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Abstract  13 

Increasing evidence suggests the contribution of the dynamic mechanical properties of 14 

the extracellular matrix (ECM) to regulate tissue remodeling and regeneration. 15 

Following our recent study on a family of thermoresponsive ‘stiffness memory’ 16 

elastomeric nanohybrid scaffolds manufactured via an indirect 3D printing guided 17 

thermally-induced phase separation process (3D-TIPS), this work reports in vitro and 18 

in vivo cellular responses towards these scaffolds with different initial stiffness and 19 

hierarchical interconnected porous structure. The viability of mouse embryonic dermal 20 

fibroblasts in vitro and the tissue responses during the stiffness softening of the 21 

scaffolds subcutaneously implanted in rats for three months were evaluated by 22 

immunohistochemistry and histology. Scaffolds with a higher initial stiffness and a 23 

hierarchical porous structure outperformed softer ones, providing initial mechanical 24 

support to cells and surrounding tissues before promoting cell and tissue growth during 25 

stiffness softening. Vascularization was guided throughout the digitally printed 26 

interconnected networks. All scaffolds exhibited polarization of the macrophage 27 

response from a macrophage phenotype type I (M1) towards a macrophage phenotype 28 

type II (M2) and down-regulation of the T-cell proliferative response with increasing 29 

implantation time; however, scaffolds with a more pronounced thermo-responsive 30 

stiffness memory mechanism exerted higher inflammo-informed effects. These results 31 

pave the way for personalized and biologically responsive soft tissue implants and 32 

implantable device with better mechanical matches, angiogenesis and tissue integration. 33 

Statement of significance 34 

This work reports cellular responses to a family of 3D-TIPS thermoresponsive 35 

nanohybrid elastomer scaffolds with different stiffness softening both in vitro and in 36 

vivo rat models. The results, for the first time, have revealed the effects of initial 37 
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stiffness and dynamic stiffness softening of the scaffolds on tissue integration, 38 

vascularization and inflammo-responses, without coupling chemical crosslinking 39 

processes. The 3D printed, hierarchically interconnected porous structures guide the 40 

growth of myofibroblasts, collagen fibers and blood vessels in real 3D scales. In vivo 41 

study on those unique smart elastomer scaffolds will help pave the way for personalized 42 

and biologically responsive soft tissue implants and implantable devices with better 43 

mechanical matches, angiogenesis and tissue integration. 44 

 45 
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1. Introduction 49 

Living tissues constantly remodel throughout life in response to dynamic stresses [1,2] 50 

or injury [3,4]. For instance, heart valve interstitial cells have been found to respond to 51 

the local tissue stresses of hemodynamic flow by altering their cellular stiffness and 52 

matrix component biosynthesis [2]. Tissue healing of post-surgical implantation can 53 

involve even more dramatic changes of mechanical properties. For example, rib 54 

cartilage, typically used as an autologous cartilage source for tissue reconstruction, 55 

remodels its stiffness to match the surrounding tissues during the post-surgery healing 56 

process [4]. However, clinically available synthetic scaffolds and implants are often 57 

stronger and stiffer than the surrounding tissues. This may be due to the focus of most 58 

design and manufacture processes on optimizing biomaterials’ mechanical stability, 59 

inertness and non-toxicity without consideration of how scaffolds are likely to adapt to 60 

stimuli in its implanted environment. On the other hand, early inflammation is common 61 

after implantation [5,6], stimulating a strong foreign body reaction and fibrosis 62 

response, resulting in disorganized collagen fibers and decreased tissue strength due to 63 

fibrous scar formation [1]. Healthy bone tissue often remodels in response to the stress 64 

change due to the mismatch of mechanical properties between a hard and stiff implant 65 

and the bone tissue, and becomes less dense and weaker, known as the stress-shielding 66 

effect [7,8]. In severe cases, this causes aseptic loosening of the implant in the absence 67 

of infection and can cause device or organ failure [9].  68 
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Advancements in surface topography and bulk modifications have paved the way to 69 

improving tissue integration of implants and scaffolds, and their implantation need not 70 

necessarily result in encapsulation. In particular, an appropriately porous structure can 71 

be an effective approach to maintaining a scaffold’s material composition whilst 72 

reducing stiffness mismatch [10] and is essential to allow vascularization and tissue 73 

ingrowth within the scaffold. This in turn increases the degree of tissue integration with 74 

improved chances for long term fixation of the implants via biological anchorage [11]. 75 

It has been well recognized that the interface between a scaffold and the biological 76 

tissue determines the long-term in vivo integration of the implant [6,12,13]. However, 77 

the mechanobiological factors which contribute to the development and maintenance 78 

of a functional interface are not fully understood, largely due to biological variation and 79 

inaccessibility of the implantation site to mechanical study. Most biomaterial stiffness 80 

studies have been performed through chemical crosslinking using static in vitro cell 81 

culture conditions, which do not directly relate to the true in vivo dynamic environment. 82 

Little has been reported on the in vivo tissue responses to changes in scaffold stiffness 83 

or viscoelasticity.  84 

The adult inflammatory response to surgical wounds is characterized by the recruitment 85 

of cells to the site of injury, phagocytosis of foreign bodies and the release of growth 86 

factors [6]. These stimulate cytokine secretion and initiate chemotaxis of neutrophils, 87 

macrophages, and fibroblasts, inducing granulation formation and ultimately leading to 88 

scarring [5,6]. Tissue healing of fetal cutaneous wounds, however, involves scarless 89 

wound repair [12,14–16], with neither the typical inflammatory response nor the scar 90 

tissue formation seen postnatally [5,13]. An ideal scaffold/implant would have the 91 

ability to alter both the surrounding environment and the cellular response to enhance 92 

positive tissue remodeling, integration and regeneration in and around it. Macrophage 93 

polarization (i.e. M1 to M2 macrophage phenotype) has been shown to regulate a 94 

regenerative versus fibrotic healing phenotype [17], and it has been reported that the 95 

mechanical properties of the scaffolds can influence scar formation via effects on the 96 

organization of fibroblasts infiltrating the wound bed and the subsequent orientation of 97 

deposited extracellular matrix (ECM) [18]. 98 

A family of thermoresponsive soft scaffolds, made from non-degradable poly(urea-99 

urethane) (PUU) with nanocage chain ends of terminated polyhedral oligomeric 100 

silsesquioxane (PUU-POSS), had been developed recently using a 3D printing guided 101 

thermally-induced phase separation technique (3D-TIPS) [19]. The 3D-TIPS technique 102 

not only confers the 3D printing’s capacity to design and manufacture complex 3D 103 

organ-like scaffolds and implants based on the patient’s one anatomical dimensions 104 

