
1 
 

 

 

 

 

Biomimetic Materials for Bone Regeneration 
 

 

 

 

 

 

 

 

 

 

 

 

 

Shuyi Li 
 

 

  



2 
 

 

 

 

 

 

 

 

Biomimetic Materials for Bone Regeneration 

ISBN: 978-94-6421-807-7 

 

Cover design: Shuyi Li 

Layout & printing production: Proefschrift All In One (AIO) 

The printing of this book was kindly supported by:  

Academisch Centrum Tandheelkunde Amsterdam (ACTA), Vrije Universiteit 

Amsterdam

 

Copyright © 2022 by Shuyi Li, Amsterdam, the Netherlands. 

All rights reserved. No part of this book may be reproduced, stored in retrievable 

system, or transmitted in any form or by any means, mechanical, photocopying, 

recording, or otherwise, without the prior written permission of the holder of 

copyright. 

3 
 

 

VRIJE UNIVERSITEIT 

 

Biomimetic Materials for Bone Regeneration 

 

ACADEMISCH PROEFSCHRIFT 

ter verkrijging van de graad Doctor of Philosophy  

aan de Vrije Universiteit Amsterdam, 

op gezag van de rector magnificus 

prof.dr. J.J.G. Geurts, 

in het openbaar te verdedigen 

ten overstaan van de promotiecommissie  

van de Faculteit der Tandheelkunde 

op woensdag 28 september 2022 om 9.45 uur 

in een bijeenkomst van de universiteit,  

De Boelelaan 1105 

 

 

 

 

door 

Shuyi Li 

geboren te Jiangsu, China 



4 
 

 

 

 

 

 

 

 

 

 

 

 

 

  

promotoren: prof.dr. T. Forouzanfar 

 

copromotoren: dr. G. Wu 

 dr. M. Zhou 

 

promotiecommissie: prof.dr. R.T. Jaspers 

 prof.dr. S. van Vlierberghe 

 dr. M.N. Helder 

 dr. A.D. Bakker 

 dr. J.J.J.P. van den Beucken 

5 
 

 

 

 

Great things are not done by impulse, but by a series of small things brought 

together; and great things are not something accidental, but must certainly be 

willed. 

-Vincent van Gogh 
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Clinical background 

Large-volume bone defects (LVBDs) resulting from trauma, infection, or tumor 

resection exceed the intrinsic self-healing capacity of bone tissue and will result in 

bone non-union if no surgical interventions are involved [1]. LVBDs can cause 

compromised functions and aesthetic outcomes, which severely affect the quality 

of life and health of patients. To date, the repair of LVBDs has been challenging for 

clinicians. Autografts are considered the gold standard, as they bear excellent 

biocompatibility, osteoconductivity, osteoinductivity, and osteogenesis-related cells 

[1, 2]. However, the usage of autografts is associated with a series of drawbacks, 

such as limited availability, donor site morbidity, uncontrollable resorption, and 

difficulty in fitting the irregular shape of bone defects [1, 3, 4]. Alternatives that bear 

similar structures and compositions to bone tissue, such as allografts (e.g., 

Maxgraft®) [5], xenografts (e.g., Bio-Oss Collagen®) [6], and artificial bone grafts 

(e.g., Nanobone®) [7], have been widely used in clinics. Nevertheless, most of these 

bone grafts have no intrinsic osteoinductive elements. Their geometries also do not 

match the anatomy of bone defects. Thus, the grafts need to be trimmed during 

surgery, which results in time-consuming processes [4, 8].  

As a fibrous connective tissue membrane covering most of the bone surface, 

periosteum can significantly promote the healing of bone fractures [9] and the re-

union of segmental bone defects [10] by intramembranous and endochondral 

ossification. However, LVBDs are often accompanied by damaged or absent 

periosteum [11], which will remarkably attenuate the healing efficacy [12]. To 

address this issue, Masquelet et al. develop an induced membrane technique, 

which uses a cement spacer to induce the formation of a periosteum-like 

membrane in situ. This technique dramatically promotes bone regeneration when 

combined with bone grafts [13]. However, the usage of this technique is limited by 

additional two-staged surgeries and a long incubation time of over 6 weeks [14]. 

Due to their excellent biocompatibility, biodegradability, and mechanical properties, 

collagen membranes (e.g., Bio-Gide®) have been widely used as barrier 

membranes to prevent the invasion of soft tissues [15]. However, they cannot 

provide the periosteum-specific niches to regulate osteogenesis in recipient sites. 

As a result, continuous efforts have been made to develop new bone and 
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periosteum substitutes to enhance bone regeneration.   

 

Bone tissue engineering 

Bone tissue engineering (BTE) is an advanced and interdisciplinary technique that 

synergistically combines osteoconductive scaffolds, osteoinductive growth factors, 

and osteogenic stem cells to manufacture biomimetic and tissue-specific constructs 

to expedite bone regeneration [16]. Scaffolds in BTE bear biocompatibility with 

hierarchical porous structures to facilitate cell adhesion, migration, proliferation, 

and differentiation during bone growth [17]. They also serve as biological carriers 

of growth factors to realize an effective control over bioactivities and release 

patterns [2, 18]. Besides, the scaffolds may gradually degrade in the recipient site 

until they are completely replaced by new bone tissue [19]. Furthermore, a suitable 

mechanical strength is required for scaffolds to resist external pressure and tissue 

collapse [20], thus ensuring a relatively stable microenvironment for new bone 

formation. The rapid development of novel biomaterial science and manufacturing 

technology over the past decades has enabled the fabrication of advanced BTE 

constructs with customized geometries, hierarchical microstructures, biomimetic 

compositions, and tissue-specific properties. 

 

Advanced fabrication technologies to make biomimetic BTE constructs 

Biomimetics is synonymous with biomimicry or bionics [21]. “Bio” means life, and 

“mimesis” refers to imitation [22]. Biomimetics is a new discipline and creatively 

uses natural ideas and interdisciplinary methods to design and fabricate constructs 

that imitate the structures and functions of native biological systems [23]. 

Biomimetic constructs closely reproduce the three-dimensional (3D) architecture, 

chemical compositions, and physical properties of native tissues, thus providing 

environmental instructive cues to elicit tissue-specific cellular responses and guide 

tissue regeneration [22, 24]. Biomimetic BTE constructs can be fabricated by 

various advanced techniques, such as 3D printing [25], self-assembly [26], 

electrospinning [16], and surface modification [27].  

3D printing  

With the development of computer-aided design (CAD) and computer-aided 
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manufacturing (CAM) technologies, 3D printing (also known as additive 

manufacturing (AM), rapid prototyping (RP), and free form fabrication (FFF)) has 

shown a promising application potential in tissue engineering and provides a great 

impetus for regenerative medicine [28]. Through digital control and operation, 3D 

printing produces scaffolds from CAD models in a layer-by-layer approach for 

material laying [29]. As a result, 3D printing offers a powerful, customizable, and 

additive platform for manufacturing, which is fundamentally different from 

conventional fabrication methods (e.g., gas foaming processes and emulsion 

freeze-drying) [29-31]. Additionally, 3D printing allows for the fabrication of 

anatomically-shaped and customized scaffolds based on the 3D imaging data of 

patients. It also offers precise control over internal microstructures, thus making the 

scaffolds with a well-defined, interconnected, and porous architecture to facilitate 

cellular infiltration, vascularization, and bone ingrowth [4]. Furthermore, 3D 

bioprinting offers the layer-by-layer assembling of multiple types of cells and 

associated matrices in a highly organized 3D way to generate a tissue-analogous 

structure [31]. A variety of materials can currently be printed into 3D shapes using 

specific 3D printing techniques [29]. 

With a similarity to inorganic compositions of bone tissue, calcium phosphate 

(CaP) (e.g., tricalcium phosphate (TCP) and hydroxyapatite (HA)) are extensively 

used biomaterials in BTE [32, 33]. Robocasting, as one of the 3D printing 

techniques, enables the fabrication of CaP-based biomimetic constructs with 

controlled and customized structures [34]. The printed scaffolds bear excellent 

mechanical properties and osteoconductivity, and the slowly degraded calcium and 

phosphate ions can contribute to bone metabolism and regeneration [34].  

Self-assembly  

Self-assembly refers to the spontaneous arrangement of molecules with a 

disordered distribution to an ordered structure by non-covalent interactions [35]. 

The self-assembly process can be controlled or triggered by adjusting factors, such 

as the concentration, pH, temperature, and ionic strength, to modulate electrostatic 

interactions between peptides or proteins [36]. As a major protein in extracellular 

matrix (ECM), collagen type I bears a multi-hierarchical self-assembly process, 

which begins with the interactions of peptide chains, resulting in the triple helix 
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structures. These helices further assemble into fibrils, and finally, a hydrogel 

network [37]. The presence of heparin and decorin in ECM influence the diameter 

and density of fibril [38]. This spontaneity and versatility make self-assembly a 

broad range of applications in biomedical sciences and manufacturing [35].  

ECM is produced by resident cells and has tissue-specific components and 

complex organizations [39]. It’s mainly composed of fibrous proteins (e.g., collagen 

type I, II, III, IV, VI, X, and elastin) and glycoproteins (e.g., proteoglycans, fibronectin, 

and laminin), which provide structural support and bear abundant cell-recognition 

sites and various protein-adhesive domains to localize and deliver growth factors 

(e.g., bone morphogenetic protein-2 (BMP2), vascular endothelial growth factor 

(VEGF), and transforming growth factor-β (TGF-β)), thus regulating cellular 

behaviors and phenotypic expression [39, 40]. Building a biomimetic BTE construct 

with ECM molecules and niches will provide a highly favorable microenvironment 

to trigger and sustain bone regeneration and remodeling. ECM-derived hydrogels 

are formed by the collagen-based self-assembly process [38]. They have the 

tissue-specific functions of ECM and the structural and biological properties of 

hydrogels [41]. For example, ECM hydrogels from decellularized periosteum 

resemble the functions of periosteum, which significantly promote the osteogenic 

differentiation of mouse bone marrow mesenchymal stem cells (BMSCs) than pure 

collagen hydrogels [42]. Besides, ECM hydrogels from decellularized nucleus 

pulposus (NP) induce human BMSCs to differentiate into NP-like cells, while the 

hydrogels from decellularized annulus fibrosus (AF) induce the formation of AF-like 

cells [43].  

Electrospinning  

Electrospinning is a classical manufacturing technique that uses electrostatic 

forces to generate continuous polymeric fibers with diameters ranging from micro- 

to nano-scale [44]. It shows superiority in fabricating periosteum-like membranes 

with controllable and individualized shape and size [45], which bear hierarchically-

porous structures and high surface area to volume ratios to facilitate cell adhesion, 

migration, proliferation, and the transportation of nutrients and oxygen [45, 46]. 

Electrospinning provides a versatile platform that allows the processing of a broad 

range of polymeric materials into varied microstructures with different properties.  

1
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To confer electrospun tissue-engineered periosteum (TEP) a biomimetic 

surface and certain mechanical properties, natural polymeric materials (e.g., 

collagen) and bioceramic materials (e.g., HA) are often blended with synthetic 

materials (e.g., poly(ε-caprolactone) (PCL)) [47-49]. Though these composite 

membranes have improved physicochemical properties and osteoconductivity, they 

lack the periosteum-specific niches to regulate cellular activities and are hard to 

realize genuine biomimetic periosteum in composition. As previously mentioned, 

periosteal decellularized extracellular matrix (dECM) preserves the ultrastructure 

and biological compositions of periosteum [50, 51]. These biological compositions 

are capable of accelerating the healing efficacy of critical-sized bone defects [52] 

and can also induce bio-mineralization of seeded mesenchymal stem cells (MSCs) 

ectopically in nude mice [53]. Given its weak mechanical properties and fast 

degradation rate, the dECM from skeletal muscle [54], cartilage [55], cornea [56], 

etc. is often blended with PCL, which bears tunable mechanical strength, 

biodegradability, and biocompatibility [26], to electrospun tissue-engineered grafts 

with enhanced mechanical properties and tissue-specific niches. However, due to 

the different characteristics of ECM and synthetic polymeric materials, phase 

separation of PCL and ECM compositions occurs in blended electrospinning, 

leading to deteriorated fiber morphology, non-uniform structure, and weakened 

strength [57-59]. These drawbacks adversely influence cellular activities [60]. In 

contrast, co-axial electrospinning offers two separate channels for the core and 

shell materials, thus avoiding the immiscibility of different compositions. Besides, 

the electrospun fibers bear a core-shell layered structure, which allows each fiber 

to exhibit characteristics from both the core and shell materials [60]. 

Surface modification  

The physicochemical properties and topography of implants directly affect the 

cellular behaviors in recipient sites, including cell adhesion, migration, and 

differentiation as well as the final success of the implants [61]. Surface modification 

has been widely used to confer implants various functions in regenerative medicine 

[27]. For example, as the commonly used metallic implants in clinics, titanium and 

its alloys are considered inert biomaterials [62]. Surface modification technologies, 

such as plasma spray and biomimetic coating, can significantly increase the 
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osteoconductivity and osseointegration of titanium-based implants [27, 63]. 

Moreover, growth factors can be immobilized on the scaffolds to increase 

osteoinductivity and reduce the burst release [64]. 

Among the biomimetic coating methods, biomimetic biphasic CaP-coating is a 

promising surface modification technique for functionalizing various endosseous 

biomaterials [63]. In 2000, Prof. Dr. Klaas de Groot and his colleagues developed 

the following biphasic biomimetic coating protocol: an amorphous CaP seeding 

layer is formed through incubation in a 5× simulated body fluid (SBF) solution, and 

a subsequent CaP crystalline layer is formed through incubation in a 

supersaturated calcium-phosphate solution (SCPS) [65, 66]. This biphasic 

biomimetic method enables the formation of a crystalline CaP-coating within 3 days. 

This BioCaP coating can confer BTE constructs an osteoconductive surface, which 

can significantly improve cell adhesion, proliferation, and ECM formation to support 

bone regeneration [32, 67, 68]. Compared with HA, the precipitated BioCaP layers 

bear highly similar structures to those of bone minerals [69] and can significantly 

promote the osseointegration of host bone and implants [70]. Besides, the coating 

process is conducted at physiological temperature, during which the osteogenic 

growth factors co-precipitate simultaneously into the 3D crystalline CaP network, 

thus realizing a controlled release of the incorporated growth factors and 

continuously promoting osteogenic differentiation of MSCs and bone regeneration 

[71, 72]. This BioCaP coating has increased surface bioactivity of various materials, 

including titanium [63], Bio-Oss® [72], and polymeric materials [73].  

As another viable approach to immobilize growth factors, polydopamine (pDA)-

mediated surface modification has been widely applied to increase surface 

bioactivity and osteoinductivity of various biomaterials, such as titanium, polymeric, 

composite, and CaP-based scaffolds [64, 74-76]. As a precursor of pDA, dopamine 

(DA) with functional groups of catechol and phenethylamine can self-polymerize in 

a weak alkaline environment to form the pDA coating, thus covalently or non-

covalently bonding to various matrices [77]. The pDA coating is biocompatible and 

can immobilize growth factors via Michael addition and Schiff-base reactions [78]. 

The total amount of pDA coating-immobilized BMP2 is significantly higher than the 

directly adsorbed one on poly(lactic-co-glycolic acid) (PLGA)/HA scaffolds [79]. 

1
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Besides, pDA can significantly increase cell adhesion to the hydrophobic matrix by 

adjusting surface energy [80]. 

Prefabrication technique bears a promising potential to repair LVBDs for 

patients [81]. It can construct biomimetic bone grafts with mandibular curvatures by 

implanting superficially adsorbed BMP2-functionalized bone-filling materials in in-

vivo ectopic bioreactors, such as latissimus dorsi muscle [81]. However, thereby 

delivered BMP2 may result in a burst release, causing various side effects and 

compromising its osteoinductive efficacy [82-84]. Whether 3D printed TCP scaffolds 

functionalized by pDA-immobilized BMP2 are superior in prefabricating biomimetic 

bone grafts than the 3D printed TCP scaffolds functionalized by the superficially 

adsorbed one in latissimus dorsi muscle remains to be proved. 

 

Biomimetic functionalization with MSCs 

MSCs are the most commonly used stem cells in preclinical and clinical studies on 

bone diseases [85, 86]. MSCs are “fibroblast-like” cells adherent to plastic culture 

plates, expressing typical mesenchymal specific surface markers (e.g., CD73, 

CD90, and CD105) but no hematopoietic markers (e.g., CD34 and CD45) [87]. 

MSCs are multipotent stem cells and can differentiate into diverse cell types, such 

as osteoblasts, chondrocytes, and adipocytes under specific stimuli from culture 

media or biomaterials [87, 88]. They also bear trophic, homing, and 

immunoregulatory abilities. Their secreted cytokines and growth factors (e.g., TGF-

β and VEGF) can further promote angiogenesis and osteogenesis [87, 89]. As a 

result, MSCs are efficacious in conferring pro-osteogenic properties of biomimetic 

scaffolds. 

MSCs can be isolated from various tissues, such as bone marrow (BMSCs), 

umbilical cord (UCMSCs), and adipose tissue (ADMSCs). BMSCs are the most 

widely used stem cells in the repair of bone defects [90] and have been registered 

for repairing bone fracture in clinical trials [85]. However, the invasive acquisition 

procedure causes suffering to patients. BMSCs only comprise 0.01–0.001% of the 

cells in the bone marrow, which makes it difficult to obtain sufficient cells [91]. 

Besides, the cell number and osteogenic potential of BMSCs decline with age [92, 

93]. In contrast, human UCMSCs (hUCMSCs) are atraumatically isolated from 
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discarded umbilical cords. Compared with BMSCs, hUCMSCs have a high cell yield 

and rapid proliferation property [93]. Furthermore, hUCMSCs maintain cell 

morphology and a high telomerase activity without showing senescence after 15 

passages [94, 95]. HUCMSCs also bear lower immunogenicity and a stronger 

immunosuppressive capacity than BMSCs [96], which facilitate the 

allotransplantation of these cells when treating diseases. These characteristics 

make hUCMSCs promising candidates for BTE.  

Various studies have shown conflicting results pertaining to the osteogenic 

properties of hUCMSCs. A series of in-vitro studies show that compared with 

human BMSCs (hBMSCs), hUCMSCs form less mineralized extracellular matrix, 

which is the final osteogenic differentiation marker, in osteogenic differentiation 

medium [97-99]. Sudo et al. further show that almost no mineralized extracellular 

matrix is formed in hUCMSCs after 28 days’ induction [100]. Ciavarella et al. find 

that mineralized extracellular matrix is detected in osteogenically-induced 

hUCMSCs after 40 days’ induction [101]. In contrast, when there is an 

osteoinductive growth factor (e.g., BMP2 and BMP7) in osteogenic differentiation 

medium, the osteogenic properties of hUCMSCs are significantly improved and the 

expression levels of osteogenic genes are comparable to those of hBMSCs [102, 

103], suggesting a strong biomimetic osteogenic microenvironment is conducive to 

the osteogenic differentiation of hUCMSCs.  

Angiogenesis is a prerequisite to the healing of bone defects, which can 

facilitate the transportation of nutrients and oxygen, as well as promote the 

migration, survival, and differentiation of MSCs to repair bone defects [104]. In BTE, 

a biomimetic strategy of co-culturing osteogenic and angiogenic cells is often 

applied to improve the osteogenic efficacy of BTE constructs [105-107]. The 

interactions between osteogenic and angiogenic cells remarkably promote 

angiogenesis and osteogenesis [105, 108]. Such a synergistic effect is directly 

influenced by the mixing ratio of the two cell types and the culture media [109], 

indicating that an optimal co-culture ratio of hUCMSC-derived osteogenic and 

angiogenic cells in certain culture media can yield enhanced osteogenic efficacies. 
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Aims and outline of this thesis  

The main aims of this thesis were to 1) develop novel biomimetic bone and 

periosteum constructs and 2) investigate their physicochemical properties and 

promoting effects on the healing of bone defects, with a final goal to provide 

efficacious treatment options. This thesis is subdivided into five chapters as 

described below. 

HUCMSCs are a promising cell source for BTE. However, a series of in-vitro 

studies have shown that the osteogenic efficacy of hUCMSCs is relatively lower 

than that of hBMSCs. Therefore, in Chapter 2, we adopted a biomimetic strategy 

of co-culturing osteogenically- and angiogenically-committed hUCMSCs in various 

mixing ratios and culture media, so as to promote the osteogenic efficacy of 

hUCMSCs and fabricate hUCMSC-based biomimetic BTE constructs. 

Furthermore, ECM hydrogels derived from intended tissues bear a tissue-

specific differentiation-inducing capacity. Therefore, in Chapter 3, we developed an 

ECM hydrogel from decellularized periosteum. It was compared with a non-bone-

specific ECM hydrogel — Matrigel to evaluate the pro-osteogenic function of the 

hydrogels in expediting the osteogenic efficacy of hUCMSCs. 

Apart from the direct fabrication of biomimetic BTE constructs, BioCaP coating 

has long been used to confer BTE constructs an osteoconductive surface and 

enhanced scaffold-cell interactions in recipient sites. However, its biomedical 

application is limited by the low coating yield efficiency and protein-incorporation 

rate of the current coating procedure, which uses 1× SCPS. Therefore, in Chapter 

4, we developed a highly concentrated 4.5× SCPS solution to harvest BioCaP 

coatings with enhanced coating yield efficiency and protein incorporation rate.   

Additionally, pDA coating is a simple, safe, and effective method to modify 

scaffolds, thus covalently immobilizing growth factors and increasing surface 

bioactivity. Whether 3D printed TCP scaffolds functionalized by pDA-immobilized 

BMP2 were superior in inducing new bone formation than the superficially adsorbed 

one in ectopic sites was studied in Chapter 5. 

The development of biomimetic TEP has been recognized as a promising 

strategy to accelerate the osseous repair of LVBDs. However, previously developed 

TEPs lack the periosteum-specific niches to regulate cellular activities and are hard 
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to realize genuine biomimetic periosteum in composition. Therefore, in Chapter 6, 

we developed a novel TEP with a decellularized periosteal ECM shell/PCL core 

structure by co-axial electrospinning to promote the repair of bone defects.  
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ABSTRACT 
Objectives: Mesenchymal stem cell (MSC)-based therapy is a promising method 

to promote bone regeneration. However, the usage of human bone marrow 

mesenchymal stem cells (hBMSCs) is restricted by an invasive harvesting process 

and slow proliferation rate. As an alternative cell source to hBMSCs, human 

umbilical cord mesenchymal stem cells (hUCMSCs) bear a non-invasive harvesting 

process, fast proliferation ability, and low immunogenicity. However, multiple 

studies have shown that the osteogenic efficacy of hUCMSCs is lower than that of 

hBMSCs. To approach this problem, a co-culture strategy of hUCMSC-derived 

osteogenic and angiogenic cells was proposed, as osteogenesis and angiogenesis 

are highly coupled during bone formation. 

Materials and methods: Herein, hUCMSCs were pre-treated in the respective 

induction media to produce osteogenic and angiogenic cells. We further screened 

the optimal mixing ratios of both cell types and culture media by assessing their in-

vitro osteogenic differentiation efficacies. Furthermore, after such a pre-treatment 

for 3 days, the osteogenic and angiogenic cells were loaded onto customized 

tricalcium phosphate (TCP) scaffolds to repair bone defects.  

Results: Osteogenic and angiogenic cells that were mixed at a ratio of 3:1 and co-

cultured in the screened medium (osteogenic medium/endothelial cell induction 

medium = 3:1) showed more mineralization nodules than the other groups. Similarly, 

the expression levels of osteogenesis/angiogenesis-related genes (ALP, RUNX2, 

ANG, and CD146) were relatively higher than those of the corresponding mono-

cultured cells. Further evidence from micro-CT and histological examinations of the 

repair of bone defects showed that the 3:1 group bore the best restoration outcome. 

Conclusions: Our work demonstrated a feasible approach to improve 

osteogenesis using the co-culture strategy of dual-directionally differentiated 

hUCMSCs. This may establish a novel method to fabricate tissue-engineered bone 

grafts with 3D printed TCP and hUCMSCs. 

Keywords: HUCMSCs; Dual-directional differentiation; Osteogenesis; Co-culture; 

Bone defects. 
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1. INTRODUCTION 

Large bone defects resulting from trauma, infection, tumor resection, or congenital 

deformities severely affect the original contours and functions of bones. Autologous 

bone grafts, which are considered the “gold standard” for bone transplantation, 

require a second surgical site, inevitably causing further tissue damage and 

bringing serious physical, psychological, and economic burdens to patients [1]. To 

attain a non-invasive, safe, and customized rehabilitation of bone defects, 

mesenchymal stem cells (MSCs) have been used to facilitate the fabrication of 

customized, bioactive tissue-engineered bone grafts based on three-dimensional 

(3D) printed scaffolds [2, 3]. This may provide a promising therapeutic strategy for 

clinical settings. To date, MSCs have been extensively used to promote bone 

regeneration, especially MSCs isolated from bone marrow, which are characterized 

by a favorable osteogenic differentiation capacity and thereby frequently used in 

bone tissue engineering (BTE) [4]. However, the limited acquisition number of 

human bone marrow mesenchymal stem cells (hBMSCs) cannot meet the huge 

demands of bone repair. Besides, their cellular activities are largely influenced by 

the age and health status of the donor [5]. In contrast, MSCs from the Wharton's 

jelly of the neonatal umbilical cord, which are referred to as human umbilical cord 

mesenchymal stem cells (hUCMSCs), possess a high cell yield and rapid 

proliferation capacity. They secret abundant cytokines related to cell migration, 

inflammation, immune regulation, angiogenesis (e.g., vascular endothelial growth 

factor (VEGF), insulin-like growth factor-1 (IGF-1), transforming growth factor, and 

platelet-derived growth factor (PDGF)), neurogenic and wound healing processes 

[6-8]. Furthermore, hUCMSCs do not express the major histocompatibility complex 

II (MHC II) and costimulatory molecules (CD80 and CD86), which are responsible 

for the alloimmune responses [9]. Therefore, the usage of hUCMSCs may be a 

promising choice to enhance the bioactivity of tissue-engineered bone grafts [10]. 

Studies have shown that hUCMSCs promote osteogenesis when seeded on the 

scaffolds and are suitable seed cells for BTE [11]. However, some studies have 

found that the osteogenic efficacy of hUCMSCs is weaker than that of hBMSCs. It 

is therefore necessary to enhance their osteogenic efficacy [12]. 

Due to the lack of nutrition and oxygen supply, the closer MSCs are to the 
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center of the scaffolds, the harder it is for them to survive. Studies have 

demonstrated that being within a 200-μm distance from a blood vessel is critical for 

the survival and retention of viable cells [13, 14]. VEGF derived from osteoblasts, 

BMSCs, hUCMSCs, or human adipose mesenchymal stem cells (hADMSCs) is 

important in view of the fact that VEGF plays a vital role in facilitating angiogenesis 

and osteogenesis [8, 15-18]. Because a high or low concentration of VEGF could 

compromise bone formation, an optimal concentration of VEGF is required for 

angiogenesis and osteogenesis coupling in intramembranous ossification [17]. 

Given these phenomena, a co-culture system of osteogenic cells (e.g., BMSCs and 

osteoblasts) and angiogenic cells (e.g., endothelial progenitor cells and endothelial 

cells) is developed, which shows a synergistic effect in promoting osteogenesis and 

angiogenesis. This favors the survival and proliferation of osteoblasts in the 

scaffolds, thus ensuring successful ossification of tissue-engineered bone grafts 

[19, 20]. Nevertheless, it is difficult to culture endothelial progenitor cells and 

endothelial cells in vitro, and the number of isolated cells and proliferation ability 

are limited [21]. The widely used cells for co-culture, such as BMSCs and 

endothelial progenitor cells, further involve an invasive harvesting process, which 

brings pain to patients and increases the risks of infection. To avoid these problems, 

the usage of a single type of MSCs with abundant sources, noninvasive harvest, 

rapid proliferation, and multilineage differentiation would be a feasible solution. To 

date, however, studies on the dual-directional differentiation of a single type of stem 

cells have been scarce.  

The outcome of osteogenesis is directly influenced by the mixing ratio of the 

two cell types and the co-culture media [22]. Due to the variety of cell types and 

treatment methods used by researchers, no co-culture standard has been 

established so far. Most researchers prefer to mix the two types of cells at a ratio 

of 1:1 and culture them in the osteogenic medium or the mixture of media (50% 

osteogenic medium and 50% endothelial growth medium) [20, 23, 24]. To date, 

however, no report has elaborated on the culture conditions concerning the bi-

directional differentiation of hUCMSCs.  

In this study, hUCMSCs were pre-induced to differentiate into osteogenic and 

angiogenic cells separately. They were then co-cultured at different ratios in the 
31 

 

screened culture media. A series of examinations were conducted to explore and 

analyze the osteogenic outcomes of the co-cultured cells. With a view to identifying 

a state-of-the-art method for applying hUCMSCs in BTE, tissue-engineered bone 

grafts of 3D printed tricalcium phosphate (TCP) scaffolds incorporated with different 

ratios of the induced cells were used to repair critical-sized calvarial bone defects 

in rats. This novel strategy would expand the applications of hUCMSCs in BTE.  

 

2. MATERIALS AND METHODS 

2.1 Isolation, culture, and identification of hUCMSCs 

The experimental design of this study was briefly illustrated in Figure S1. The 

umbilical cord tissues were provided by the Human Stem Cell Bank of The Third 

Affiliated Hospital of Guangzhou Medical University. The umbilical cord tissues 

were used for cell isolation and histological observation. After being sterilized and 

thoroughly washed, the umbilical vein, arteries, and umbilical cord envelope were 

removed, and the Wharton's jelly was obtained. After the Wharton's jelly had been 

cut into pieces, 0.1% type II collagenase (Sigma-Aldrich, USA) was used for 

digestion at 4 °C overnight. The tissue suspension was then screened, plated in 

MSC medium (SM, Table 1), and incubated in 5% CO2 at 37 °C. After 3 days, the 

growth of adherent hUCMSCs was observed. Passage 4–8 was chosen for 

subsequent experiments. 

For identification, 6 × 105 hUCMSCs in 10% PBS were incubated with FITC-

labeled mouse anti-human IgG1 kappa isotype (eBioscience, USA), mouse anti-

human CD73 (eBioscience, USA) and CD90 (eBioscience, USA), PE-labeled 

mouse anti-human IgG1 kappa Isotype (Santa Cruz, USA), mouse anti-human 

CD34 (Santa Cruz, USA) and CD45 (Santa Cruz, USA) on ice for 30 min. Flow 

cytometry (BD, USA) was applied for detection and analysis.  

2.2 Co-culture of dual-directional induction of hUCMSCs 

A series of culture media were applied in the study (Table 1). When the cells 

reached 70–80% confluence, the culture medium was changed from the 

proliferation medium (PM) to the osteogenic medium (OM) to test osteogenic 

differentiation of hUCMSCs. Endothelial cell induction medium (EIM) was used to 

test angiogenic differentiation of hUCMSCs. After being induced in the respective 
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media for 3 days, the osteogenically-induced hUCMSCs (os-hUCMSCs) and 

angiogenically-induced hUCMSCs (an-hUCMSCs) were co-cultured in varied ratios 

with different culture media for another 3 days before being studied in vitro and in 

vivo (Table 2).  

 
Supplementary figure 1. Schematic illustration of the study indicating the isolation of 

hUCMSCs, dual-directional induction and differentiation, screened co-culture conditions, 

and the final repair of calvarial bone defects of rats with 3D printed TCP scaffolds. In the 

timeline (right), the black, red, and blue arrows represent the examinations of osteogenesis 

and angiogenesis of the induced hUCMSCs and osteogenesis of the co-cultured cells. 

 

Table 1. Culture media. 

