figure 6), initially increasing as Ca2+ from the hybrid was rapidly exchanged by H+ from the SBF (Tallia et al., 2022) and remained between 7.4 and 7.8 for the duration of the study, which is conducive to HCA formation as OH− and (CO3)2- need to be incorporated into the calcium phosphate layer (Clark et al., 1976; Hench, 1991; Tallia et al., 2022).
As the 70S30CCME-CL hybrid composition was the most promising in terms of mechanical properties as a function of immersion time in SBF and showed a larger drop of calcium and phosphate in SBF, FTIR and XRD were performed to assess this formation (Figure 7).
FTIR spectra of 70S30CCME-CL showed the appearance of a band at around 874 cm-1 after 60 days in SBF (Figure 7A). This band corresponded to the formation of carbonate (Rodriguez-Blanco et al., 2011), C[image: image]. A visible shoulder at 1,409 cm-1 formed at the same time as the band at 874 cm-1, in accordance with the characteristic bands of HCA (Notingher et al., 2003). P-O bending bands (Salma et al., 2008; Malakauskaite-Petruleviciene et al., 2016) were visible after 7 days, at 550—600 cm-1 which are characteristic of orthophosphate, the phosphate units in HCA. P-O stretch (1,020—1,100 cm-1) were also present, indicative of the formation of a crystalline calcium phosphate layer (Lei et al., 2009). This layer was visible on the scaffolds after immersion in SBF (Figure 8) as a white deposit intertwined within the pores. HCA formation was confirmed using XRD. After 60 days immersion in SBF, XRD peaks were found at 26°, 32°—34°, 46°, 47° and 49° 2θ (Figure 7B), corresponding to the (002), (211), (112), (222) and (213) reflections of the hydroxyapatite phase (Balamurugan et al., 2006; Lei et al., 2009). Some of the peaks were visible as early as 1 day in SBF. The crystalline HCA peaks were slightly different to those found on bioactive glasses (Lei et al., 2009), indicating that the HCA crystals formed on the hybrid had different preferred growth orientation. These results confirm that the hybrids were able to induce HCA formation after only 1 day in SBF. Peaks increase in intensity the longer the immersion time.
Changes in the FTIR were also observed for the organic part. The carboxyl band reduced with soaking time; 1,730 cm-1 due to the degradation of PCL-diCOOH within the hybrid in SBF. The carboxylate band at 1,550 cm-1, characteristic of the excess calcium bonded to PCL-diCOOH in 70S30CCME-CL hybrid compositions, also reduced and almost completely disappeared, the ionic bonds breaking faster in solution, releasing the calcium at a faster rate than the covalent bonds between the PCL-diCOOH and GPTMS from the silica network or to the PTHF as a chain terminator. The carboxylate band seemed to be replaced by two very small bands at 1,550 and 1,625 cm-1. The calcium in the SBF could potentially initially ionically bond to PCL-diCOOH free radicals. Two bands could form from the COO− interacting with different ions, such as calcium, and potentially themselves. A low intensity OH− ions derived band at 630 cm-1 is visible for all compositions, mostly after 3 months in SBF, typical of stoichiometric hydroxyapatite (HA) (Destainville et al., 2003; Salma et al., 2008).
SEM images of the scaffolds showed little difference at low magnification after 3 days of immersion in SBF, but significant HCA formation could be seen after 7 days with the naked eye. At day 3, the scaffold showed a whiter aspect corresponding to HCA formation, which correlated with the HCA peaks being visible under XRD (Figure 7B). The deposit densified the longer the scaffold was immersed in SBF, forming filaments and plaques covering the entirety of the scaffold after 60 days (Figure 8), filling in the pores in the cross-section view. A deposit dried after 3 days immersion was investigated with XRD and compared to commercial HA powder (Sigma-Aldrich, UK), showing a close match of the peaks obtained (Figure 8E).
Biological response of human bone marrow stromal cells to hybrids