[20,21], but also overcomes some limitations of conventional TIPS and 3D fused 105 

modelling printing, such as non-uniform porous structure, low resolution of pores and 106 

limitations in the availability of printable materials [22–25]. Uniform micro- to nano- 107 

pores were induced through the phase separation of the polymer solution within micro-108 

channels of the 3D printed network of a negative sacrificial mold. In combination with 109 

digitally defined macro-pores, patient-specific scaffolds with multi-scale porous 110 



structures were produced by 3D-TIPS, a step closer to achieving the hierarchical 111 

structures present in the native ECM [22–25]. Furthermore, by taking advantages of the 112 

thermodynamic control of the phase separation, this 3D-TIPS approach allows the 113 

porous and phase structure of the polymer, and thus its properties, to be governed at 114 

micro- to nano-scales creating dual-level regulation of scaffold porosity and stiffness at 115 

different processing temperatures and post thermal treatment. These scaffolds with 116 

different stiffness and subsequent stiffness softening were achieved through microphase 117 

separation of PUU chains and crystallization of soft segments during cryo-TIPS, 118 

following melting and reverse self-assembling at body temperature. 119 

Here, 3D-TIPS scaffolds with different initial stiffness and hierarchical porous 120 

structures were further revealed during stiffness softening in vitro and in vivo. The 121 

viability of mouse embryonic dermal fibroblasts on the scaffolds in vitro was validated. 122 

Subcutaneous implantation in a rat model provided evidence that the cellular response, 123 

including growth of tissue and blood vessel networks, and provoked inflammatory 124 

response to the scaffolds with varying starting stiffness and 3D interconnected porous 125 

structures were regulated by their stiffness softening. 126 

2. Materials and Methods  127 

2.1 Fabrication of elastomer nanohybrid scaffolds 128 

PUU-POSS scaffolds were manufactured by an in-house 3D-TIPS technique. Briefly, 129 

PUU-POSS was synthesized as needed, adapted from a previously described protocol 130 

[26]. Poly (vinyl alcohol) (PVA) preforms were designed in OpenSCAD (v. 2015.03), 131 

exported as .stl files and sliced into consecutive 200 μm layers with Slic3r (v. 9.9) for 132 

3D printing with a 50% infill orthogonal density of resolution 400 µm × 400 µm. A 133 

PVA filament of 1.75 mm in diameter was extruded with a fusion deposition modelling 134 

(FDM) printer (Active X1; Active 3D Printers Ltd., UK) at 210 °C at 150 mm/s for X/Y 135 

printing speed and at 25 mm/s for Z printing speed. The nanohybrid polymeric solution 136 

was then injected through a surface punctured hole into the 3D printed PVA preforms, 137 

used as water soluble negative molds. PUU-POSS was then coagulated at different 138 

conditions (Table 1): cryo-coagulation (50CC), cryo-coagulation and heating 139 

(50CC+H), and room temperature coagulation and heating (50RTC+H), following a 140 

previously described protocol [19].  141 

Table 1 3D-TIPS processing conditions 142 

Scaffolds PUU-POSS 

solution filled 

PVA preform 

Coagulation 

conditions 

Thermal 

treatment 

Room temperature 

coagulation 

+heating, RTC+H 

Room 

temperature, 

25C for 24 h 

Room temperature, 

25C water for 24 h 

40C water for 3 h 



Cryo-coagulation, 

CC 

20°C for 24 h 0C ice water for 24 h No thermal 

treatment 

Cryo-coagulation 

+heating, CC+H 

20°C for 24 h 0C ice water for 24 h 40C water for 3 h 

 143 

2.2 Characterization of structure of the scaffolds 144 

Static tensile mechanical properties of the scaffolds (preform size 12 mm × 60 mm × 6 145 

mm; n=6 per group) before and after incubation at body temperature up to 28 days were 146 

tested at wet condition. Samples (n=6 per group) were subjected to uniaxial loads at 5 147 

mm/min using an Instron 5655 tester (Instron Ltd.; Norwood MA, USA) with a 500 N 148 

cell load, and ultimate tensile strength, strain at break and tensile modulus (between 0-149 

50% strain) were obtained from engineering stress-strain data generated by Bluehill® 150 

software. Toughness was calculated from the area under the graph for each sample and 151 

averaged.  152 

The morphology of the surface and cross-section of the dried scaffolds (n=2 per group) 153 

were examined using a field emission scanning electron microscope (Zeiss Supra 35VP 154 

FE-SEM, Germany).  155 

2.3 In vitro experiments 156 

2.3.1 Cell proliferation and viability 157 

Mouse embryonic dermal fibroblasts (3T3-J2 cells; Howard Green lab, Harvard 158 

University, 3T3-J2 CVCL_W667, USA) were cultured on tissue culture plastic in 159 

Dulbecco’s modified Eagles medium (DMEM) supplemented with 10% foetal bovine 160 

serum (FBS) and 1% antibiotic (50μg/mL streptomycin, 50μg/mL penicillin) solutions, 161 

and incubated at 37°C. Polymer discs (11 mm diameter and 1.5 mm thickness, n=4 per 162 

group) were cut and sterilized in 70% v/v ethanol and stirred for 30 min, air-dried in a 163 

sterile cell culture hood and finally washed in sterile phosphate-buffered saline (PBS). 164 

Discs were placed in 48-well plates and pre-incubated in 500 µL of culture media for 165 

24 h overnight.  166 

Scaffolds were seeded with third-passage (P3) cells at a density of 9×104 cells/cm3 167 

(1.3×104 cells/scaffold) in 500 µL of cell culture medium in 48 wells. Media was 168 

replaced every three days, and the metabolic activity was monitored on days 1, 3, 7, 169 

and 14 by the alamarBlue® (AB) assay (Serotec Ltd.; Kidlington, Oxford, UK) as per 170 

the manufacturer’s instructions [27]. Total DNA content was also quantified at each 171 

time point using a fluorescent Hoechst 33258 stain (Sigma-Aldrich, UK) [28]. 172 

2.3.2 Extracellular collagen deposition 173 

The amount of extracellular acid-soluble collagen (types I-V) was measured in cells 174 

cultured on the scaffolds (n=4 per group) at days 1, 3 and 7. Cells were removed from 175 

scaffolds by trypsinization, centrifuged at 800×g (centrifugal force) for 5 min with 176 



removal of supernatant and resuspended in 0.1% of 0.5 M acetic acid, followed by three 177 

rinses in PBS. Samples were allowed to solubilize overnight. The quantity of acid-178 

soluble collagen per sample in the extraction solution labelled with 0.1% Picro Sirus 179 