Abbreviat

ed name 

Full name Components Brand/ 

Country 

SM Mesenchymal 

stem cells 

medium 

MGro-500 chemically defined MSC 

medium (MesenGro basal medium, 450 

mL; MesenGro supplement, 50 mL) 

StemRD/ 

USA 

PM Proliferation 

medium 

High-glucose Dulbecco’s modified 

Eagle’s medium 

10% fetal bovine serum (FBS) 

1% penicillin-streptomycin (PS) 

Gibco/ 

USA 
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OM Osteogenic 

medium 

PM 

100 nM dexamethasone 

 

10 mM β-glycerophosphate 

 

50 μg/mL L-ascorbic acid 

 

Solarbio/ 

China 

Sigma/ 

Germany 

Sigma/ 

China 

EGM Endothelial cell 

growth medium-

2 

Endothelial cell basal medium-2 

EGM-2 BulletKit (10 mL FBS, 0.2 mL 

hydrocortisone, 2.0 mL hFGF-B, 0.5 mL 

VEGF, 0.5 mL ascorbic acid, 0.5 mL 

hEGF, 0.5 mL GA-1000, 0.5 mL heparin) 

Lonza/ 

USA 

 

EIM Endothelial cell 

induction 

medium 

EGM 

25 ng/mL human VEGF 

10 ng/mL human bFGF 

 

PeproTech/ 

USA 

EMM Equivalent 

mixed medium  

1:1 mixture of OM and EIM 

 

/ 

PMM Proportional 

mixed medium  

OM:EIM = os-hUCMSCs : an-

hUCMSCs 

/ 

 

Table 2. Cell ratios and culture media used for the co-culture experiments. 
No. Cell types Cell ratios Culture medium   

1 2 3 4 

1 os-hUCMSCs: 

an-hUCMSCs 

4:0 OM 

2 os-hUCMSCs: 

an-hUCMSCs 

3:1  

PM 

 

OM 

EMM (2:2) PMM (3:1) 

3 os-hUCMSCs: 

an-hUCMSCs 

2:2 EMM (2:2)/ PMM (2:2) 

4 os-hUCMSCs: 

an-hUCMSCs 

1:3 EMM (2:2) PMM (1:3) 

5 os-hUCMSCs: 

an-hUCMSCs 

0:4 EIM 
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2.3 Characterization of the osteogenic and angiogenic capacities of 
hUCMSCs 

2.3.1 Proliferation study 

During the observation period of 1 to 7 days, the cultured cells were incubated 

with the culture medium and Alamarblue (Invitrogen, USA) (v/v = 10:1) for 3 h on 

each day before the test. The optical density (OD) values were then examined at 

570 nm and 600 nm. The percentage of proliferation was calculated using the 

following formula:  

(%) = [117216 × A570 – 80586 × A600 (sample)] / [117216 × A570 – 80586 × A600 

(control)] × 100% 

2.3.2 Alkaline phosphatase (ALP) activity 

ALP quantitative and qualitative studies were carried out. According to the 

manufacturer’s instructions for the ALP quantitative kit (Nanjing Jiancheng 

Bioengineering Institute, China), cell lysis and centrifugation were performed. 

Thereafter, 30 μL of supernatant from each sample was incubated with 50 μL of 

buffer solution and 50 μL of matrix solution at 37 °C for 15 min. Subsequently, 150 

μL of color developer was added, and the OD values were analyzed at 520 nm. 

The protein concentration of each sample was determined using the BCA protein 

quantitative kit (Best Bio, China) for normalization. The ALP activity was expressed 

as King unit per gram of protein. For the ALP staining, the diethyl 2, 5-di (thiophen-

2-yl) terephthalate, 5-bromo-4-chloro-3-indolyl phosphate (BCIP), and nitro-blue-

tetrazolium (NBT) were mixed at a ratio of 300:1:2 to produce the BCIP/NBT 

staining working reagent (Beyotime, China). All the samples were fixed in 4% 

paraformaldehyde (PFA) for 15 min before being incubated with the staining 

working reagent for 20 min. 

2.3.3 Alizarin red S staining (ARS) 

After the samples had been fixed, ARS solution (0.2%, pH 8.3) was added and 

incubated for 10 min. The wells were then rinsed with distilled water to remove the 

nonspecific staining. Images were taken using a stereomicroscope to visualize the 

mineralized matrix. For the quantitative analysis, 10% hexadecyl pyridinium 

chloride monohydrate (CPC) was used to dissolve the mineralized nodules. The 

colorimetric absorbance was then measured at 562 nm. 
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2.3.4 Matrigel angiogenesis assay 

Angiogenic capacity was measured using the Matrigel angiogenesis assay. 

Briefly, 10 μL of ice-cold Matrigel (354230, BD Biosciences) was added into the 

angiogenesis slides (Ibidi, Germany) and incubated at 37 °C for 30 min. Thereafter, 

50 μL of cell suspension (2 × 104 cells) were placed into each well and imaged after 

being incubated for 2.5 h to observe the tube formation.  

2.3.5 Acetylated low-density lipoprotein labeled with Dil (Dil-ac-LDL) 

phagocytosis test 

Before testing, the culture medium was changed to EIM containing 10 μg/mL 

Dil-ac-LDL (Invitrogen, USA). After the samples had been incubated at 37 °C for 4 

h and washed with PBS several times, nuclei staining was carried out using 5 μg/mL 

Hoechst (Sigma-Aldrich, USA). A confocal laser scanning microscope (CLSM, 

Leica, Germany) was used for observation.  

2.3.6 Immunofluorescent staining 

After angiogenic induction, the cells were fixed before being penetrated by the 

frozen methanol at 20 °C for 10 min. Blocking buffer (Beyotime, China) was used 

to block the endogenous peroxidase at room temperature for 1 h. Monoclonal 

antibodies, including EphrinB2 (1:100, Abcam, UK) and EphB4 (1:800, CST, USA), 

were incubated with the cells at 4 °C overnight, followed by incubation with the 

secondary antibody (1:750, Biotium, USA) for 1 h. Thereafter, 5 μg/mL Hoechst 

(Sigma-Aldrich, USA) was used for nuclei staining for 15 min. The samples were 

photographed by the CLSM. 

2.3.7 Quantitative reverse transcription-polymerase chain reaction (qRT-PCR)  

Total RNA was extracted from the target cells using the TRIzol reagent 

(Invitrogen, USA) and quantified using a NanoDrop 2000 Spectrophotometer 

(Thermo Fisher Scientific, USA). Thereafter, 500 ng of total RNA from each sample 

was used to synthesize complementary DNA (cDNA) via PrimeScriptTM RT Master 

Mix (Takara, China). Finally, 10 ng of cDNA from each sample was used for qPCR 

with TB Green Premix Ex Taq II (Takara, China) and synthesized primers (Generay, 

China) in real-time fluorescent quantitative PCR (Bio-Rad, USA). The relative gene 

expression was calculated using 2-Ct and GAPDH as the housekeeping gene. 

The primer sequences were listed in Table 3. The examined genes were ALP, runt-
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related transcription factor 2 (RUNX2), collagen type ǀ (COL ǀ), osteopontin (OPN), 

EFNB2, EPHB4, VEGF, basic fibroblast growth factor (bFGF), SERPINF1, 

ANGPTL1, SPROUTY1, angiogenin (ANG), CD146, and PDGFB.  

2.3.8 Western blotting 

For cell lysis, RIPA buffer containing 1% proteinase inhibitor, cocktail (ComWin 

Biotech, China) was added, followed by centrifugation. The supernatant was 

harvested and quantified using the BCA kit before being subjected to western blot 

analysis. The protein (20 μg) was separated using 10% sodium dodecyl sulfate-

polyacrylamide gel electrophoresis. The targeted protein was then transferred to a 

polyvinylidene difluoride membrane and blocked with 1% PBST containing 3% FBS 

for 1 h. The primary antibodies rabbit anti-human RUNX2 (1:1000, CST, USA), 

mouse anti-human CD146 (1:1000, CST, USA), and rabbit anti-human β-actin 

(1:1000, CST, USA) were incubated with the cells at 4 °C overnight. The secondary 

antibodies goat anti-rabbit (1:2000, CST, USA) and rabbit anti-mouse (1:2000, CST, 

USA) were then incubated for 1 h. Finally, chemiluminescence detection reagents 

(ECL, Amersham) were mixed and added onto the membrane and exposed to an 

X-ray film. A gel imaging system (Bio-Rad, USA) was used for capturing images, 

and the final results were analyzed using Image J. 

 

Table 3. Primers sequences used for the qRT-PCR analysis. 

No. Primer name Sequence 

1 ALP   sense: GGCTGTAAGGACATCGCCTA 

antisense: GGGTCAAGGGTCAGGAGTTC 

2 RUNX2 sense: TACTATGGCACTTCGTCAGGA 

antisense: GATTCATCCATTCTGCCACTA 

3 COL ǀ sense: CGATGGATTCCAGTTCGATGTGGT 

antisense: TGTTCTTGCAGTGGTAGGTGATG 

4 OPN sense: GCTAAACCCTGACCCATC 

antisense: CTTTCGTTGGACTTACTTGG 

5 EFNB2 sense: CTCCTCAACTGTGCCAAACCA 

antisense: GGTTATCCAGGCCCTCCAAA 
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6 EPHB4 sense: GATGCCTGGAGTTACGGGATTG 

antisense: TCCAGCATGAGCTGGTGGAG 

7 VEGF sense: GGAGGCAGAGAAAAGAGAAAGTGT             

antisense: TAAGAGAGCAAGAGAGAGCAAAAGA 

8 bFGF sense: AGTCTTCGCCAGGTCATTGAGATC             

antisense: CGTCCTGAGTATTCGGCAACAG 

9 SERPINF1 sense: ATAGTCCAGCGGGAAGGT 

antisense: TAGCAAGATCACAGGCAAAC 

10 ANGPTL1 sense: TACCTCCCAGCAGACCAG 

antisense: TTTTCCCGACAAGACACC 

11 SPROUTY1 sense: ATTGCCCTTTCAGACCTA 

antisense: AATAATAACTACGAGCACAGAC 

12 ANG sense: TGGTGACCTGGAAAGAAG 

antisense: GCACTATGATGCCAAACC 

13 CD146 sense: GAGACAGGTGTTGAATGCACG 

antisense: TGTTGGCTCTGGTATGAGGAC 

14 PDGFB sense: ATGGAGTTTGCTGTTGAGGTGG 

antisense: GCAGGGTGGAGGTAGAGAGATG 

15 GAPDH sense: GCACCGTCAAGGCTGAGAAC 

antisense: TGGTGAAGACGCCAGTGGA 

 

2.4 Construction and characterization of tissue-engineered bone grafts 

2.4.1 Fabrication of 3D printed TCP scaffolds 

Briefly, β-TCP (Kunshan Chinese Technology New Materials Co., Ltd., China) 

ink was prepared by dispersing the TCP powder in a dispersant with distilled water, 

hydroxypropyl methylcellulose, and polyethylenimine (PEI). A 3D bioprinter 

(Regenovo, China) was used to design and print the scaffolds. To obtain final 

scaffolds with a diameter of 5 mm and thickness of 1 mm, the printing parameters 

were set as 700 μm in distance and 200 μm in height. After being printed, the 

scaffolds were air-dried for 24 h and sintered at 1100 °C for 3 h.  

2.4.2 Constructing a tissue-engineered bone graft 

The sterile 3D TCP scaffolds were soaked in the culture medium overnight and 

air-dried. Afterwards, 15 μL cell suspension (6.67 × 106/mL) of the 3:1 or 4:0 group 
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was seeded onto the scaffolds. After adhesion of 3 h, the culture medium was 

refilled.  

2.4.3 Scanning electron microscopy (SEM) 

The morphology of the scaffolds and attached cells was observed by SEM 

(S3400N, Hitachi, Japan). Before the test, 2.5% glutaraldehyde (Leagene, China) 

was added to the samples for fixation. The samples were then dehydrated using 

gradient concentrations of alcohol, followed by air-drying. The samples were 

sputter-coated with Au–Pd plasma and then mounted on the SEM for observation. 

2.4.4 Live/dead staining 

Three days post-cell seeding, a live/dead staining kit (BestBio, China) was 

used for characterization according to the manufacturer’s instructions. The samples 

were observed under the CLSM.  

2.5 In-vivo study and analysis 

With the approval of the Ethics Committee of Guangzhou Medical University 

(GY2019-031), 12 male Sprague-Dawley rats (12 weeks, weights of 250–300 g) 

were chosen for the bone repair study. The rats were divided into the following four 

groups: blank, scaffold, 4:0 and 3:1. The 4:0 and 3:1 groups were chosen on the 

basis of the results of the aforementioned studies (n = 6). Two critical-sized calvarial 

bone defects were created per rat. Sodium pentobarbital (30 mg/kg) was used to 

induce general anesthesia by intraperitoneal injection. After being shaved and 

sterilized, the soft tissue was cut along the middle line of the skulls of rats. The 

muscles and periosteum were separated bluntly to thoroughly expose the operation 

area. A full-thickness bone defect with a diameter of 5 mm was created with a 

trephine under continuous saline irrigation. The bone grafts were implanted, and 

the wounds were closed with strict sutures. Penicillin 400,000 U was injected 

intramuscularly for 3 days after the operation. Four weeks later, the rats received 

euthanasia with inhalation anesthesia using isoflurane (Yipin, China). The 

specimens were harvested and fixed in 4% PFA for further studies.  

2.5.1 Micro-CT analysis 

Micro-CT (SkyScan 1172, Bruker, Belgium) was used for the radiographic 

analysis. The scanning parameters included 1-mm thickness of aluminum filter, 

resolution of 2000 × 1332, 9-μm pixel size, voltage of 80 kV, and current of 100 μA. 
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NRecon 1.0 software was then used to rebuild, Dataviewer for ROI selection, and 

CTAn1.13 software for new bone volume, trabecular number, and thickness 

analyses. As no bone formation was detected in the center of the defect in the blank 

group, the new bone volume, trabecular number, and thickness were set as zero.  

2.5.2 Histological study 

The harvested calvarial specimens were decalcified using 10% EDTA for 4 

weeks. Thereafter, they were washed overnight, dehydrated, embedded in paraffin, 

and sliced into 4-μm-thick sections. To detect the tissue structures, the harvested 

umbilical cord was prepared and sliced following the aforementioned method. For 

the immunohistochemical staining analysis, the umbilical cord tissue was subjected 

to CD31 and CD34 staining. After pretreatment, the samples were incubated with 

mouse anti-human CD31 (1:1600, CST, USA) and rabbit anti-human CD34 (1:200, 

Abcam, USA) at 4 °C overnight. After rewarming and 10% PBS washing of the 

samples, the secondary antibodies rabbit anti-mouse (1:200, CST, USA) and goat 

anti-rabbit (1:200, CST, USA) were added and incubated at 37 °C for 1 h. 

Afterwards, 10% DAB was used for staining followed by hematoxylin to stain the 

nuclei.  

Hematoxylin & eosin (H&E) staining was performed using an automatic dyeing 

machine (Sakura, Japan). According to the manufacturer’s instructions, a Masson 

trichrome staining kit (Servicebio) was used. After dewaxing, the following series of 

staining tests were performed: hematoxylin dyeing for 3 min, acid fuchsin dyeing 

for 5–10 min, molybdenum phosphate acid dipping for 1–3 min, and aniline blue 

dyeing for 3–6 min. For the quantitative analysis, the percentage of the new bone 

volume was calculated using the following formula: new bone area/total area × 

100%.  

2.6 Statistical analysis 

All data were expressed as the mean ± standard deviation (SD) from at least 

three independent tests. GraphPad Prism 6.0e was used for the statistical analyses. 

The differences among the groups were analyzed using one-way analysis of 

variance (ANOVA), followed by the post-hoc test of Tukey. A two-way ANOVA was 

used to assess the differences among the groups at multiple time points, followed 

by Sidak’s post-hoc test. The significance level was set at P < 0.05. 
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3. RESULTS 
3.1 Characteristics of the umbilical cord and hUCMSCs from the Wharton's 

jelly 

The structures of the umbilical cord tissue were demonstrated by H&E staining. 

Two darkly-stained round arteries coupled with one oval-shaped vein were 

observed in the central part of the pink-stained Wharton's jelly, which was 

surrounded by a thin layer of epithelium. At a high magnification, the Wharton's jelly 

was loose with scattered eosinophilic-stained mononuclear cells (Figure 1A). The 

immunohistochemical staining showed that the Wharton's jelly did not contain 

CD31- or CD34-positive hematopoietic cells. These brown-stained cells could be 

observed in the arteries and the vein (Figure 1B). The isolated P1 cells from the 

Wharton's jelly were homogeneous, bipolar spindle-shaped and arranged in a 

whirlpool (Figure 1C). The flow cytometric analysis showed that more than 99% of 

the cells expressed the surface markers of CD73 and CD90 of MSCs, but did not 

express the hematopoietic cells’ markers of CD34 and CD45 (Figure 1D). 

3.2 Osteogenic differentiation of hUCMSCs  

To evaluate the osteogenic differentiation capacity of hUCMSCs, the ALP 

activity in the quantitative and qualitative analyses, osteogenesis-related genes 

expression, and mineralized nodules formation were studied. After 4, 7, and 10 

days of osteogenic induction, the ALP staining of the hUCMSCs in OM became 

purple and darker than that in PM, and the darkest color was observed on the 4th 

day (Figure 2A). These results were consistent with the quantitative examination of 

ALP activity (Figure 2B). It’s showed that the ALP activity increased significantly 

during the observed period in OM compared with that in PM and reached the 

highest level on the 4th day, which was twice and three times higher than that on 

the 7th and 10th days. The mRNA expression levels of ALP and OPN increased 

significantly after osteogenic induction at all detected time points, while the mRNA 

expression levels of RUNX2 and COL ǀ increased significantly only on the 4th day 

(Figure 2C). ARS showed scattered calcium nodules in week 3 post-induction, 

which increased remarkably after 5 weeks. No calcium nodules were found in the 

PM group (Figure 2D). 
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Figure 1. Characteristics of the umbilical cord and hUCMSCs from the Wharton's jelly. A: 

H&E staining of the umbilical cord tissue. Light pink represents the Wharton's jelly, and dark 

pink refers to the arteries and vein. At a high magnification, loose and irregular jelly-like 

tissue was observed with nuclei stained dark blue. B: Immunohistochemical staining of the 

Wharton's jelly, arteries, and vein with CD31 and CD34. Positive brown-stained cells could 

only be detected in the arteries and vein. C: Wharton's jelly-derived P1 cells with 

homogeneous bipolar spindle-like shape, aligning in a whirlpool. D: Surface markers of P5 

cells. 
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Figure 2. Osteogenic differentiation of hUCMSCs. A & B: ALP staining and quantitative 

analysis of non- and osteogenically-induced hUCMSCs on days 4, 7 and 10. C: The 

expression levels of osteogenesis-related genes ALP, RUNX2, COL ǀ, and OPN on days 4, 

7 and 10. D: ARS of non- and osteogenically-induced hUCMSCs in weeks 3 and 5. More 

red-stained calcium depositions were observed in OM than in PM in week 5. Scale bar = 200 

μm. ** p < 0.01; *** p < 0.001; **** p < 0.0001. 
 

3.3 Angiogenic differentiation of hUCMSCs  

Three days post-EIM induction, the induced hUCMSCs became elongated and 

polygonal with a large number of vascular-like structures (Figure 3A). As tube 

formation on the Matrigel and ac-LDL phagocytosis are the two representative 

experiments for determining whether the induced MSCs bear endothelial cells’ 

functions, we performed the two tests to examine the morphological and functional 

changes of hUCMSCs. The analyses showed that the an-hUCMSCs incubated on 

the Matrigel for 2.5 h were able to form a reticular structure resembling vessels, 

while the non-induced hUCMSCs were distributed in clusters (Figure 3B). Similarly, 

the an-hUCMSCs engulfed Dil-ac-LDL with red fluorescent-labeled ac-LDL around 

the blue nuclei, while the non-induced MSCs did not possess the same function 

(Figure 3C). The immunofluorescence staining showed that after the angiogenic 
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induction, the cells connected in a circular pattern and expressed both the arterial 

endothelial cell marker EphrinB2 and the venous endothelial cell marker EphB4 

(Figure 3D). QRT-PCR examination detected the expression levels of pro-

angiogenic genes EFNB2, EPHB4, VEGF, and bFGF on the 4th, 7th, and 10th day 

after induction. The expression of EFNB2, VEGF, and bFGF significantly enhanced 

on the 4th day. The expression levels of all the tested genes declined significantly 

on the 7th and 10th days (Figure 3E). In contrast, the expression levels of anti-

angiogenic genes SERPINF1 and ANGPTL1 increased over the whole period. The 

trend was opposite to that of the anti-angiogenic gene SPROUTY1 and pro-

angiogenic genes (Figure 3F).   

 
Figure 3. Angiogenic differentiation of hUCMSCs. After the angiogenic induction, the 

morphology of hUCMSCs changed to vascular-like structures, indicated by the red arrows in 
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phase-contrast microscopy images (A). The an-hUCMSCs bore angiogenic ability in Matrigel 

(B) and Dil-ac-LDL phagocytosis test (C), which showed blue-stained nuclei and red-stained 

Dil-labeled ac-LDL in the cells. D: The immunofluorescence assay validated the expression 

of the EphrinB2 and EphB4 proteins. E: The mRNA expression of the pro-angiogenesis-

related genes EFNB2, EPHB4, VEGF, and bFGF, as well as (F) anti-angiogenesis-related 

genes SERPINF1, ANGPTL1, and SPROUTY1 after induction on days 4, 7 and 10. A–C, 

scale bar = 200 μm; D, scale bar = 50 μm. ** p < 0.01; *** p < 0.001; **** p < 0.0001. 

 

3.4 Screening the co-culture media 

When the os-hUCMSCs and an-hUCMSCs were co-cultured for 17 days, ARS 

showed that the cells co-cultured in PM at ratios of 3:1, 2:2, and 1:3 also had an 

osteogenic differentiation ability with calcium nodules formation (Figure 4A), which 

did not differ statistically from that of the positive control group (Figure 4B). Similarly, 

there was no significant difference between PM, OM, EMM and PMM of 1:3 groups 

and the positive control group. Only in PMM (3:1) culture medium did a large 

number of scattered calcium nodules form in 3:1 group (Figure 4A), which were 

dramatically increased compared with those of the other groups. The 3:1 group 

exhibited an OD value of about 5.1 times higher than that of the control group 

(Figure 4B). PMM was therefore selected as the co-culture medium. 

 
Figure 4. Screening the co-culture media for the dual-directional induction of hUCMSCs. A: 

ARS results of os-hUCMSCs and an-hUCMSCs co-cultured at varied ratios in different 

media for 17 days. Scale bar = 100 μm; Inset image, scale bar = 200 μm. Osteogenically-

induced hUCMSCs in OM were set as the positive control group. B: Quantitative assay of 

calcium nodules. * p < 0.05; **** p < 0.0001.  
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3.5 Effects of co-culture on the osteogenesis and angiogenesis of hUCMSCs 

After co-culture, the cell proliferation rate and ALP activity of the 3:1 group 

were similar to those of the 4:0 group in OM, which was the positive control (Figure 

5A & B). The expression levels of osteogenesis-related genes RUNX2 and ALP, 

and RUNX2 protein in group 3:1 were significantly higher than that of the 4:0 group 

(Figure 5C & D). The proliferation rates in the 2:2 and 1:3 groups maintained at a 

high level during the overall observation period (Figure 5A). The 2:2 group bore the 

highest expression levels of ALP, RUNX2, and the RUNX2 protein (Figure 5C & D). 

In contrast, the ALP activities of the 1:3 group on the 1st and 2nd days were the 

highest compared with those of the others (Figure 5B), while the gene expression 

of ALP decreased after 3 days’ co-culture. The expression levels of gene and 

protein of RUNX2 were still higher than those of the 4:0 group (Figure 5C & D). 

Angiogenic analysis showed that ANG mRNA expression on the 3rd day was higher 

in the 3:1 group than that of the 0:4 group, as were PDGFB mRNA expression in 

the 2:2 group and VEGF mRNA expression in the 1:3 group (Figure 5C). These 

differences were statistically significant. The gene and protein expression of CD146, 

which is a marker of pericytes related to vascular stability, were higher in the 3:1 

group than in the 0:4 group (Figure 5C–E). 

To further illustrate the angiogenic capacity of the co-culture system, the 

Matrigel tube formation assay was performed. After 3 days of pre-induction (which 

was labeled as 0 day), the number of vascular tubules that formed on the Matrigel 

was positively correlated with the percentage of mixed an-hUCMSCs; the shapes 

of the vascular tubules were more completely and continuously circular (Figure 6). 

After 3 days of co-culture, the 0:4 group still possessed good angiogenic ability, 

while the tube formation of the other groups weakened with only a small number of 

branching structures (Figure 6). 
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Figure 5. The co-culture of hUCMSC-derived osteogenic and angiogenic cells. A: Cell 

proliferation curves. B: Quantification of ALP activity. C: Expression levels of osteogenesis- 

and angiogenesis-related genes after co-culture for 3 days. D–E: RUNX2 and CD146 protein 

expression after co-culture for 3 days. * p < 0.05; ** p < 0.01; *** p < 0.001; **** p < 0.0001. 
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Figure 6. Tube formation capacity of the co-cultured cells. The percentage of mixed an-

hUCMSCs was positively correlated with the number of vascular tubules formed on the 

Matrigel. Only a few branches were observed in the 3:1 and 2:2 groups. Scale bar = 200 μm. 
 

3.6 Characterization of the tissue-engineered constructs with co-cultured 

dual-directionally differentiated hUCMSCs 

SEM showed that the struts of the 3D printed TCP scaffolds were delicate and 

uniform with a pore size ranging from 350 to 400 μm (Figure 7A). At 3500× 

magnification, microporous and nanoporous structures could be observed (Figure 

7B). Live/dead staining results showed that green-stained live cells attached to the 

scaffold with barely visible red-stained dead cells (Figure 7C). Similarly, the 

hierarchically porous structure was beneficial to the growth and migration of MSCs, 

suggesting that the 3D scaffolds possessed excellent cytocompatibility and this 

combination was feasible for the fabrication of bone grafts (Figure 7D). 
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Figure 7. Characterization of the tissue-engineered constructs with co-cultured dual-

directionally differentiated hUCMSCs. A: Surface architecture and (B) microstructure of the 

scaffolds under SEM. C: Live/dead staining results showed green-stained living cells 

attached to the scaffold. D: Dual-directionally differentiated hUCMSCs spread well on the 

scaffolds showed by SEM. The red arrow refers to dual-directionally differentiated hUCMSCs. 

Scale bar = 200 μm. 

 

3.7 Rehabilitation of the critical-sized bone defects 

After the operation, all rats recovered well. Four weeks later, micro-CT showed 

that only a small amount of new bone grew from the host bone in the periphery of 

the defects in the blank group. There was still little bone formed around the 

implanted scaffolds. After the incorporation of the os-hUCMSCs, much new bone 

grew evenly along the scaffolds. Moreover, the 3:1 ratio of os-hUCMSCs/an-

hUCMSCs significantly enhanced the new bone volume, trabecular number, and 

thickness (Figure 8A & B).  

To further ensure the outcome pertaining to bone formation, H&E and Masson 
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trichrome staining were both performed. From the gross view of the newly 

regenerated tissues in the defect area, there were prominent amounts of pink-

stained connective tissues with slightly new bone regenerated along the host bone 

in the blank group. With implanted scaffolds, osteoid and a few capillaries were 

observed in the central area of the defects. After implanting the os-hUCMSCs 

coated scaffolds, red-stained mature bone regenerated in the central area with 

dense, regular connective tissues along the porous structures of the decalcified 

TCP scaffolds. In the 3:1 group, abundant mature bone scattered with dark pink-

stained bone lacuna surrounded by connective tissues (Figure 8A). The Masson 

trichrome staining revealed dark red-stained mature bone and light blue-stained 

collagen in the 3:1 group. Relatively small amounts of mature bone formed in the 

4:0 group, and no bone regenerated in the groups with or without the scaffolds. The 

quantitative analysis validated that the 3:1 group bore the greatest bone formation 

than the other groups (Figure 8C).  
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Figure 8. In-vivo rehabilitation outcomes of the calvarial bone defects in rats. A: Micro-CT 

and histological results validating the reconstruction outcomes. In the micro-CT results, 

green-stained tissue refers to the newly formed bone, while the grey stands for the 3D 

scaffold. The histological analysis showed that pink-stained homogeneous osteoid and new 

bone structures from H&E staining and dark red-stained mature bone and light blue-stained 

collagen tissues from Masson trichrome staining could be detected in the 3:1 group. CT: 

connective tissue; SF: scaffold; OD: osteoid; NB: new bone; HB: host bone. B: Quantitative 

comparisons of new bone volume, trabecular number, and thickness among the studied 

groups. C: Percentage of new bone calculated by the histological study. Scale bar = 100 μm. 

* p < 0.05; ** p < 0.01; *** p < 0.001; **** p < 0.0001. 
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4. DISCUSSION 

With the increasing demands of bioactive bone grafts in clinical settings, MSCs 

have been regarded as an ideal approach to enhance the osteogenic, angiogenic, 

and immunoregulatory capacities of bio-scaffolds. The larger bone scaffolds are, 

the harder it is for seeded cells to live inside them due to the limited perfusion and 

migration of capillaries. In this study, the dual-directional differentiations of 

hUCMSCs were conducted, which were then co-cultured under screened 

conditions to enhance osteogenic capacity, thus facilitating the fabrication of 

bioactive tissue-engineered bone grafts to repair critical-sized bone defects. 

After culturing hUCMSCs in OM, we found that the ALP activity and osteogenic 

genes (ALP, RUNX2, COL ǀ, and OPN) expression levels in hUCMSCs were 

significantly higher than those in non-induced hUCMSCs. The ARS results showed 

that only dispersed punctiform calcium nodules appeared in week 3, which was 

consistent with previous studies [25-27]. Flaky calcification did not occur until week 

5, suggesting that hUCMSCs achieved a similar osteogenic outcome to that of 

hBMSCs when being induced for a longer time. This outcome may result from the 

different origins of the two cell types: hBMSCs are more likely to express the same 

genes as osteoblasts, while hUCMSCs tend to express the same genes as 

embryonic stem cells [25]. Batsali et al. find that the expression levels of the genes 

related to WNT signaling pathway are significantly lower in hUCMSCs during 

osteogenic differentiation than in hBMSCs, while WNT-1 inducible-signaling 

pathway protein-1 (WISP1) can induce significantly increased expression of 

osteogenesis-related genes [27]. Thus, the inadequate activation of the WNT 

signaling pathway in hUCMSCs may lead to a relatively low osteogenic ability. 

Previously reported methods of angiogenic induction include cytokine 

induction [28], hypoxia induction [29, 30], co-culture induction [31, 32] and gene 

transfection induction [33]. The angiogenesis-related cytokine-induced 

differentiation of MSCs into angiogenic cells is the most commonly used approach. 

Herein, EIM was prepared by adding VEGF and bFGF to EGM. After a 4-day 

induction, tube formation and ac-LDL phagocytosis were found in an-hUCMSCs, 

which were consistent with other reports [34, 35]. The expression levels of the 

artery- and vein-specific proteins (EphrinB2 and EphB4) increased [28, 36]. The 
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angiogenic genes expression levels of EFNB2, EPHB4, VEGF, and bFGF were 

higher than those in the non-induced group on the 4th day, while they were lower 

on the 7th and 10th days. In contrast, anti-angiogenic genes expression levels of 

SERPINF1 and ANGPTL1 showed the opposite outcome. Only the expression of 

SPROUTY1 was lower than that of the non-induced group. Similarly, Konig et al. 

show that angiogenically-induced human amniotic stromal cells (hAMSCs) bear a 

significant down-regulation of the pro-angiogenic genes expression (e.g., VEGF 

and fibroblast growth factor-2) and up-regulation of the anti-angiogenic genes 

expression (e.g., SERPINF1 and SPROUTY1) [37]. It can be speculated that after 

angiogenic induction, hUCMSCs prevent themselves from differentiating into 

mature endothelial cells by up-regulating the expression levels of anti-angiogenic 

genes. Compared with the results of other studies that focus on inducing MSCs to 

differentiate into angiogenic cells, in which the expression levels of angiogenic 

genes increase significantly [35, 38], our results were different. This may be 

attributed to the following reasons. First, the purity and angiogenic differentiation 

ability of MSCs are directly determined by cell types and sources. For example, 

bone marrow and fat are highly vascularized tissues. It is difficult to ensure that no 

endothelial cells or endothelial progenitor cells are included in isolated hBMSCs 

and hADMSCs [37]. In contrast, no capillaries exist in the Wharton's jelly. 

Furthermore, hADMSCs secrete more angiogenesis-related proteins than hBMSCs 

and hUCMSCs [26], which can also influence their angiogenic differentiation. 

Second, the compositions of the induction media are also different. The 

concentration of VEGF directly affects the results of the study because VEGF is 

crucial to trigger vascular development and the formation of blood vessels [37, 39]. 

Chen et al. [35] and Xu et al. [34] prove that the VEGF concentration of 50 or 100 

ng/mL is more likely to cause changes in the expression levels of angiogenesis-

related genes and proteins as well as final functions, while a low concentration of 

VEGF may not be enough to achieve these effects. In contrast, Konig et al. just 

utilize EGM-2 for the induction of hADMSCs [37]. In our study, 25 ng/mL of VEGF 

and 10 ng/mL of bFGF were added to EGM-2 to induce the hUCMSCs, which 

showed that there were only consistent changes in the expression levels of 

angiogenesis-related genes and proteins as well as their functions in a short 
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induction time. Third, the induction duration is also different between our study and 

previous studies, which report 5- [37], 7- [40], 9- [34], 12- [35], or 14-day [38, 41] 

induction periods or a much longer period of time. 