The performances of implantable biomaterials for bone and orthopaedic applications are determined by their interactions with cells mineralising bone tissues. In vitro cytotoxicity tests were performed with 70S30CCME-CL and 90S10CCME-CL conditioned media to assess the effects of ionic release on human bone marrow stromal cell (h-BMSC) health. These two hybrid compositions were chosen as they showed the highest mechanical properties and comparing two calcium contents would help understand its effect on cell health. Multipotent h-BMSCs are the most suited cells for the initial cytocompatibility assessment as they are the cells responsible for bone regeneration in bone defects. Cell health, as indicator of cytotoxic effects, was assessed in samples prior to and after 24 h exposure to serial dilution of ionic release from hybrids to basal DMEM (CM 0%) or growth medium (GM), Figure 9.
[image: Figure 9]FIGURE 9 | Effects of ionic release from hybrids on h-BMSC health (Alamar blue) after 24 h exposure in vitro (1 × 104 cells well-1, n = 3). Conditioned media were prepared by soaking scaffolds in DMEM for 72 h, after which these scaffolds were removed; conditioned media were subjected to serial dilution (25, 50, 75, and 100%) for both (A) 70S30CCME-CL and (B) 90S10CCME-CL. Decrease in Alamar blue dye fluorescence intensity to below 70% of that of the CM 0% control was used as a marker of cytotoxicity. Fresh growth medium (GM) was used as an additional internal negative control for cytotoxicity. (C) Representative brightfield optical micrographs of h-BMSCs exposed for 24 h to hybrid extracts and controls. Scale bar 500 μm.
70S30CCME-CL hybrid ionic release did not cause cytotoxic effects in h-BMSCs, with results similar to the basal media. However, 90S10CCME-CL extracts did cause toxicity, unless they were diluted to at least 50%. Live-cell monitoring assessment (15 min framing rate) also confirmed loss of cell adhesion and the presence of apoptosis-like features in monolayers for 90S10CCME-CL extracts at 100% and 75% dilution (Figure 9C). Fluorescence readings in all 70S30CCME-CL conditions remained similar to levels measured in the non-exposed h-BMSCs. A slight but non-significant drop of fluorescence (equivalent to 12%) was noted in the 100% 70S30CCME-CL hybrid extracts. On the contrary, cell health dropped by more than 50% when cells were exposed to higher concentrations 90S10CCME-CL hybrid extracts.
Prior to using the extracts, ICP analysis of the media showed calcium ions in 70S30CCME-CL extracts were over double the concentration of that of the media conditioned with 90S10CCME-CL discs (Table 5). The media conditioned with the 90S10CCME-CL hybrid had a calcium content < 10 μg mL-1, less than the control media. Media conditioned with 70S30CCME-CL also showed a reduction in phosphate, from 32.9 ± 0.3 μg mL-1 before incubation to 1.2 ± 0.4 μg mL-1 after soaking for 72 h in vehicle. A drop of phosphate concentration associated to high levels of soluble calcium ions strongly suggests the early formation of calcium phosphate during incubation (Figure 6). Calcium is a pivotal signalling messenger to a myriad of cellular functions, from cell growth to differentiation to cell death (Viti et al., 2016). HA possesses osteoconductive properties (Khotib et al., 2021). In the 90S10CCME-CL hybrid composition, however, the phosphate concentration stayed equal to the vehicle baseline levels. Silica concentration in solution was minimal for the control; the 90S10CCME-CL composition showed a release of 26.5 ± 2.9 μg mL-1 and the 70S30CCME-CL, 70.0 ± 3.1 μg mL-1. Calcium acts as a network modifier and disrupts the glass network, making it more susceptible to dissolution for hybrids with higher calcium content. The release in both hybrids was higher than expected as, when incubated in SBF for 72 h, the 70S30CCME-CL composition had a Si concentration of ∼ 9 μg mL-1. The discrepancies between the in vitro cell and SBF ICP results are explained by different volume to weight ratios used during incubation. A typical ratio of 1.5 mg mL-1 hybrid disc to buffer (Jones et al., 2001) was used in the hybrid scaffold SBF studies, whereas extraction ratios followed the 3 cm2 mL-1 ISO guideline for 1 mm thick discs (equiv. 150 mg mL-1) in the in vitro cytotoxicity (ISO 10993-12:2021 Biological evaluation of medical devices—Part 12: Sample preparation and reference materials, 2021). The increased concentration explains the higher ion concentration, minimised by the fact that scaffolds show a higher surface area than discs. The higher release of calcium ions from 70S30CCME-CL hybrids facilitated the formation of calcium phosphate, a major component of HCA.