Red (PSR) solution (Sigma-Aldrich, UK) was measured using the Sircol™ assay 180 

(Biocolor, UK). Briefly, acid-soluble collagen, 100 µL per sample, was added to 500 181 

µL of dye binding reagent and incubated at 37°C, 5% CO2 for 1 h to form the insoluble 182 

dye-collagen complex solution. Dye-bound collagen was removed by centrifugation 183 

and the dye was then solubilized in alkaline and the absorbance of the resulting mixture 184 

was read at 540 nm on an absorbance plate reader (Anthos 2020; Biochrome Ltd, UK). 185 

The concentration of soluble collagen per sample was calculated from a standard curve 186 

of absorbance using bovine collagen standards kit (n=6). Results were normalized to 187 

the amount of collagen (µg/mL) in each sample. 188 

2.3.3 Immunohistochemistry by confocal microscopy 189 

Fibroblast cytoskeletal architecture and attachment were studied using FITC-labeled 190 

phalloidin (Life-technologies; Paisley, UK) according to the manufacturer’s 191 

instructions. Briefly, cell-laden polymer discs (n=3 per group) were harvested at day 7, 192 

fixed with 4% (w/v) paraformaldehyde (PFA; Sigma-Aldrich, UK) in PBS for 12 h at 193 

4°C and rinsed with PBS. They were permeabilized with 0.1% Triton-X 100 (Sigma-194 

Aldrich, UK) for 15 min, rinsed with PBS and blocked with 1% bovine serum albumin 195 

(BSA) in PBS solution for 30 min. Following further rinsing, cells were stained with 196 

FITC-labelled phalloidin with nuclei counterstaining using a Propidium iodide (PI) 197 

(Sigma-Aldrich, UK). Images were taken using a confocal microscope (Leica TCS 198 

SP8vis, Germany) using a ×10 water immersion objective lens. Z-stacked images were 199 

acquired by scanning 9-point areas (3×3) throughout 1.5 mm thickness of the scaffolds 200 

at 7 μm/Z-step. Image stacks were visualized and analyzed using ImageJ software (Fiji, 201 

US), and 3D reconstructions were compiled from 214 imaged sections. 202 

2.3.4 Morphology of cell-seeded scaffolds  203 

Following three rinses with distilled water at day 7, cell-laden scaffolds (n=2 per group) 204 

were dehydrated through a series of graded ethanol solutions and air-dried. Dried 205 

constructs were sputter-coated with gold and observed by SEM (Zeiss Supra 35VP FE-206 

SEM, Germany). 207 

2.3.5 Histological analysis of cell-seeded scaffolds 208 

Cell-laden scaffolds (n=2 per group) were fixed in 4% PFA in PBS at day 7, embedded 209 

in paraffin wax and cut into 4 μm thick sections using a Leica RM2235 (Leica 210 

Microsystem Ltd., Milton Keynes, UK) microtome. Haematoxylin and eosin (H&E) 211 

staining was performed to examine gross cell location and morphology.  212 

2.4 In vivo experiments 213 

2.4.1 Scaffold implantation 214 

The in vivo study was conducted under a project license (70/7504) granted by the UK 215 



Home Office. Following sterilization in 70% (v/v) ethanol, the scaffolds (4 cm × 4 cm 216 

× 2 mm; n=5 per group) were subcutaneously implanted in adult male Sprague Dawley 217 

rats (Charles River Laboratories, UK) (n=30). All animals were kept in a temperature-218 

controlled environment with a 12 h light/dark cycle and fed a laboratory diet and tap 219 

water ad libitum. The animals were preoperatively shaved, and ear marked accordingly, 220 

then anaesthetized with 4% isoflurane (induction) followed by 2% isoflourane 221 

(maintenance) by inhalation in combination with a 2:1 mixture of O2/N2O. A single 222 

incision large enough to allow insertion of the scaffolds was made, then closed with 223 

subdermal interrupted sutures (Mersilk 3-0). The scaffolds were implanted slightly 224 

posterior to the scapulae to prevent any disruption to motor function and/or discomfort. 225 

All animals were monitored daily.  226 

No discomfort or attempts to dislodge the implants were observed. At 4, 8 and 12 weeks 227 

post-implantation, the rats were sacrificed by rising CO2 asphyxiation. The scaffolds 228 

were explanted and fixed in 10% CellStor Formal Saline for histological and material 229 

analysis.  230 

2.4.2 Characterization of the structure and mechanical properties of the explants 231 

Each explant (n=6 per group) underwent tensile mechanical testing analysis using an 232 

Instron 5655 tester (Instron Ltd.; Norwood MA, USA). The average thickness was 233 

calculated from three thickness measurements for each specimen (with 1.07mm for 4 234 

weeks, 1.23mm for 8 weeks and 1.35mm for 12 weeks), and the properties of the 235 

scaffolds were tested in wet condition. Samples were subjected to uniaxial loads at 236 

5mm/min, and tensile modulus (at 50% strain), ultimate tensile strength, strain at break 237 

and toughness were obtained from data generated by Bluehill® software based on 238 

engineering stress-strain data. Toughness was calculated from the area under the graph 239 

for each specimen and averaged.  240 

The nanophase structure of the explants (n=2 per group) was examined via X-ray 241 

diffraction (XRD Bruker D8 Advance, Germany). 242 

2.4.3 Immunohistochemistry analysis  243 

Fresh explant scaffolds (n=3 per group) were washed in Dulbecco's phosphate-244 

buffered saline (DPBS) and fixed in 4% PFA in saline buffer overnight. Samples were 245 

then permeabilized with 0.1% Triton X-100 (Sigma-Aldrich, UK) and blocked with 1% 246 

BSA (Sigma-Aldrich, UK) in DPBS. They were then incubated with rabbit-anti CD31 247 

antibody (1/100 dilution; Abcam, Cambridge, UK) in 1% BSA in DPBS for 2 h at room 248 

temperature. A goat anti-rabbit Alexafluor®-594 (1/500 dilution, Sigma-Aldrich, UK) in 249 

1% BSA in DPBS was added for 1 h at room temperature. Adjacent sections were 250 

incubated with Immunoglobulin G (IgG) antibody as negative controls. 251 

Images were captured using a SPV8 confocal microscope (Leisca, Germany) at ×40 252 

magnification. Z-stacks were created with a 2 µm distance between individual images. 253 



Z-stack image files were then read into IMARIS 7.6.3 analysis software (Bitplane 254 