Multiple studies have shown that compared with being cultured alone, 

osteogenic cells co-cultured with angiogenic cells resemble the physiological 

conditions in vivo, which shows synergistic effects on the processes of 

osteogenesis and angiogenesis [20, 42, 43]. Yang et al. attempt to induce the dual-

directional differentiation of hADMSCs into osteogenic and angiogenic cells. The 

expression levels of osteogenesis- and angiogenesis-related genes and proteins 

increase significantly with a 1:1 co-culture ratio compared with 2:1 and 1:2 ratios 

[40]. To further study the osteogenesis of the co-cultured cells, we extended the 

mixing ratios and related culture media. ARS was selected to screen the optimal 

co-culture strategy. The 3:1 ratio of osteogenic cells/angiogenic cells cultured in the 

same ratio of OM/EIM bore the highest amount of calcium nodules formation than 

the other groups. As to the 3:1 group, the cell proliferation rate was consistent with 

that of the 4:0 group, but much slower than that of the 2:2 and 1:3 groups. This 

might be attributed to that the culture media of the 2:2 and 1:3 groups bore higher 

amounts of growth factors than those of the 4:0 and 3:1 groups. Compared with the 

cells in 4:0 group, cells in the 3:1 group bore a significantly increased expression 

of the early osteogenic genes (ALP and RUNX2), pro-angiogenesis-related gene 

ANG [44], and the pericyte-associated surface marker CD146 [45, 46]. These 

results suggested that the 3:1 co-culture system could effectively promote 

physiological processes related to osteogenesis and angiogenesis, thereby 

accelerating the osteogenic differentiation of hUCMSCs. 

Biocompatible 3D printed β-TCP scaffolds [47, 48] were used as carriers of 

hUCMSC-derived osteogenic cells and angiogenic cells, so as to fabricate bioactive 

tissue-engineered bone grafts to repair the critical-sized calvarial bone defects of 

rats. The results further validated that the 3:1 group bore an optimal rehabilitation 

outcome compared with the other groups. Similarly, Zhou et al. find that the bone 

constructs of co-cultured BMSCs and BMSC-derived angiogenic cells on TCP 

scaffolds display a favorable repair outcome compared with constructs of mono-

cultured BMSCs [49].  
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Though the co-culture system of dual-directionally pre-induced hUCMSCs 

could effectively promote osteogenesis, better than the mono-cultured hUCMSCs, 

the optimal pre-induction time and co-culture conditions need to be further studied. 

At present, many in-vitro studies have shown that there are several communication 

modes between osteogenic and angiogenic cells. First, soluble paracrine cytokines 

from endothelial cells, such as BMP2, VEGF, and IGF-1, promote the osteogenesis 

of BMSCs [50]. Second, the extracellular matrix plays a pivotal role in the 

communication between the two cell types [51-53]. Third, multiple scholars believe 

that the direct contact between cells allows angiogenic cells to promote the 

functions of BMSCs, and gap junctions are of paramount importance during this 

process [54]. Finally, in-vivo studies of long bone have shown that H-type blood 

vessels are important structures for the coupling effects of osteogenesis and 

angiogenesis [55], which are mediated by Notch signaling pathway of endothelial 

cells [56]. It is therefore important to further study whether there are similar 

communication modes between co-cultured hUCMSC-derived osteogenic and 

angiogenic cells.  

Despite the promising results, there are several limitations in this study. First, 

dual-directionally pre-induced hUCMSCs should be labeled to identify the 

phenotypic changes after pre-induction and co-culture using flow cytometry as well 

as cell transformation after implantation. Second, cells from human were directly 

used in non-immunodeficient SD rats, and no immunosuppressive agents were 

injected after the operation. Although the literature has shown that the 

immunogenicity of hUCMSCs is low, the immune response is activated inevitably. 

Third, the genomes and proteomes of the dual-directionally differentiated 

hUCMSCs should be analyzed to clarify the induction efficacy and interactions 

between the cells. These limitations will be gradually addressed in follow-up 

experiments. 

 

5. CONCLUSION 

Our study validated that hUCMSCs bore a slightly low osteogenic efficacy and 

could be induced and differentiated into angiogenic cells with endothelial functions. 

The osteogenic capacity of dual-directionally differentiated hUCMSCs co-cultured 
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in PM was dramatically enhanced. Besides, the 3:1 group showed an optimal 

osteogenic capacity both in vitro and in vivo when being cultured in the same 

proportion of mixed media. This co-culture strategy of dual-directional pre-induction 

of hUCMSCs provides a novel approach for the construction of bioactive tissue-

engineered bone grafts with enhanced osteogenesis for clinical transplantation.  
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ABSTRACT 

Human umbilical cord mesenchymal stem cells (hUCMSCs) are promising stem 

cells for bone tissue engineering, which have a non-invasive harvesting process, 

high cell yield, favorable proliferation capacity, and low immunogenicity. However, 

the osteogenic efficacy of hUCMSCs is relatively lower than that of human bone 

marrow mesenchymal stem cells (hBMSCs). Hydrogels from decellularized 

extracellular matrix (dECM) preserve the biological compositions and functions of 

natural ECM, which can provide tissue-specific cues to regulate phenotypic 

expression and cell fate. It is unknown, however, whether hydrogels from 

periosteum can serve as pro-osteogenic carriers of hUCMSCs. Herein, a 

decellularized periosteum-derived hydrogel (dPH) was fabricated to reveal the 

effects of periosteum-specific cues on the bioactivities of hUCMSCs. A widely used 

non-bone/periosteum-derived ECM hydrogel product — Matrigel, was used as the 

control group. After decellularization, the absence of nuclei in the histological 

analysis indicated the successful removal of cellular components, which was also 

confirmed by DNA content quantification. The storage modulus of dPH increased 

(from 164.49 ± 29.92 Pa to 855.20 ± 20.67 Pa) with the increasing concentration 

(from 0.5% to 1%). With a highly porous, fibrous microstructure, dPH had a more 

hydrophilic surface than Matrigel, of which the water contact angle reduced by 

62.62 ± 0.04%. Furthermore, dPH prominently promoted the initial cellular 

spreading with a significantly higher cell surface area (1.47-fold), cell spreading 

length (1.45-fold) and proliferation (about 1.05–1.13-fold) of hUCMSCs than those 

of Matrigel. Additionally, dPH was conducive to cell migration, whereas no cells 

migrated to Matrigel in the Transwell model. Compared with those of the Matrigel 

group, the osteogenesis-related genes expression levels (RUNX2, ALP, OPN, and 

OCN) and mineralized matrix formation (9.74-fold) of the hUCMSCs significantly 

increased in the dPH group. Our study indicated that dPH could provide a pro-

osteogenic microenvironment for hUCMSCs, thereby revealing a promising 

application potential to repair bone defects. 

Keywords: Periosteum; Decellularized extracellular matrix-derived hydrogels; 

Matrigel; hUCMSCs; Osteogenic differentiation. 
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1. INTRODUCTION  

Mesenchymal stem cell (MSC)-based constructs have been considered promising 

alternatives to autologous bone grafts in repairing bone defects [1, 2]. MSCs are 

multipotent stem cells and can differentiate into diverse cell types, such as 

osteoblasts, chondrocytes, and adipocytes under specific stimuli from culture 

media or biomaterials [3, 4]. MSCs can be isolated from various tissues, such as 

bone marrow, umbilical cord, and adipose tissue. Human bone marrow 

mesenchymal stem cells (hBMSCs) are the most widely used stem cells for 

promoting bone regeneration [5]. However, the invasive harvesting process, low 

yield, and slow proliferation rate of hBMSCs restrict their clinical applications [6, 7]. 

In contrast, human umbilical cord mesenchymal stem cells (hUCMSCs) are 

primitive and possess a non-invasive harvesting procedure, an abundant source, 

and a high cell yield [8], which ensure a sufficient number of cells for bone tissue 

engineering (BTE). HUCMSCs also have a significantly higher proliferation capacity 

than hBMSCs and maintain high activity after multiple passages [9, 10]. Moreover, 

hUCMSCs show lower expression levels of human leukocyte antigen (HLA) I/II and 

a higher production of tolerogenic IL-10, transforming growth factor-β (TGF-β), and 

HLA-G than hBMSCs. These indicate low immunogenicity and a strong 

immunosuppressive capacity of hUCMSCs and thereby support the application of 

allogenic hUCMSCs [11, 12]. These characteristics make hUCMSCs promising 

MSCs for BTE. However, a series of in-vitro studies have shown that hUCMSCs 

form less mineralized extracellular matrix — the final osteogenic differentiation 

marker — than that of hBMSCs in osteogenic differentiation medium [10, 13, 14]. 

This suggests a relatively lower osteogenic capacity of hUCMSCs. Sudo et al. show 

that almost no mineralized extracellular matrix is formed in hUCMSCs when being 

cultured on collagen type I-coated plastic dishes in osteogenic medium (OM) for 28 

days [15]. Ciavarella et al. find mineralized extracellular matrix is detected in 

osteogenically-committed hUCMSCs after 40 days [16]. The microenvironment 

where hUCMSCs reside serves as an important regulatory role in the process of 

proliferation and osteogenic differentiation [17]. When OM contains osteoinductive 

growth factors, such as bone morphogenetic protein-2 (BMP2) and BMP7, the 

osteogenic property of hUCMSCs is significantly improved, and the expression 
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levels of osteogenic genes are comparable to those in hBMSCs [17, 18]. Our group 

adopted a biomimetic strategy of co-culturing osteogenically- and angiogenically-

committed hUCMSCs in certain ratios and screened culture media to enhance their 

osteogenic efficacy [19]. These studies indicate that a strong osteogenic 

microenvironment is conducive to the osteogenic differentiation of hUCMSCs.  

Natural extracellular matrix (ECM) has garnered extensive attention because 

it provides essential physical support for cells and initiates crucial biological signals 

which are necessary for tissue morphogenesis, differentiation, and homeostasis 

[20]. ECM is mainly composed of fibrous proteins (e.g., collagen type I, II, III, IV, VI, 

X, and elastin) and glycoproteins (e.g., proteoglycans, fibronectin, and laminin) [21]. 

It possesses abundant cell-recognition sites and various protein-adhesive domains 

to localize and deliver growth factors (e.g., BMP2, vascular endothelial growth 

factor (VEGF), and TGF-β), which can regulate cellular activities and phenotypic 

expression [21, 22]. Given their structural similarity to natural ECM, tunable 

physicochemical properties, and high operability, hydrogels that are derived from 

ECM components, such as collagen and complex mixtures of ECM proteins (e.g., 

Matrigel), are widely used in tissue engineering and regenerative medicine [23, 24]. 

Matrigel is derived from the basement membrane of murine Engelbreth-Holm-

Swarm (EHS) tumors and contains a mixture of ECM proteins, such as laminin, 

collagen type IV, perlecan, entactin, and growth factors [25]. It has been extensively 

applied to culture cells in 2D/3D ways and promotes cell growth and differentiation 

[26]. As a non-bone-specific hydrogel, Matrigel primarily functions to provide a 

2D/3D culture platform for adipose tissue-derived MSCs. Matrigel-coated culture 

plates show significantly enhanced extracellular matrix mineralization compared to 

that of polystyrene culture plates [27]. However, due to its origin from mouse tumors, 

the safety of Matrigel is a major concern. Furthermore, Matrigel may not contain all 

the necessary biological cues for osteogenesis. Therefore, an ECM-derived 

hydrogel specific for osteogenesis with a safe origin is in high demand, which can 

not only deliver cells to defect areas, but also provide a pro-osteogenic 

microenvironment to support and regulate cellular activities.  

ECM hydrogels derived from decellularized tissues have been widely applied 

to repair tissue injuries or defects, such as intervertebral discs [28], peripheral 
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nerves [29], and bones [30]. It has already been established that the ECM hydrogel 

bears a tissue-specific induction property. For example, ECM hydrogels from 

decellularized nucleus pulposus (NP) induce hBMSCs to differentiate into NP-like 

cells, while the hydrogels from decellularized annulus fibrosus (AF) induce the 

formation of AF-like cells [28]. Similarly, ECM hydrogels from the peripheral nerve 

matrix are more effective in supporting myelination, whereas hydrogels from the 

spinal cord promote synapse formation [31]. As a connective tissue membrane 

covering the outer surface of bone, periosteum is essential to regulate bone 

development and regeneration [32]. Periosteum contains cells related to bone 

formation (e.g., osteoprogenitor cells and osteoblasts), growth factors (e.g., BMPs 

and VEGF), and a specific 3D ECM microenvironment [33]. It can facilitate bone 

regeneration in acute bone fractures and critical-sized bone defects [34, 35]. ECM 

from decellularized periosteum preserves the functional components (e.g., collagen 

and glycosaminoglycans (GAGs)) and has superior osteogenic activities both in 

vitro and in vivo [36]. Therefore, ECM hydrogels from decellularized periosteum 

resemble the functions of periosteum, which significantly promote osteogenic 

differentiation of mouse BMSCs compared with pure collagen hydrogels [30]. It 

remains unknown whether ECM hydrogels from periosteum can serve as pro-

osteogenic carriers for hUCMSCs. 

We hypothesized that the decellularized periosteum-derived hydrogel (dPH) 

could be used as a favorable carrier of hUCMSCs and provide a periosteum-

specific pro-osteogenic microenvironment to promote their osteogenic 

differentiation. In this study, dPH was made from decellularized periosteum (DP). 

The physicochemical properties of dPH, such as microstructure, gelation kinetics, 

rheological property and hydrophilicity were evaluated. Furthermore, hUCMSCs 

were seeded onto dPH and Matrigel-coated coverslips to assess cellular activities 

and osteogenic differentiation. These studies would provide fundamental results for 

the application of dPH-carried hUCMSCs to promote the repair of bone defects.  

 

2. MATERIALS AND METHODS  

2.1 Fabrication of the decellularized periosteum-derived hydrogel 

Periostea were harvested from fresh porcine femoral bones in a slaughterhouse. 
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Under sterilized conditions, the periosteal tissues were washed with deionized 

water and subjected to freeze-thaw cycles (-80 °C–37 °C) for three times. 

Thereafter, the periosteal tissues were decellularized by 1% Triton X-100, 1% 

sodium dodecyl sulfate (Sigma-Aldrich, USA), and 50 U/mL DNase (Sigma-Aldrich, 

USA) successively. The resultant tissues were washed thoroughly and sterilized in 

75% medical-grade ethanol before being lyophilized. The lyophilized decellularized 

tissues were milled into powder and digested in 1 mg/mL pepsin solution (dissolved 

in 0.01 M HCl, Sigma-Aldrich, USA) for 7 h under constant stirring. The pre-gel 

solution was centrifuged (3000 rpm, 4 °C for 10 min) to precipitate and remove the 

undigested particulate residues. To construct dPH, the fresh pre-gel solution was 

neutralized using pre-cooled 1M NaOH and HCl solutions to a pH of 7.4. 

Subsequently, 10× phosphate buffer saline (PBS, 1/9 of the final volume) was used 

to equilibrate its salinity. The neutralized dPH solution was incubated at 37 °C for 

15–30 min to induce gelation. Commercially available growth factor reduced 

Matrigel® basement membrane matrix (7.6 mg/mL in protein concentration; 356231, 

Corning) was used as the control group to evaluate cellular responses.  

2.2 Characterization of DP  

ECM structure of DP and the presence of nuclei were assessed by hematoxylin 

and eosin (H&E) staining, picrosirius red staining, and DNA content quantification. 

As to H&E staining and picrosirius red staining, native periosteum and DP were 

fixed in 10% neutral buffered formalin solution, dehydrated, embedded in paraffin, 

and sectioned into 5-μm slices. The slices were stained with the H&E solution and 

picrosirius red.  

The DNA concentration was examined using the Quant-iT™ PicoGreen™ 

dsDNA Reagent (Invitrogen, USA). In brief, the lyophilized DP and native periostea 

were digested with Proteinase K, purified with the TIANamp Genomic DNA kit 

(Tiangen, China), and then incubated with Picogreen according to the 

manufacturer’s instructions. Total DNA content was tested by a microplate reader 

(Synergy™ HTX, Biotek, USA) (excitation wavelength: 485 nm; emission 

wavelength: 528 nm). 

2.3 Turbidimetric gelation kinetics 

The turbidimetric gelation kinetics were determined spectrophotometrically as 
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previously described [37, 38]. Pre-gel dPH solutions with concentrations of 1% and 

0.5% were transferred to a pre-cooled 96-well plate at 100 μL per well in triplicates. 

The plates were placed in an incubator with a constant temperature of 37 °C. The 

turbidity value of each well was measured at 405 nm every 5 min for 1 h using the 

microplate reader. The absorbance values were recorded and normalized 

according to the following equation: normalized absorbance = (A–A0)/(Amax–A0), 

where A is the absorbance at a pre-determined time, A0 is the initial absorbance, 

and Amax is the maximum absorbance. The lag phase was calculated as the 

intercept of the linear portion of the curve with an absorbance of 0. T1/2 referred to 

the time needed to reach 50% of the maximum absorbance value. The gelation 

speed represented the slope of the linear portion of the gelation curve. 

2.4 Rheological properties of dPH 

The rheological properties of dPH at different concentrations (1% and 0.5%) 

were assessed with a strain-controlled rheometer (HAAKE MARS III, Thermo 

Scientific, Germany) using an oscillatory time sweep. Briefly, pre-cooled pH- and 

ion-balanced dPH solution (350 μL) was transferred to the plate of the rheometer 

with a homogeneous distribution. The gap distance was 0.9 mm. The frequency 

was set to 1 Hz with a strain of 1%. The temperature increased from 20 °C to 40 °C 

at 210 °C/min. The storage modulus (G’) and loss modulus (G’’) were recorded.  

2.5 Morphologies of dPH and Matrigel 

The microstructures of dPH and Matrigel were observed using scanning 

electron microscopy (SEM, S3400N, Hitachi, Japan). Before the test, the two 

hydrogels were fixed in 2.5% glutaraldehyde for 1 h and subjected to thorough 

washing in deionized water. The samples were dehydrated in gradient 

concentrations of ethanol (30%, 50%, 80%, and 100% for 15 min each). After that, 

the samples were immersed in deionized water and freeze-dried. The lyophilized 

samples were torn to generate a fracture surface, sputter-coated with Au–Pd, and 

observed using SEM. 

2.6 Hydrophilic properties  

A water contact angle (WCA) test was used to measure the hydrophilicity of 

dPH and Matrigel with a precise goniometer (DSA 100, KRÜSS GmbH Co., 

Germany). A 3.5 μL drop of water was added on dPH or Matrigel pre-coated 
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coverslips (φ = 14 mm). All the tests were repeated six times. 

2.7 Evaluations of cellular activities  

2.7.1 Cell culture 

Commercially available hUCMSCs (OriCell®, Cyagen, China) were used to 

evaluate the cellular activities on the hydrogels. HUCMSCs were cultured in a 

specialized hMSC medium (P4–P6, Nuwacell Ltd., China) and incubated in a 

humidified atmosphere with 5% CO2 at 37 °C. The medium was changed every 3–

4 days. When the cells reached 70–80% confluence, the hUCMSCs were detached, 

counted, and used for subsequent tests.  

2.7.2 Cellular morphologies on the hydrogels 

Before seeding the cells, dPH (7.6 mg/mL) and Matrigel were coated onto 

coverslips (φ = 14 mm; 150 μL) and incubated at 37 °C for 30 min to allow thorough 

gelation. HUCMSCs (2 × 104/mL) were seeded onto the coated coverslips and 

cultured in the hMSC medium. The cellular morphologies were recorded 24 h later 

using phase-contrast microscopy (PCM, Leica, Germany) with three different 

regions of interest. The cell spreading surface area and cell length were measured 

using ImageJ 1.46r software (National Institute of Health, USA). The cells were 

fixed in 4% paraformaldehyde solution 48 h later and observed using SEM and 

confocal laser scanning microscopy (CLSM, Leica, Germany). Before being 

observed under SEM, the cells were dehydrated in gradient concentrations of 

ethanol and sputter-coated with Au–Pd. As to immunofluorescent staining of the 

cytoskeleton, the cells were permeabilized with 0.1% Triton X-100 solution for 5 

min. After thorough washing, rhodamine phalloidin-labeled FITC solution 

(Cytoskeleton, USA) was added and incubated for 30 min to visualize F-actin in the 

cells (30 min), and DAPI solution was applied to stain the nuclei (5 min).  

2.7.3 Cell proliferation  

For the cell proliferation analysis, 100 μL of hUCMSCs (5 × 104/mL) were 

seeded onto dPH and Matrigel-coated 96-well plate (15 μL/well). They were 

cultured in hMSC medium continuously for 5 days. The Alamarblue assay was used 

to assess metabolic activity. Each day before the assay, 100 μL of new culture 

medium with 10 μL Alamarblue reagent (Invitrogen™, USA) was added to each 

well. After the samples had been incubated at 37 °C for 3 h, the optical density (OD) 
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values were recorded at 570 nm and 600 nm using a microplate reader. The rate 

of cell proliferation was calculated according to the manufacturer’s protocol. 

2.7.4 Transwell chemotaxis assay 

To assess the migration of hUCMSCs to dPH and Matrigel, a Transwell-24 

plate with a pore size of 8 μm (Costar, Corning) was used. DPH and Matrigel (80 

μL/well) were pre-coated in the lower chambers. Thereafter, 100 μL of 2 × 105/mL 

hUCMSCs was seeded into the upper chambers and cultured in high glucose 

Dulbecco’s modified Eagle’s medium (DMEM) containing 1% fetal bovine serum 

(FBS) and 1% penicillin-streptomycin (PS). 600 μL of standard DMEM solution was 

added to the lower chamber. After incubation for 12 h, the non-migrating cells in the 

upper chamber were scraped away. The migrated cells at the bottom of the upper 

chamber membrane were then fixed in 4% paraformaldehyde solution. 0.1% crystal 

violet (Beyotime Biotechnology, China) was applied to stain the cells for 20 min. 

The migrated cells were captured and counted.  

2.7.5 Osteogenic activity 

To evaluate the osteogenic responses of hUCMSCs on dPH (7.6 mg/mL) and 

Matrigel, hUCMSCs (2 × 105/well) were seeded onto dPH and Matrigel-coated 6-

well plates. They were cultured in the osteogenic medium, which contained DMEM, 

10% FBS, 1% PS, 100 nmol/L dexamethasone, 10 mmol/L β-glycerophosphate, 

and 50 μg/mL L-ascorbic acid. The medium was changed every 3 days. 

After being cultured in the osteogenic medium for 14 days, hUCMSCs were 

harvested to test the genes expression profiles by quantitative reverse 

transcription-polymerase chain reaction (qRT-PCR) assay. Briefly, TRIzol® 

(Invitrogen, USA) was used to extract total RNA. The quality and concentration of 

isolated RNA were evaluated using NanoDrop 2000 spectrophotometer (Thermo 

Fisher Scientific, USA) at 260/280 nm. Subsequently, RNA was reverse-transcribed 

into cDNA via PrimeScriptTM RT Master Mix (TaKaRa, China). QPCR analysis was 

conducted using TB GreenTM Premix Ex TaqTM II (TaKaRa, China) and synthesized 

primers (Generay, China) in a Real-Time fluorescent qPCR system (Bio-Rad, USA). 

The expression levels of runt-related transcription factor 2 (RUNX2), alkaline 

phosphatase (ALP), osteopontin (OPN), and osteocalcin (OCN) were normalized 

to housekeeping gene glyceraldehyde 3-phosphate dehydrogenase (GAPDH). The 
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primer sequences were listed in table 1.  

 

Table 1. The sequences of primers used for qRT-PCR analysis. 

No. Primer name Sequences 

1 RUNX2 sense: TACTATGGCACTTCGTCAGGA 

antisense: GATTCATCCATTCTGCCACTA 

2 ALP sense: GGCTGTAAGGACATCGCCTA 

antisense: GGGTCAAGGGTCAGGAGTTC 

3 OPN sense: GCTAAACCCTGACCCATC  

antisense: CTTTCGTTGGACTTACTTGG 

4 OCN sense: AGGGCAGCGAGGTAGTGAAG 

antisense: CTCCTGAAAGCCGATGTGGT 

5 GAPDH sense: GCACCGTCAAGGCTGAGAAC 

antisense: TGGTGAAGACGCCAGTGGA 

 

Alizarin red S staining (ARS) was used to evaluate osteogenic mineralization. 

After thorough washing, hUCMSCs were fixed in 4% paraformaldehyde solution for 

30 min. ARS reagent (0.2%, pH 8.3) was added and co-cultured for 10 min. Non-

specific staining was removed by repeated washing. The mineralization nodules 

were recorded using phase-contrast microscopy. For the quantitative evaluation, 

10% hexadecyl pyridinium chloride monohydrate (CPC) was added to dissolve the 

mineralized nodules. The colorimetric absorbance was measured at 562 nm using 

the microplate reader.  

2.8 Statistical analysis 

The data were expressed as the mean ± standard deviation (SD). Statistical 

analyses were performed using SPSS 20.0 software (SPSS, Chicago, IL, USA). 

The differences between the two studied groups were assessed by the Student’s t-

test. P < 0.05 was considered to be statistically significant. 

 

3. RESULTS 

3.1 Characterization of DP 

H&E staining showed that native periosteum had a bilayer ECM structure with dark-

blue stained nuclei. In contrast, the ECM structure of DP was loosely disposed and 
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no dark-blue stained nuclei were detected (Figure 1A), suggesting an efficient 

removal of cellular components. Besides, DNA quantitative analysis showed that 

DP had a significantly lower DNA content (10.75 ± 1.4 ng/mg) than the native 

periosteum (749.67 ± 32.50 ng/mg) (p < 0.001). The DNA content in the DP was 

lower than the internationally required criterion of 50 ng/mg (Figure 1B) [39]. Under 

a polarized microscope, the picrosirius red-stained native periosteum displayed 

closely-packed, red-stained collagen type I and green-stained collagen type III 

fibers [40]. A similar phenomenon was observed in the DP although its fibrous layer 

was not intensely stained with red dye.  

 
Figure 1. Characterization of periosteum and DP. A: Histological analysis. a1–a2: H&E 

staining. b1–b2: Picrosirius red staining. B: DNA content quantification. Scale bar = 50 μm. 

*** p < 0.001. 

 

3.2 Turbidimetric gelation kinetics 

As illustrated in Figure 2A, the DP was milled into powder and underwent the 

digestion process. After gelation, dPH was semi-transparent and self-supportive 

(inset image) (Figure 2A). The turbidimetric gelation kinetics of 1% dPH was a 

sigmoidal shape whereas the curve of 0.5% dPH was an exponential shape (Figure 

2B). 1% dPH had an average lag phase of 18.32 ± 0.40 min. T1/2 of 0.5% dPH and 

1% dPH were 6.35 ± 0.70 min and 24.66 ± 0.99 min, respectively (p < 0.001) (Figure 

2C). Additionally, 0.5% dPH shared a similar gelation speed with 1% dPH (0.044 ± 

0.007/min and 0.056 ± 0.01/min, respectively) (Figure 2D). The maximum turbidity 

value of 1% dPH was higher than that of 0.5% dPH. 
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3.3 Rheological properties of dPH 

Different rheological properties of 1% and 0.5% dPH could be observed in 

Figure 2E–G. G’ and G’’ of both 1% and 0.5% dPH increased as the temperature 

rose to 40 °C. Furthermore, 1% dPH had a longer lag period than did 0.5% dPH. 

The sol-gel transition period of 1% dPH lasted 7.55 ± 0.40 min, and the G’ was 

855.20 ± 20.67 Pa. In comparison, the sol-gel transition time of 0.5% dPH was 6.26 

± 0.60 min (p < 0.05) (Figure 2F & G) and the G’ was 164.49 ± 29.92 Pa (p < 0.001). 

In each concentration of dPH, G’ was higher than G’’.  

 
Figure 2. The fabrication process of dPH, its turbidimetric gelation kinetics, and rheological 

properties. A: Fabrication process of dPH. B: Representative normalized absorbance curve 

of 0.5% and 1% dPH. C: Time to reach 50% complete gelation of 0.5% and 1% dPH. D: 

Gelation speed of 0.5% and 1% dPH. E: Representative rheological property curve of dPH. 

G’ represents the storage modulus, and G’’ represents the loss modulus. F: Ultimate storage 

modulus of 0.5% and 1% dPH. G: Sol-gel transition time of 0.5% and 1% dPH. ns, no 

significant difference, * p < 0.05, *** p < 0.001. 
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3.4 Characterization of dPH and Matrigel 

SEM revealed that Matrigel had a dense microstructure while dPH was porous 

with an interwoven network. Furthermore, dPH had an average pore size of 2.07 ± 

0.63 μm (Figure 3A). In the hydrophilic study, Matrigel had a hydrophobic surface 

with a WCA of 130.45 ± 7.17°. In contrast, dPH was hydrophilic with a WCA of 48.63 

± 4.26°, which was significantly lower than that of Matrigel (p < 0.001) (Figure 3B & 

C). 

 
Figure 3. Morphological observations and hydrophilic study of Matrigel and dPH. A: 

Representative images of Matrigel and dPH observed using SEM. B: Representative optical 

images of the hydrophilic study. C: Quantitative analysis of WCA. *** p < 0.001. 

 

3.5 Cellular activities 

The initial cellular activities were recorded by observing the morphologies of 

hUCMSCs on the two hydrogels. After seeding the cells for 24 h, most of the 

hUCMSCs on Matrigel had not spread and displayed a round appearance (Figure 

4A). In contrast, most of the hUCMSCs on dPH had pseudopodia and interacted 

with the surrounding dPH fibers. HUCMSCs on dPH possessed a significantly 
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higher cell spreading surface area and cell length than those on Matrigel (p < 0.05) 

(Figure 4B & C). The morphologies of hUCMSCs were observed 48 h later using 

CLSM and SEM. Immunofluorescent staining showed that the cells on dPH 

stretched to form a spindle-shaped structure. SEM displayed that the hUCMSCs 

surrounded by dPH fibers elongated and became slender. In contrast, the cells on 

Matrigel began to spread into a polygonal shape. Some of the cells had 

pseudopodia and attached to the surrounding Matrigel (Figure 4A). In the cell 

proliferation test, the hUCMSCs grew more rapidly on dPH than those on Matrigel 

at all observed time points (p < 0.05) (Figure 4D).  

 
Figure 4. Morphological analysis and proliferation rate of hUCMSCs cultured on Matrigel 

and dPH. A: Representative images of hUCMSCs cultured on Matrigel and dPH. a1–a2: 

Phase-contrast micrographs of hUCMSCs cultured on Matrigel and dPH for 24 h. b1–b2: 

Cytoskeletal staining of hUCMSCs cultured on Matrigel and dPH for 48 h. c1–c2: SEM 

images of hUCMSCs cultured on Matrigel and dPH for 48 h. The red arrows indicate the 

nanofibers of dPH. B & C: Cell surface area and length of hUCMSCs when being cultured 
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on Matrigel and dPH for 24 h. D: The proliferation rate of hUCMSCs when being cultured on 

Matrigel and dPH. Scale bar = 100 μm. * p < 0.05, ** p < 0.01, *** p < 0.001. 

 

3.6 Transwell chemotaxis assay 

The chemotaxis of the hUCMSCs was evaluated, which were not in direct 

contact with dPH or Matrigel (Figure 5). In the Matrigel-coated wells, no hUCMSCs 

migrated to the lower chamber. In contrast, a significantly higher number of 

migrated cells were observed in the dPH group (p < 0.01), indicating that dPH 

exhibited a strong chemotactic effect. 

 
Figure 5. The chemotactic assay of Matrigel and dPH. A: Schematic illustration of the assay. 

B: HUCMSCs migrated through the upper chamber membranes of Transwell to Matrigel (A) 

and dPH (B) after 12 h. C: Number of migrated cells in dPH and Matrigel. Scale bar = 100 

μm. ** p < 0.01. 

 

3.7 Osteogenic activities  

On day 14, qPCR results showed that the hUCMSCs cultured on dPH had 

3

Chapter 3 Decellularized periosteum-derived hydrogels promote the bioactivities of hUCMSCs

7574



76 
 

significantly higher expression levels of RUNX2, ALP, OPN, and OCN than those 

on Matrigel (Figure 6A). As to matrix mineralization assay, a consistently higher 

mineralized matrix was observed in the dPH group than that in the Matrigel group, 

which was also confirmed by the quantitative analysis (Figure 6B & C). The 

aforementioned results indicated that the hUCMSCs cultured on dPH were more 

inclined towards osteogenic differentiation. 