TABLE 5 | Elemental concentration of phosphorous, calcium, and silicon content in vehicle medium (VC) after 72 h incubation of 70S30CCME-CL or 90S10CCME-CL hybrid discs (37°C, 5% CO2) (n = 3).
[image: Table 5]XRD analyses performed on discs after incubation confirmed the presence of phosphate and calcium in the form of HCA on the 70S30CCME-CL hybrids (Figure 10). The XRD patterns showed similar peak pattern than that recorded in the SBF studies on the 70S30CCME-CL hybrids (Figure 8). HA stimulates osteoblastic differentiation by increasing the expression of osteogenic transcription factors. However, the intracellular mechanisms involved are not fully understood yet (Khotib et al., 2021). Further studies should be focused on the 70S30CCME-CL hybrid composition, as it showed the best mechanical properties, HCA formation after 72 h when incubated in DMEM, and had a relative cell viability of 88% when h-BMSCs were exposed to this 100% extract serial dilution.
[image: Figure 10]FIGURE 10 | XRD patterns of the 90S10CCME-CL and 70S30CCME-CL hybrids before (0 h) and after 72 h incubation in serum-free DMEM. Annotated peaks characteristic of carbonate-hydroxyapatite (Legeros et al., 1967).
Further research is required to investigate how 70S30CCME-CL hybrid extract does not affect cell survival and growth in more complex in vitro models and to determine whether long-term contact to 70S30CCME-CL substrate is sufficient in inducing osteogenesis exists. Similarly, future work is warranted to investigate whether other key osteogenic genes are upregulated at later time points and indeed whether h-BMSCs exhibit physical characteristics of osteoblasts at these later times.
CONCLUSION
SiO2-CaOCME/PTHF/PCL-diCOOH hybrids of composition 60S40CCME-CL, 70S30CCME-CL, 90S10CCME-CL, and 95S5CCME-CL were successfully synthesised, printed with pore channels of > 400 μm, and characterised. The 70S30CCME-CL composition reached the highest yield strength (0.90 ± 0.23 MPa), toughness modulus (0.22 ± 0.04 MPa), and storage modulus (4.48 ± 0.29 MPa). The mechanical properties and bioactivity of these hybrids were assessed in SBF up to 90 days. This confirmed the formation of HCA within all hybrid scaffolds that contained calcium in their composition. Increasing the calcium content produced faster HCA formation and strength up to a threshold of 70S30CCME-CL; at higher calcium content (60S40CCME-CL), the printability and strength of the hybrid reduced. At lower calcium contents, the hybrid was more brittle and took longer to fully form HCA, e.g., the 90S10CCME-CL and 95S5CCME-CL hybrid. The serial dilution of the 70S30CCME-CL extracts after dissolution in DMEM for 72 h showed a cell health not dropping below 100% for dilutions to 25, 50, and 75%. Cell health dropped by 10% relative to the non-exposed cells for the undiluted media. Apatite formation occurred on 70S30CCME-CL after only 72 h of incubation in DMEM. The 70S30CCME-CL hybrid composition also showed the best mechanical properties during degradation of 90 days, having a stable yield stress of 30% when submerged in SBF, not showing any sudden brittleness. Its yield stress was almost double that of the 60S40CCME-CL and 95S5CCME-CL compositions, which dropped when submerged, and steadily recovered over 90 days. The 70S30CCME-CL printed with final strut size of 100 μm and pores of 400—500 μm did not reach mechanical values close to trabecular bone. Optimisation is necessary with work ongoing using different calcium sources and altering the final implant structure and chemical composition, utilising this optimised calcium content.
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Toxicity level Performance of toxicity