Scientific, Switzerland) and were converted into three dimensional representations. 255 

2.4.4 Histological analysis 256 

Each explant (n=3 per group) were washed in Dulbecco's phosphate-buffered saline 257 

(DPBS) and fixed in 10% neutral buffered formalin for 20 min. Briefly,  samples were 258 

embedded in paraffin wax and cut into 4 μm thick sections using a rotary microtome, 259 

Leica RM2235 (Leica Microsystem Ltd., Milton Keynes, UK). Slide sections were then 260 

deparaffinised and stained with Hematoxylin and Eosin and Masson’s trichome, 261 

capillary markers (i.e. CD31), macrophage markers CD86/CD68 (macrophage 262 

phenotype type I, M1), CD163 (macrophage phenotype type II, M2) and T-cell marker 263 

CD3/CD4 and evaluated using ImageJ (NIH, USA). Rat liver was used as positive control 264 

against CD68+, CD86+ and CD163+ staining, while rat spleen was used as positive 265 

control against CD3+ and CD4+ staining. Negative control was rat appendix. The 266 

number of positive stained cells across the scaffold per unit volume was then 267 

quantified. 268 

2.5 Data analysis 269 

All quantitative data was presented as standard deviation (SD) of the mean values. 270 

Statistical analysis of the results was performed using Graph-Pad Prism 6 (GraphPad: 271 

San Diego, USA). For comparisons across more than two groups, statistical 272 

significance was calculated by two-way analysis of variance (ANOVA), with Tukey 273 

multiple comparison post-hoc analysis where a value of p<0.05 was considered 274 

statistically significant.  275 

3. Results 276 

3.1 ‘Stiffness memory’ and hierarchical structures of 3D-TIPS scaffolds 277 

The thermoresponsive stiffness softening and hierarchical structures of the three groups 278 

of 3D-TIPS PUU-POSS scaffolds with different infilled densities at different 279 

processing conditions (Table 1) have been systematically studied and reported in our 280 

previous study [19]. Figure 1 and Table D1-D2 highlight the correlation between the 281 

structure and mechanical properties by comparing the scaffolds with 50% infilled 282 

density as produced (day 0) and after incubation for 28 days at 37C. The 283 

interconnected porous structures of in-plane and cross-section of the scaffold as 284 

produced were characterized by FE-SEM (Figure 1 A-C). The strut thickness of PUU-285 

POSS scaffolds varied depending on the infill density and printing resolution of the 286 

PVA preform. In the case of 50% infill density and 200 µm slicing thickness of the PVA 287 

mold, the average thickness of the strut of the scaffold in-plane (x- and y-axis) was 288 

between 175-197 µm and z-axis between 118-127 µm, with various tolerances 289 

depending on the processing conditions as listed in Table D2. It is also clear to see that 290 

the digitally printed macro-pore size in-plane is consistent with the printing resolution 291 



of PVA struts inside of the negative mold, around 400 µm × 400 µm in x and y axes 292 

(Figure 1 A1-C1) and in cross-section with 400 µm × 200 µm in x and z-axes (Figure 293 

1 A3-C3), with variations for each type of the scaffold depending on the processing 294 

conditions. More micro- to nano-pores were generated during cryo-3D-TIPS process as 295 

shown in Figure 1 A2-C2. The pore size, size distribution, surface area and porosity of 296 

the hierarchical porous structures of the scaffolds were measured by mercury intrusion 297 

porosimetry previously [19]. 50CC scaffolds consist of the most pores at multiscale 298 

ranging from macro, micro- to nanometers with the highest porosity (98.3%) and 299 

surface area (58.5 m2/g), which is supported by the uniform spherulite-like bead 300 

morphology (Figure 1 A1, A2). 50CC+H scaffolds (Figure 1 B1, B2) are similar to 301 

50CC but with some decrease of pores at micro- and nano-scale because of the 302 

shrinkage occurred during the thermal treatment (Table D2). 50RTC+H scaffolds 303 

consist of the least of micro- and nano-pores, with the same porosity to 50CC, and thus 304 

a much lower surface area (4.6 m2/g), in evidence of the dense skin effect due to faster 305 

coagulation at the surface at room temperature (Figure 1 C1, C2). 306 

The significant reductions of tensile modulus (46%) and strength (57%) of the 50CC 307 

group with initial high stiffness on day 28 demonstrate pronounce viscoelastic behavior, 308 

resulting in stiffness softening in response to the incubation body temperature (Figure 309 

1D), opposed to the stress and strain profiles for 50CC+H and 50RTC+H (Figure 1E-310 

F). 311 

Regardless the initial stiffness produced at different thermal process conditions, PUU-312 

POSS scaffolds ‘remembered’ to relax to their intrinsic hyperelastic rubber phase 313 

(Figure 1 D-F) when subjected to body temperature, close to the melting temperature 314 

of the soft segments (Tm=45°C) [19]. In fact, this stiffness softening was driven by two 315 

stages of thermodynamic phase transition and local chain self-assembly: the 1st order 316 

phase transition due to the melting of semicrystalline soft domain, followed by a low-317 

dimensional and short-distance inverse self-assembly of the nanostructures towards a 318 

quasi-random nanophase crossing over a wide range of chain relaxation times [19]. 319 

Despite the difficulty to reproduce the same semicrystal structure from the polymer 320 

solution by the 3D-TIPS process, this chain relaxation process is still 321 

thermodynamically favoured for the soft segments to re-crystallization or densely 322 

packing from the rubber phase at a suitable temperature, below the Tm (42C) and above 323 

Tg (−30 to −34C). Therefore, in principle, such ‘stiffness memory’ may be reversible 324 

or partially reversible despite the fact that it is kinetically slow in the solid state. 325 



 326 

Figure 1 ‘Stiffness memory’ and corresponding structure of PUU-POSS scaffolds 327 

by 3D-TIPS at different thermal conditions: (A-C) SEM images of morphology of 328 

top surface and cross-section of the as-produced scaffolds (insets showing higher 329 

magnification); (D-F) Stress-strain curves showing stiffness softening mechanism at 330 

day 0 and after 28 days in vitro incubation. 331 

3.2 In vitro cellular response to stiffness softening of 3D-TIPS scaffolds  332 

PUU-POSS scaffolds were seeded with embryonic mouse 3T3-J2 fibroblasts to 333 

investigate the in vitro cellular response to the scaffolds prior to implantation. Cells 334 

exhibited greater metabolic activity and proliferation on 50CC scaffolds, with the 335 

highest initial tensile modulus (Table D1, Figure 1 A) and the most hierarchical porous 336 

structure [19], compared to the rest of the groups (p<0.01), as seen by alamarBlue® 337 

and total DNA assays over the course of 14 days (Figure 2 A-B). The content of 338 

extracellular collagen per cell (Figure 2 C) also remained significantly (p<0.01) higher 339 

on the 50CC group at all day points, followed by the 50CC+H sample. Furthermore, 340 

confocal microscopy at day 7 confirmed greater cellular activity and organization in 341 