 
Figure 6. In vitro osteogenic differentiation of hUCMSCs after being cultured on Matrigel and 

dPH for 14 days. A: Expression levels of osteogenesis-related genes (RUNX2, ALP, OPN, 

and OCN). B: ARS staining of the mineralized matrix formation of hUCMSCs cultured on 

Matrigel and dPH. C: Quantitative analysis of ARS. Scale bar = 100 μm. * p < 0.05, *** p < 

0.001. 
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4. DISCUSSION 

The major concern of MSC-based therapy in BTE is the survival and bioactivity of 

seed cells. A tissue-specific ECM microenvironment is of paramount importance for 

regulating cellular activities. We fabricated a novel decellularized periosteum-

derived hydrogel (dPH), aiming to provide a pro-osteogenic microenvironment for 

hUCMSCs to improve the osteogenic efficacy. DPH had a fibrous microstructure 

with a significantly higher hydrophilic surface than that of the basement membrane-

derived Matrigel. Furthermore, dPH exhibited a prominent effect on cellular 

spreading, migration, and proliferation. Moreover, enhanced osteogenesis-related 

genes expression levels and mineralized matrix formation were observed in 

hUCMSCs when being cultured on dPH. These results showed that dPH could 

provide a favorable osteogenic microenvironment for hUCMSCs, indicating a 

promising application potential for the repair of bone defects.  

The microenvironment surrounding cells provides both biophysical and 

biochemical signals which affect cellular bioactivities. Viscoelastic properties (e.g., 

gelation kinetics and gel stiffness) are crucial to the application of ECM hydrogels 

[23]. Turbidimetric gelation kinetics indicate the process of hydrogel formation: 

collagen monomeric components self-assemble into fibrils and then into collagen 

fibers, which can further interweave with themselves and other ECM molecules, 

thus forming a fibrous network [41]. This self-assembly process of collagen type I 

can be altered by collagen type V, GAGs, and proteoglycans (PGs) [42, 43]. 

Decellularized brain-derived ECM hydrogels have an exponential curve shape of 

gelation kinetics with an approximate 3-min lag in fibrillogenesis [41]. This gelation 

kinetics curve is consistent with that of the 0.5% dPH. However, no lag phase was 

observed in the 0.5% dPH, which might be attributed to a longer time interval 

between tests. The gelation kinetics curves of most other ECM-derived hydrogels 

present a sigmoid shape. In these hydrogels, decellularized cartilage-derived ECM 

hydrogels have a short lag phase of 8 min, while the lag phases of hydrogels from 

the dermis and urinary bladder range from 15 to 25 min, which is consistent with 

that of 1% dPH [37, 44, 45]. Rheology is extensively used to determine the stiffness 

and gelation time of hydrogels [23]. G’ represents the stiffness, and G’’ refers to the 

viscosity of a specific hydrogel [46]. After complete gelation, G’ was higher than G’’, 
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indicating that dPH formed a solid structure. The stiffness increased from 164.49 ± 

29.92 Pa to 855.20 ± 20.67 Pa following a rising concentration in dPH. The value 

of this mechanical property was lower than that of the range in which osteogenesis 

usually occurs (G’ of 3.7–10.7 kPa) [47]. However, gelatin-based hydrogels with a 

lower stiffness (G’ of 538 ± 91 Pa) support better osteogenesis with a more intense 

mineralized matrix formation than stiff hydrogels (G’ of 7263 ± 287 Pa) [47]. The 

gelation kinetics and G’ of dPH could be adjusted by its concentration, which 

indicated that the lag time and mechanical stiffness of dPH might be tailored for 

specific applications in repairing bone defects.   

Apart from the mechanical properties, the biochemical characteristics also 

support the bioactivities of dPH. Picrosirius red staining qualitatively showed that 

collagen was well preserved in the DP. The effective preservation of fibronectin and 

GAGs in the DP was observed in our previous study [48]. Preserved collagen and 

fibronectin can provide binding sites to facilitate cell adhesion, spreading, migration, 

and proliferation [49, 50]. When dPH and Matrigel were co-cultured with hUCMSCs, 

a significantly higher initial cell spreading surface area (1.47-fold), cell spreading 

length (1.45-fold), and growth (1.05–1.13-fold) were observed in dPH than in 

Matrigel. This may be attributed to the following mechanisms: first, we showed that 

dPH was more hydrophilic than Matrigel, which might have exerted a positive effect 

on initial cell spreading on dPH; second, periosteal ECM hydrogels contain various 

cell adhesion-related proteins, such as fibronectin, fibrillin-1, vitronectin, and 

thrombospondin 4 [30], while Matrigel lacks these proteins [25, 51]. Some other 

studies have also reported a higher cell proliferation in ECM hydrogels than in 

Matrigel. For example, Miao et al. show that the proliferation of chondrocytes is 

significantly higher in collagen than in Matrigel [52]. Similarly, a decellularized brain 

matrix markedly supports and promotes dendritic formation of neurons as opposed 

to Matrigel [53]. 

As a promising alternative cell source to BMSCs in BTE, hUCMSCs have 

been studied in different scenarios with conflicting osteogenic outcomes. Chen et 

al. find that hUCMSC-based macro-porous calcium phosphate cement (CPC) 

constructs have similar bone regeneration properties to those of hBMSC-based 

CPC constructs in vivo [54]. Kouroupis et al. directly compare the osteogenic 
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properties of hBMSCs and hUCMSCs and find that the mineralized matrix formation 

is significantly lower in hUCMSCs than that in hBMSCs [13], indicating a relatively 

lower osteogenic ability of hUCMSCs. HUCMSCs tend to express more 

angiogenesis- and growth-related genes, while hBMSCs express more osteogenic 

genes. Furthermore, hUCMSCs are more primitive than BMSCs and are not so 

sensitive to environmental stimulations [55]. Therefore, when hUCMSCs were 

cultured on Matrigel in OM, no mineralized nodules formed after 14 days. On the 

contrary, distinctly elevated mineralized matrix formation (9.74-fold) and genes 

expression levels were found when hUCMSCs were cultured with dPH, which might 

be due to the soluble bioactive agents in dPH. For example, periostin can 

significantly promote the migration and mineralized matrix formation of MSCs [56]. 

ECM hydrogels also serve as pools of various growth factors, such as VEGF and 

TGF-β [57, 58]. Whether dPH contains all of these bioactive factors will be analyzed 

in our future study. 

Recruiting cells from local sites is one of the main methods to gather sufficient 

cells to promote tissue repair. Fibronectin, vitronectin, and collagen type I can 

induce the dose-dependent chemotaxis of hMSCs, and fibronectin has the 

strongest chemotactic response [59]. ECM scaffolds derived from small intestinal 

submucosa are able to recruit cells to defect sites [60]. The degradation products 

of ECM can also regulate the migration of progenitor cells [61]. Compared with 

Matrigel, dPH induced a markedly migration of hUCMSCs in the Transwell model. 

This indicated that there were soluble ECM proteins in dPH that might guide cells 

towards defects when being implanted in vivo. The secreted protein acidic and rich 

in cysteine (SPARC) and insulin-like growth factor-binding 5 in periosteal ECM 

hydrogels have shown positive effects on cell migration [30]. To date, it remains 

unclear how the ECM regulates cellular activities. Our future studies will therefore 

focus on the extraction of dPH proteins and the characterization of their functions 

and related mechanisms.   

 

5. CONCLUSION 

The decellularized periosteum-derived hydrogel had a fibrous morphology and 

hydrophilic surface. It provided both unique biophysical and biochemical signals to 
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regulate the bioactivities of hUCMSCs. Furthermore, dPH exhibited a prominent 

effect on promoting the initial cellular spreading, migration, and proliferation of 

hUCMSCs. With an improved simulation of the periosteal microenvironment, dPH 

was associated with enhanced osteogenesis-related genes expression and 

mineralized matrix formation of hUCMSCs than those of Matrigel. These results 

suggested that dPH might potentially be used as a favorable carrier for hUCMSCs 

to promote bone regeneration.   
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ABSTRACT 

A biomimetic biphasic calcium-phosphate (CaP)-coating is a promising surface 

modification for functionalizing various endosseous biomaterials. However, its 

biomedical application is limited by the low coating yield efficiency and protein-

incorporation rate of the current coating procedure using 1× supersaturated CaP 

solution (SCPS). In this study, we developed a highly concentrated (4.5×) SCPS 

and compared the physicochemical properties of thereby-produced new coating 

with the one formed using 1× SCPS. Two milliliters of 4.5× SCPS formed a much 

thicker (110 μm) coating on a titanium disc (4 × 4 × 1 mm) than that (29 μm) of 1× 

SCPS. On X-ray diffraction analysis, the new coating formed in 4.5× SCPS had 

characteristic dicalcium-phosphate dehydrate and apatite peaks, in contrast to the 

apatite-only peak of the 1× SCPS-coating. Under acidic condition (pH 4.5), the 4.5× 

SCPS-coating released significantly less Ca2+ than the 1× SCPS-coating. FITC-

bovine serum albumin incorporation in the 4.5× SCPS-coating (81.20 ± 6.42%) was 

significantly higher than in the 1× SCPS-coating (21.86 ± 1.90%). Thus, this 

modified coating procedure holds promise for biomedical applications. 

Keywords: Biomimetic; Calcium-phosphate; Surface modification; Supersaturated 

calcium-phosphate solution; Coating. 
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1. INTRODUCTION 

Because of their bone-like composition, good biocompatibility, and capacity to 

regulate various osteogenic events, calcium-phosphate (CaP) coatings are among 

the most widely employed surface modifications for promoting osseointegration and 

osteoconductivity of endosseous implants and bone-defect-filling materials [1, 2]. 

Currently, there are two major methods for preparing CaP-based coatings: 1) 

physical deposition techniques and 2) wet-chemical techniques [3]. Physical 

deposition techniques consist of various thermal processes, such as vacuum 

plasma spraying [4] and suspension plasma spraying [5]. The major limitation of 

the physical deposition technique is that the unphysiological coating condition (> 

1000 °C) makes it impossible to incorporate bioactive agents that can promote 

osteogenic activities [3]. Therefore, a recent trend in the field of biomaterial 

research involves the development of novel wet-chemical deposition techniques to 

prepare bioactive CaP coatings [6, 7]. 

The biomimetic coating procedure was first proposed in the 1990s [8, 9]. The 

biomimetic process enables the formation of a dense, uniform, and typically low-

crystalline apatite [6] by immersing biomaterials in simulated body fluid (SBF) with 

ion concentrations, pH, and temperature approximating those of human blood 

plasma [10, 11]. Such physiological conditions enable the co-precipitation of a large 

variety of bioactive agents with biomimetic coatings and retain their bioactivities [3]. 

However, implementation of the original biomimetic coating procedure is limited by 

its time-consuming nature (typically 14 days) and the dependence on functional 

groups of biomaterials for nucleation [12, 13]. Taset et al. manage to accelerate the 

coating process significantly, to several hours, by increasing the SBF concentration 

10 times (10× SBF) [14]. However, the intrinsic dependence of SBF on the 

functional groups of biomaterials remains unsolved. 

In 2000, Prof. Dr. Klaas de Groot and his colleagues developed a biphasic 

biomimetic coating protocol: an amorphous CaP seeding layer is formed through 

incubation in a 5× SBF solution, and a subsequent CaP crystalline layer is formed 

through incubation in a supersaturated calcium-phosphate solution (SCPS) [15, 16]. 

This biphasic biomimetic method enables the formation of a crystalline CaP-coating 

within 3 days. Furthermore, this coating can be applied to various biomaterials with 
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diverse three-dimensional geometries, topographies, and surface chemistries, 

such as metallic (titanium alloy [17-21]), inorganic (TCP and Bio-Oss® [22, 23]), and 

polymeric (naturally derived collagen and synthetic poly(lactic-co-glycolic acid) [24, 

25]) materials. The broad applicability of this biomimetic coating is largely attributed 

to the amorphous CaP seeding layer, which forms a mechanism of mechanical 

gomphosis rather than a chemical reaction with active chemical groups [24]. 

Furthermore, the amorphous CaP layer is indispensable for the growth of the 

subsequent crystalline CaP layer. The subsequent crystalline phase can be used 

to co-precipitate, incorporate, and slowly release various bioactive agents [26], 

particularly bone morphogenetic protein-2 (BMP2), an osteoinductive growth factor 

[17-25]. The coating-incorporated BMP2 shows significantly higher osteoinductive 

efficiency than the superficially adsorbed BMP2, which can be attributed to the slow 

delivery property of the coating [17, 23, 25]. However, due to the low ion 

concentration of SCPS, the coating efficiency and incorporation rate of expensive 

bioactive agents are relatively low (around 21%) [22], hindering its application in 

biomedical fields. Yu et al. attempt to improve the incorporation rate to 90% by 

adjusting the ratio of the substrate surface area to the modified SBF (mSBF) volume, 

applying only 1 mL mSBF [27]. However, they did not report the final coating 

thickness, and a certain coating thickness is necessary to restore a sufficient 

amount of bioactive agents and ensure an adequate length of time for drug delivery 

to support bone formation [19]. 

In this study, we modified the original 1× SCPS and developed a new SCPS 

containing 4.5 times concentrations of major ions (Ca2+ and PO43-) so as to 

decrease the solution volume per unit substrate surface area with a view to 

shortening the coating duration, increasing the coating yield efficiency, and 

enhancing the incorporation efficiency of bioactive agents. This new coating 

showed significantly higher coating yield efficiency and protein-incorporation rate, 

thus bearing a promising application potential in biomedical fields. 

 

2. MATERIALS AND METHODS 

2.1 Experimental design 

We here developed a new 4.5× SCPS and assessed its volume-dependent 
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changes in coating thickness and morphology, as compared to 1× SCPS. We 

further monitored the time-dependent changes in the pH and calcium ion (Ca2+) 

concentration of SCPS during the coating procedure. Thereafter, we characterized 

the composition of the coating using energy dispersive X-ray spectroscopy (EDS), 

attenuated total reflection-Fourier transform infrared spectroscopy (ATR-FTIR), and 

X-ray diffraction (XRD). Fluorescein isothiocyanate-labeled bovine serum albumin 

(FITC-BSA) was used as a model protein to evaluate the incorporation rate. 

2.2 BioCaP-coating procedure 

The coatings were prepared according to a well-established biphasic 

biomimetic coating protocol [16, 19]. Briefly, titanium discs (4 mm in length and 

width, 1 mm in thickness) were first immersed into 5× SBF at 37 °C for 24 h, to 

prepare a very thin amorphous CaP (ACP) seeding layer. After drying, ACP-coated 

titanium discs were immersed into 1× SCPS at 37 °C or 4.5× SCPS at room 

temperature, with volumes of 0.1, 0.3, 1, 2, 4, and 6 mL per disc. The 

concentrations of the ions in 5× SBF, 1×, and 4.5× SCPS were listed in Table 1. 

 

Table 1. Inorganic ions composition of 5× simulated body fluid (SBF), 1× 

supersaturated calcium-phosphate solution (SCPS), and 4.5× SCPS. 

(mM) Na+ Ca2+ Mg2+ Cl- HPO42- HCO3- pH Temperature 

5× SBF 715.0 12.5 7.5 724.0 5.0 21.0 6.0 37 °C 

1× 

SCPS 

140.0 4.0 / 184.0 2.0 / 7.4 37 °C 

4.5× 

SCPS 

630.0 18.0 / 828.0 9.0 / 6.2 Room 

temperature 

 
2.3 Coating thickness 

Titanium discs were embedded in methylmethacrylate (MMA). Two-hundred-

micrometer-thick cross-sections were prepared perpendicular to the surface of the 

titanium discs from the embedded material. The sections were then affixed to 

Plexiglass holders and ground to a thickness of about 80 μm. The sections were 

stained with 0.1% basic fuchsine to visualize the coating layer. The cross-sections 

were then examined and photographed in color using a stereomicroscope (Stemi 
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SV6, Carl Zeiss, Jena, Germany) with a cold light source (KL 2500 LCD, Carl Zeiss). 

A point-counting method [28] was adopted to measure the surface area of the 

coating layer. The average thickness of the coating was calculated by dividing the 

surface area of the coating layer by the length of the coated titanium surface. 

2.4 Characterization of the BioCaP-coatings 

The morphology of the BioCaP-coating was observed using field emission 

scanning electron microscopy (FESEM, Phillips/FEI XL-30). EDS analysis was also 

performed to reveal the relative densities of calcium and phosphorus on the 

coatings, from which the calcium-to-phosphorus ratios were calculated. In addition, 

the biomimetic coatings were further characterized using XRD (X’Pert PRO, 

PANalytical, Malvern, UK) for phase composition and ATR-FTIR for chemical 

groups. Briefly, XRD analysis was performed with a scanning range of 2.00–80.00°, 

a speed of 2°/min, and a scanning interval of 0.02°. ATR-FTIR was tested using 

FTIR (Avatar 360 Nicolet spectrometer, Thermo Fisher Scientific, Waltham, MA, 

USA) transmittance spectra from 4000 to 400 cm-1 wavenumber. 

2.5 Ca2+-release profile from the coatings under different pH conditions 

To detect Ca2+-release kinetics from the coatings, a coated titanium disc was 

immersed in 0.5 mL of the following buffers: 0.05 M Tris-HCl at pH 7.4 [24] or 0.1 

M acetate buffer at pH 6.0 or 4.5 [29]. The test was performed at 37 °C on a shaker 

with a speed of 60 rpm. At predetermined time points of 4, 5, 9 h, 1, 2, 3, 5, 8, 11, 

14, 17, 21, 27, and 35 days, the supernatants were harvested with the same volume 

of the new medium. Finally, after dilution of the samples in lanthanum reagent [0.5 

wt% La(NO3)3·6H2O (Merck, Darmstadt, Germany)] in 0.05 M HCl, the Ca2+ content 

in the solution was measured using atomic absorption spectroscopy (AAnalyst 100, 

PerkinElmer, Foster City, CA, USA) in triplicate, and the cumulative release profiles 

were analyzed.  

2.6 Rate of incorporation of a model protein — FITC-BSA 

Using the volume-dependent coating thickness data, we found that 0.45 mL 

4.5× SCPS produced a similar coating thickness (about 71 μm) as 6 mL of 1× SCPS 

on a single titanium disc (4 mm in length and width, 1 mm in thickness). To 

investigate the rate of incorporation of FITC-BSA with a similar coating thickness, 

we adopted this setting. FITC-BSA (5 μg/mL) was used as a model protein in this 
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study, as in a previous study [24]. After the coating procedure, the coating was 

dissolved in 0.5 mL 0.5 M EDTA (pH 8.0) and vortexed twice for 5 min to retrieve 

the incorporated FITC-BSA. The fluorescence density of the solution or its dilution 

was measured using a spectrophotometer (excitation wavelength: 485 nm; 

emission wavelength: 519 nm). The amount of FITC-BSA was estimated by 

creating a standard curve of FITC-BSA in 0.5 M EDTA. The incorporation rate was 

calculated by dividing the total incorporated FITC-BSA by the total FITC-BSA 

added to the SCPS. Five samples were used in each group. 

2.7 Statistical analysis 

The quantitative data in Figure 1, 3, 4, 7, and 8 were derived from 3 

independent experiments with quadruplicate samples and were presented as mean 

± standard deviation (SD). Data pertaining to the changes in pH and Ca2+ levels 

were compared using the one-way analysis of variance. Post-hoc comparisons 

were performed using Bonferroni corrections. Data pertaining to the total amount 

of released Ca2+ in the same buffer, as well as the incorporation rate of FITC-BSA, 

were compared using an unpaired t-test. The level of significance was set at P < 

0.05.  

 

3. RESULTS AND DISCUSSION 

3.1 Development of highly concentrated (4.5×) SCPS for the crystalline CaP 
coating layer 

In this study, we hypothesized that significantly enhanced concentrations of major 

ions such as Ca2+ and PO43- would enhance the coating yield efficiency and lower 

down needed coating solution volume so as to enhance protein-incorporation rate. 

In our preliminary experiment, we first attempted to prepare 1×, 2×, 3×, 4×, and 5× 

SCPS by proportionally increasing the amount of chemicals and acids accordingly. 

We found that the pH values in SCPS had to be lowered with the increase in the 

concentration of SCPS to maintain a stable saturation status without an immediate 

precipitation within the solutions. For the 5× SCPS, the initial pH value needed to 

be lowered down to about 5.9 to maintain this status. However, a crystalline coating 

layer could be obtained in the 1×, 2×, 3×, 4× SCPS but not in 5× SCPS at 37 °C. 

Instead, an immediate precipitation with large crystals within the 5× SCPS solution 
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was detected and no visible crystalline coating formed on the titanium discs. We 

further tried to use 5× SCPS at room temperature to test whether a crystalline layer 

of coating could form. In such a condition, although the immediate precipitation with 

large crystals within the solution was not detected, there was still no crystalline 

coating layer formed on the titanium discs. The amorphous CaP-coating procedure 

in 5× SBF started at a pH value of about 6 and ended when the pH value increased 

above 8.2, due to the release of CO2 from the 5× SBF solution [15, 16]. Therefore, 

the pH value for the formation of amorphous CaP coating was much higher than 

pH 5.9 — the pH value for 5× SCPS. Consequently, the failure to form a crystalline 

coating layer using 5× SCPS was most probably caused by the rapid dissolution of 

the amorphous CaP seeding layer in the 5× SCPS solution due to its acidic property. 

Thereafter, to achieve maximal ion concentrations, we tried 4.5× SCPS at room 

temperature and found that a visible crystalline coating could be reproducibly 

prepared on amorphous CaP-coated titanium discs. These results indicated that 

4.5× SCPS was the most concentrated SCPS to form a crystalline coating on 

amorphous CaP-coated titanium discs. Consequently, we decided to adopt 4.5× 

SCPS and characterized the newly produced coating formed at room temperature 

using the originally produced coating formed in 1× SCPS at 37 °C as a control. 

3.2 The coating yield efficiency of 4.5× SCPS was significantly higher than 

that of 1× SCPS 

We first compared the volume-dependent efficiency of 4.5× SCPS in forming 

a crystalline CaP coating on a titanium disc (4 mm in length and width, 1 mm in 

thickness) with that of 1× SCPS. The coated titanium discs were embedded in MMA. 

The samples were then cross-sectioned using a microtome and stained using basic 

fuchsine to show the coatings. Thereafter, we adopted a stereomicroscope to take 

images and used a point-counting method [28] to calculate the average coating 

thickness on the cross-sections of the coated titanium discs. The stereomicroscopic 

images (Figure 1A) were not in the same resolution as the light microscopic images 

as in our previous publication [19]. Albeit so, in comparison with light microscopic 

images, these stereomicroscopic images were more optimal to show the 

distribution and homogeneity of the coatings along the surface of the titanium discs, 

which enabled us to do a maximal sampling of the coatings to ensure the accuracy 
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of the measurements. Consequently, the stereomicroscopic images were more 

suitable for the main purpose of this research. 

For both 1× SCPS and 4.5× SCPS, a higher volume of SCPS was associated 

with a higher coating thickness (Figure 1A). We found that 0.3 mL of 4.5× SCPS 

led to a continuous coating layer, while 0.3 mL of 1× SCPS formed a thin and 

discontinuous coating layer (Figure 1A). Moreover, 2 mL of 4.5× SCPS was already 

capable of forming a very thick (about 110-μm-thick) coating, while 2 mL of 1× 

SCPS only formed a continuous thin (29-μm-thick) coating layer. Quantitative data 

showed a positive linear correlation between the coating thickness and the solution 

volume of 1× SCPS, with a coefficient of determination of about 0.99. These data 

indicated that the coating thickness could be increased proportionally by increasing 

the volume of the 1× SCPS solution. In contrast, a biphasic pattern was found in 

the relationship between the volume of 4.5× SCPS and the thickness of the 

produced coating. The initial rapid increase in coating thickness was detected when 

the volume of 4.5× SCPS ranged from 0.1 to 1 mL, which was followed by a 

relatively slower increase pattern at higher solution volumes (2–6 mL) (Figure 1B). 

We established a positive logarithmic correlation between the volume of 4.5× SCPS 

and the coating thickness with a coefficient of determination of about 0.99 (Figure 

1B). The coating thickness formed in 6 mL of 4.5 × SCPS reached 136 ± 6 μm, 

which was 1.9 times than that of 6 mL 1× SCPS (71 ± 8 μm). 
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Figure 1. A: Stereomicroscopic images of the cross-sections of titanium discs (4 mm in 

length and width, 1 mm in thickness) with crystalline CaP coatings obtained through 

incubation in 0.1, 0.3, 1, 2, 4, and 6 mL of 1× SCPS and 4.5× SCPS for 48 h. The cross-

sections were stained with basic fuchsine. B: Quantitative analysis of the relationship 

between the solution volume of SCPS and the average coating thickness, gauged using a 

point-counting method. Scale bars = 200 μm. 

 

Using FESEM, we characterized the morphology of the coating formed by both 

SCPSs. For 0.1 mL of 1× SCPS, the FESEM image at a magnification of 1000× still 
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showed a spherical or semi-spherical morphology, which is typical of amorphous 

CaP [24] and indicated that the crystalline CaP layer was very thin (Figure 2). The 

FESEM image at a magnification of 5000× showed a mesh-like morphology, which 

was similar to the biomimetic coating obtained at a low solution volume-to-surface 

area ratio [30]. Such a topographic pattern of amorphous CaP was still visible when 

the coating solution volume was increased to 2 mL. For 1 mL, 1× SCPS formed a 

typical plate-like crystalline layer [24] and the plate increased in size with the 

increase of the solution volume. In contrast, the morphology of amorphous CaP 

was not visible even after incubation in 0.1 mL of 4.5× SCPS. Instead, a crystalline 

structure was observed (Figure 2). After incubation in 1 mL of 4.5× SCPS, the 

plates became markedly larger and clustered in a rose-like morphology. No further 

changes were found in the coating morphology, even when the volume of 4.5× 

SCPS was increased to 6 mL (Figure 2).  
3.3 Time-dependent changes in pH values and Ca2+ concentration during the 

coating procedure 

The time-dependent changes in the pH and Ca2+ concentration were 

monitored during the coating procedure. In contrast to 1× SCPS, the initial pH value 

of the 4.5× SCPS was about 6.2. Using a pH meter, we found that the pH values of 

both SCPSs decreased over time during the coating procedure. For 1× SCPS, the 

pH value decreased significantly from 7.4 to about 7.0 within the first 5 h (p < 0.05) 

and was maintained at this level for the remainder of the coating procedure (Figure 

3A). In contrast, significant decreases in the pH value of 4.5× SCPS were detected 

at all time points (5, 24, and 48 h) (p < 0.05), eventually reaching a decrease of 

5.75 (Figure 3A). Similar to the patterns of pH changes, the concentration of Ca2+ 

significantly decreased from 4.0 mM to 3.2 mM within 5 h (p < 0.05) and gradually 

decreased to 2.6 mM, with about 35% of Ca2+ depleted by the end of the coating 

procedure (Figure 3B). For 4.5× SCPS, significant Ca2+concentration decreases 

were found at 5 h (p < 0.05) and at 24 h post-incubation, and was maintained at 

about 13 mM, constituting about 30% Ca2+ depletion by the end of the coating 

procedure. 
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Figure 2. FESEM images showing the morphologies of CaP coatings obtained by incubating 

amorphous CaP-coated titanium discs (4 mm in length and width, 1 mm in thickness) in 0.1, 

0.3, 1, 2, 4, and 6 mL of 1× SCPS and 4.5× SCPS for 48 h with a low magnification (1000×) 

and high magnification (5000×).  
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Figure 3. The time-dependent changes of (A) pH values and (B) calcium ions (Ca2+) of 1× 

SCPS and 4.5× SCPS solutions during the coating procedure. * compared with the former 

time point, p < 0.05. 

 

3.4 Characterization of the coating formed in 4.5× SCPS 

EDS analysis showed that the coatings formed in both 1× SCPS and 4.5× 

SCPS mainly consisted of calcium, phosphorus, and oxygen elements (Figure 4A) 

after 48 h of incubation. The Ca/P ratio of the coatings showed a similar change 

pattern: an initial decrease within 5 h, followed by an increase. The final Ca/P ratios 

were 1.35 and 1.26 for 1× SCPS and 4.5× SCPS, respectively (Figure 4B). 

In addition, the ATR-FTIR spectra of the 1× SCPS and 4.5× SCPS groups were 

characterized by peaks of PO43- at wavelengths of 1018–1021 cm-1 (ν3) and 560 

cm-1 (ν4) [31, 32], indicating that the BioCaP-coatings were successfully deposited 

onto the titanium discs (Figure 5). After 5 h of incubation in 1× SCPS, the peaks at 

1018–1021 cm-1 (ν3) and 560 cm-1 (ν4) became slightly more visible and continued 

to become more pronounced with the time during the coating process (Figure 5A). 

In contrast, the peaks were markedly more significant after 5 h of incubation in 4.5× 

SCPS than they were in 1× SCPS (Figure 5B). The peaks became only slightly 

more significant with time, which indicated that 5 h of incubation enabled the 

formation of a pronounced crystalline coating. 
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Figure 4. A: EDS analysis of CaP coatings obtained by incubating amorphous CaP-coated 

titanium discs in 1× SCPS or 4.5× SCPS for 48 h. B: Calculation of the ratio of calcium to 

phosphorus using the data of EDS analysis. 

 

 
Figure 5. ATR-FTIR analysis of chemical groups of the CaP coatings obtained by incubating 

amorphous CaP-coated titanium discs in 1× SCPS (A) or 4.5× SCPS (B) for 5, 24, and 48 h. 
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The XRD patterns of the titanium discs before coating, in the 1× SCPS, and 

the 4.5× SCPS are presented in Figure 6. The characteristic diffraction peaks at 2θ 

= 35.5°, 38.4°, 40.3°, 53.4°, 63.1°, and 71.4°corresponded to the (1000), (0002), 

(1011), (1012), (1120), and (1013) planes of titanium (Figure 6) [33]. The coating 

formed by incubation in 1× SCPS bore two characteristic peaks at 2θ = 26.1°and 

31.5°, corresponding to the (002) and (211) planes of hydroxyapatite (JCPDS no. 

09–0432) (Figure 6A) [34]. These peaks became visible after 5 h of incubation in 

1× SCPS and became more significant with the progress of the coating procedure. 

Similarly, the coatings formed by incubation in 4.5× SCPS also bore the two 

characteristic peaks of hydroxyapatite. Furthermore, this new coating also 

contained a very sharp, high peak at 2θ = 11.7°, which corresponded to dicalcium-

phosphate dihydrate (DCPD) (JCPDS no. 9–77) (Figure 6B) [34]. These findings 

suggested that the coating was a complex of DCPD and apatite. DCPD is 

biocompatible, biodegradable, and osteoconductive, and can be converted into 

dicalcium-phosphate anhydrous (DCPA) (pH < 6), octacalcium-phosphate (OCP) 

(pH = 6–7), or precipitated hydroxyapatite (pHAp) (pH > 7) [1]. In medicine, DCPD 

is used in the production of CaP cement [35]. It has been observed that DCPD can 

either be converted into hydroxyapatite [36] or be degraded and replaced by bone 

in vivo. The in-vivo biocompatibility of the novel coating should be further tested. 

 
Figure 6. XRD analysis of the CaP coatings obtained by incubating amorphous CaP-coated 

titanium discs in 1× SCPS (A) or 4.5× SCPS (B) for 5, 24, and 48 h.  
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3.5 Ca2+-release profile from coatings 

An acidic solution was selected to imitate a surgical site (where the initial 

environment could be acidic) as well as the effect of osteoclasts (which degrade 

bone by acid secretion) [37]. Under physiological conditions, at pH 7.4, Ca2+ ions 

were released at a low level (Figure 7). The release profiles for both SCPSs were 

identical, with an average amount of about 0.17 μg per day released from both 

coatings. In the release buffer with pH 6.0, the release profiles for both SCPSs were 

still largely similar, with an average amount of about 0.78 μg per day released from 

both coatings. This phenomenon was in accordance with zinc ion dissolution from 

the zinc hydroxyapatite membrane, which also displayed higher release kinetics in 

acetate buffer (pH 4.5) and lower release in phosphate-buffered saline [37]. Under 

strong acidic conditions (pH 4.5), the total amount of Ca2+ ion released from the 1× 

SCPS group (59.95 ± 1.39 μg) was significantly higher than that from the 4.5× 

SCPS group (32.67 ± 0.03 μg) (p < 0.001). The profile of Ca2+ release from the 

coating obtained in 4.5× SCPS did not change markedly, even in a strongly acidic 

microenvironment, which could be explained by the solid architecture and higher 

amounts of BioCaP deposited onto the discs. The faster dissolution rate of the 1× 

SCPS group was due to the free H+, which affected the nucleation of apatite with a 

loose structure. This finding suggested that BioCaP-coatings fabricated in 4.5× 

SCPS demonstrated acid-resistant properties against osteoclastic resorption, 

which may indicate slow degradation in vivo. 
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Figure 7. The release profiles of Ca2+ from the CaP coatings obtained by incubating 

amorphous CaP-coated titanium discs from 1× SCPS or 4.5× SCPS of 48 h in buffers with 

neutral (pH = 7.4), and acid conditions (pH = 6.0 and 4.5). *** p < 0.001. 