Non-toxic No symptoms of toxicity were observed
Mild poisoning ‘The symptoms were mild, without reduced movement or dyspnea
Moderate poisoning Symptoms of abdominal irritation were obvious, with less exercise, dyspnea, drooping eyelids, diarrhea, and significant weight loss to 15-17 g

or 20% 3% of body weight loss

Severe poisoning Respiratory failure, cyanosis, tremors, severe abdominal irritation. Eyelids droop, and weight drops to less than 15 g

Death Death after injection
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eschar erythema | erythema

edema Noedema | Very subtle Clear edema (swelling, not beyond | Moderate edema (swelling | Severe edema (swelling of more than 1 mm,
edema the edge of area) about 1 mm) beyond the range of application)






OPS/images/fmats-09-991018/fmats-09-991018-g004.gif





OPS/images/fbioe-11-1134992/inline_1.gif





OPS/images/fmats-09-991018/fmats-09-991018-g003.gif





OPS/images/fbioe-11-1134992/fbioe-11-1134992-t002.jpg
Groups oD Average hemolysis

rate (%)

Fish decalcified bone matrix | 0.031 £ 0.004 155
(FDBM)
Physiological saline (NS) 001220002 | -

Distilled water (DI) 1.235 £ 0.005 ‘ -






OPS/images/fmats-09-991018/fmats-09-991018-g002.gif





OPS/images/fbioe-11-1134992/fbioe-11-1134992-t001.jpg
Before absorbing water (x +SD) After absorbing water (x +SD) Water absorption (%)
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3 | 0.0273 £ 0.0033 00515 + 00051 [ 88.83
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6 0.0316 £ 0.0032 00602 + 0.0065 90.30
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Gene The upper ner sequences The lower primer sequences

ALP 5'-gaggtcacatccatcetgegetgg-3' 5'-gagtaccagtcccgatcggeegag-3'

OCN 5'-ctgcteactetgetgaccctgget-3" 5'-getttgtcagactcagggeegetg-3'

Runx2 5'-geaacaagacectgecegtgg-3' 5'-gaaactetigectegtecgeteeg-3'
GAPDH 5'-atcactgecacccagaagac-3' 5'-gtgagtttccegttcagetc-3'
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Stan Far New Bru Stru Periclas a-TCP p-TCP

Mg225d 59.84 + 1.05 3192 + 1.05 591+ 138 2334053
Mg225p 25.04 £ 129 1319 £ 0.52 53.33 £ 0.69 842 %110
TCP 1.49 +0.83 98.51 + 0.83
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Parameter Score 0 Score 1 Score 2 Score 3

Tissue level

Scaffold material 0% 1%-25% 26%-50% >50%
Scaffold material enclosed by bone 0% 1%-25% 26%-50% >50%
New bone (thin trabeculae, dark blue colored) 0% 19%-25% 26%-50% >50%
Remodeled bone (trabecular thickness as in environment, light blue 0% 19%-25% 26%-50% >50%
colored)
Granulation tissue/bone marrow 0% 1%-25% 26%-50% >50%
Cell-rich resorption zone (fibrous tissue) 0% 19%-25% 26%-50% >50%
Cell level
Tissue ingrowth
Fibrous cells/tissue None/physiological for bone Slightly Medium Highly
marrow increased increased increased
Adipocytes None Few Moderate Many
Precursor cells (bone marrow activity) None Few Moderate Many
Vascularization® (blood vessels) None Few Moderate Many

Foreign body reaction

Macrophages® None Few Moderate Many
Foreign body cells” None Few Moderate Many
Bone tissue and cells

Osteoblasts” None Few Moderate Many
Osteoclasts” None Few Moderate Many
Osteoid None Sporadic Thin layer Thick layer

*None = 0, Few = 1-3, Moderate = 4-6, Many = 7+ blood vessels.