50CC scaffolds as seen by immunofluorescent staining and 3D reconstructions of 342 

fluorescent intensity (Figure 2 D-F). SEM images at day 7 (Figure 2 D4-F4) show 343 



well-spread morphologies of typical fibroblasts attached on the scaffold surface, and 344 

histological images by H&E staining of the cross section of the scaffolds at day 7 345 

(Figure 2 D5-F5) indicate good integration of the cells within the porous network, most 346 

prominently in the 50CC scaffold. By day 14, both cell metabolic activity and total 347 

DNA decreased after reaching confluence.  348 

 349 



Figure 2 In vitro cellular response of Mouse 3T3-J2 cells to PUU-POSS scaffolds 350 

by 3D-TIPS with different thermal process conditions. (A) alamarBlue® 351 

fluorescence assay, (B) total DNA analysis, and (C) extracellular acid-soluble collagen 352 

(types I-V) deposition. Confocal microscopy images (×10 and ×20 objective lens) at 353 

day 7 with cells stained for f-actin (green) and counterstained nuclei (red) for (D1-D2) 354 

50CC, (E1-E2) 50CC+H and (F1-F2) 50RTC+H. (D3-F3) 3D reconstructions of 355 

fluorescence light intensity by confocal microscopy at day 7. (D4-F4) SEM images of 356 

cell attachment and morphology at day 7. (D5-F5) Histological images of the cross 357 

sections of the scaffold at day 7 by H&E staining. **p<0.01; ***p<0.001; 358 

****p<0.0001; errors bar in SD. 359 

 360 

3.3 In vivo results 361 

3.3.1 Effect of the scaffolds on cellular infiltration and matrix deposition during in 362 

vivo implantation 363 

The scaffolds were subcutaneously implanted under the rat back skin (Figure 3 A-C) 364 

for up to 12 weeks. The static tensile elastic modulus, tensile strength, strain at break 365 

and toughness of explanted scaffolds (Figure 3 D-G, Tables D4-D7) calculated from 366 

stress-strain curves (Figure 3 H-J) were shown proportional increases at all three time 367 

points tested due to reinforcement by tissue ingrowth (Figure 3 A-C). The 50CC 368 

scaffolds exhibited the highest mechanical properties at all time points, but non-369 

significant differences were found between the groups at week 12 after their stiffness 370 

relaxation. The crystalline structure of the explants was evaluated at weeks 4, 8 and 12 371 

with XRD (Figure 3 K-M, Table D7). Before implantation, the CC scaffold presented 372 

two sharp Bragg diffraction peaks at 2θ=20 º and 23.4º, and one broader halo peak at 373 

around 19.9º, with inter-planar spacing (d-spacing) of 0.44 nm and 0.38 nm, as the 374 

lateral distance in the interfaces of crystallized soft segments. For the CC+H group, the 375 

ordered crystal lattice structure almost disappeared, relaxing the long-distance order to 376 

a quasi-random amorphous structure with a similar diffraction profile to that of the 377 

RTC+H group (comprising three broad halo peaks, including a broadening halo peak at 378 

2θ =19.9° and a shoulder apparent at an approximately lower angle of 2θ =12.0°). After 379 

3 months of in vivo implantation, all scaffolds exhibited similar XRD spectrum after 380 

stiffness relaxation, where the more pronounced spectra halo peaks from all explants 381 

echoed the unique thermodynamically stable nanophase structure of the nanohybrid’s 382 

rubber phase, in agreement with the results in vitro in Figure 1. 383 



 384 

Figure 3 Physico-mechanical characterization of PUU-POSS explants by 3D-TIPS 385 

with different thermal process conditions (A-C) Scaffolds explants (50% infill 386 

density) after implantation for 12 weeks: (A) 50CC, (B) 50CC+H, and (C) 50RTC+H. 387 

(D-J) Mechanical characterization of the scaffolds before and after implantation for 388 

weeks 4, 8 and 12: (D) tensile modulus (at 50% strain), (E) ultimate tensile strength 389 

(breaking point), (F) strain at break, (G) toughness, and (H-J) stress-strain curves; (K-390 

M) XRD spectra of the explants before and after implantation for weeks 4, 8 and 12. 391 

****p<0.0001, errors bar in SD.   392 

H&E staining and M&T of subcutaneously implanted scaffolds revealed good ingrowth 393 

of tissue in all scaffold types throughout their interconnected porous networks (Figure 394 

4 A-L, Figures D1-D3). The thickness of the aligned tissue ingrowth within the various 395 

scaffolds was quantified after implantation at weeks 4, 8 and 12 (Figure 4 M, Figure 396 

D1). Faster and greater amount of aligned ingrowth tissue was reported on the 50CC 397 

scaffold compared to the rest of the groups (p<0.001).  398 



Internal hydrostatic pressure was applied to the scaffolds once implanted, due to 399 

bending confinement under the rat back skin, with a combination of compression and 400 

tension stresses distributed within them as illustrated in Figure 5 A-B. This is reflected 401 

by the obvious deformation of the polymer macrostructure in histological samples in 402 

combination with matrix deposition and tissue infiltration (Figure 4, Figures D1-D3). 403 

Consequently, tissue grew following the digitally printed geometry of the 404 

interconnected tunnels (left by dissolution of the printed PVA network) in response to 405 

their local microenvironment. Figure 5 C-N shows some typical H&E stained 406 

structures of the ingrown tissue in response to the geometry of the macro- to micro-407 

porous structure and possible local stresses distributed. At the vertical pore junctions of 408 

the tunnels (i.e. cross junction of printed PVA struts), new tissue grew around the wall 409 

with concentric circularly aligned microfilament bundles (i.e. elongated myofibroblast 410 

and collagen fibers), whereas most microvascular vessels grew perpendicularly through 411 

the less aligned central tissue (Figure 5 C-E). Despite the printed symmetric orthogonal 412 

pattern, the short and long dumbbell-shaped ingrown tissues between two junctions 413 

appeared and showed distinctly different orientations of myofibroblasts and collagen 414 

fibers, with either perpendicular (Figure 5F) or parallel alignment with respect to the 415 

tunnels (Figure 5 I, L). Such different confinement may be induced by the local stress 416 

conditions of the scaffold, where tensile stress stretched the struts while the 417 

compression shortened the distance of the channels. In addition, the long dumbbell 418 

tissue grew relatively slower compared with the concentric areas at the earlier (4-week) 419 

time point, perhaps due to a less efficient transport of nutrients through the elongated 420 

tunnel horizontally (Figure 5 E, H, K and N). At 12 weeks, the minimum diameter 421 