 
3.6 Rate of incorporation of the model protein FITC-BSA 

The rate of incorporation of FITC-BSA in the 4.5× SCPS coating was 81.20 ± 

6.42%, which was significantly higher than that of 21.86 ± 1.90% of the 1× SCPS 

coating (p < 0.001). Such a higher incorporation rate of FITC-BSA was largely due 

to the reduced solution volume and enhanced coating yield (Figure 8). 
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Figure 8. The rate of incorporation of a model protein — FITC-BSA, in the coatings obtained 

with 1× SCPS or 4.5× SCPS. *** p < 0.001. 

 

4. CONCLUSION 

We have developed a new biphasic biomimetic coating procedure (4.5× SCPS) and 

the thereby produced coating has shown a series of advantages over the original 

coating using the current protocol, such as significantly higher coating yield 

efficiency and protein-incorporating rate. Furthermore, the new coating was 

identified as DCPD/apatite crystalline and showed a strong acid-resistant property, 

which enabled a slow coating dissolution and thus a slow delivery of bioactive 

agents in acidic environments, such as inflammation. These properties conferred 

the new coating a promising potential in the functionalization of titanium implants 

for biomedical applications. On the other hand, the biological properties of the new 

coating might be altered due to the changes in its physicochemical properties. 

Therefore, further in-vitro and in-vivo experiments are highly needed to be 

performed to further evaluate the biological properties of this coating. Furthermore, 

it remains to be elucidated how the high ion concentration in the new coating 

solution influences the bioactivity of various types of bioactive agents. 
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ABSTRACT 

The repair of large mandibular bone defects remains challenging for clinicians. As 

a viable treatment option, prefabrication technique is adopted in clinics to construct 

biomimetic bone grafts with mandibular curvatures by implanting superficially 

adsorbed bone morphogenetic protein-2 (rhBMP2)-functionalized bone-filling 

materials in in-vivo ectopic bioreactors, such as latissimus dorsi muscle. However, 

thereby delivered BMP2 may result in a burst release, causing various side effects 

and compromising its osteoinductive efficacy. One viable solution is polydopamine 

(pDA) coating, which can simply and biomimetically immobilize growth factors on 

various biomaterials. The purpose of this work was to prove the principle that 3D 

printed tricalcium phosphate (TCP) scaffolds functionalized by pDA-immobilized 

BMP2 were superior in prefabricating biomimetic bone grafts than the 3D printed 

TCP scaffolds functionalized by the superficially adsorbed one in latissimus dorsi 

muscle. Field emission scanning electron microscope was used to analyze the 

time-dependent morphologies of pDA-coating on TCP (TCP/pDA) scaffolds. The 

loading efficiency and release kinetics of BMP2 in TCP and TCP/pDA scaffolds 

were assessed. The bioactivity of released BMP2 was evaluated both in vitro and 

in vivo. Through these studies, we found that the content of pDA coating increased 

with the incubation time. TCP/pDA scaffolds bore 1.7 times higher loading efficiency 

of BMP2 than pure TCP scaffolds. TCP/BMP bore 2.3 times higher burst release of 

BMP2 than TCP/pDA/BMP on day 1. Furthermore, TCP/pDA/BMP scaffolds bore 

significantly higher expression levels of osteogenesis-related genes (ALP, Osx, and 

COL I) than TCP/BMP. When being implanted in the latissimus dorsi muscle of rats, 

TCP/pDA/BMP scaffolds bore about 2.1 times higher new bone area than TCP/BMP. 

These results suggested that the 3D printed TCP scaffolds functionalized with pDA-

immobilized BMP2 were promising to prefabricate biomimetic bone grafts to repair 

large mandibular bone defects. 

Keywords: 3D printing; Polydopamine; Prefabrication; BMP2; Bone grafts.  
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1. INTRODUCTION 

Large mandibular bone defects due to malignant tumor resection often result in 

discontinuity of the mandible, loss of functions (e.g., mastication and articulation), 

and compromised appearance, causing great suffering to patients [1, 2]. As a 

combined treatment for malignant tumors, radiotherapy may compromise the blood 

supply in defect sites and thereby severely impair the outcome of orthotopic bone 

regenerative therapy [2]. Therefore, both autogenous vascularized and non-

vascularized bone grafts, such as fibular, scapula, and iliac crest have been applied 

in clinics to restore the bone volume, contours and functions of the mandible [2]. 

The usage of non-vascularized bone grafts (NVBGs) is limited by uncontrolled 

resorption and may require a second-stage bone augmentation surgery [3]. NVBGs 

are not suitable for long bone defects (> 6 cm) with soft tissue loss and radiotherapy 

[4]. In contrast, vascularized bone grafts (VBGs) can repair most of large 

mandibular bone defects with a significantly higher success rate (96%) than NVBGs 

(69%) [5]. Furthermore, VBGs not only ensure sufficient blood and soft tissue 

supply, but also bear low risks of graft resorption and infection. However, the usage 

of VBGs is also restricted by limited availability, severe donor site morbidity, and 

difficulty to fit the irregular shape of bone defects [6]. Hitherto, the repair of large 

mandibular bone defects remains highly challenging for clinicians [7]. 

As a viable treatment option, prefabrication technique has been developed, 

involving the implantation of bone-filling materials (e.g., deproteinized bovine bone 

and tricalcium phosphate (TCP)) into an in-vivo ectopic bioreactor (e.g., gastrocolic 

omentum and latissimus dorsi muscle), which undergo a neovascularization and 

bone regeneration period to form biomimetic bone grafts. The 3D geometry of the 

bone-filling materials is usually shaped using a customized titanium mesh to ensure 

a rough fit to the curvatures of mandibular bones [2, 8]. Recombinant human bone 

morphogenetic protein-2 (rhBMP2) is often absorbed onto the materials to achieve 

sufficient bone formation [9]. After the ectopic prefabrication for about 2 to 3 months, 

the vascularized biomimetic bone grafts can be transferred with/without pedicle to 

repair large mandibular bone defects [2, 8]. Gastrocolic omentum and latissimus 

dorsi muscle are the most commonly used bioreactors to prefabricate biomimetic 

bone grafts for patients [2, 8] because these anatomic sites bear abundant blood 
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vessels to provide nutrients and oxygen to the prefabricated bone grafts, thereby 

facilitating a thorough vascularization. Besides, these sites also bear abundant 

native musculoskeletal progenitor cells, which can differentiate into osteoblasts to 

promote bone regeneration [7]. Furthermore, the implantation-caused injury of the 

muscles will also trigger the release of pro-osteogenic growth factors, such as 

BMPs and transforming growth factor-β1 (TGF-β1) [10]. Latissimus dorsi muscle 

contains the thoracodorsal artery and vein, which can be transferred with adjacent 

bone grafts to provide continuous blood supply [9]. Therefore, the survival and 

regenerative property of these pedicled biomimetic bone grafts will not be 

compromised when being implanted in irradiated bone defect sites.  

With the development of computer-aided design and computer-aided 

manufacturing technologies, 3D printing has shown a promising application 

potential to directly fabricate customized biomedical constructs [11, 12]. As one of 

the most widely used 3D printing techniques, robocasting enables the fabrication 

of calcium phosphate (CaP)-based biomimetic constructs with controlled and 

customized structures [13]. Besides, the printed scaffolds bear good mechanical 

properties and osteoconductivity, and the slowly degraded calcium and phosphate 

ions contribute to bone metabolism and regeneration [13]. In our previous study, 

we had implanted 3D printed TCP scaffolds functionalized with absorbed BMP2 in 

the latissimus dorsi muscle of rhesus monkeys to prefabricate biomimetic bone 

grafts, which were later transferred with the muscle pedicle (containing the 

thoracodorsal artery and vein) to repair mandibular bone defects of the monkeys 

[9]. The prefabricated bone grafts facilitate a much faster osseointegration with host 

bone and a better 3D outcome than the directly orthotopically implanted grafts [2, 

8, 9, 13]. On the other hand, it is well-established that the absorption of BMP2 is 

always associated with a burst release, thus needing a supra-physiological dose to 

adequately induce new bone formation. And thereby-generated transiently higher 

concentration of BMP2 may cause a series of side effects, such as inflammation 

and swelling, jeopardizing new bone formation [14-16].  

As a viable approach to simply and biomimetically immobilize growth factors, 

polydopamine (pDA)-mediated surface modification has been widely applied to 

increase surface bioactivity and osteoinductivity of various biomaterials, such as 
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titanium, polymeric, composite, and CaP-based scaffolds [17-20]. As a precursor 

of pDA, dopamine (DA) with functional groups of catechol and phenethylamine can 

self-polymerize in a weak alkaline environment to form the pDA coating, thus 

covalently or non-covalently bonding to various matrices [21]. The pDA coating is 

biocompatible and can immobilize growth factors via Michael addition and Schiff-

base reactions [22]. Previous study shows that the total amount of pDA coating-

immobilized BMP2 is significantly higher than the directly adsorbed one on 

poly(lactic-co-glycolic acid) (PLGA)/hydroxyapatite (HA) scaffolds [23]. Besides, 

pDA can significantly increase cell adhesion to the hydrophobic matrix by adjusting 

surface energy [24].  

In this study, we wished to prove the principle that the 3D printed TCP scaffolds 

functionalized by pDA-immobilized BMP2 were superior in prefabricating 

biomimetic bone grafts than the 3D printed TCP scaffolds functionalized by the 

superficially adsorbed one in latissimus dorsi muscle. Scanning electron 

microscopy (SEM) and micro-CT were applied to observe the hierarchical structure 

of 3D printed TCP scaffolds. Field emission scanning electron microscope (FESEM) 

was used to analyze the time-dependent morphologies of pDA-coating on TCP 

(TCP/pDA) scaffolds. Afterwards, the loading efficiency and release kinetics of 

BMP2 in TCP and TCP/pDA scaffolds were assessed using enzyme-linked 

immunosorbent assay (ELISA). The bioactivity of released BMP2 was examined 

through examining alkaline phosphatase (ALP) activity and the expression levels 

of osteogenic genes. Finally, the latissimus dorsi muscle model of rats was used to 

evaluate the osteogenic efficacy of such prefabricated biomimetic bone grafts, 

aiming to provide a novel bone graft to repair large mandibular bone defects. 

 

2. MATERIALS AND METHODS 

2.1 Fabrication of the TCP scaffolds 

A stable suspension of 40% β-TCP (outer diameter of 30 nm, Whitlockite OD, 

Plasma Biotal Limited, UK) ink was prepared by dispersing the powder in deionized 

water containing Darvan® C (R.T. Vanderbilt, Norwalk, CT). The powder was added 

gradually under vigorously shaking at 2000 rpm for 20 s after each addition until a 

stable and homogeneous mixture was obtained. Previously dissolved 
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hydroxypropyl methylcellulose (Methocel F4M, Dow Chemical Company, Midland, 

MI) was added to increase the viscosity, followed by the polyethylenimine (Sigma-

Aldrich, USA) to increase agglomeration. Finally, the ink’s printability was assessed 

which could extrude continuously without clogging from a syringe.  

By Robocad 4.2.9 (3D inks, Stillwater, OK, USA), the scaffold was designed to 

be 5 mm × 5 mm in the tetragonal mesh. The center to center spacing between the 

adjacent rods was 900 μm within one layer and the layer height was 322 μm. The 

printing speed was set as 20 mm/s. After the ink was loaded in the syringe and the 

bubbles were removed, a conical nozzle with an inner diameter of 410 μm was 

used for printing under the control of the computer robotic system of a robocasting 

device (A3200, 3D inks, Stillwater, OK, USA). To ensure the uniform drying of the 

scaffolds during assembly, the deposition process was conducted within a paraffin 

oil bath. After printing, the scaffolds were left in the oil bath for 24 h, followed by 

drying at room temperature for another 24 h. Finally, the scaffolds were sintered at 

1200 °C for 1 h. 

2.2 Surface modification  

To immobilize rhBMP2 (PeproTech, USA), a pDA (Sigma-Aldrich, USA) coating 

was introduced to the TCP scaffolds. At room temperature, the TCP scaffolds were 

immersed in the DA solution (2 mg/mL in 10 mM Tris-HCl, pH 8.5) and maintained 

on the shaker for 3 h, 6 h, 12 h, and 24 h. After that, the TCP/pDA scaffolds were 

rinsed with deionized water for 3 times to remove the unattached pDA and dried for 

subsequent studies. As to the cell culture and animal studies, the scaffolds were 

autoclaved and DA solution was sterilized by the membrane filter. 

2.3 Characterization of the scaffolds 

The gross views of both TCP and TCP/pDA were captured. Besides, the 

structures of the struts were investigated by SEM (S3400N, Japan) and micro-CT 

(SkyScan1172, Bruker, Belgium). The time-dependent morphology changes of 

TCP/pDA scaffolds were explored by FESEM (Merlin, Germany). Furthermore, the 

elemental compositions were analyzed by EDS (550i, IXRF System, USA).    

2.4 RhBMP2 immobilization  

Lyophilized powder of rhBMP2 (PeproTech, USA) was dissolved in 

recombinant cytokine dissolution to obtain rhBMP2 solution under sterilized 
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conditions. For in-vitro studies, sterile TCP and TCP/pDA scaffolds were incubated 

in rhBMP2 solution (1 μg/mL) at 37 °C for 12 h. Afterwards, the scaffolds were 

harvested and the remnant rhBMP2 solution was used to assess the loading 

efficiency (n = 3). For the animal study, 100 μg/mL rhBMP2 solution was applied to 

construct TCP/BMP and TCP/pDA/BMP scaffolds. 

2.5 Release kinetics 

To observe the initial release kinetics of the immobilized rhBMP2, the 

TCP/pDA/BMP and TCP/BMP scaffolds (n = 3) were incubated in 2 mL 10% 

phosphate-buffered saline (PBS) at 37 °C, 120 rpm for 4 days. In the due time 

points of 1 h, 3 h, 6 h, 1 d, and 4 d, the supernatant was harvested and 2 mL fresh 

10% PBS was added. The amount of rhBMP2 in the collected supernatant was 

measured by a commercially available ELISA kit (PeproTech, USA) according to 

the manufacturer’s instructions. The optical density (OD) was measured by a 

microplate reader (Thermo Fisher Scientific, Inc.). The cumulative percentage of 

released BMP2 was calculated by dividing the values of coated BMP2.  

2.6 Cytocompatibility and morphology 

Pre-osteoblast MC3T3-E1 cells were cultured in α-minimum essential medium 

(α-MEM) with 10% fetal bovine serum (FBS) and 1% penicillin-streptomycin (Gibco, 

Invitrogen, USA) at 37 °C, 5% CO2 humidified condition. When the cells reached 

70–80% confluence, they were digested, counted, and re-suspended in fresh 

culture medium. The cell suspension (4 × 105/mL) was added onto sterile TCP and 

TCP/pDA scaffolds in a 24-well culture plate. After cell adhesion of 3 h, the cell-

laden scaffolds were transferred to new wells with fresh culture medium. After 24 h, 

the viability, adhesion, and spreading of cells on the scaffolds were evaluated 

live/dead staining and SEM. A live/dead staining kit (BestBio, China) was applied 

to stain the live cells green with calcine AM and dead cells red with propidium iodide 

(PI) according to the manufacturer’s instructions. The final images were captured 

by a confocal laser scanning microscope (CLSM, Leica, Germany). Before SEM 

observation, the cell-laden scaffolds were fixed in 4% paraformaldehyde for 30 min. 

After that, the samples were washed gently with 10% PBS twice and dehydrated in 

gradient concentrations of ethanol. Finally, the dried cell-laden scaffolds were 

sputter-coated with Au–Pd plasma.  
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2.7 ALP activity and osteogenic genes expression 

The bioactivity of rhBMP2 released from TCP/BMP and TCP/pDA/BMP was 

assessed by determining the ability to induce osteogenic differentiation of C2C12 

cells. Pure TCP scaffolds were set as the control group. C2C12 cells were cultured 

in high glucose Dulbecco's modified Eagle medium (DMEM) containing 10% FBS 

and 1% penicillin-streptomycin at 37 °C, 5% CO2 humidified condition. When the 

cells reached 70–80% confluence, they were digested, counted, and re-suspended. 

The cell suspension (1 × 106/mL) was seeded on the scaffolds and incubated for 3 

h before they were transferred to new wells containing fresh culture medium. The 

culture medium was refreshed every 3 days. After a continuous culture for 14 days, 

the cells were harvested for ALP and osteogenic genes expression assays. 

2.7.1 ALP activity assay 

The intracellular ALP activities were tested according to the manufacturers’ 

instructions for ALP assay (Jiancheng Bioengineering Institute, China) (n = 3). 1% 

Triton X-100 was used to increase the permeability for 30 min. After that, the lysed 

cells were centrifuged at 12000 rpm for 5 min. The supernatant of each sample was 

mixed with the working reagent. The absorbance of each sample was measured at 

520 nm by the microplate reader. For normalization, the protein concentration was 

detected by a BCA assay (Jiancheng Bioengineering Institute, China). The activity 

of ALP was calculated as U/g protein. 

2.7.2 Osteogenic genes expression 

Quantitative reverse transcription-polymerase chain reaction (qRT-PCR) 

assay was conducted to detect the mRNA expression levels of ALP, collagen type 

I (Col I), and osterix (Osx) (n = 3). The mouse primers used in this study were listed 

in table 1. Total RNA was isolated using TRIzol Reagent (Invitrogen, USA). The 

concentration and purity of total RNA were measured by a spectrophotometer 

(NanoDrop 2000, Thermo Fisher Scientific, Inc.). Furthermore, cDNA synthesis and 

PCR analysis were performed. The genes expression levels were finally normalized 

by the housekeeping gene of GAPDH. The 2-ΔΔCt formula was used to calculate the 

fold changes. 
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Table 1. The sequences of primers used for qRT-PCR analysis.  

No. Primer name Sequences 

1 ALP sense: GCTGATCATTCCCACGTTTT 

antisense: CTGGGCCTGGTAGTTGTTGT  

2 Osx sense: ACTCATCCCTATGGCTCGTG  

antisense: GGTAGGGAGCTGGGTTAAGG 

3 COL I sense: ACTGGTACATCAGCCCGAAC 

antisense: TACTCGAACGGGAATCCATC 

4 GAPDH sense: AAGAAGGTGGTGAAGCAGG  

antisense: GAAGGTGGAAGAGTGGGAGT 

 
2.8 Prefabrication of bioactive bone grafts 

All procedures were approved by the Ethical Committee of Guangzhou Medical 

University (2014091). 3 adult male Sprague-Dawley rats (weight of 200–300 g) 

were included and randomly divided into 2 groups: TCP/BMP and TCP/pDA/BMP 

(n = 6). Under general anesthesia with 2% pentobarbital sodium, the back of the 

rats was shaved and sterilized. A 1-cm vertical incision was made on the back to 

expose the latissimus dorsi muscle. By a careful dissection, a muscular pouch was 

created and the prepared scaffolds were implanted into the pouch. Every rat 

received 4 implants and there was a 1-cm distance between the adjacent scaffolds 

and the spine. After implantation, the wounds were closed with layered sutures. 

The samples were harvested 4 weeks post-implantation and fixed in 4% 

paraformaldehyde for 24 h. After fixation, the samples were continuously washed 

overnight. 10% EDTA was applied for decalcification. All the samples were washed, 

dehydrated, and embedded in paraffin. 5-μm sections of each sample were stained 

by hematoxylin and eosin (H&E) staining. Representative sides of each sample 

were photographed and analyzed to calculate the percentage of new bone area by 

Image Pro Plus 6.0 (Media Cybernetics, Silver Spring, MD, USA). 

2.9 Statistical analysis 

All data were presented as mean ± standard deviation (SD). Statistical analysis 

was performed using IBM SPSS 22.0 version (IBM Corp, Armonk, NY, USA). 

Statistical differences among two groups were evaluated by Student’s t-test while 
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the differences among three groups were assessed by one-way ANOVA. A value 

of P < 0.05 was considered to be statistically significant.  

 

3. RESULTS AND DISCUSSION  

3.1 Characterization and surface modification of the scaffolds 

Pore size is a key parameter during the fabrication of scaffolds for optimal bone 

regeneration as it directly influences cell migration, tissue infiltration, and 

mineralized matrix formation [25]. Generally, an average pore size larger than 300 

μm is recommended to achieve adequate vascularization and bone ingrowth [26]. 

Besides, the presence of micro-pores with a diameter less than 10 μm on scaffold 

surfaces may increase surface area to facilitate cell attachment and the penetration 

of bodily fluids [27], thereby benefiting the osseointegration of macro-porous 

scaffolds [28]. In this study, micro-CT analysis showed that our 3D printed TCP 

scaffolds bore an interconnected and hierarchically porous structure (Figure 1A, B) 

with a high porosity of 66.5 ± 0.8%. SEM images showed that the average macro-

pore diameter was 314.8 ± 8.8 μm (Figure 1C). At a magnification of 1000×, SEM 

observations showed that micro-pores of 1.0 ± 0.3 μm in diameter scattered on the 

surfaces of the scaffolds (Figure 1D). These results suggested that the 3D printed 

TCP scaffolds bore favorable macro- and micro-structures for bone regeneration. 
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Figure 1. 3D hierarchical structure of 3D printed TCP scaffolds. A & B: Micro-CT images of 

the TCP scaffolds. C & D: SEM images of the macro- and micro-porous structures of the 

scaffolds.  

 

Different from other surface modification methods, such as plasma treatment, 

pDA coating is a simple, safe, and effective method to modify scaffolds [21, 29]. 

Shin et al. find that the amount of pDA coating on polymeric films is highly 

dependent on the incubation time (from 5 min to 16 h) of the films in DA solution. It 

takes 4 h until pDA particles cover the whole surface of the film. Besides, the size 

of pDA particles increases from nanoscale (30 min) to microscale (16 h) [29]. 

Hitherto, there is still a lack of study to report the time-dependent morphological 

changes of pDA coating on 3D printed TCP scaffolds. In our study, with the increase 

of incubation time (3 h, 6 h, 12 h and 24 h), the color of the scaffolds gradually 

turned from white to dark brown (at 24 h) due to the oxidative polymerization of 

dopamine (Figure 2A). EDS analysis demonstrated the occurrence of a new 

element of N in pDA-modified TCP scaffolds, which was due to the amine groups 

of the pDA coating [30]. The atomic percentage of nitrogen increased from 2.1 ± 
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0.4 % at 3 h to 3.9 ± 0.4 % at 24 h (Figure 2B). This was consistent with another 

study where the atomic percentage of N on poly(ε-caprolactone)/pDA scaffolds is 

3.49% after a 16-h incubation in DA solution [31]. 

 
Figure 2. Gross view of (A), and the atomic percentage of nitrogen (B) on TCP/pDA scaffolds 

with an incubation time for 3 h, 6 h, 12 h, and 24 h. 

 

FESEM was applied to observe the pDA coating. At a magnification of 10,000×, 

the pentagonal crystal structures of TCP could be observed from 3 h to 12 h (Figure 

3) while TCP/pDA at 24 h was covered with a thick layer of pDA particles. At a 

magnification of 30,000×, the pDA particles uniformly aligned on the surface of the 

scaffolds after the incubation from 3 h to 6 h. After 12 h, the size of pDA particles 

increased, which might increase the surface roughness of the scaffolds. After 24 h, 

a thicker layer of pDA coating was observed on TCP. These findings were 

consistent with the study of Shin et al. [29]. Based on these results, pDA coating 

after a 12-h incubation was chosen for the subsequent studies.  
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Figure 3. FESEM images at lower (left column) and higher (right column) magnifications 

depicting the surface morphologies of 3D printed TCP scaffolds incubated in DA solution for 

0 h, 3 h, 6 h, 12 h, and 24 h. Scale bar = 1 μm in the left column. Scale bar = 200 nm in the 

right column. 

 

3.2 Cytocompatibility and cell morphology observation      

MC3T3-E1 cells were selected to evaluate cell viability, attachment, migration, 

and proliferation on the scaffolds. Live/dead staining showed green-stained live 

MC3T3-E1 cells attached and aligned along the struts of the scaffolds (Figure 4A 

a1–b1). Some cells crossed the pores and anchored to the struts tightly. No red-

stained dead cells were observed, which indicated that both TCP and TCP/pDA 

scaffolds bore excellent biocompatibility. Significantly higher fluorescence intensity 

was detected on TCP/pDA struts than TCP struts, which indicated that TCP/pDA 

was more favorable for cell attachment and spreading (p < 0.01) (Figure 4B). SEM 

results further validated a favorable biocompatibility of TCP/pDA scaffolds. Multiple 

cells stretched out to anchor to the scaffolds (Figure 4A a2–b2). The increased cell 

adhesion on the pDA-coated surface may be attributed to the immobilized serum 

proteins by pDA [24, 29]. Besides, pDA bears abundant hydrophilic groups, such 

as OH- and NH2-, which can increase the hydrophilicity of TCP scaffolds, thus 

benefiting cellular adhesion and spreading [32].   
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Figure 4. A: Live/dead staining and SEM analysis showed excellent biocompatibility of TCP 

and TCP/pDA scaffolds, on which MC3T3-E1 cells attached and spread along the struts. 

Red arrows refer to the attached cells. B: Mean fluorescence intensity of live/dead staining. 

a1–b1, Scale bar = 200 μm. ** p < 0.01. 

 

3.3 Immobilization and release kinetics of BMP2 

With a prominent osteoinductivity, BMP2 together with absorbable collagen 

membrane has been used in clinics to promote the repair of bone non-union and 

spinal fusion in patients [33-35]. Due to a short half-life and rapid dissolution in the 
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physiological environment, a sustained release profile without burst release of 

BMP2 is highly needed to increase its osteoinductive efficacy and reduce the 

dosage. It is well-established that the immobilized BMP2 shows significantly higher 

osteoinductivity due to the slow delivery than the superficially absorbed BMP2 [36-

38]. In our study, the BMP2 loading efficiency of TCP and TCP/pDA scaffolds was 

51.8% ± 10.4% and 89.9% ± 3.9%, respectively (p < 0.01) (Figure 5A). Besides, 

TCP/BMP bore a significantly higher release (Figure 5B), of which 19.8% ± 2.1% 

and 38.3% ± 3.3% BMP2 was released in the first 3 h and 1 day; in contrast, only 

4.3% ± 1.1% and 16.9 % ± 1.8% BMP2 was released from TCP/pDA/BMP scaffolds. 

Our result indicated that pDA coating could efficiently immobilize growth factors on 

TCP scaffolds and significantly reduce the burst release. The loading efficiency and 

release kinetics were consistent with pDA-coated biphasic calcium phosphate 

(BCP) granules, where 87% BMP2 is retained on the granules and releases 

continuously for 30 days [18]. It has been proved that the controlled release of 

BMP2 shows a significantly lower soft tissue edema when implanted 

subcutaneously and intramuscularly than the burst release of BMP2 [39, 40]. 

Therefore, the pDA coating would be beneficial for reducing BMP2-induced edema. 

 
Figure 5. The loading efficiency (A) and release kinetics of BMP2 on TCP/pDA and TCP 

scaffolds (B). ** p < 0.01. 

 

3.4 ALP activity and osteogenic genes expression 

ALP activity and qRT-PCR assay were conducted to test the bioactivity of 
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released BMP2. ALP is secreted by osteoblasts and regarded as an early marker 

of osteogenic differentiation [41]. The TCP/BMP and TCP/pDA/BMP scaffolds bore 

significantly higher (1.4 and 2.9 times, respectively) ALP activities than pure TCP 

scaffolds (p < 0.01). And the ALP activity of TCP/pDA/BMP scaffolds was also 

significantly higher (2.1 times) than that of TCP/BMP (p < 0.001) (Figure 6A). 

Meanwhile, the mRNA expression levels of ALP in TCP/BMP and TCP/pDA/BMP 

scaffolds were significantly higher (2.3 and 4.6 times) than that of pure TCP (p < 

0.05). And the ALP gene expression of TCP/pDA/BMP scaffolds was also 

significantly higher (about 2.0 times) than that of TCP/BMP (p < 0.01) (Figure 6B). 

Osx is a crucial transcription factor for osteogenic differentiation and bone formation, 

which is mainly expressed in osteoblasts and osteocytes [42]. Osx can induce the 

expression of mature osteogenic genes, such as COL I and osteocalcin [42]. The 

mRNA expression levels of Osx in TCP/BMP and TCP/pDA/BMP scaffolds were 

significantly higher (2.2 and 3.3 times, respectively) than in pure TCP scaffolds. 

TCP/pDA/BMP scaffolds bore a significantly higher (1.5 times) Osx expression than 

TCP/BMP (p < 0.05) (Figure 6C). Moreover, COL I plays a key role in the formation 

of mineralized matrix and constitutes the extracellular matrix of bone tissue [43]. 

The mRNA expression levels of COL I in TCP/BMP and TCP/pDA/BMP scaffolds 

were significantly higher (1.4 and 1.6 times, respectively) than in pure TCP 

scaffolds (p < 0.01). TCP/pDA/BMP scaffolds bore a significantly higher (1.2 times) 

COL I expression than TCP/BMP (p < 0.05) (Figure 6D). The significantly higher 

expression levels of ALP, Osx, and COL I mRNAs indicated that TCP/pDA/BMP 

scaffolds were more advantageous in inducing the osteogenic differentiation of 

C2C12 than TCP/BMP. 
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Figure 6. Osteogenic differentiation of C2C12 cells after being co-cultured with TCP, 

TCP/BMP and TCP/pDA/BMP scaffolds for 14 days. A: ALP activity. B–D: Osteogenesis-

related genes (ALP, Osx, and COL I) expression levels of TCP, TCP/BMP, and 

TCP/pDA/BMP scaffolds. * p < 0.05, ** p < 0.01, *** p < 0.001. 
 

3.5 Ectopic new bone formation 

Latissimus dorsi muscle is a commonly used bioreactor to prefabricate 

biomimetic bone grafts for patients [8]. It bears a rich capillary network and blood 

vessels, which can induce neovascularization of the implanted bone-filling 

materials. Latissimus dorsi muscle contains the thoracodorsal artery and vein, 

which can be transferred with bone grafts to provide continuous blood supply [9]. 

Besides, the abundant musculoskeletal progenitor cells can differentiate into 

osteoblasts to promote bone regeneration [7]. Furthermore, the implantation-

caused injury of muscles will also enable the release of pro-osteogenic growth 

factors to support the construction of prefabricated biomimetic bone grafts [10]. In 

our study, new bone tissues formed along the straight struts in both TCP/BMP and 

TCP/pDA/BMP scaffolds. Plenty of bone lacunae scattered in the pink-stained new 
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bone tissues (Figure 7A). The quantitative study showed that TCP/pDA/BMP bore 

significantly higher bone surface area in the inter-strut spaces (2.1 times) than 

TCP/BMP (Figure 7B), suggesting that prefabricated TCP/pDA/BMP bore a much 

stronger osteoinductivity than TCP/BMP. 

 
Figure 7. Histological analysis of prefabricated biomimetic bone grafts. A: Representative 

images of H&E staining. B: Quantitative analysis of the percentage of new bone area in inter-

strut spaces. NB: New bone. S: Scaffold. Scale bar = 200 μm. ** p < 0.01.  

 

4. CONCLUSION 

Our study demonstrated that pDA coating was an efficacious method to improve 

the loading efficacy of BMP2 on 3D printed TCP scaffolds, which could also ensure 

a slow release profile of the loaded BMP2. Besides, pDA-immobilized BMP2 could 

significantly promote the osteogenic differentiation of C2C12 and the in-vivo bone 

formation during the prefabrication of biomimetic bone grafts in latissimus dorsi 

muscle. Our data suggested that the 3D printed TCP scaffolds functionalized with 

pDA-immobilized BMP2 were promising to prefabricate biomimetic bone grafts to 

repair large mandibular bone defects. 