-5, Moderate = 6-10, Man)

bNone = 0, Few 10+ cells.
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Parameter

Trabecular structures in the
scaffold volume: Cross-sectional
view

Trabecular structures in the
scaffold volume: Longitudinal view

Score 0

Numerous trabecular structures visible
up to the center of the scaffold radius

‘Trabecular structures throughout the
scaffold volume

Score 1

Trabecular structures visible in >50% of the
scaffold radius, not extending to the center

‘Amount of trabecular structures close to the
cortex markedly larger than close to the bone
marrow

Score 2

Trabecular structures visible in the
outer <50% of the scaffold radius

Trabeculae mainly located close to the
cortex, few trabeculae close to the bone
marrow
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Parameter

Score 0

Score 1

Score 2

Scaffold demarcability (based on grey value and
density/structure)

Degradation properties
Loss of form

Distinctivity of a resorption zone (area within the
scaffold volume with a markedly darker gray value
than the scaffold material)

Scaffold-bone-contact

Scaffold not demarcable from
surrounding bone tissue

Scaffold uniformly degraded

Cylindrical form no longer recognizable

No resorption zone distinctive

Broad contact area between scaffold and
bone, numerous bone trabeculae on
scaffold, no gap visible

Scaffold partially demarcable from
surrounding bone tissue

Scaffold half close to the bone
marrow more degraded

Cylindrical form partially
recognizable

Resorption zone indistinctly
delineated

Multiple bone trabeculae between
scaffold and surrounding bone,
barely visible gap

Scaffold completely demarcable from
surrounding bone tissue

Scaffold half close to the bone
marrow no longer visible

Cylindrical form clearly recognizable

Resorption zone distinctly delineated

No contact between scaffold and
surrounding bone, clear gap between
bone and scaffold
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Cement powder Raw material (mol) Sintering temperature (C)

CaHPO, CaCO; MgHPO, - 3H,0 Mg(OH),

Mg225(PO.), 050 025 1.50 0.75 1,100
Cay(PO,); 2.00 1.00 - - 1,350
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aracteristic

Conductivity and inductivity

Mechanical properties

Hydrophilicity and hydrophobicity

Pore size and porosity

Structure
Surface characteristics
Pore size
Pore architectures
Stacking direction
Geometric shape
Porosity

Atomic topology of Surface

Ref

Graziano et al. (2007), Graziano et al. (2008)
Wang et al. (2013a), Zhang et al. (2022b)
Lee et al. (2012)

Lee et al. (2012), Feng et al. (2017)
Zhao et al. (2019)

Boceaceio et al. (2016), Xiao et al. (2016)

Yu et al. (2018)

Surface topography
Tubular diameter

Pore size and porosity

Gagner et al. (2012), Wu et al. (2022)
Gongadze et al. (2013)

Ma et al. (2000, Rnjak-Kovacina et al. (2011), Zhang et al. (2022a), Song et al. (2022)

Biodegradability

Biocompatibility

Cylindrical structure
Porosity
Pore size
Porosity

Porosity distribution

Chew et al. (2016)
Zhang et al. (2019)
Kim et al. (2016)
Dezfuli et al. (2012)

Hamilton et al. (2009)
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Gene

GAPDH
BMP2
OPN
COLlal
OCN
ALP
Runx2

Forward primer

TCCAGTATGACTCTACCCACG
TGCTCAGCTTCCATCACGAA
CCAGCCAAGGACCAACTACA
GATCCTGCCGATGTCGCTAT
GGCGCTACCTCAACAATGGA
GTTACAAGGTGGTGGACGGT
GTGGCCAGGTTCAACGATCT

Reverse primer

CACGACATACTCAGCACCAG
AATTTTGAGCTGGCTGTGGC
CCAAGTGGCTACAGCATCTGA
GGGACTTCTTGAGGTTGCCA
GGCAACACATGCCCTAAACG
ACAGTGGTCAAGGTTGGCTC
TGAGGAATGCGCCCTAAATCA
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Gene name

B-2-Micro globulin (B2M)

Osteonectin

Osteocalcin

Alkaline phosphatase (ALP)

Collagen I

Runx2

Primer sequences

Forward
Reverse
Forward
Reverse
Forward
Reverse
Forward
Reverse
Forward
Reverse

Forward Reverse

Product size (bp)