(Dmin) of ingrown tissue was the largest in the 50CC scaffold group and smallest in the 422 

50CC+H group, consistent with the original micro/macro- pore diameters of the 423 

scaffolds in Table D2-D3.  424 



 425 

Figure 4 Cellular infiltration and matrix deposition in PUU-POSS scaffolds 426 

produced by different thermal process conditions of 3D-TIPS after subcutaneous 427 

implantation for a week 12: (A) tissue integration of middle-in-plane by Hematoxylin 428 

and Eosin (H&E) staining; (B) collagen production by Masson’s trichrome (M&T) 429 

staining; (C) endothelial cell infiltration as identified by CD31 staining, used as a 430 

marker of angiogenesis, and (D-F) enlarged middle in-plane views respectively. (G-I) 431 

Middle cross-sectional view and (J-L) enlarged middle cross-sectional views of the 432 

50CC scaffolds, respectively stained by H&E, M&T and CD31. (M-N) Quantification 433 

of cellular integration and growth by 4 and 12 weeks of the various scaffolds (M) 434 

thickness of aligned tissue ingrowth (refer to Figure D1); (N) capillary infiltration 435 

density of ingrowth tissue. **p<0.01, ****p<0.0001, errors bar in SD; (n=12, ×4, from 436 

four scaffolds in each group at each time point). 437 



 438 

Figure 5 Tissue ingrowth within the network of PUU-POSS scaffolds by 3D-TIPS 439 

with different thermal processing conditions at weeks 4 and 12 in vivo: (A) 440 

Schematic diagram of bend loading condition of the implanted scaffold due to 441 

hydrostatic pressure under the rat skin; (B) stress distribution of compression and 442 

tension across the scaffold cross-section under bending load; (C-N) H&E histological 443 

structure and schematic diagrams of stress condition and statistical analysis of the 444 

ingrowth of tissue; (C, D, E) concentric aligned tissue at the junction of the scaffold; (F, 445 

G, H) short dumbbell tissue with the compressed channels; (I, J, K) long dumbbell 446 

tissue between the elongated channel; (L, M, N) aligned tissue in long tunnels. *p<0.05; 447 

***p<0.001, ****p<0.0001, errors bar in SD (n=10, four scaffolds in each group at 448 



each time point). 449 

3.3.2 Effect of stiffness memory on vascularization in vivo 450 

 451 

Figure 6 Angiogenesis in PUU-POSS scaffolds by 3D-TIPS with different thermal 452 

processing conditions. (A-L) 3D image reconstruction of immunofluorescent staining 453 

of anti-CD31 marker for blood capillaries at weeks 4 and 12 for the various scaffolds. 454 

(M) Mean volume fraction of blood capillaries of the total tissue/scaffold volume at 455 

weeks 4, 8 and 12. ****p<0.0001, errors bar in SD (n=10, four scaffolds in each group 456 

at each time point). 457 

 458 



Ingrowth of blood capillaries were clearly visualized within the implanted scaffolds as 459 

early as 4 weeks post implantation and continued to increase until 12 weeks after 460 

implantation, as demonstrated by anti-CD31 immunofluorescence (Figure 6 A-L). The 461 

capillary volume fraction (CVF), i.e. the volume of blood capillaries occupied within 462 

the overall volume of the scaffold, was used to compare the functionality of the 463 

angiogenic response of the host towards the 3D scaffolds in each group (Figure 6 M). 464 

The CVF increased from week 4 towards week 12 for each scaffold group. Higher CVF 465 

values were observed in the 50CC group compared with the rest of the scaffolds 466 

(p<0.0001) at all time points. This is consistent with a greater capillary infiltration 467 

density of ingrowth tissue for the 50CC group (Figure 4 C, N). The 50RTC+H group 468 

exhibited the smallest CVF (Table D8).  469 

 470 

3.3.3 Effect of ‘stiffness memory’ on the macrophage and T-cell proliferative 471 

responses in vivo  472 

The effect of the scaffolds towards macrophage activation and polarization was studied 473 

by immunohistochemistry with markers against CD68+ and CD86+ (M1 pan-474 

macrophage/monocyte marker and macrophage marker), and CD163+ cell subsets (M2 475 

phenotype). Macrophages are plastic cells and the M1/M2 phenotype is widely used to 476 

distinguish between different macrophage activation states. The M1 macrophage 477 

phenotype (classically activated macrophage) is known to induce prototypic 478 

inflammatory responses; in contrast, cells of the M2 phenotype (alternatively activated 479 

macrophages) can antagonize prototypic inflammatory responses. All implanted 480 

scaffolds in vivo were able to modulate the inflammatory reaction by driving the 481 

macrophage response (Figure 7). In particular, there was a decrease in the density of 482 

CD68+ and CD86+ cells in the surrounding tissue with increasing time periods (Figure 483 

8 A-B, Tables D9-D10), with a significant reduction within all scaffold groups from 484 

week 4 (Figures D4, D6) towards week 12 (Figures D5, D7) (p<0.01 CD68+ and 485 

p<0.001 CD86+). Conversely, an increase in the density of CD163+ cells (M2 486 

phenotype) (Figure 8 C, Table D11) was observed at week 12 (Figure D9) compared 487 

to week 4 (Figure D8). By computing the macrophage polarization ratio M1/M2 (i.e. 488 