  

5

Chapter 5 3D printed TCP scaffolds functionalized with polydopamine-immobilized BMP2

125124



126 
 

REFERENCES 

[1] L.B. Moura, et al., Autogenous Non-Vascularized Bone Graft in Segmental 
Mandibular Reconstruction: A Systematic Review, Int J Oral Maxillofac Surg 45(11) 
(2016) 1388-1394. 
[2] J. Wiltfang, et al., Man as a Living Bioreactor: Prefabrication of a Custom 
Vascularized Bone Graft in the Gastrocolic Omentum, Tissue Eng Part C Methods 
22(8) (2016) 740-746. 
[3] A. Stricker, et al., Resorption of Retromolar Bone Grafts after Alveolar Ridge 
Augmentation — Volumetric Changes after 12 Months Assessed by CBCT Analysis, 
Int J Implant Dent 7(1) (2021) 7. 
[4] R.D. Foster, et al., Vascularized Bone Flaps Versus Nonvascularized Bone 
Grafts for Mandibular Reconstruction: An Outcome Analysis of Primary Bony Union 
and Endosseous Implant Success, Head Neck 21(1) (1999) 66-71. 
[5] P.K. Gadre, et al., Nonvascularized Bone Grafting for Mandibular Reconstruction: 
Myth or Reality?, J Craniofac Surg 22(5) (2011) 1727-1735. 
[6] C.E. Zimmermann, et al., Donor Site Morbidity after Microvascular Fibula 
Transfer, Clin Oral Investig 5(4) (2001) 214-219. 
[7] R.L. Huang, et al., Bone Graft Prefabrication Following the in Vivo Bioreactor 
Principle, EBioMedicine 12 (2016) 43-54. 
[8] P.H. Warnke, et al., Growth and Transplantation of a Custom Vascularised Bone 
Graft in a Man, Lancet 364(9436) (2004) 766-770. 
[9] M. Zhou, et al., Primate Mandibular Reconstruction with Prefabricated, 
Vascularized Tissue-Engineered Bone Flaps and Recombinant Human Bone 
Morphogenetic Protein-2 Implanted in Situ, Biomaterials 31(18) (2010) 4935-4943. 
[10] M.A. Scott, et al., Brief Review of Models of Ectopic Bone Formation, Stem 
Cells Dev 21(5) (2012) 655-667. 
[11] E.S. Bishop, et al., 3D Bioprinting Technologies in Tissue Engineering and 
Regenerative Medicine: Current and Future Trends, Genes Dis 4(4) (2017) 185-
195. 
[12] Y. Bozkurt, E. Karayel, 3D Printing Technology; Methods, Biomedical 
Applications, Future Opportunities and Trends, J Mater Res Technol 14 (2021) 
1430-1450. 
[13] S.S. Cao, et al., Prefabricated 3D Printed Tissue-Engineered Bone for 
Mandibular Reconstruction: A Preclinical Translational Study in Primate, ACS 
Biomater Sci Eng 7(12) (2021) 5727-5738. 
[14] S. Vukicevic, et al., The Clinical Use of Bone Morphogenetic Proteins Revisited: 
A Novel Biocompatible Carrier Device Osteogrow for Bone Healing, Int Orthop 38(3) 
(2014) 635-647. 
[15] E. Gibon, et al., Inflammation, Ageing, and Bone Regeneration, J Orthop 
Translat 10 (2017) 28-35. 
[16] S. Han, et al., Programmed BMP2 Release from Biphasic Calcium Phosphates 
for Optimal Bone Regeneration, Biomaterials 272 (2021) 120785. 
[17] M. Godoy-Gallardo, et al., Immobilization of BMP2 and VEGF within 
Multilayered Polydopamine-Coated Scaffolds and the Resulting Osteogenic and 
Angiogenic Synergy of Co-Cultured Human Mesenchymal Stem Cells and Human 

127 
 

Endothelial Progenitor Cells, Int J Mol Sci 21(17) (2020) 6418. 
[18] G.H. Lee, et al., Development of BMP2 Immobilized Polydopamine Mediated 
Multichannelled Biphasic Calcium Phosphate Granules for Improved Bone 
Regeneration, Materials Letters 208 (2017) 122-125. 
[19] J.S. Lee, et al., Polydopamine-Assisted BMP2 Immobilization on Titanium 
Surface Enhances the Osteogenic Potential of Periodontal Ligament Stem Cells 
Via Integrin-Mediated Cell-Matrix Adhesion, J Cell Commun Signal 12(4) (2018) 
661-672. 
[20] S.J. Lee, et al., Surface Modification of 3D Printed Porous Scaffolds Via 
Mussel-Inspired Polydopamine and Effective Immobilization of rhBMP2 to Promote 
Osteogenic Differentiation for Bone Tissue Engineering, Acta Biomater 40 (2016) 
182-191. 
[21] S. Huang, et al., Polydopamine-Assisted Surface Modification for Bone 
Biosubstitutes, Biomed Res Int 2016 (2016) 2389895. 
[22] J. Fan, et al., Polydopamine Meets Porous Membrane: A Versatile Platform for 
Facile Preparation of Membrane Adsorbers, J Chromatogr A 1448 (2016) 121-126. 
[23] X. Zhao, et al., BMP2 Immobilized PLGA/Hydroxyapatite Fibrous Scaffold Via 
Polydopamine Stimulates Osteoblast Growth, Mater Sci Eng C Mater Biol Appl 78 
(2017) 658-666. 
[24] S.H. Ku, et al., General Functionalization Route for Cell Adhesion on Non-
Wetting Surfaces, Biomaterials 31(9) (2010) 2535-2541. 
[25] N. Abbasi, et al., Porous Scaffolds for Bone Regeneration, J Sci Adv Mater 
Devices 5(1) (2020) 1-9. 
[26] C.M. Murphy, F.J. O'Brien, Understanding the Effect of Mean Pore Size on Cell 
Activity in Collagen-Glycosaminoglycan Scaffolds, Cell Adh Migr 4(3) (2010) 377-
381. 
[27] Z. Tang, et al., The Material and Biological Characteristics of Osteoinductive 
Calcium Phosphate Ceramics, Regen Biomater 5(1) (2018) 43-59. 
[28] S.K. Lan Levengood, et al., Multiscale Osteointegration as a New Paradigm 
for the Design of Calcium Phosphate Scaffolds for Bone Regeneration, 
Biomaterials 31(13) (2010) 3552-3563. 
[29] Y.M. Shin, et al., Time-Dependent Mussel-Inspired Functionalization of Poly(L-
Lactide-Co-ɛ-Caprolactone) Substrates for Tunable Cell Behaviors, Colloids Surf B 
Biointerfaces 87(1) (2011) 79-87.  
[30] H. Lee, et al., Mussel-Inspired Surface Chemistry for Multifunctional Coatings, 
Science 318(5849) (2007) 426-430. 
[31] S. Jo, et al., Enhanced Adhesion of Preosteoblasts inside 3D PCL Scaffolds 
by Polydopamine Coating and Mineralization, Macromol Biosci 13(10) (2013) 1389-
1395. 
[32] C. Wu, et al., Mussel-Inspired Bioceramics with Self-Assembled 
CaP/Polydopamine Composite Nanolayer: Preparation, Formation Mechanism, 
Improved Cellular Bioactivity and Osteogenic Differentiation of Bone Marrow 
Stromal Cells, Acta Biomater 10(1) (2014) 428-438. 
[33] R. Aryal, et al., Bone Morphogenetic Protein-2 and Vascular Endothelial 
Growth Factor in Bone Tissue Regeneration: New Insight and Perspectives, Orthop 

5

Chapter 5 3D printed TCP scaffolds functionalized with polydopamine-immobilized BMP2

127126



128 
 

Surg 6(3) (2014) 171-178. 
[34] M.C. Simmonds, et al., Safety and Effectiveness of Recombinant Human Bone 
Morphogenetic Protein-2 for Spinal Fusion: A Meta-Analysis of Individual-
Participant Data, Ann Intern Med 158(12) (2013) 877-889. 
[35] P. Haubruck, et al., Comparison of the Clinical Effectiveness of Bone 
Morphogenic Protein (BMP) -2 and -7 in the Adjunct Treatment of Lower Limb 
Nonunions, Orthop Traumatol Surg Res 104(8) (2018) 1241-1248. 
[36] Y. Liu, et al., Delivery Mode and Efficacy of BMP2 in Association with Implants, 
J Dent Res 86(1) (2007) 84-89. 
[37] T. Liu, et al., Deproteinized Bovine Bone Functionalized with the Slow Delivery 
of BMP2 for the Repair of Critical-Sized Bone Defects in Sheep, Bone 56(1) (2013) 
110-118. 
[38] G. Wu, et al., The Effect of a Slow Mode of BMP2 Delivery on the Inflammatory 
Response Provoked by Bone-Defect-Filling Polymeric Scaffolds, Biomaterials 
31(29) (2010) 7485-7493. 
[39] K.B. Lee, et al., Bone Morphogenetic Protein-Binding Peptide Reduces the 
Inflammatory Response to Recombinant Human Bone Morphogenetic Protein-2 
and Recombinant Human Bone Morphogenetic Protein-7 in a Rodent Model of 
Soft-Tissue Inflammation, Spine J 11(6) (2011) 568-576. 
[40] C.E. Taghavi, et al., Bone Morphogenetic Protein Binding Peptide Mechanism 
and Enhancement of Osteogenic Protein-1 Induced Bone Healing, Spine (Phila Pa 
1976) 35(23) (2010) 2049-2056. 
[41] S. Trivedi, et al., A Quantitative Method to Determine Osteogenic Differentiation 
Aptness of Scaffold, J Oral Biol Craniofac Res 10(2) (2020) 158-160. 
[42] Q. Liu, et al., Recent Advances of Osterix Transcription Factor in Osteoblast 
Differentiation and Bone Formation, Front Cell Dev Biol 8 (2020) 601224. 
[43] M. Farea, et al., Synergistic Effects of Chitosan Scaffold and TGF-β1 on the 
Proliferation and Osteogenic Differentiation of Dental Pulp Stem Cells Derived from 
Human Exfoliated Deciduous Teeth, Arch Oral Biol 59(12) (2014) 1400-1411. 

  

129 
 

 

 

 

CHAPTER 6 
 

Development and fabrication of co-axially electrospun biomimetic 

periosteum with a decellularized periosteal ECM shell/PCL core 

structure to promote the repair of critical-sized bone defects 
 

Shuyi Li#, Rongli Deng#, Xuenong Zou, Qiong Rong, Jiali Shou, Zilong Rao, 

Wanqiu Wu, Gang Wu, Daping Quan, Miao Zhou, Tim Forouzanfar 
 

 

Composites Part B: Engineering, 2022, 234:109620. 

 

 

 

 

  

6

Chapter 5

128



130 
 

ABSTRACT 

Periosteum is crucial to the initial healing of bone defects because it provides a 

stable periosteum-specific microenvironment and abundant osteogenic cells 

towards bone repair. However, the usage of autologous periosteum is restricted by 

limited availability. Xenogeneic decellularized periosteum (DP) preserves 

periosteum-specific cues, but the hardly-controlled physicochemical properties 

make it inconvenient to use widely. Our study aimed to fabricate a tissue-

engineered periosteum (TEP) with a continuous periosteum-specifically bioactive 

surface and tailored physicochemical properties by co-axial electrospinning of 

poly(ε-caprolactone) (PCL)/periosteal decellularized extracellular matrix (dECM) to 

promote bone defects healing. Initially, DP was confirmed for effective removal of 

residual DNA and well preservation of biological components, e.g., collagen and 

glycosaminoglycans. After optimization of fabrication processes, PCL/dECM co-

axially electrospun membrane (PEC) bore an exquisite core-shell structure, which 

was effectively equipped with composite advantages of dECM and PCL. Notably, 

PEC stood out in terms of tensile strength and long-term durability within a 

physiological environment compared to that of the dECM uniaxial electrospun 

membrane (ECM). Besides, PEC bore significantly higher cell proliferation, bio-

mineralization, and osteogenic properties than the PCL membrane. Moreover, 

PEC-TEP could significantly enhance the recovery of critical-sized bone defects in 

rats than that of PCL-TEP. To the best of our knowledge, biomimetic PEC-TEP was 

fabricated and used for the first time to repair bone defects. This novel strategy was 

promising to fabricate a dECM-based advanced membrane for tissue engineering 

and regenerative medicine. 

Keywords: Tissue-engineered periosteum; Co-axially structured fibers; 

Decellularized extracellular matrix; Poly(ε-caprolactone); Critical-sized bone defect.  
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1. INTRODUCTION 

Periosteum is a fibrous connective tissue membrane covering most of the outer 

surface of bone and is responsible for regulating bone development, regeneration, 

and remodeling [1, 2]. Periosteum is comprised of two distinct layers: a superficial 

fibrous layer and an inner cambium layer. The fibrous layer consists of highly 

organized and directionally aligned collagen and elastin fibers, which form the 

biological basis for the mechanical stability of periosteum [3] and possesses 

extracellular matrix (ECM) of fibroblasts [4]. The cambium layer serves as a 

reservoir of osteogenic cells, such as skeleton stem cells and osteoprogenitor cells 

[2, 4], which bear a comparable bone-forming efficiency with bone marrow 

mesenchymal stem cells (BMSCs) [5]. Furthermore, the ECM in the cambium layer 

provides a three-dimensional (3D) microenvironment with tissue-specific paracrine 

growth factors, which coordinately regulate many biological functions of 

periosteum-derived cells (PDCs) [6, 7]. For example, as a major biological event of 

the periosteal response to acute bone fracture, PDCs proliferate, migrate and 

differentiate into osteoblasts and chondrocytes to promote callus formation and 

bone healing by intramembranous and endochondral ossification [8]. The 

importance of periosteum for bone regeneration is further highlighted by the fact 

that the absence of periosteum significantly attenuates the healing efficacy of not 

only bone fractures [9] but also critical-sized diaphyseal defects [10]. Consequently, 

autologous transplantation of free periosteum has been adopted to accelerate bone 

regeneration and re-union of rabbit’s segmental bone defect [11]. Consistently, a 

series of clinical trials have revealed that periosteal flaps can significantly enhance 

the healing of bone defects and the integration of bone graft to host bone tissue 

[12]. However, the usage of autologous periosteum is restricted by its limited 

availability and donor site morbidity. Therefore, continuous efforts have been taken 

to develop a tissue-engineered periosteum (TEP) to promote the healing of critical-

sized bone defects [7, 13, 14].  

An ideal TEP for promoting the osseous healing of bone defects should largely 

bio-mimic the major biological functions of periosteum. Firstly, TEP should bear 

certain mechanical stiffness to cover bone defects and stabilize bone grafts for a 

certain period (> 1 month) so as to provide a mechanically stable microenvironment 
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for bone regeneration [15, 16]. Secondly, TEP should also act as a reservoir to 

accommodate stem cells that can migrate, proliferate and differentiate into 

osteoblasts [7]. Thirdly, TEP should provide biocompatible and bioactive niches to 

stimulate osteogenic activities of the stem cells. One of the promising engineering 

techniques to synthesize TEP is electrospinning, which can produce periosteum-

like membranes with controllable and even individualized shape and size. 

Furthermore, electrospun membranes bear micro- to nano-sized fibers, presenting 

a structurally-biomimetic and hierarchically-porous structure to facilitate cell 

migration and proliferation. Its high surface-to-volume ratio avails cell attachment 

and nutrition transportation [17]. In order to fabricate electrospun periosteum with 

sufficient mechanical strength, it is common to adopt synthetic polymeric materials, 

such as poly(ε-caprolactone) (PCL), poly(lactic-co-glycolic acid) (PLGA) [18], and 

poly(lactic acid) (PLA) [19]. Among them, PCL shows good biocompatibility, 

adjustable biodegradability, excellent mechanical ability, high tailorability as well as 

good rheological and viscoelastic properties. Furthermore, PCL has been approved 

by the US Food and Drug Administration (FDA) to be used in humans. These 

properties make PCL a very promising electrospinning material for biomedical 

applications [20-22]. However, PCL is hydrophobic and bears neither intrinsic 

adhesion motifs to enhance cell attachment, nor bioactive agents to promote 

osteogenic differentiation [23, 24]. Consequently, natural bioactive polymers (e.g., 

collagen, gelatin, and chitosan) and bioceramic biomaterials (e.g., hydroxyapatite 

and tricalcium phosphate) have been incorporated in PCL to improve its surface 

activities [25-27]. Collagen/gelatin can increase the hydrophilicity of PCL 

membrane and provide binding sites for cell attachment [28]. Meanwhile, the 

bioceramic materials which mimic components of bone tissue can provide essential 

ions for bone regeneration [29]. Though these composite membranes have 

improved physicochemical properties and osteoconductivity, they lack periosteum-

specific niches to regulate cellular activities and are hard to realize genuine 

biomimetic periosteum in composition.  

Tissue-derived ECM consists of multiple natural polymers (e.g., collagen, 

elastin, and fibrinogen) and various active macromolecules (e.g., growth factors, 

peptides, glycoproteins, and proteoglycans), which can interact with receptors on 
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the cell surface [30] and mitigate foreign body response [31]. It can be used as a 

vascular/bone graft [32], promoting regeneration of cardiac tissue, skeletal muscle, 

and skin [33]. ECMs from different sources have unique structures and 

compositions, which can provide a tissue-specific microenvironment for cells with 

biological and chemical cues to regulate cellular activities [34]. Decellularized ECM 

(dECM) from xenogeneic decellularized periosteum (DP) can maximally (more than 

50%) preserve periosteum’s ultrastructure and biological compositions [35, 36]. 

These preserved biological compositions are capable of accelerating the healing 

efficacy of critical-sized bone defects [37] and inducing bio-mineralization thereon-

seeded MSCs ectopically in nude mice [38]. DECM can provide periosteum-specific 

niches for cells. However, as other natural materials, the hardly-controlled shape, 

intactness, uniformity, and size render DP inconvenient to fit various bone defects 

in clinics. DECM from DP needs to be modified especially the mechanical property 

and degradability [33]. Thus, to develop a TEP with biomimetic periosteal 

compositions and properties, it’s necessary to study 1) whether dECM from DP can 

be used for electrospinning to overcome the aforementioned drawbacks; 2) 

whether it can be used with PCL to adjust the resultant TEP’s physicochemical and 

biological properties.  

ECM that is derived from decellularized tissues [39-41] and cells [42, 43] is 

usually blended with PCL for electrospinning to achieve biomimetic and bioactive 

tissue-engineered constructs to promote regeneration of various tissues. ECM from 

decellularized muscle has been reported to be electrospun alone or combined with 

PCL to build tissue-engineered muscle tissue [40]. The PCL/ECM-blended 

electrospun membrane shows both dramatically improved tensile strength than 

pure ECM-electrospun membrane and significantly enhanced bioactivity than pure 

PCL-electrospun membrane [40, 41]. Albeit so, the PCL/ECM compositions-

blended electrospinning also bears a series of drawbacks in both the fabrication 

process and biological properties. For example, blended electrospinning frequently 

suffers from phase separation of PCL and ECM compositions, leading to 

deteriorated fiber morphology, non-uniform structure, and weak strength [44-46]. 

Although PCL is a biocompatible material, its bioinert composition may negatively 

affect cell viability due to the presence of PCL on the surface of blended electrospun 
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materials [47]. Consequently, an ideal electrospun TEP should bear a fiber surface 

with maximal ECM component and synthetic polymeric material being wrapped 

inside, so as to achieve optimal mechanical strength, biocompatibility, and 

bioactivity. In contrast to blended electrospinning, co-axial electrospinning 

fabricates core-shell structured fibers by separate channels, avoiding the contact 

and immiscibility of different compositions. The core and shell materials can 

mutually promote the electrospinnabilities of each other, extending the range of 

biomaterials and solvents used for electrospinning [48]. Besides, different 

characteristics of the core and shell materials endow the final core-shell fiber with 

a combination of their physicochemical properties, which can also be regulated 

separately by their respective channels. For example, the composite layered fiber 

has a bioactive shell reinforced by a core material [49], or a biodegradable shell 

stabilized by a core material [50]. So far, co-axial electrospinning hasn’t been used 

to fabricate TEP using dECM. The electrospinnability and necessity of combining 

synthetic polymers with dECM remain to be validated.   

We hypothesized that the adoption of co-axial electrospinning using dECM 

from DP as shell material and PCL as core material could ensure the fabrication of 

TEP with both a complete periosteum-specifically bioactive surface to recruit MSCs 

and regulate their bioactivities and a tailored core to regulate mechanical strength 

and degradation rate. In this study, biological safety and preservation of functional 

components in DP were examined initially, followed by an optimization study to 

fabricate the PCL/dECM co-axially electrospun membrane (PEC) and dECM 

uniaxial electrospun membrane (ECM), while electrospun PCL membrane was as 

a control. Subsequently, the physicochemical and biological properties of the 

membranes were evaluated by a series of in-vitro and in-vivo studies to determine 

the feasibility of the biomimetic periosteum to repair bone defects. 

 

2. MATERIALS AND METHODS 
2.1 Harvest and decellularization of porcine periosteum  

Fresh adult porcine legs were collected from a local slaughterhouse. Periostea 

were harvested from femoral bones and the harvested tissues were thoroughly 

washed by ultrapure water before being subjected to decellularization under 
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sterilized conditions. The periosteal tissues were successively treated with 1% 

Triton X-100 for 10 h, 1% sodium dodecyl sulfate (SDS, Sigma-Aldrich, USA) for 2 

h, and 50 U/mL DNase (Sigma-Aldrich, USA) overnight under 100 rpm oscillation 

at room temperature. After each step, the tissues were rinsed three times with 

ultrapure water. The resultant DPs were sent for characterization before being used 

to fabricate TEP. 

2.2 Characterization of the decellularized periosteum 

For histological and immunohistochemistry (IHC) analyses, the specimens 

were fixed in 10% neutral buffered formalin solution for 24 h, followed by 

dehydration in a gradient series of dehydrating solvents, embedding in paraffin and 

microtome (5-μm slices). Hematoxylin and eosin (H&E) staining was performed to 

observe the overall structure and cellular components within the decellularized 

tissues.    

2.2.1 Total DNA content analysis 

DAPI staining was performed to qualitatively detect a successful removal of 

nuclei. Total DNA content was quantitatively estimated to satisfy the limits of the 

residual DNA content (< 50 ng/mg) of the decellularized tissue [51]. DNA contents 

in periosteum and DPs were examined by Quant-iT™ PicoGreen™ dsDNA 

Reagent (Invitrogen, USA) according to the manufacturer’s instructions (n = 3). 

Briefly, the lyophilized periosteum and DP tissues of constant weight were digested 

with Proteinase K at 56 °C until no visible materials were left. The samples were 

thereby purified with the TIANamp Genomic DNA kit (Tiangen, China) and 

incubated with Picogreen for 5 min. Total DNA content was estimated by a 

microplate reader (Synergy™ HTX, Biotek, USA) (excitation wavelength: 485 nm; 

emission wavelength: 528 nm). 

2.2.2 Assessment of collagen  

The specimens were subjected to Masson trichrome staining and IHC of 

collagen type ǀ (COL ǀ) to evaluate the residual collagen and its ultrastructure. For 

IHC staining, mouse anti-collagen type ǀ primary antibody (1:1000, Abcam, 

Cambridge, MA) and goat anti-mouse secondary antibody (1:200, Servicebio, 

China) were used. 

Collagen content was quantitatively assessed on the basis of standard 
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collagen bearing a collagen (mg dry weight) to hydroxyproline (Hyp) ratio of 7.2:1 

[36]. The Hyp content was estimated by a hydroxyproline assay kit (Nanjing 

Jiancheng Bioengineering Institute, China) according to the manufacturer’s 

instructions (n = 3). Briefly, lyophilized periosteum and DP of equivalent weights 

were separately mixed with 1 mL hydrolysate and incubated at 95 °C for 4 h. 

Indicator solution (10 μL) and solution A (1 mL) were added and the color of the 

mixed solution turned red. PH of the solution was then adjusted with solution B 

progressively until the red color turned yellow-green. The aforementioned solutions 

were diluted with ultrapure water until the final volume was 10 mL. After 

centrifugation, 1 mL of the supernatant was sent to test and the absorbance was 

measured at 550 nm by the microplate reader. 

2.2.3 Evaluation of glycosaminoglycans (GAGs)  

Safranin O staining was performed for the qualitative detection of GAGs. For 

quantitative detection, 1, 9-dimethyl methylene blue (DMMB) (Genmed, USA) 

colorimetric assay was performed (n = 3) according to the manufacturer’s protocol. 

Equivalent weights of periosteum and DP were digested and extracted with 

Genmed extraction solution, followed by an incubation at 56 °C for 16 h and 90 °C 

for 10 min. The mixed solutions were further incubated with a staining solution for 

30 min. Final supernatants were harvested and reacted with the dissociation 

solution for 5 min. The absorbance was measured at 656 nm by the microplate 

reader. The standard curve was established with serial dilutions of the Genmed 

standard solution.  

2.2.4 Evaluation of fibronectin  

IHC staining of fibronectin was carried out using rabbit polyclonal fibronectin 

primary antibody (1:500, Abcam Cambridge, MA) and goat anti-rabbit secondary 

antibody (1:200, Servicebio, China). 

2.3 Fabrication of TEPs 

After lyophilization, milk-white DP tissues were milled and sieved to harvest 

DP powder of particle diameter of less than 425 μm. 5% (w/v) DECM shell solution 

was prepared by dissolving 500 mg DP powder in 10 mL hexafluoroisopropanol 

(HFIP) (Aladdin, China) under magnetic stirring for 6 days at 4 °C (Figure 1A). The 

resultant dECM solution had no visible particles. Similarly, the core solution of PCL 
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was prepared by dissolving PCL (Mw = 80,000) granules in HFIP with a final 

concentration of 12% (w/v). To prepare the PEC, the aforementioned solutions were 

transferred to two separate 10 mL syringes loaded on a syringe pump. 

Electrospinning was carried out through a co-axial spinneret (outer: 16 G, inner: 22 

G) at a 1 mL/h constant flow rate of PCL solution and 1, 1.5, 2, 2.5, 3, 3.5 mL/h 

gradient flow rates of dECM solution (i.e., dECM1, dECM1.5, dECM2, dECM2.5, 

dECM3, dECM3.5). Different voltages were applied to optimize the fabrication 

parameters of PEC (Figure 2A). DECM solution was used to fabricate ECM with a 

voltage of 12.4 kV and a flow rate of 2.5 mL/h. PCL membrane (voltage: 12.18 kV; 

flow rate: 2 mL/h) was also fabricated for comparison.  

During the electrospinning process (25 °C, 40–50% humidity), the fibers were 

collected at a distance of 10 cm from the spinneret and the collector which was 

wrapped by aluminum foil. A deposition time of 1.5 h was maintained for all the 

membranes to ensure similar thickness. For in-vitro analysis, the electrospun 

membranes were collected on glass coverslips of different sizes to fit into 48-, 24- 

and 6-well culture plates. After fabrication, the membranes were vacuum-dried for 

24 h and crosslinked by 25% glutaraldehyde vapor for 48 h. For further aseptic 

studies, the membranes were soaked in 75% ethanol for 3 h followed by an 

overnight UV sterilization.  

2.4 Characterizations of the TEPs 

2.4.1 Microstructure and chemical analyses 

The microstructures and cross-sectional images of PCL, ECM, and PEC were 

examined using scanning electron microscopy (SEM, S3400N, Hitachi, Japan). 

Before observation, the specimens were lyophilized and sputter-coated with Au-Pd 

plasma. Core-shell configurations of PEC fibers were analyzed using transmission 

electron microscopy (TEM, JEM-1400, JEOL, Japan). Average diameters (AD) of 

PEC fibers prepared at various conditions were analyzed using SEM by the 

measurement of total 80 fibers in each group. In addition, an elemental profile of 

dECM shell of PEC was analyzed using X-ray photoelectron spectroscopy (XPS, 

ESCALAB 250, Thermo-VG Scientific, England). The presence of collagen and 

GAGs after electrospinning was analyzed using H&E, Masson trichrome, and 

Safranin O staining. Furthermore, the wettability of the samples was evaluated by 
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water contact angle (WCA) measurement using the sessile drop technique (n = 5).  

2.4.2 Mechanical properties 

Uniaxial tensile strength of the electrospun membranes (dry and wet) was 

measured by a universal mechanical machine (MTS CMT6103, USA) at a load of 

50 N. Periosteum and electrospun membranes (n = 3) were cut into a dumbbell-

like shape. Samples for mechanical tests in wet conditions were immersed in 10% 

phosphate-buffered saline (PBS) for 24 h. After that, the samples were clamped at 

a 2-cm distance and pulled longitudinally at a 2 mm/min rate until rupture. The 

stress-strain curve was obtained from the load-displacement measurements and 

Young’s modulus was calculated from the slope. Ultimate tensile strength (UTS) 

and elongation at break were also analyzed.  

2.4.3 Degradation study 

PCL, ECM, and PEC (n = 3) were incubated in 10% PBS statically at 37 °C 

for 4 weeks under aseptic conditions. The degradation medium was changed every 

3 days. At the predetermined time points (0.5, 1, 2, 3, 7, 14, and 28 d), the medium 

was removed gently and the membranes went through a thorough wash to remove 

the absorbed ions. Finally, the membranes were lyophilized and weighed. The 

degradation kinetics curve was obtained by plotting the percentage ratio of the final 

weight to the initial weight at different time points. Furthermore, morphological 

changes were observed using SEM.  

2.4.4 Acellular mineralization 

To evaluate the mineralization potential of the electrospun membranes, 

modified simulated body fluid (mSBF) was prepared as a mineralization medium 

[32]. PCL, ECM, and PEC were immersed in mSBF for 20 days with a medium 

change every alternative day. SEM and energy dispersive X-ray spectroscopy 

(EDS) were used to assess morphological changes and elemental analyses. The 

extent of mineralization was also evaluated by alizarin red S staining (ARS). Briefly, 

the samples were fixed in 4% paraformaldehyde solution before being incubated 

with ARS solution (0.2%, pH 8.3) for 15 min. After that, the samples were washed 

with ultrapure water to remove non-specific staining. The final images were 

captured by a stereomicroscope (Leica, Germany).  

 
139 

 

2.5 In-vitro cell culture study 

2.5.1 Isolation and characterization of human bone marrow mesenchymal 

stem cells (hBMSCs) 

The bone marrow blood was kindly provided by Prof. Xuenong Zou (The First 

Affiliated Hospital of Sun Yat-sen University) [52]. Informed consent was obtained 

from the patients for bone marrow blood collection and all the procedures were 

conducted in accordance with the approval of the Ethics Committee at the First 

Affiliated Hospital of Sun Yat-sen University (2016130). Bone marrow blood was 

collected from the drilling holes of the pedicle during the internal spine fixation 

operations of 3 patients (male, age of 44 ± 10) with lumbar spondylolisthesis. After 

centrifugation (500 g, 5 min), the upper layer of serum and fat was removed and 

the residual bone marrow was mixed with Ficoll-Paque separation medium. After 

another centrifugation at 800 g for 30 min, a cells’ layer like white mist was observed 

between the upper and middle layer, which was transferred and centrifuged again 

for cell pelletization. The pellets were cultured in a specialized hBMSCs culture 

medium (Cyagen Biosciences, USA) and transferred to a T25 flask for culturing at 

37 °C with 5% CO2. The medium was changed after 3 days to remove unattached 

cells and twice a week thereafter. When the cells reached a confluence of 80–90%, 

they were trypsinized, counted, and passaged at a density of 2–3 × 105 per T25 

flask. Cells from passage 4–5 were used for subsequent studies. 

For identification of hBMSCs, 6 × 105 cells dispersed in 10% PBS (containing 

5% fetal bovine serum (FBS)) were incubated with monoclonal antibodies CD73, 

CD90, CD45, and CD34 and analyzed by flow cytometry (BD FACSCanto ǁ, USA) 

according to a protocol reported elsewhere [53].  

2.5.2 Cytocompatibility study and cell proliferation  

To validate whether there was toxic residue left affecting the viability and 

metabolic activity of hBMSCs, a live/dead staining and Alamarblue assay were 

performed. For live/dead staining, 2 × 105 hBMSCs were seeded on the 

membranes and cultured for 3 days. The cell-laden samples were incubated with a 

live/dead staining kit (BestBio, China) according to the manufacturer’s instructions. 

The final images were captured by a confocal laser scanning microscope (CLSM, 

Leica, Germany). 
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Alamarblue assay was performed to assess the metabolic activity of cultured 

hBMSCs. Briefly, 2 × 104 hBMSCs were seeded on the membranes in 48-well 

culture plates and incubated with 5% CO2 at 37 °C. The culture medium was 

replaced every 3 days. On the 1st, 3rd, 5th, and 7th day, Alamarblue solution was 

added to the culture medium at the ratio of 1:10 (v/v). After the incubation at 37 °C 

for 3.5 h, the optical density (OD) was measured at 570 nm and 600 nm by the 

microplate reader. The rate of cell proliferation was estimated according to the 

manufacturer’s protocol.  

2.5.3 Cytoskeletal staining 

1.3 × 104 hBMSCs were seeded on the membranes and cultured for 3 days. 