5'-TGGAAAGAAGATACCAAATATCGA-3"
5'-GATGATTCAGAGCTCCATAGAGCT-3'
5'-AGGTATCTGTGGGAGCTAATC-3'
5'-ATTGCTGCACACCTTCTC-3'
5'-GCAAAGGTGCAGCCTTTGTG-3'
5'-GGCTCCCAGCCATTGATACAG-3'
5'-GCACCTGCCTTACTAACTC-3'
5'-AGACACCCATCCCATCTC-3
5'-TGGAGCAAGAGGCGAGAG-3'
5'-CACCAGCATCACCCTTAGC-3'

5'-GCCTTCAAGGTGGTAGCCC-3' 5'-CGTTACCCGCCATGACAGTA-3"
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224

86
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Hybrid name (xSyCcme-CL, where x:y is the TEOS:CME molar TEOS:CME TEOS:PCL-diCOOH 1:0

ratio) ratio (mol.%) ratio (wt.%) ratio (wt.%)
60340Ccye-CL 60:40 7030 23.1:769
70830Ccne-CL 70:30 725275 255745
80520Ceme-CL 80:20 75:25 23.8:76.2
90S10Ccme-CL 90:10 775225 26.3:73.7
9585Ceme-CL i 55 78.75:21.25 272728

1008-CL 100:0 8020 25.1:749
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Prosthesis length Length of the stem Diameter of the stem Diameter of the head Diameter of the body

120 45 12 36
200 50 11 36
130 45 10 3
210 50 u 3
150 50 u s
220 45 10 35
178.57 [ 4857 [ 1071 3471
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Diameter of Proximal OP Distal OP Resection Length of Length of Diameter of the RDH

the head distance® distance length the RPH the RDH intramedullary cavity
‘ 1 224 1982 20167 18185 198 103.66 1029
‘ 2 45.93 1659 9221 7562 1659 | 2731 1194
‘ 3 4333 1785 169.35 1515 1785 14242 1101
‘ 4 40.23 16.22 101.38 85.16 ‘ 16.22 193.64 10.03
‘ 5 40.11 19.01 180.5 161.49 ‘ 19.01 | 118.56 11.21
‘ 6 42.56 18.55 | 1005 8195 ‘ 18.55 [ 182.34 11.66
‘ g 42.65 1721 19323 176.02 ‘ 17.21 110.19 9.86
\' Mean [ 4244 s usa 13051 \ 17.89 15545 10.86

‘Osteotomy plane distance indicates the distance from the osteotomy plane to the proximal end of the humerus.
(0. oemotsuy sisse: BB sl nesatoal bmoros: BORL vocidual dlstal Traxuoene:
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Follow up (m: Pathological type

1 17 Male 33 1B o Osteosarcoma
20 Male 2 B ‘m Chondrosarcoma

2 | Female 2 B \ 111 Osteosarcoma

16 ' Make 18 1B \ 1 Osteosarcoma

16 ' Mae Ta 1B “'n Osteosarcoma
Female 30 1B \ 1 Chondrosarcoma
Male 25 1B m Chondrosarcoma
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Design porosity (%) ‘Weight method Drainage method
As-built porosity (%) Post-SLA porosity (%) As-built porosity (%) Post-SLA porosity (%)
Sheet- 70 55.26 66.18 56.03 67.69

Gyroid
Solid-Gyroid ~ 70 57.37 70.08 56.87 69.65
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1005-CL Tala et al. 2022) s 38 60 s : E - E 025 £ T ss | oas
9555Ccus-CL 55 25 st 152 E o4 2 1020 »2 -107 a0 wma
90S10Ccre-CL. -57.1 43 652 142 - - 913 - -1014 352 ~110.1 431 882
70830Ccae-CL. 585 144 664 171 - - 933 17 -1018 263 -1106 405 7.8

0810Cce-CL 579 60 659 183 -8 50 919 159 020 02 -m 217 9
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Sheet-Gyroid

Solid-Gyroid

SLA-Ti
Ti
SLA-Ti

Elastic modules (E,GPa)

343028
355+ 0.05
234013
216024

Yield strength (os,MPa)