Figure 8 D-E in terms of CD68+/CD163+ and CD86+/CD163+ respectively, Tables 489 

D12-D13), which determines the inflammatory vs. reparative potential during 490 

implantation of the scaffold, it was significantly lower for both the 50CC and 50CC+H 491 

groups (p-value non-significant) compared to the 50RTC+H samples (p<0.05) for all 492 

time points. 493 

 494 

The T-cell proliferative response of the scaffolds after implantation was also studied by 495 

immunohistochemistry with markers against cell subsets CD3+ and CD4+. The 496 

corresponding numerical density histogram (Figure 8 F-G, Tables D14-D15) indicates 497 

a decrease in the CD3+ and CD4+ T-cell proliferative response within all scaffold 498 

groups from week 4 (Figures D10, D12) to week 12 (Figures D11, D13). The majority 499 

of the CD3+ hyporesponsive proliferation shown by the scaffolds is therefore due to a 500 



decrease in the CD4+ proliferative response associated directly or indirectly with the 501 

presence of M2 monocytes. The macrophage polarization and abundance data indicate 502 

that both the 50CC and 50CC+H scaffolds, with a greater thermo-responsive stiffness 503 

softening mechanism compared to the 50RTC+H samples, polarized infiltrating 504 

macrophages towards a regenerative phenotype, consistent with the matrix deposition 505 

and cellular infiltration patterns seen in these scaffold types.  506 

 507 

 508 

Figure 7 Immunohistochemistry of the host macrophage response in PUU-POSS 509 

scaffolds by 3D-TIPS with different thermal processing conditions. Week 12, tissue 510 

integration of middle-in-plane view of the scaffolds by CD68/CD86 (M1 marker), 511 



CD163 (M2 marker) and CD3/CD4 (T lymphocyte markers) staining. Scale bars: 100 512 

μm.  513 

 514 

Figure 8 Quantification of macrophage and T-cell response of PUU-POSS scaffolds 515 

by 3D-TIPS with different thermal processing conditions. Numerical density, as 516 

shown in the histogram, represents the number of cells across the scaffold per unit 517 

volume at weeks 4, 8 and 12; n=20 frames, 12 scaffolds in each group at each time 518 

point: (A) M1 marker CD68+; (B) M1 marker CD86+, (C) M2 marker CD163+; (D) 519 

macrophage polarization CD68+/CD163+; (E) macrophage polarization 520 

CD86+/CD163+; (F) T lymphocyte marker CD3+; (G) T lymphocyte marker 521 

CD4+.*p<0.05; **p<0.01; ***p<0.001; ****p<0.0001. 522 

4. Discussion 523 

The thermoresponsive ‘stiffness memory’ through physical phase transition and self-524 

assembly of soft and hard chain segments at body temperature of the non-degradable 525 

PUU-POSS scaffolds by 3D-TIPS [19] provides a unique 3D model system for 526 

understanding the stiffness softening effect on the behaviors of surrounding cells [29] 527 

and tissues without changing the polymer chemistry, such as chemical crosslinks or 528 



degradation. Three groups of the PUU-POSS scaffolds, 50CC, 50CC+H and 50RTC+H, 529 

were specifically designed and manufactured for understanding the effect of stiffness 530 

softening both in vitro and in vivo (Figure 1, Table D1-D6). Despite some variations in 531 

their porous structure, the low level or even little stiffness softening of 50CC+H and 532 

50RTC+H scaffolds make them as meaningful control to understand the cellular 533 

responses to the stiffness softening of 50CC. The coupling effects between the stiffness 534 

softening and porous structure of the scaffolds can be further analyzed. One limitation 535 

that should be mentioned is that non-stiffness-softening samples with the same initial 536 

stiffness and porous structure as 50CC’s cannot be achieved since the polymer chains 537 

are bound to relax at the body temperature regardless its initial status. 538 

The in vitro study showed that the scaffolds promoted efficient attachment and 539 

proliferation of mouse fibroblasts within the porous structure, as demonstrated by 540 

quantitative cell viability tests, morphology and histological analysis (Figure 2). Cells 541 

were viable on all scaffolds, with the 50CC group exhibiting significantly (p<0.01) 542 

higher cellular activity during stiffness softening, as supported by metabolic activity, 543 

total DNA and extracellular collagen deposition assays. This is reminiscent of our 544 

previously reported results using human dermal fibroblasts [19].  545 

The digitally printed interconnected macropores and channels of the scaffolds are 546 

adequate to facilitate tissue ingrowth and accommodate microvascularization (Figures 547 

3-5) while keeping their overall structural integrity. Despite stiffness softening of the 548 

scaffolds, the tensile mechanical properties of the explants significantly (p<0.0001) 549 

increased over time (Figure 3 D-G). The two main contributing factors to this were 550 

tissue ingrowth into the pores of the structures [30] and tissue remodeling via alignment 551 

of collagen fibers and elongated myofibroblasts in response to scaffolds mechanical 552 

changes (Figures 4-5, Figure D1). After 12 weeks implantation, non-significant 553 

differences in the tensile mechanical properties were observed between the different 554 

scaffold groups, which may be attributed to the post ‘stiffness memory’ effect that all 555 

the scaffolds relaxed to the same soft rubber phase within the first month. Similar to 556 

our previously reported in vitro study [19], cryo-3D-TIPS scaffolds (i.e. 50CC) with 557 

different starting stiffness gradually relaxed through melting of the semi-crystalline 558 

structure and inverse self-assembling to a quasi-random nanophase structure (Figure 3 559 

H-J), with softer hyperelasticity following implantation.  560 

The initially higher matrix stiffness of the scaffolds with their subsequent relaxation, 561 

coupled with a suitable surface pore size (Table D1-D2), strongly influenced local tissue 562 

growth kinetics, corroborating in vitro data relating to cell attachment and proliferation 563 

(Figure 2). H&E staining and collagen deposition showed that tissue grew into various 564 

anatomical structures following the geometry of the printed interconnected macro-565 

framework tunnels in response to the local environment (Figures 4-5, Figures D2-D3), 566 

where short dumbbell tissue was seen growing in the joint tissue area, and aligned tissue 567 

grew along elongated horizontal tunnels. In particular, histological analysis 568 

demonstrated faster and greater aligned tissue ingrowth for the 50CC scaffolds. In 569 



addition to the geometry confinement, it is envisaged that these effects are due to local 570 

compression and local surface tension respectively [31,32]. Since 50CC and 50CC+H 571 

share similar morphology and porous structure, the different thickness of aligned tissue 572 

ingrowth between them may be mainly attributed to the stiffness softening. Porous 573 

structure may have more influence on the difference of the tissue between 50CC+H and 574 