After that, the cells were fixed in 4% paraformaldehyde solution for 15 min followed 

by PBS washing. The samples were further incubated with 0.1% Triton X-100 

solution for permeabilization and rhodamine phalloidin-labeled FITC solution 

(Cytoskeleton, USA) for 30 min. After PBS washing, the samples were incubated 

with DAPI solution for 5 min to stain the nuclei. The final images were captured by 

the CLSM. The cell morphologies on various membranes was also observed using 

SEM. 

2.6 In-vitro osteogenic activity  

2.6.1 Alkaline phosphatase (ALP) activity and ARS test 

ALP and ARS tests were performed to evaluate early and mature osteogenesis 

of the cultured hBMSCs on electrospun membranes. When the cells reached 80% 

confluence, the culture medium was replaced with osteogenic medium (OM), which 

was composed of high glucose Dulbecco’s modified Eagle medium (DMEM), 10% 

FBS, 1% penicillin-streptomycin, 100 nmol/L dexamethasone, 10 mmol/L β-

glycerophosphate, and 50 μg/mL L-ascorbic acid. After 3 days’ co-culture, ALP 

activity was evaluated by an ALP quantification kit (Nanjing Jiancheng 

Bioengineering Institute, China) and normalized by the protein content. After 21 

days’ co-culture, an ARS test was performed with the aforementioned procedures. 

For quantification analysis, 10% hexadecyl pyridinium chloride monohydrate (CPC) 

was applied to dissolve the mineralized nodules. The colorimetric absorbance was 

measured at 562 nm by the microplate reader. 

2.6.2 Quantitative reverse transcription-polymerase chain reaction (qRT-PCR) 
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After being cultured in OM for 14 days, the total RNA of the cells was extracted 

by TRIzol (Invitrogen, USA) and quantified by Nanodrop 2000 Spectrophotometer 

(Thermo Fisher Scientific, USA). Furthermore, cDNA synthesis and RT-PCR 

analysis were performed according to the protocol reported elsewhere [53]. The 

expression levels of osteogenesis-related genes (bone morphogenetic protein-

2/BMP2, runt-related transcription factor 2/RUNX2, ALP, and COL ǀ were calculated 

by 2−ΔΔCt and normalized by the housekeeping gene of GAPDH. The gene-specific 

primer sequences were listed in Supplemental Table 1.   

 

Supplemental table 1. The sequences of primers used for qRT-PCR analysis. 

No. Primer name Sequences 

1 BMP2 sense: GGGAGAAGGAGGAGGCAAAGAA 

antisense: CTGGGGAAGCAGCAACGCTA 

2 RUNX2 sense: TACTATGGCACTTCGTCAGGA 

antisense: GATTCATCCATTCTGCCACTA 

3 ALP sense: GGCTGTAAGGACATCGCCTA 

antisense: GGGTCAAGGGTCAGGAGTTC 

4 COL ǀ sense: CGATGGATTCCAGTTCGATGTGGT 

antisense: TGTTCTTGCAGTGGTAGGTGATG 

5 GAPDH sense: GCACCGTCAAGGCTGAGAAC 

antisense: TGGTGAAGACGCCAGTGGA 

 

2.7 Recovery of critical-sized bone defects  

Before in-vivo implantation study, the aseptic membranes (φ = 8 mm) were 

seeded with 2 × 105 hBMSCs and cultured for 3 days in OM with 5% CO2 at 37 °C. 

The animal study was performed according to the principles and procedures of the 

National Institutes of Health Guide for the care and use of laboratory animals. The 

experimental protocol was approved by the Ethics Committee of Guangdong 

Institute of Medical Devices (JL03303). 

Nine male Sprague-Dawley rats (12 weeks, weight of 250-300 g) were 

included for the in-vivo study. Before the study, the skull hair was removed and the 

skin was sterilized after general anesthesia by giving pentobarbital sodium (30 

mg/kg) injection intraperitoneally. The soft tissue was cut along the middle line and 
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bluntly separated to completely expose the operation area. After removal of the 

periosteum, critical-sized bone defects were made bilaterally using a trephine burr 

(φ = 5 mm). PCL, ECM, and PEC (n = 6) were overlaid on the defect regions with 

the hBMSCs-laden surfaces facing bone defects (Figure 7A). Finally, the wound 

was closed by a layer-by-layer strict closure. Penicillin 400 000U was injected 

intramuscularly for 3 days post-operatively and cyclosporine (10 mg/kg) was fed 

with water continuously. Four weeks post-implantation, the animals were 

euthanized with isoflurane (Yipin, China). The harvested calvarial specimens were 

fixed in 10% neutral buffered formalin solution for 24 h before radiographic and 

histological examinations. 

2.7.1 Micro-CT 

The radiographic raw data of the calvarial specimens were obtained from 

micro-CT (SkyScan1172, Bruker, Belgium). The scanning parameters were as 

follows: the aluminum filter of 1-mm thickness, a spatial resolution of 2000 × 1332, 

and pixel size of 9 μm. The obtained data were reconstructed by NRecon 1.0 and 

analyzed by CTAn 1.13 software after selecting the region of interest (ROI) by 

Dataviewer. New bone volume and mineralization volume of the membranes were 

calculated and compared.  

2.7.2 Histological analysis 

The calvarial specimens were decalcified with 10% EDTA solution at 37 °C for 

nearly 2 months. H&E, Masson trichrome, and IHC staining of osteopontin (OPN) 

(1:500, Servicebio, China) were performed to evaluate new bone formation as well 

as the structures of the residual membranes. Imaging of histological specimens 

after staining was performed using an optical microscope (Leica, Germany). 

Membrane breakage and average thickness were analyzed by ImageJ (National 

Institutes of Health, USA) while the percentage of the bone area was calculated by 

Image Pro Plus (Media Cybernetics, Silver Spring, MD). Six areas were randomly 

selected for quantification.  

2.8 Statistical analysis 

Data were presented as mean ± standard deviation (SD). The difference 

between two studied groups was assessed by Student’s t-test. And significant 

difference among three groups was detected by one-way ANOVA via IBM SPSS 
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Statistics (version 20.0, SPSS Inc., IL, USA). A value of P < 0.05 was considered 

to be statistically significant. 

 

3. RESULTS 

3.1 Characterizations of the decellularized periosteum  

In histological images, periosteum (Figure 1B a1) displayed distinct fibrous and 

cambium layers (divided by a dark dotted line). In contrast, DP exhibited similar 

structures with loose and porous morphology (Figure 1B b1). The nuclei 

components in periosteum appeared as blue-black spots after H&E staining and 

they were absent in DP samples. Further evidence of immunofluorescent staining 

of DAPI showed no visible blue-stained nucleic acid in DP (Figure 1B b2) when 

compared with periosteum (Figure 1B a2). There was a significant decrease of DNA 

content from 780.94 ± 63.50 ng/mg dry weight of periosteum to 36.17 ± 10.03 

ng/mg dry weight of DP (p < 0.001), indicating elimination of over 95% DNA from 

DP samples (Figure 1C) and it satisfies the FDA standard for the decellularized 

tissue [51]. 

As the main functional components in ECM, collagen and GAGs were 

qualitatively and quantitatively analyzed. The majority of collagen fibrils remained 

intact as revealed from Masson trichrome staining and IHC of COL ǀ in both 

periosteum and DP samples (Figure 1B & Figure S1). There was no significant 

difference (p > 0.05) in collagen content between DP and periosteum (351.58 ± 

43.12 μg/mg and 359.38 ± 21.85 μg/mg, respectively) (Figure 1D). A similar result 

was also found in the case of another bioactive molecule, fibronectin (Figure S1). 

Safranin O staining and GAGs quantification (Figure 1B & E) revealed that there 

was some loss of GAGs in DP (9.24 ± 0.71 μg/mg of periosteum and 5.45 ± 0.78 

μg/mg of DP) (p < 0.01).  
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Figure 1. A: Schematic representation of harvesting periosteum and preparing 

decellularized extracellular matrix (dECM) solution from decellularized periosteum for 

electrospinning. B: Comparative study of periosteum and decellularized periosteum by 

histological analyses. H&E staining (a1–b1) and (a2–b2) DAPI staining demonstrated a 

successful removal of cellular components, which was further validated by (C) DNA content 

quantification. Black dotted lines in a1 and b1 indicate the boundary between the fibrous 

layer (top) and the cambium layer (bottom). a3–b4: Distributions of collagen and GAGs 

through Masson trichrome and Safranin O staining, respectively, and (D–E) their quantitative 

analyses. B: a1–b1, a3–b4, scale bar = 100 μm. a2–b2, scale bar = 200 μm. ns, no 

significance, ** p < 0.01, *** p < 0.001. 
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Supplemental figure 1. Characterization of collagen type ǀ and fibronectin in periosteum 

and decellularized periosteum by IHC staining. a1–d1, scale bar = 200 μm; a2–d2, scale bar 

= 100 μm. 

 

3.2 Physicochemical characterizations of PCL/dECM co-axial electrospinning 

To optimize the co-axial electrospinning conditions, different flow rates and 

voltages were evaluated. Microstructural analysis of different PECs under SEM 

showed randomly orientated microfibers of different diameters (Figure 2B & S2). 

There were distinct variations of fiber diameters at various conditions: dECM1, 

11kV (0.87 ± 0.41 μm), dECM1.5, 11kV (1.25 ± 0.16 μm), dECM2, 12kV (1.01 ± 

0.07 μm), dECM3, 14kV (0.96 ± 0.13 μm), and dECM3.5, 17kV (0.90 ± 0.06 μm) 

(Figure S2). Under all the conditions, the microfibers consisted of a core-shell 

structure, of which the grey shell and black core represented dECM and PCL, 

respectively. Notably, dECM2.5 with a voltage of 12.9 kV displayed a favorable 

gross view (Figure 2A), more uniform fiber (1.10 ± 0.04 μm), and core-shell 

structures than the other conditions (Figure 2B a & b), suggesting this fabrication 

condition ensured a reproducibility to fabricate exquisite PEC.  

The elemental profile of dECM shell in the PEC was analyzed by XPS (Figure 

2B c). PCL is composed of carbon, hydrogen, and oxygen, among which hydrogen 

can’t be detected by XPS. DECM consists of carbon, hydrogen, oxygen, and 

nitrogen [50]. The carbon and oxygen peaks of both PEC and ECM overlapped with 

that of PCL. Oxygen 1s binding energies between 530.08 eV to 536.08 eV and 

carbon 1s binding energies between 283.08 eV to 290.08 eV corresponded to 

oxygen and carbon in amine, amide, or peptide. Nitrogen presence was identified 

by the nitrogen 1s with a peak at 400.08 eV due to its presence in amide or peptide 
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of ECM and PEC, which was typically lacking in PCL.  

Electrospun PCL, ECM, and PEC shared similar porous hierarchical structures 

ranging from micro- to nano-size, with average fiber diameters of 0.86 ± 0.22 μm, 

0.89 ± 0.52 μm, and 1.00 ± 0.38 μm (Figure S3). PCL and PEC fibers were 

uniformly distributed while some fibers in ECM had bead-like structures. Cross-

sectional images of electrospun PCL (235.52 ± 8.10 μm), ECM (218.61 ± 12.42 

μm), and PEC (205.77 ± 1.46 μm) also bore similar appearance and thickness 

(Figure S3). ECM and PEC were deeply stained after H&E, Masson trichrome 

staining, and Safranin O staining, while no staining was observed in PCL. PEC 

displayed more regular and aligned features than ECM. Blue-stains observed in 

Masson trichrome staining were due to the presence of collagen, whereas 

homogeneous pink-red stains in Safranin O staining were due to the presence of 

GAGs in the membranes (Figure S4). In the wettability study, PCL presented to be 

a hydrophobic surface with the WCA of over 90 °, while both ECM and PEC 

possessed a hydrophilic surface with the WCA of less than 90 °. The WCA of PCL 

didn’t change much from 0 s to 30 s (from 115.31 ± 7.10° to 113.75 ± 6.00°), while 

the WCA of ECM sharply decreased from 109.81 ± 7.20° at 0 s to 72.82 ± 4.02° at 

15 s and 66.32 ± 4.21° at 30 s. Significant differences in hydrophilicity between 

ECM and PCL were detected (p < 0.01). The presence of dECM shell in PEC 

introduced a more hydrophilic character as its WCA was reduced by 53.96% at 15 

s (from 114.68 ± 4.27° to 52.80 ± 13.05°) (p < 0.001), and by 60.70% at 30 s (from 

113.75 ± 6.00° to 44.69 ± 10.56°) (p < 0.001) with respect to the values of PCL in 

each time point (Figure 2C & D). Furthermore, the WCA of PEC was also 

significantly less than that of ECM at 30 s (p < 0.05).  
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Supplemental figure 2. SEM and TEM were applied to screen an optimal condition to 

fabricate PEC. a1–e1 & a2–e2: Randomly orientated and interconnected fiber distributions 

with no beads showed by SEM. a2–e2 were magnified views. a3–e3: TEM showed distinct 

characters of core-shell structures of PEC, of which the grey shell represents dECM and the 

black core is PCL. a4–e4: Average diameter (AD) and distributions of the electrospun fibers 

under different conditions.  
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Figure 2. A: Schematic illustration of PEC fabrication and its gross view. B: Physicochemical 

characterizations of optimized PEC fibers using (a) SEM, (b) TEM (the red and white arrows 

refer to the dECM shell and the PCL core, respectively), and (c) XPS. C & D: Wettability test 

to assess the hydrophilicity of PCL, ECM, and PEC. * p < 0.05, ** p < 0.01, *** p < 0.001. 
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Supplemental figure 3. Cross-sectional images of electrospun membranes by SEM. a1–

a3, scale bar = 10 μm; b1–b3, scale bar = 150 μm. 

 

 
Supplemental figure 4. H&E staining (a1–c1), Masson trichrome staining (a2–c2), and 

Safranin O (a3–c3) staining of the electrospun membranes. 

 

Representative uniaxial tensile stress-strain curves were obtained for PCL, 

ECM, and PEC under dry and wet conditions (Figure 3A). Dry ECM showed a 
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steeper slope than both PCL and PEC, while this phenomenon reversed when the 

membranes were in wet condition, which was detailed with an inset image. Young’s 

modulus, UTS, and the percentage of elongation at break were calculated (Figure 

3A b–d). Under dry condition, the Young’s modulus of ECM (E = 0.23 ± 0.03 MPa) 

was significantly higher (p < 0.01) than that of PCL (E = 0.05 ± 0.004 MPa) and 

PEC (E = 0.10 ± 0.02 MPa). UTS of PCL (2.02 ± 0.10 MPa) was significantly higher 

(p < 0.001) than that of ECM (0.89 ± 0.06 MPa) and PEC (1.01 ± 0.05 MPa). In 

addition, the elongation at break of PCL (454.68% ± 52.07%) was significantly 

higher (p < 0.05) than that of PEC (118.73% ± 9.51%) and ECM (10.67% ± 0.85%) 

(p < 0.05). There was also a significant difference between PEC and ECM in 

elongation at break (p < 0.05). Under wet condition, the Young’s modulus of ECM 

(E = 0.004 ± 0.0001 MPa) decreased significantly and was lower than that of PCL 

(E = 0.05 ± 0.003 MPa) and PEC (E = 0.03 ± 0.004 MPa) (p < 0.001). UTS of PCL 

(1.89 ± 0.11 MPa) was significantly higher (p < 0.001) than that of ECM (0.75 ± 0.11 

MPa) and PEC (1.12 ± 0.01 MPa) while PEC had a significantly higher Young’s 

modulus and UTS than ECM (p < 0.05). In addition, the elongation at break of PCL 

(600.43% ± 126.31%) was significantly higher than that of PEC (262.42 % ± 26.52%) 

and ECM (186.15% ± 26.66%) (p < 0.05). Compared with the dry condition, Young’s 

modulus of wet ECM and PEC significantly declined (p < 0.05), while the elongation 

at break of wet ECM and PEC significantly increased (p < 0.05). UTS of PEC also 

increased when in wet status (p < 0.05). Under dry and wet conditions, no 

significant changes were observed in the PCL membrane. The mechanical 

properties of periosteum under wet conditions were also tested. Its Young’s 

modulus, UTS, and elongation at break were 0.097 ± 0.02 MPa, 4.24 ± 0.90 MPa, 

and 179.49% ± 8.47%. Periosteum had significantly higher Young’s modulus and 

UTS than wet ECM and PEC (p < 0.05) while bore similar elongation at break. 

3.3 Degradation study 

In-vitro degradation profiles of PCL, ECM, and PEC could be the indicator of 

in-vivo stability of the scaffolds. Though PCL, ECM, and PEC shared similar 

appearances before the degradation study, there was a distinct color change in 

ECM on day 1 and the membrane cracked on day 3. Only a few remnants of ECM 

could be harvested on day 14. After 28 days, only ECM crumbs dispersed in PBS 
151 

 

and could hardly be harvested for weight and image. No detectable changes were 

observed in the gross views of PCL and PEC over the study period (Figure 3B a). 

ECM showed a significant weight loss on day 7 (64.64% ± 6.34%), while PEC 

displayed a steady decrease in weight. On the 14th day, the mass weight of ECM 

and PEC remained to be 15.04% ± 4.88% and 68.86% ± 2.81%, respectively. Till 

the end of the study, PEC and PCL still retained 56.97% ± 1.32% and 98.73% ± 

0.62% of their original weight, respectively (Figure 3B b). Microstructural analysis 

of the membranes under SEM revealed similar findings (Figure S5). After 7 days’ 

degradation study, PCL could maintain its original fiber morphologies with 

insignificant swelling. However, dramatic changes occurred in topographic 

characteristics of ECM with an onset of swelling and fiber integration just after 12 h 

and part of the membrane disintegrated. On day 7, its hierarchical structure 

disappeared with a fusion of fibers. Only limited layers of fibers existed in ECM. A 

slight amount of ECM samples were harvested on day 14, which were not observed 

under SEM. In contrast, the long-duration property of the PCL core facilitated the 

maintenance of the PEC fiber profile. The dECM shell of PEC slowly swelled and 

part of its fibers fused on day 14.  
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Figure 3. A: Mechanical properties of the electrospun membranes in dry and wet conditions. 

Plots representing (a) stress-strain curves obtained from tensile strength measurement (plot 

in the inset represents the range of strain (%) from 0 to 50), (b) Young’s modulus, (c) ultimate 

tensile strength (UTS), and (d) elongation at break. B: Gross view (a) and weight remaining 

(b) of the residual membranes at different time points when the membranes were incubated 

in 10% PBS at 37 °C statically. * p < 0.05, ** p < 0.01, *** p < 0.001. 
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Supplemental figure 5. Degradation analysis of PCL, ECM, and PEC from 12 h to day 14 

using SEM. 

 

3.4 Acellular mineralization  

SEM images of ECM and PEC revealed deposition of mineralized crystals as 

compared to PCL membrane with no obvious mineralization (Figure 4A). From EDS 

analyses, calcium concentration and atomic percentages were significantly higher 

(p < 0.05) in ECM and PEC as compared to those of PCL. No significant difference 

was detected between ECM and PEC (Figure 4B & C). Furthermore, compared 

with untreated membranes, mSBF-treated ECM and PEC showed prominent red-

stained minerals depositing on their surfaces by ARS staining, while less red-
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staining was observed in PCL (Figure 4D).   

 
Figure 4. Acellular mineralization study of electrospun membranes using modified simulated 

body fluid (mSBF) at 37 °C for 20 days. A: Microstructural features of the mineralized 

membrane under SEM. B & C: Calcium concentration and atomic percentages showed by 

EDS. D: Calcium deposition by ARS. ns, no significance, * p < 0.05, ** p < 0.01. 

 

3.5 In-vitro cell culture study  

3.5.1 Characterization of hBMSCs 

HBMSCs expressed typical MSC-related surface markers: CD73 (99.9%) and 
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CD90 (99.7%), without expression of peripheral blood cells associated surface 

markers: CD45 (0.030%) and CD34 (0.094%), indicating a pure hBMSCs 

population free from blood cells (Figure S6).  

 
Supplemental figure 6. Flow cytometry study of hBMSCs. 

 

3.5.2 Cytocompatibility study  

As shown in Figure 5A, hBMSCs firmly adhered to the membrane surfaces of 

PCL, ECM, and PEC, which were predominately viable (green) with few red-stained 

dead cells, indicating that electrospun membranes were adequately cytocompatible. 

In addition, hBMSCs of polygonal shapes with pseudopodia and distinct red-stained 

β-actin cytoskeleton dominated on ECM (Figure 5A b2) and PEC (Figure 5A b3). 

On the contrary, hBMSCs could not spread on the surface of the PCL membrane 

with less cell spreading area and the cytoskeleton was not as obvious as that of 

ECM and PEC (Figure 5A b1). The results were also supported by SEM images. 

MSCs migrated into the porous structure of ECM and PEC, whereas the cells were 
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restricted to limited superficial space on PCL (Figure 5A c1–c3). Illustration images 

(Figure 5B) vividly showed that MSCs being cultured on dECM surface had more 

filopodia and cellular stretch area and could spread to the sub-superficial surface 

of the membrane (Figure 5B b), while MSCs displayed limited pseudopodia and 

couldn’t spread themselves on the surface of PCL (Figure 5B a).   

There was a steady increase in metabolic activity of cultured hBMSCs from 

day 1 to 7 as evidenced from Alamarblue study (Figure 6A). HBMSCs population 

on ECM was persistently higher than that on PCL from day 1 to day 7. Significantly 

higher metabolic activity of hBMSCs on PEC than that on PCL was noticed on day 

3 and 5 (p < 0.001). HBMSCs on ECM showed the highest proliferation rate over 

the study period.  

3.5.3 In-vitro osteogenic activity  

In terms of osteogenic activity, osteogenic markers of different stages were 

tested. As an early marker of osteogenesis, ALP activities of hBMSCs on ECM and 

PEC were significantly higher (p < 0.001) than that of PCL. ALP activities of ECM 

showed the highest (Figure 6B). The same pattern was found in mRNA expression 

of ALP, while no significant difference was observed between ECM and PEC 

(Figure 6C). As crucial osteogenic genes, BMP2, RUNX2, and COL ǀ were also 

analyzed. BMP2 expression levels in ECM and PEC were at a significantly higher 

quantity (p < 0.05) than that of PCL (Figure 6D). RUNX2 expression in PCL was 

higher (p > 0.05) than ECM but was dramatically lower than that on PEC (p < 0.05) 

(Figure 6E). PEC showed the highest expression levels of both BMP2 and RUNX2. 

As to mRNA expression of COL ǀ, both ECM and PEC were significantly higher than 

that of PCL (p < 0.05) (Figure 6F). In-vitro mineralization nodule formation was 

regarded as the final osteogenic differentiation marker, of which PEC reached the 

same level of ECM, and was significantly higher than that of PCL (p < 0.001) (Figure 

6G & H). 
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Figure 5. A: Live/dead staining, cytoskeletal staining, and SEM of PCL, ECM, and PEC. a1–

a3: Green color of calcine AM represented live cells while the red color of propidium iodide 

(PI) referred to dead cells. b1–b3: Red-stained F-actin cytoskeleton and blue-stained DAPI 

showed the adhesion and spreading of hBMSCs on electrospun membranes. c1–c3: 
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Representative SEM images of MSCs co-cultured with electrospun membranes. Red arrows 

show hBMSCs migrated into the porous structure of ECM and PEC. B: Illustration images of 

hBMSCs’ morphologies on the electrospun PCL (a) and membranes with dECM surface (b). 

 

 
Figure 6. Metabolic activities and osteogenesis of hBMSCs cultured on PCL, ECM, and PEC. 

A: Alamarblue staining assay. B: ALP activity. C–F: Osteogenesis-related genes (ALP, BMP2, 

RUNX2, and COL ǀ) expression levels. G & H: ARS and related quantitative analysis. ns, no 

significance, * p < 0.05, ** p < 0.01, *** p < 0.001. 

 

3.6 Recovery of critical-sized bone defects 

The membranes were implanted on the critical-sized calvarial bone defects in 

rats to evaluate their comparative efficacy for promoting new bone formation 

(Figure 7A). Neo-bone regeneration was quantitatively assessed by micro-CT 

analysis 4 weeks post-implantation. For better visualization, micro-CT images at 

different rotational views were displayed in Figure 7B. Unlike PCL which was 

invisible in micro-CT, both ECM and PEC bore mineralized membranes like shields 

of higher density covering bone defects. Interestingly, membrane shape was 

successfully maintained in PEC, while ECM disseminated into the defects in a 

flake-like manner. Strip-like newly formed bone successfully bridged the two 
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opposite edges of the defect region as evidenced in ECM and PEC. However, only 

discrete bone islands were found in the periphery of the defect in PCL. The extent 

of membrane mineralization, as well as neo-bone formation (calculated as volume), 

were significantly higher in ECM and PEC than those in PCL (Figure 7C–D). No 

significant difference was detected between PEC and ECM.  

From the images of histological analysis, PCL maintained intact and was 

encircled with multinuclear macrophages (indicated by red arrows) (Figure 8A). 

PEC almost kept its original shape with only mild breakage, while ECM was almost 

degraded with flake-like morphology, which was also embraced with connected 

tissues and macrophages. Both the breakage and average thickness of residual 

ECM was significantly higher than that of PCL and PEC (p < 0.01) (Figure 8B & C). 

As to the repair of bone defects, the defect area was mainly filled with connective 

tissue apart from an insignificant amount of new bone formation in PCL, while large 

strip-like new bone formation was observed in cases of ECM and PEC. Woven 

bone structures were found in ECM and PEC around their membranes. Dark-blue 

staining of Masson trichrome implied collagen fibers in bone tissue, ECM, and PEC. 

Additionally, as an important non-collagenous protein during bone formation, dark-

brown stained OPN was observed in the ECM and PEC, while it was absent in the 

PCL. Osteoblasts-mediated new bone formation was observed in the periphery of 

ECM and PEC. Osteoblasts could effectively migrate into the dECM matrix and 

progressively form mineralization (Figure 8A b5 & c5). Quantitative analysis also 

testified the pronounced new bone formation in ECM (10.13% ± 5.35%) and PEC 

(10.54% ± 4.52%) than in PCL (1.27% ± 0.77 %) (Figure 8D).  
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Figure 7. Micro-CT analysis to evaluate the repair of critical-sized bone defects using PCL, 

ECM, and PEC. A: Critical-sized calvarial bone defects in rats and implantation of 

membranes. B: Micro-CT images of the retrieved specimens at different angles for 
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visualizing the mineralization of membranes and neo-bone formation. C–D: Quantitative 

analysis of membrane mineralization and new bone formation. ns, no significance, * p < 0.05, 

** p < 0.01. 

 

 
Figure 8. Histological analysis of the retrieved specimens for membrane degradation and 

new bone formation. A a1–c1: H&E staining, a2–c2: Magnified images. a3–c3: Masson 

trichrome staining. a4–c5: OPN staining. B–D: Quantitative study of membrane breakage, 

residual thickness, and percentage of new bone area. HB: Host bone; RM: Residual 

materials; NB: New bone; WB: Woven bone. Red arrows: Multinuclear macrophages. ns, no 

significance, * p < 0.05, ** p < 0.01, *** p < 0.001. 
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4. DISCUSSION  

The development of biofunctional TEP has been recognized as a promising 

strategy to accelerate and promote the osseous repair of large bone defects. In this 

study, we, for the first time, adopted the co-axial electrospinning technique to 

fabricate a novel biomimetic TEP with PCL-core/dECM-shell-structured microfibers, 

with an aim to provide a mechanically stable and periosteum-specific 

microenvironment to promote the osteogenic activities of thereon-adhered stem 

cells and thus bone regeneration in the critical-sized bone defect. We showed that 

the novel PEC maximally resembled the mechanical strength of the PCL membrane. 

Meanwhile, the novel PEC also bore dECM-like hydrophilicity and bioactivity to 

promote cell spreading, proliferation, and osteogenic activities, which was far more 

advantageous than the pure PCL membrane. In the subsequent in-vivo repair of 

calvarial bone defects, the novel PEC bore a comparable healing efficacy as the 

pure ECM, which was significantly higher than the pure PCL membrane. 

Furthermore, the in-vivo retention of PEC was significantly higher than the ECM. 

These findings showed a promising application potential of the novel PEC-TEP in 

promoting the repair of bone defects. 

One of the desired essential functions of TEP is to provide a mechanically 

stable microenvironment in bone defects to facilitate continuous osteogenic 

activities. For this purpose, TEP should bear certain mechanical stiffness so as to 

avoid membrane collapse, thereby maintaining the space for bone regeneration. 

Furthermore, it should maintain its structural integrity for at least 1–6 months in vivo, 

especially the initial 2–3 weeks [16, 54, 55] to prevent the invasion of fibroblasts 

into bone defects, thereby conferring osteoblasts sufficient time to repopulate the 

defect. Although natural polymers (e.g., collagen and gelatin) can provide a 

biomimetic niche for bone regeneration, their single application as TEP is limited 

by their low tensile strength and high degradation rate [56]. Therefore, synthetic 

polymers (e.g., PCL) that bear much higher tensile strength, mechanical stability, 

and relatively long-term degradation rate are adopted to improve the 

physicochemical properties of the electrospun membrane through either blended 

[25] or co-axial electrospinning [57]. The blended technique involves a thorough 

mixture of natural and synthetic polymers in a certain ratio to form a homogenous 
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hybrid solution for electrospinning. However, when the mass ratio of gelatin or 

collagen/PCL reaches 30/70 or above, the blended solution gradually separates 

into different phases after 3 hours, rendering it difficult for massive electrospinning 

processes and to harvest membranes with a stable and uniform quality [58, 59]. In 

addition, this demixing phenomenon results in nonuniform and coarse fiber 

morphology as well as large splash defects, which may severely compromise the 

mechanical strength and degradation properties of the electrospun membranes [58, 

59]. Furthermore, the generated inhomogeneous distributions of gelatin and PCL 

in the resultant electrospun membranes lead to the clustering of cells in the gelatin-

rich areas and difficulties in spreading to the surrounding PCL areas [44], which 

may impair their proliferation and metabolic activities [59].  

In contrast, co-axial electrospinning offers separate channels for a respective 

solution without the need of premixing dissimilar polymers, thereby avoiding the 

aforementioned morphological and compositional inhomogeneity. As a 

consequence, co-axially electrospun membranes bear a homogenous and 

continuous structure of a PCL core and natural polymer shell, which contribute to a 

significantly improved stability in the biological microenvironment. For example, 

after soaking in 10% PBS at 37 °C, a co-axially electrospun PCL/gelatin membrane 

maintains its porous structure, while a blended electrospun PCL/gelatin membrane 

degrades much faster and losses its porous structure [60]. Such stability of the co-

axially electrospun membrane is favorable to maintain its integrity so as to prevent 

the invasion of surrounding fibrous tissues. Furthermore, the co-axially electrospun 

PCL/gelatin membrane bears significantly higher Young’s modulus (4.3-fold) and 

tensile strength (10.6-fold) than the blended electrospun PCL/gelatin membrane 

[60], which is highly important for ensuring a stable mechanical microenvironment 

for bone regeneration. Apart from these advantages in physicochemical properties, 

co-axial electrospinning provides a complete and continuous shell surface of 

natural polymers, which results in significantly higher cellular adhesion and 

metabolism on co-axially electrospun PCL/gelatin membranes than the blended 

ones [47]. Furthermore, the core-shell structure of co-axial electrospinning can also 

be used to realize a stepwise and controlled release pattern of bioactive agents [57, 

61]. These properties indicate that co-axial electrospinning technique bears a 
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promising application potential for fabricating an ideal TEP. However, hitherto, most 

of these studies adopt gelatin as the natural polymer, which is insufficient to provide 

a periosteum-biomimetic niche for bone regeneration. Therefore, in this study, we 

planned to fabricate a biomimetic TEP by co-axial electrospinning of PCL and 

dECM.  

One critical step for fabricating a co-axial electrospinning PCL/dECM 

membrane is to make an injectable solution with certain viscoelastic properties from 

periosteal dECM. After decellularization, there are two major techniques to obtain 

a homogenous dECM solution: 1) enzymatic digestion before dissolution in organic 

solvents [41, 62, 63] and 2) direct dissolution in organic solvents. The enzymatic 

digestion involves extra digestion of dECM with pepsin in acidic conditions (pH 2.0) 

for hours (12–72 h) followed by pH neutralization [64]. It shows that pepsin-digested 

ECMs lose the ability to promote the differentiation of MSCs [65]. Therefore, this 

method may be difficult to maintain the biomimetic property of the periosteal ECM. 