19217 £ 2.84
176.80 £ 3.72
11236 + 242
102.00 £ 3.06

Compressive
strength (cbc,MPa)

23344 £ 237
21629 + 292
13722+ 1.33
12437 + 244
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Level Experimental factor

Grit mesh Sandblasting distance The proportion of the
acid
1 60 4 Ll
2 80 8 112

3 150 12 7:49
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ABCy
A1B,Cy
ABC;
ABC
ABCs
ABiCy
ABC;
ABCy
AB,Cy

Grit mesh

60
60
60
80
80
80
150
150
150

Sandblasting
distance

‘The proportion
of the acid

1:1:1
1:1:2
7:49
1:1:2

7:49
1:1:1
7:49

Contact angle
0
75.37
64.03
77.72
54.55
8.24
7374
77.66
81.66
69.94
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No. Experimental factor Contact angle ()
A B C D

1 1 1 1 1 7537
2 1 2 2 2 6403
3 1 3 3 3 7In2
4 2 1 2 3 5455
5 2 2 3 1 M
6 2 3 1 2 7374
7 3 1 3 2 7766
8 3 2 1 3 8166
9 3 2 16994
K1 72373 69193 76923 — —
K2 70177 75977 62840 — —
K3 76420 73800 79207 — —
Range R 6243 6784 16367 — —
Ranking C>B>A — - - -
Optimal level A2 Bl c2 - -
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Parameters

BIC (%) 4413 £6.2 76.63 + 8.16" ‘
MAR (um/day) 178 £ 0.55 292 £ 058" ‘

Maximal pullout force (N) 236.50 + 40.86 34275 + 46.02** ‘
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Parameters

NT-TiO,

BV/TV (%) 2879+ 594 5495 £ 9.97
THN (1/mm) 2,06 + 076 238 £ 046
Tb.Th (um) 1316 + 256 2049 + 29.7*

Tb.Sp (um) 3152+ 1127 1967 + 89.7%
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Material

Ti

Ti
Ti/Ti-Ag
Ti

Ti/

Ti6Al4V
Ti

Ti

Ti

Processing mode

Equipment

UV light
PECVD system (F and O dual

plasma-base)

Non-thermal atmospheric
pressure plasma jet (NTAPPJ)
NTAPP]

UV(A =254 nm, 8-10 mW/cm?)

UV (A = 254 nm, 100 mW/em’)

NTAPP]

UV (A = 365 nm, 10 mW/cm?)

Processing
time

12 min

105
10 min
15 min

15 min

2-10 min

5 min

Bacterial

S. aureus

S. aureus

S. sanguinis

S. sanguinis

S. aureus

Actinomyces
oris

S. mutans
S. aureus

Klebsiella
oxytoca

K. pneumoniac
P. aeruginosa

S. aureus

Experimental results

Higher antibacterial activity with increased culture time, and
enhance the phagocytic ability of macrophages

Antibacterial rates: fresh F-O-Ti 100%, after 1 day 96.6%, after
3 days 90.5%, after 7 days 89.8%

Bacterial adhesion was significantly reduced, the change of fons
had no obvious effect on bacterial adhesion resistance

‘Thestructure of aggregates changed from a long-chain shape toa
short-chain form

‘The antimicrobial activity was maintained for seven days after
UV irradiation

During the initial attachment period, Actinomyces oris
colonization is reduced and biofilm formation is inhibited for up
t06h

Both adhesion and the biofilm formation rate were significantly
lower for Gram-negative bacteria than Gram-positive bacteria
on samples treated for longer durations with the NTAPPJ

After 30 min, P. acruginosa decreased by 90%, but by 240 min, S.
aureus reduced by more than 99%

Reference

Yang et al.
(2021)

Chen et al.
(2019)

Lee et al. (2017)

Jeong et al.
(2017)

Itabashi et al.
(2017)

Zhang et al.
(2017)

Lee et al. (2019)

Pan etal. (2021)
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The name of the The preparation methods Bacterial The antibacterial effect Reference
alloy