50RTC+H, which is not significant (p>0.05) (Figures 4-5).  575 

For a tissue to grow beyond the diffusion limit of oxygen (between 100 to 200 μm), the 576 

formation of new blood vessels is required [33]. The tissue reaction to the scaffolds 577 

included an efficient promotion of an angiogenic response, with the appearance of 578 

blood vessels as early as week 4 (Figure 6). The highest CVF was seen in the 50CC 579 

group, with 50RTC+H sample exhibiting the lowest CVF value. It is suggested that this 580 

greater microvascularization observed in the 50CC scaffold may be mainly promoted 581 

by a greater degree of stiffness relaxation, demonstrating the importance of the coherent 582 

scaffold-tissue stiffness matching. On the other hand, this phenomenon may also be 583 

contributed by a relatively broad hierarchy in the micro- to nano-porous structure of 584 

this scaffold group. The porous interconnectivity of scaffolds has been recognized to 585 

promote blood vessel invasion and facilitate tissue integration [34], as an appropriate 586 

macro- to micro- to nano- porosity is essential to allow nutrients to infiltrate and provide 587 

pathways for new blood vessel formation. The 50CC group, with its interconnected 588 

pores, exhibited the densest capillary network generation during its stiffness relaxation 589 

period, significantly higher (p<0.0001) than that from 50CC+H group with the similar 590 

porous structure, indicating that the initial high stiffness and subsequent stiffness 591 

softening may have a substantial influential role in angiogenesis (Figure 6 M). The 592 

lowest blood vessel count seen in the 50RTC+H scaffolds may be due to the reduced 593 

surface micro-to nano-porous structure (Figure 1, Table D2). This may reduce the 594 

surface area of the interfacial microenvironment and consequently, the diffusion of 595 

nutrients, metabolites and soluble factors throughout the scaffold. The difference of 596 

blood capillary count (Figure 4N) and CVF (Figure 6M) between 50CCC+H and 597 

50RTC+H with similar initial stiffness is less significant (p<0.05), which may reflect 598 

the moderate influence of uniformity and hierarchy of the porous structure of the 599 

scaffold on the blood vessel growth. Nevertheless, while significantly greater 600 

vascularization was observed after 3 months in all implanted scaffolds after full 601 

stiffness relaxation, further work needs to address whether this phenomenon relates to 602 

ingrowth of existing blood capillaries within the porous structure or due to true de novo 603 

angiogenesis. 604 

On the other hand, the highly plastic inflammatory macrophage phenotype can also 605 

profoundly influence regeneration by altering the fibrotic [35]. A reduced inflammatory 606 

response is one of the factors required for scarless wound healing and reduced fibrosis 607 

formation in implants [36], and the predominant phenotype of resident macrophages 608 

can provide an indication of the scaffold rejection (inflammation) or acceptance 609 

following implantation and determine the stage of wound healing [37]. While M1 610 

macrophages are known to express high levels of interleukins and pro-inflammatory 611 



cytokines that promote inflammation, M2 macrophages express low levels of these and 612 

are able to facilitate and promote tissue repair [38]. It has been shown that the 613 

mechanical and topological properties of the scaffolds can regulate macrophage 614 

responses [17,39,40]. Macrophages have also been demonstrated to sense their 615 

underlying substrate stiffness: higher macrophage cell spreading and attachment is seen 616 

on stiffer substrates, leading to a more severe foreign body reaction, while softer 617 

substrates promote M2-like macrophage activation towards a wound healing phenotype 618 

[41–43].  619 

The stiffness softening effect of the scaffolds on macrophage polarization was therefore 620 

investigated. Despite the difference between each scaffold type, the overall trend of the 621 

inflammatory response is similar with a decrease of M1 macrophages and T-cells, and 622 

an increase of M2 macrophages from week 4 to week 12 implantation (Figure 8). In 623 

particular, macrophage polarization from an M1 towards an M2 phenotype was 624 

observed within all implanted scaffolds, as evidenced by the reduction of CD68+ and 625 

CD86+ cells from week 4 towards week 12 (Figure 8 A-B) and the increase of CD163+ 626 

(Figure 8C) in the scaffolds. The initial high stiffness and subsequential stiffness 627 

softening of the 50CC scaffold appeared to trigger more M1 and M2 macrophages as 628 

well as T cells from the early stage of implantation, compared to 50CC+H and 629 

50RTC+H. In addition, the M1/M2 ratio was found to be lower for both the 50CC and 630 

50CC+H groups than 50RTC+H scaffolds at all time points (Figure 8 D-E). After 12 631 

weeks of implantation, the difference between 50CC and 50RTC+H is less significant 632 

after the long stiffness softening, indicating that the morphology and porous structure 633 

of the scaffolds also have a strong influence on the inflammatory response. It is here 634 

suggested that the stiffness relaxation effect and hierarchical porous structure exhibited 635 

by the 50CC and 50CC+H scaffolds plays a coherent role in local inflammatory 636 

response modulation and could be used as a significant parameter to aid macrophage 637 

M1 to M2 polarization. The findings of macrophage polarization are also supported by 638 

an attenuated in vivo proliferation of CD3+ and CD4+ T-cell subsets at 12 weeks 639 

(Figure 8 F-G) compared to week 4. Prolonged in vivo implantation periods should be 640 

explored, as should detection and quantification of inhibitory and pro-inflammatory 641 

cytokine levels. In addition, quantitative PCR of Wnt-related genes could be studied, 642 

as the Wnt signaling pathway is known to be a key mechanotransduction pathway in 643 

fibroblast regulation of wound healing [44]. Another point to bear in mind in a future 644 

study is that regarding the interplay of mechanosensing proteins (e.g. vinculin, talin, 645 

tensin, caveolin-1 or β1 integrin) [45–47] with regard to the stiffness softening of the 646 

scaffolds. The turnover rate of mechanosensing proteins is affected by changes in the 647 

substrate stiffness, ultimately regulating the cell’s cytoskeleton and function. However, 648 

the exact mechanisms of how matrix stiffness and substrate elasticity controls theses 649 

protein levels are still unclear.  650 

5. Conclusion 651 

The digitally programmed shape and interconnected macro/micro-interconnected 652 



porous structure of the thermoresponsive elastomeric PUU-POSS scaffolds by 3D-653 

TIPS have been shown to guide and promote interfaces for tissue ingrowth and the 654 

formation of functional microvascular networks. In concordance with our recently-655 

reported in vitro study, the stiffness softening, induced by physical phase transition and 656 

self-assembly of soft and hard chain segments of PUU chains, has been found to 657 

promote in vitro and in vivo cell adhesion and proliferation, tissue ingrowth and 658 

vascularization, with no changes in molecular structure of the scaffold.  659 

This ‘stiffness memory’ softening effect together with the hierarchical porous structure 660 

were seen to modulate tissue ingrowth in several ways and to reduce in vivo 661 

inflammation in a rat model for up to 12 weeks, with enhanced polarization towards the 662 

macrophage M2 phenotype. The observations indicate that the stiffness softening 663 

demonstrated by the 3D-TIPS PUU-POSS scaffolds could prove an effective route to 664 

regulate a host regenerative vs. scarring phenotype, while matching the mechanical 665 

properties of the surrounding soft tissue and improving tissue integration and healing 666 

after implantation. 667 
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