5,083 aluminum alloy Ammonia etching and PFDTES SRB Greatly reduce the adhesion, growth, and proliferation  Zhang et al. (2019)
modification of SRB.
Micro-nano structured Thermochemical treatment after silane S, aureus  Decreased bacterial adhesion significantly (>90%) and ~ Manivasagam et al.
titanium modification prevented biofilm formation (2022)
E. coli
Flower-like micro-nano Electrophoretic deposition E. coli Repel E. coli adhesion Zeng et al. (2020)
titanium particles
Aluminum Passivation with low surface energy OTES S aureus  An antibiofouling property of 99.9% against S. aureus,  Agbe et al. (2020)
molecules after chemical etching 5 99% against P. aeruginosa and 99% against E. coli bacteria
aeruginosa
E. coli
Superhydrophobic basalt Fluorinated with PFDTES after NaOH P, Inhibited the adhesion of the P. aeruginosa cells Zheng et al. (2021)
scales (Si0,) solution chemical etching aeruginosa
PFDTES: 1H, 1H, 2H, and 2H-Perfluorodecyltriethoxysilane. OTES, octyltriethoxysilane; SRB, Sulfate-reducing bacteria.
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Type of
alloy

Preparation methods

Cell culture

Mechanism of
action

Reference

Tantalum

-TiO,

Ti

Ti6Al4V

Hydrogenated titanium
dioxide (H,-TNT)

Electrochemical anodization
In situ anodization and Si plasma
immersion ion implantation (PIII)
Acid etching Thermal alkali

Electrochemical anodization

Electrochemical anodization
Hydrogenation

1125 +
0.88°

<10°

365+
052"

MC3T3-El

MC3T3-E1

RAW 264.7

Osteoblast
MG63 cells

Macrophages

Triggering FAK and YAPVRUNX2 cell signaling
pathways

The expression of Runx2 and ALP increased on Si-
TiO;-NTs

Inhibition of osteoclast related markers, most
osteoclasts growing on the surface of the materal were
mononuclear

The MTT results exhibited high cell viabilities
of 98.1%

H,-TNT surface elicited up-regulated gene expression
of M2 surface markers and down-regulation of
M surface markers

Zhang Z. et al.
(2021)

Zhao et al.
(2020)

Kartikasari et al.
(2022)

Rahnamace et al.
(2020)

Gao et al. (2020)
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Groups

Structural parameters

Mechanical properties Yang et al. (2020)

Ta T70

Porosity (%) 60 70 80

564 66.7 3

Average pore diameter (jm) 450 600 800

Strut diameter (jm) 300 300 300

3168 + 178 3203 £ 154 330 = 154

Pore interconectivity (%) 100 100 100

99.99 99.99 99.99
Compressive strength (MPa) 595402 332404 142:1
Compressive modulus (GPa) 3303 3402 15+ 04
Bending strength (GPa) 97 + 42 [ 528 £2.6 23+08
Shear modulus (GPa) 6803 28+06 12402
Torsion strength (MPa) 412£08 2803 112+06

T en—
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et gene Direction

Primer sequence (5’ to 3

TCG CCT ATC AGC TAA TGC AC

ALP Forward
Reverse
BMP-2 Forward
Reverse
CXCL-12 Forward
Reverse
OCN Forward
Reverse
RUNX-2 Forward
Reverse

GCC TTC TCA TCC AGT TCA TAT TCC
AGC ATG TTT GGC CTG AAG CAG AGA
TGA AAG TTC CTC GAT GGC TTC

CCG ATT CTT TGA GAG CCA TGT

CAG ACT TGT CTG TTG TTG CTT

TAT GGC ACC ACC GTT TAG GG

CTG TGC CGT CCA TAC TTT CG

CAA ACA ACC ACA GAA CCA CAA G

CTC AGA GCA CTC ACT GAC TC
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[P] (ng mL

VC (0%, vehicle) 329+03 ‘ 72913 ‘ 1.6+ 04

[Ca] (ng

90810Ccy-CL 324+06 ‘ 823%32 | 265%29

70830Ccne-CL 12+ 04 ‘ 1873 £ 125 ‘ 70 + 3.1 ‘
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