The dissolution of dECM involves soaking of dECM in HFIP for varied periods, such 

as overnight [39, 66, 67], 24 h [68] and 2 days [69]. In our study, we modified the 

dissolution protocol to ensure a homogenous solution of dECM. After milling and 

sieving, dECM (diameter less than 425 μm) was added into HFIP at the final 

concentration of 5% (w/v) with constant stirring for 6 days at 4 °C. Right after adding 

into HFIP, the dECM solution appeared to be cloudy-white and highly viscous with 

dispersed dECM particles. The density of dECM particles gradually decreased with 

time and the solution showed a semitransparent and homogenous morphology with 

a much lower viscosity, which suggested that 6 days are necessary to ensure the 

dissolution of dECM in HFIP. After dissolution, the solutions were further cleared by 

removing the residual undissolved components through centrifugation. These 

procedures facilitated the electrospinnability of dECM without clogging the needle 

or inducing bead formation of the fibers. The analyses of SEM, TEM, and XPS 

corroborated a uniform fiber distribution with a delicate PCL core/dECM shell 

structure. The fibers of PEC and ECM were positively stained by Masson trichrome 

and Safranin O staining, indicating uniformly distributed collagen and GAGs from 

dECM. 

In this study, we found that the PEC bore more biomimetic physicochemical 
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and biological properties than the electrospun PCL and ECM. For example, in terms 

of mechanical properties, the ECM had the highest Young’s modulus (0.23 ± 0.03 

MPa) in dry conditions, while it significantly decreased (0.004 ± 0.0001 MPa) when 

in contact with PBS, indicating dry ECM bears high stiffness and will exhibit 

significant softness if in contact with blood or other body fluids. Besides, the 

elongation percentage at break of dry ECM (10.67% ± 0.85%) was too low. These 

characteristics render ECM difficult to manipulate during operation. On the contrary, 

the dECM shell endowed dry PEC a double Young’s modulus compared with PCL 

membrane and enhanced elongation percentage at break (118.73% ± 9.51%) than 

ECM. Besides, wet PEC still maintained a certain stiffness (0.03 ± 0.004 MPa), an 

improved UTS (1.12 ± 0.01 MPa) and elongation percentage at break (262.42% ± 

26.52%). Though its UTS was lower than that of periosteum (4.24 ± 0.90 MPa), it 

resembled a typical barrier membrane (Bio-Gide®, 1.68 ± 0.54 MPa) [70]. The wet 

PEC had a similar elongation percentage at break to the native periosteum (179.49% 

± 8.47%). These results indicated that PEC-TEP possessed a biomimetic stiffness 

and tunability to provide a favorable mechanical microenvironment for bone 

regeneration. Furthermore, PEC showed a prolonged biodegradability with its 57% 

retained after a 4-week incubation in PBS. In contrast, the ECM displayed a high 

rate of degradability, which was implied by the significant swelling, disappearance 

of its hierarchical structure, and over 65% material even after incubation of 7 days. 

Four weeks post-incubation, no membrane structure of ECM could be found. Such 

a high degradability of ECM may significantly compromise the desired functions of 

TEP, such as the mechanical stabilization of grafting materials and barrier function 

to prevent the invasions of surrounding fibrous tissues. As another extreme, PCL 

was too pliable since it bore a half Young’s modulus (0.05 ± 0.004 MPa), but much 

higher (about 3.8 times) elongation percentage at break (454.68% ± 52.07%) in 

comparison with PEC. PCL bore a long half-life and showed no obvious 

morphological changes and mass loss after 4 weeks, which may cause slow 

replacement and risks of infections.  

In addition to the physicochemical properties, the biological properties of PEC 

more resembled ECM, which were significantly advantageous over PCL. First of all, 

PEC bore a significantly lower WCA (44.69 ± 10.56°) than not only PCL (113.75 ± 
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6.00°) but also ECM (66.32 ± 4.21°), which indicated its superior hydrophilicity. 

Such a phenomenon was highly interesting since it could not be only attributed to 

the dECM shell composition. The high surface-to-volume ratio of PEC may be 

another contributing factor, which still needs to be further investigated. Secondly, 

the PEC and ECM supported a comparable level of in-vitro bio-mineralization when 

being soaked in mSBF (without any cellular components) for 20 days, while 

dramatically less mineralization formed in PCL, which indicated that the dECM shell 

conferred PEC a bioactive surface property. Such induction of bio-mineralization on 

dECM may be attributed to that polyanionic GAGs can mediate the mineralization 

process and bind cations like Ca2+, thus regulating extracellular cation homeostasis 

[71, 72]. Besides, collagen type I in dECM also contributes to the bio-mineralization 

by serving as a template for the binding of calcium and phosphate ions and 

subsequent nucleation of apatite crystals. Thirdly, cell adhesion and spreading will 

influence cellular interactions, cell-matrix communication, and finally its behaviors 

and functions [73]. HBMSCs bore prominent actin cytoskeleton, occupied more 

spreading area, and tended to migrate into the sub-superficial fiber layers on PEC 

and ECM though the pore size of the membrane was smaller than that of MSCs, 

while hBMSCs always stayed in the superficial fiber layer with a limited cellular 

stretch area when being seeded on PCL. This may be attributed to that ECM and 

PEC bear an active dECM surface, which has abundant cell-ECM-recognition 

molecules (e.g., RGD sequence) and growth factors. Wang et al. show that 

decellularized BMSCs sheets can significantly promote BMSCs’ migration in a 

Transwell model (3.0-μm pore) compared with the control group without dECM [74]. 

This chemotactic effect is also observed in decellularized chondrocyte sheets [75]. 

Besides, due to the interconnected porous structure, high surface area, and low 

stiffness, we supposed that BMSCs could enter the membrane by amoeboid 

movement, which can be supported by a study from Song et al. They find when 

cultured on electrospun hyaluronic acid (HA)-based fibrous membrane (Young’s 

modulus of about 0.12 GPa), cells can spread and migrate into the porous network 

by deforming adjacent fibers and expanding the pores [76]. Compared with 

membranes with large pores (20 μm), MSCs on 5-μm pore PLA honeycomb film 

extend between several pores with long pseudopodia and can form a thicker 
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cartilage layer due to firm adherence to the film [77]. We supposed there would be 

a synergistic effect of superficial and sub-superficial BMSCs on ECM and PEC.     

On days 3 and 5, the proliferation ratio of hBMSCs on PEC was significantly 

higher than that on PCL, suggesting that the dECM shell significantly enhanced cell 

proliferation. A similar pattern was also found in the mRNA expression levels of ALP, 

an early osteogenic differentiation marker, representing osteoblasts’ activities in 

mineralization [61, 78], which were 1.8-fold and 1.4-fold higher in ECM and PEC 

groups than that in the PCL group. Thereafter, we also checked the mRNA 

expression levels of two crucial osteogenic differentiation markers — BMP2 and 

RUNX2 on the three types of TEPs. BMP2 is the main factor that differentiates 

MSCs into osteoblasts by binding to type ǀ and type ǁ serine/threonine kinase 

receptors of MSCs, activating downstream Smad and non-Smad signaling 

pathways, which ultimately activate osteogenic genes expression levels such as 

RUNX2 [79, 80]. RUNX2 is a key transcription factor for MSCs differentiation. It can 

upregulate the expression levels of ALP and COL ǀ in the initial stage when MSCs 

differentiate into preosteoblasts and immature osteoblasts. However, the 

expression of RUNX2 will decrease in mature osteoblasts [81, 82]. Our data 

showed that mRNA expression levels of BMP2 and RUNX2 were the highest in the 

PEC group, which indicated the favorable property of PEC in inducing osteogenic 

differentiation. That RUNX2 expression in ECM was lower than in PEC may be 

attributed to the cells on ECM were gradually turning to mature osteoblasts. 

Collagen type ǀ involves the initial osteoblasts differentiation, non-collagenous 

proteins deposition, and the final mineralization process for the formation of bone 

matrix [83, 84]. PEC and ECM induced a comparable level of COL ǀ, which was 

significantly higher than that of PCL. Consistently, a comparable level of the in-vitro 

mineralization nodule formation was also found on the ECM and PEC, which was 

also significantly higher than that on the PCL. These data indicated that PEC was 

superior in promoting cell proliferation, early differentiation marker, and crucial 

osteogenic genes expression levels in comparison with PCL. More importantly, 

PEC induced the same level of final osteogenic differentiation marker — in-vitro 

mineralization nodule formation, as ECM, thus suggesting that PEC could provide 

a biomimetic microenvironment to facilitate osteogenesis. 
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One month post-implantation, micro-CT analysis was performed to analyze the 

in-vivo bone regeneration. In the group of PEC, 3D reconstruction showed that an 

intact mineralized membrane-like structure was found covering the bone defects, 

which suggested that PEC could keep its integrity within one month and induced a 

strong osteogenic activity right on its surface. In contrast, no membrane-like 

structure was found in PCL, which indicated no osteogenic activities on its surface. 

Interestingly, only an irregular fragment-like structure was found in the ECM, which 

suggested that ECM degraded fast and broke into pieces. Quantitative analysis 

confirmed that the ECM and PEC bore a comparable level of membrane-associated 

osteogenesis, while no such mineralization was found in the PCL. Furthermore, the 

bone volumes within the bone defects in the groups of ECM and PEC were 

comparable, but significantly higher (1.8-fold) than that in PCL. Consistent with the 

micro-CT findings, the histological analysis also corroborated that ECM broke into 

many pieces with only 19% thickness retained, while only mild breakage or no 

breakage was found in the PEC and PCL. This result was consistent with the in-

vitro degradation property of the three membranes. The too rapid degradation rate 

of the ECM may raise the concern of fibrous tissue invasion into bone defects. 

Furthermore, more new bone volume was also formed in ECM and PEC than that 

in PCL. OPN, as an important non-collagenous protein, is involved in bone 

remodeling and bio-mineralization. It concentrates in the mineralized collagen 

matrix during bone formation and increases adhesion of cells [85]. The intense 

OPN staining at the boundaries between ECM or PEC and tissues suggested an 

inductive function of dECM in promoting bone regeneration, while no dark-brown 

staining was formed in the peripheral of the PCL membrane, indicating it couldn’t 

induce osteoblastic differentiation. These data validated that PEC and ECM had 

more osteogenesis-related cues for bone regeneration than PCL. 

The dECM decorated PEC brought encouraging results in both 

physicochemical and biological properties and is promising in repairing bone 

defects. For bone defects in non-load-bearing areas, this dECM/PCL composite 

can be fabricated in PCL-reinforced dECM hydrogel as an injected bone graft or a 

scaffold [33] to guide bone regeneration. As to segmental or large volume bone 

defects, dECM can be used as a bioactive coating material or a carrier for drug 
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delivery (e.g., anti-inflammation, anti-tumor, and growth factors) [34] in combination 

with load-bearing materials (e.g., tricalcium phosphate and hydroxyapatite) [86]. 

TEP can then promote the initial osseointegration of bone-filling materials and host 

bone. Nevertheless, to obtain an efficacious bone repairing outcome, further 

investigations are necessary to reveal the fate of MSCs on the PEC. The underlying 

mechanism of osteogenic property of PEC also needs to be explored. As 

periosteum also has excellent angiogenic capacity, whether the biomimetic PEC 

can promote vascularization in the host site remains to be analyzed in our future 

research.  

 

5. CONCLUSION 

Our study successfully fabricated a novel PEC-TEP from dECM and PCL by the 

co-axial electrospinning technique. The exquisite core-shell structured PEC bore 

advantages acting as TEP: 1) compared with the pure PCL, dECM shell endowed 

PEC a periosteum-specific osteogenic microenvironment for MSCs, which 

rendered PEC a superior bioactive surface for promoting cell proliferation, matrix 

mineralization, and bone formation; besides, the favorable biodegradation rate of 

PEC avoided the risks of infection and slow tissue replacement; a certain stiffness 

of PEC made it resistant to tissue collapse and kept a stable environment for 

osteogenesis; 2) compared with the pure ECM, the PCL core conferred PEC a 

biomimetic tensile strength and long degradation rate for guiding bone regeneration. 

Overall, these findings indicated that the newly developed biomimetic periosteum 

of PEC holds great application potential to repair bone defects. 
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The repair of large-volume bone defects (LVBDs) remains challenging in clinical 

practice due to the respective limitations of the clinically available bone-defect-filling 

materials, such as autografts, allografts, xenografts, and synthetic materials. 

Therefore, continuous efforts have been made to develop novel biomaterials with 

advanced properties for bone tissue engineering (BTE). One of the major strategies 

to develop such biomaterials for BTE is “biomimetic”, which refers to the 

resemblance of a BTE construct’s fabrication condition, geometries, 

physicochemical properties, and biological functions to natural bone or periosteum 

tissues. The main objectives of this thesis were to 1) develop novel biomimetic bone 

and periosteum constructs and 2) investigate their physicochemical properties and 

promoting effects on the healing of LVBDs, with a final goal to provide efficacious 

treatment options.  

 

HUCMSC-based biomimetic bone constructs  

MSCs are widely used to functionalize BTE scaffolds with pro-osteogenic 

properties. HUCMSCs bear self-renewal capacity and can differentiate into various 

types of cells [1]. Unlike hBMSCs, hUCMSCs are primitive and possess a non-

invasive harvesting procedure, an abundant source, and a high cell yield [2], which 

secure a sufficient number of cells for BTE. HUCMSCs also have a significantly 

higher proliferation capacity than hBMSCs and maintain a high activity after multiple 

passages [3, 4]. Furthermore, hUCMSCs bear lower expression levels of HLA I/II 

and a higher production of tolerogenic IL-10, TGF-β, and HLA-G than BMSCs, 

which indicate that hUCMSCs have low immunogenicity and a strong 

immunosuppressive capacity, facilitating the application of allogenic hUCMSCs [5]. 

These characteristics make hUCMSCs promising MSCs for BTE. However, a series 

of in-vitro studies have shown that hUCMSCs form less mineralized extracellular 

matrix — the final osteogenic differentiation marker — than that of hBMSCs in 

osteogenic differentiation medium [4, 6, 7], which suggests a relatively lower 

osteogenic capacity of hUCMSCs. In this thesis, to enhance the osteogenic efficacy 

of hUCMSCs and fabricate hUCMSC-based biomimetic bone constructs with 

potent osteogenic efficacy, we put forward two biomimetic strategies: 1) the co-

culture of osteogenically- and angiogenically-committed hUCMSCs, and 2) using 
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decellularized periosteal ECM-derived hydrogels as pro-osteogenic carriers of 

hUCMSCs.  

Co-culture of osteogenically- and angiogenically-committed hUCMSCs 

Angiogenesis is a prerequisite of the healing of bone defects, which can 

facilitate the transportation of nutrients and oxygen as well as promote the migration, 

survival, and differentiation of MSCs to repair bone defects [8]. In BTE, a biomimetic 

strategy of co-culturing osteogenic and angiogenic cells is often applied to improve 

the osteogenic efficacy of BTE constructs [9-11]. We hypothesized that the 

biomimetic strategy of co-culturing osteogenically-committed hUCMSCs and 

angiogenically-committed hUCMSCs could significantly promote the osteogenic 

efficacy of hUCMSCs. In Chapter 2, hUCMSCs were pre-treated in respective 

induction media to produce osteogenically- and angiogenically-committed cells. We 

further screened the optimal mixing ratios of both cells and culture media by 

assessing their in-vitro osteogenic differentiation efficacies. Furthermore, after such 

a pre-treatment for 3 days, the osteogenically- and angiogenically-committed cells 

were loaded onto customized TCP scaffolds to repair bone defects. Our study found 

that the 3:1 ratio of osteogenically- and angiogenically-committed cells co-cultured 

in a 3:1 ratio of osteogenic medium (OM) and endothelial cell induction medium 

(EIM) bore dramatically higher osteogenic properties than the hUCMSCs that were 

only osteogenically-committed cells, thus providing a novel strategy to fabricate 

hUCMSC-based biomimetic BTE constructs with significantly enhanced osteogenic 

efficacy. 

The biomimetic strategy of co-culturing osteogenic cells (e.g., BMSCs and 

osteogenic cells) and angiogenic cells (e.g., endothelial progenitor cells (EPCs) and 

endothelial cells (ECs)) represents a viable strategy in fabricating MSC-based BTE 

constructs, which not only facilitates the survival and bioactivities of the 

transplanted MSCs, but also promotes the angiogenic and osteogenic activities of 

the BTE constructs [9, 12]. However, the widely used co-culture of cells, such as 

BMSCs and EPCs, involve an invasive harvesting process, which brings pain to 

patients and increases the risks of infection. Besides, it’s difficult to harvest a 

sufficient number of human EPCs or ECs as the proliferation rate of mature ECs is 

relatively low [13-15]. The co-cultured cells in our study were from a single origin, 
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which bore abundant sources, a non-invasive harvest, rapid proliferation, and 

multilineage differentiation, thus avoiding the aforementioned problems. 

The crosstalk between ECs and osteoblasts remarkably promotes 

vascularization and bone formation. Such synergistic effects may be mediated by 

both paracrine growth factors and direct cell-cell interactions. For example, 

osteogenic cells produce high amounts of VEGF, which can regulate the viability 

and functions of ECs; and then ECs can release growth factors, such as BMP2 and 

insulin-like growth factor (IGF-1), to modulate osteogenic differentiation [16, 17]. 

Besides, the direct contact of the co-cultured BMSCs/ECs can mediate early 

osteogenic differentiation by membrane proteins or intercellular gap junctions to 

exchange ions and small molecules, such as Ca2+ and cAMP [18, 19]. Therefore, 

the mixing ratio of osteoblasts and ECs can significantly influence cellular behaviors 

and osteogenic/angiogenic efficacies. On the other hand, the optimal mixing ratios 

of osteogenic cells and angiogenic cells show large inconsistency in different 

studies. In most studies, a mixing ratio of 1:1 is directly applied, which significantly 

promotes the final osteogenic differentiation by 1.5-fold compared with mono-

culture osteogenic cells [9, 20]. Some studies have compared different co-culture 

ratios and found the optimal mixing ratio is 1:1, which results in a significant 

enhancement in final osteogenic differentiation by 1.5 to 6.5-fold [21, 22]. Few 

studies show that the optimal mixing ratio is 2:1 [23] or 1:3 [24, 25]. In addition to 

the mixing ratio of cells, the compositions of the co-culture media seem also to play 

an important role. Ma et al. report that extracellular matrix mineralization — the final 

osteogenic differentiation marker is only detected in OM, but not in proliferation 

medium (PM), or endothelium medium (EM), or the 1:1 mixture of OM and EM [21]. 

Other studies have directly used a 1:1 mixture of OM/PM and EM [20, 23, 24]. In 

our study, we found that the combination of 3:1-mixed cells and 3:1-mixed media 

resulted in dramatically enhanced extracellular matrix mineralization by 5.1-fold in 

comparison with hUCMSCs in OM. In contrast, the combination of 2:2-mixed cells 

and 2:2-mixed media only enhanced this parameter by 2.0-fold. The other 

combinations showed no significant effects. Such an inconsistency may be partially 

attributed to the differences in cell types and experimental set-ups. Therefore, the 

optimal mixing ratio of co-cultured osteogenic and angiogenic cells and respective 
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culture media should be thoroughly screened for each co-culture-based BTE 

construct. 

Decellularized periosteal ECM-derived hydrogels  

A hydrogel that is comprised of a single ECM-derived component, such as 

collagen or gelatin, is widely used as a 3D scaffold for tissue engineering. This type 

of hydrogel contains abundant cell-binding motifs (e.g., RGD sequence) to promote 

cell adhesion, spreading, and migration [26]. However, this type of hydrogel lacks 

many important bioactive components in ECM, such as hyaluronic acid, GAGs, and 

growth factors. Thus, they are suboptimal in promoting cell differentiation to the 

intended directions. One feasible approach is to extract ECM components from soft 

tissues so as to develop a bio-functional hydrogel with various ECM-derived 

components. One of the most commonly used ECM hydrogels is Matrigel, which is 

derived from the basement membrane of murine Engelbreth-Holm-Swarm (EHS) 

tumors and contains a mixture of ECM proteins, such as laminin, collagen type IV, 

perlecan, entactin, and growth factors [27]. It has been extensively applied to 

culture cells in 2D/3D ways or spheroids/organoid and promote cell growth and 

differentiation [28]. As a non-bone-specific hydrogel, Matrigel primarily functions to 

provide a 2D/3D culture platform for adipose tissue-derived MSCs, which is 

associated with a significantly enhanced extracellular matrix mineralization in 

comparison with polystyrene culture plate [29]. It has already been established that 

ECM hydrogel bears a tissue-specific induction property. For example, ECM 

hydrogels from decellularized nucleus pulposus (NP) induce BMSCs to differentiate 

into NP-like cells while the hydrogels from decellularized annulus fibrosus (AF) 

induce AF-like cells [30]. Similarly, ECM hydrogels from peripheral nerve matrix are 

more effective in supporting myelination, whereas hydrogels from spinal cord 

support synapse formation [31]. Therefore, we hypothesized that ECM hydrogels 

derived from decellularized periosteum could maintain the pro-osteogenic function 

of periosteum to expedite the osteogenic efficacy of hUCMSCs. In Chapter 3, 

decellularized periosteum-derived hydrogels (dPH) were fabricated, characterized, 

and compared with the non-periosteum/bone-specific ECM hydrogel, Matrigel.  

In our study, we adopted the most widely used method to prepare ECM 

hydrogels ― pepsin-mediated ECM digestion. Pepsin can selectively remove non-
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helical telopeptides to unravel collagen fibrils [32, 33]. During this process, pepsin 

can be dissolved in 0.5 M acetic acid or 0.01–0.1 M hydrochloric acid (HCl) to obtain 

the desired concentration for digestion. After thorough digestion, ECM gelation can 

be induced by pH neutralization, salt concentration balance, and physiological 

temperature [33]. The physicochemical and biological properties of the final ECM 

hydrogels are largely influenced by the digestion degree and ECM concentrations. 

The digestion duration varies in different tissues (ranging from hours to days) and 

the minimal time when the solution is homogenous with no visible particles can be 

regarded as a favorable digestion time for a specific tissue [33]. Pouliot et al. find 

significant digestion time-dependent changes in protein concentrations, gelation 

kinetics, mechanical properties, and cellular behaviors. Long digestion time results 

in both increases of small soluble proteins, gelation duration, and decreases of 

gelation speed, mechanical properties, structural complexity, and the ability to 

support cells [34]. Therefore, it is essential to elucidate the critical time, which 

benefits both the physical and biological properties of ECM hydrogels. Besides, the 

types and concentrations of acidic solutions can significantly influence the degree 

of digestion, the final osmotic pressure, and stiffness of ECM hydrogels. Zhao et al. 

find that 0.1 M HCl of low pH value (about 1.6) accelerates the digestion process 

of tendon tissues and results in soft ECM hydrogels, which facilitate the exchange 

of nutrients and oxygen, as well as cell spreading and proliferation. In contrast, 0.5 

M acetic acid with a relatively higher pH value (about 3.7) compromises pepsin 

activities and leads the hydrogel to a hyperosmotic state, which has a negative 

effect on cellular viability [35]. To fabricate ECM hydrogels from decellularized 

periosteum, we adopted 0.01 M HCl (pH 2) to dissolve pepsin (1 mg) and the 

periosteal powder was almost digested after 7 h. In contrast, when using the 0.5 M 

acetic acid as the solution for pepsin digestion, more pepsin (6.5 mg) and longer 

digestion time (24 h) are required [36]. Therefore, we suggested that 0.01 M HCl 

was favorable as the solution for pepsin digestion when making dPH hydrogels.  

When dPH and Matrigel were co-cultured with hUCMSCs, a significantly higher 

initial cell spreading surface area (1.47-fold), cell spreading length (1.45-fold), and 

growth (1.05–1.13-fold) were observed in dPH compared with those in Matrigel. 

This may be attributed to the following mechanisms: first, we showed that dPH was 
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more hydrophilic than Matrigel. Second, periosteal ECM hydrogels contain various 

cell adhesion-related proteins, such as fibronectin, fibrillin-1, vitronectin, and 

thrombospondin 4 [36], while Matrigel lacks these proteins [27, 37]. Furthermore, 

we showed that dPH was more favorable for cell migration and mineralized matrix 

formation (9.74-fold) than Matrigel, which might be due to the soluble bioactive 

agents (e.g., insulin-like growth factor-binding 5 and periostin) in dPH [36, 38]. Our 

study showed that dPH could provide a favorable osteogenic microenvironment for 

hUCMSCs, indicating a promising application potential of biomimetic 

hUCMSCs/dPH constructs in repairing bone defects. 

 

BioCaP coating  

Apart from the direct fabrication of biomimetic BTE constructs, BioCaP coating has 

long been used to confer BTE constructs an osteoconductive surface and 

enhanced scaffold-cell interactions in recipient sites [39-41]. However, its 

biomedical application is limited by the low coating yield efficiency and protein-

incorporation rate of the current coating procedure using 1× supersaturated CaP 

solution (SCPS) [42]. We hypothesized that by increasing the concentrations of 

major ions in SCPS to lower the coating solution volume, the coating yield efficiency 

and protein incorporation rate could increase. In Chapter 4, a new biphasic 

biomimetic coating procedure (4.5× SCPS) was established and compared with 1× 

SCPS.  

Our study showed that both 1× SCPS and 4.5× SCPS bore volume-dependent 

efficiency. There was a positive linear correlation between the coating thickness 

and the solution volume of 1× SCPS, indicating that the coating thickness could be 

increased proportionally by increasing the volume of the 1× SCPS solution. In 

contrast, a biphasic pattern was found in the relationship between the volume of 

4.5× SCPS and the thickness of the produced coating. The initial rapid increase in 

coating thickness was detected when the volume of 4.5× SCPS ranged from 0.1 to 

1 mL, which was followed by a relatively slower increase pattern at higher solution 

volumes (2–6 mL). The coating thickness formed in 6 mL of 4.5 × SCPS reached 

136 ± 6 μm, which was 1.9 times than that of 6 mL 1× SCPS (71 ± 8 μm). Besides, 

the topographic pattern of amorphous CaP was still visible when the 1× SCPS 
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coating solution volume was increased to 2 mL [24]. In contrast, the morphology of 

amorphous CaP was not visible even after incubation in 0.1 mL of 4.5× SCPS. 

Instead, a crystalline structure was observed. These results suggested the coating 

yield efficiency of 4.5× SCPS was significantly higher than that of 1× SCPS.  

By X-ray diffraction analysis, the new coating formed in 4.5× SCPS had 

characteristic peaks of dicalcium-phosphate dehydrate (DCPD) and hydroxyapatite 

[43], in contrast to the apatite-only peak of the 1× SCPS-coating. DCPD is 

biocompatible, biodegradable, and osteoconductive, and can be converted into 

dicalcium-phosphate anhydrous (DCPA) (pH < 6), octacalcium-phosphate (OCP) 

(pH = 6–7), or precipitated hydroxyapatite (pHAp) (pH > 7) [39]. In medicine, DCPD 

is used in the production of CaP cement [44]. It has been observed that DCPD can 

either be converted into hydroxyapatite [45] or be degraded and replaced by bone 

in vivo. The in-vivo biocompatibility of the novel coating will be further tested. 

An acidic solution was selected to imitate a surgical site (where the initial 

environment could be acidic) as well as the effect of osteoclasts (which degrade 

bone by acid secretion) [37]. When the pH was 4.5, the 4.5× SCPS-coating 

released significantly less Ca2+ (about 45%) than the 1× SCPS-coating. This could 

be explained by the solid architecture and higher amounts of BioCaP deposited 

onto the discs. The faster dissolution rate of the 1× SCPS group was due to the 

free H+, which affected the nucleation of apatite with a loose structure. This finding 

suggested that BioCaP-coatings fabricated in 4.5× SCPS demonstrated acid-

resistant properties against osteoclastic resorption, which may indicate slow 

degradation in vivo. The final analysis of protein incorporation demonstrated that 

due to the reduced solution volume and enhanced coating yield, FITC-BSA 

incorporation was significantly higher (3.7-fold) than in the 1× SCPS-coating. 

Therefore, this modified coating procedure holds promise for biomedical 

applications. 

 

Prefabricated biomimetic TCP/pDA/BMP bone grafts 

Prefabrication technique bears a promising potential to repair LVBDs for patients 

[46, 47]. It can construct biomimetic bone grafts with mandibular curvatures by 

implanting superficially adsorbed BMP2-functionalized bone-filling materials in in-
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vivo ectopic bioreactors, such as latissimus dorsi muscle. After ectopic 

prefabrication of about 2 to 3 months, the vascularized biomimetic bone grafts can 

be transferred with/without pedicle to repair large mandibular bone defects [46, 47]. 

The prefabricated bone grafts bear faster osseointegration with host bone and a 

better 3D outcome than the directly orthotopically implanted grafts [46-49]. 

Nevertheless, it is well-established that the absorption of BMP2 is always 

associated with a burst release, thus needing a supra-physiological dose to 

adequately induce new bone formation. In addition, the thereby-generated 

transiently higher concentration of BMP2 may cause a series of side effects, such 

as inflammation and swelling, jeopardizing new bone formation [50-52].  

As a viable approach to immobilize growth factors, polydopamine (pDA)-

mediated surface modification has been widely applied to increase surface 

bioactivity and osteoinductivity of various biomaterials, such as titanium, polymeric, 

composite, and CaP-based scaffolds [53-56]. Therefore, we hypothesized that 3D 

printed tricalcium phosphate (TCP) scaffolds functionalized by pDA-immobilized 

BMP2 were superior in prefabricating biomimetic bone grafts than the 3D printed 

TCP scaffolds functionalized by the superficially adsorbed one in latissimus dorsi 

muscle. In Chapter 5, pDA-coated TCP (TCP/pDA) scaffolds were fabricated and 

characterized. The loading efficiency and release kinetics of BMP2 in TCP/pDA 

scaffolds were compared with pure TCP scaffolds. The latissimus dorsi muscle 

model of rats was used to assess the osteogenic efficacy of prefabricated 

biomimetic TCP/pDA/BMP bone grafts. 

Different from other surface modification methods, such as plasma treatment, 

pDA coating is a simple, safe, and effective method to modify scaffolds [57, 58]. 

Shin et al. find that the amount of pDA coating on polymeric films is highly 

dependent on the incubation time (from 5 min to 16 h) of the films in DA solution. It 

takes 4 h until pDA cover the whole surface of the film. Besides, the size of pDA 

particles increases from nanoscale (30 min) to microscale (16 h) [58]. Consistently, 

our study found the occurrence of a new element of N in pDA-modified TCP 

scaffolds, which was due to the amine groups of the pDA coating [59]. The atomic 

percentage of N increased with the incubation time. By field emission scanning 

electron microscope, the pDA particles were uniformly layered on the surface of the 
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3D printed TCP scaffolds after the incubation from 3 h to 6 h. After 12 h, the size of 

pDA particles increased, which might increase the surface roughness of the 

scaffolds. After 24 h, a thick layer of pDA coating was observed on the 3D printed 

TCP scaffolds.  

It is well-established that the immobilized BMP2 shows significantly higher 

osteoinductive ability due to the slow delivery than the superficially absorbed BMP2 

[60-62]. The BMP2 loading efficiency of TCP/pDA scaffolds was about 1.7 times 

higher than that of pure TCP scaffolds. Besides, TCP/BMP bore 2.3 times higher 

burst release of BMP2 than TCP/pDA/BMP on day 1. It has been proved that the 

controlled release of BMP2 shows a significantly lower soft tissue edema when 

implanted subcutaneously and intramuscularly than the burst release of BMP2 [63, 

64]. Therefore, the pDA coating would be beneficial for reducing BMP2-induced 

edema. Moreover, as a commonly used in-vivo bioreactor, latissimus dorsi muscle 

bears a rich capillary network and blood vessels, which can induce 

neovascularization of the implanted bone-filling materials. It contains the 

thoracodorsal artery and vein, which can be transferred with bone grafts to provide 

continuous blood supply [48]. Besides, the abundant musculoskeletal progenitor 

cells can differentiate into osteoblasts to promote bone regeneration [65]. The 

implantation-caused injury of muscles will also release pro-osteogenic growth 

factors to support the construction of prefabricated biomimetic bone grafts [66]. Our 

in-vitro and in-vivo studies found that pDA-immobilized BMP2 could significantly 

promote the osteogenic differentiation of C2C12 and the prefabrication of 

biomimetic bone grafts, suggesting that the pDA modified 3D printed TCP scaffolds 

were promising to prefabricate biomimetic bone grafts to repair large mandibular 

bone defects. 

 

DECM-based biomimetic periosteum construct  

The development of biomimetic tissue-engineered periosteum (TEP) has been 

recognized as a promising strategy to accelerate the osseous repair of LVBDs. One 

of the desired essential functions of TEP is to provide a mechanically stable 

microenvironment in bone defects to facilitate continuous osteogenic activities. For 

this purpose, TEP should bear certain mechanical stiffness so as to avoid 
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membrane collapse, thereby maintaining the space for bone regeneration. Besides, 

it should maintain its structural integrity for at least 1–6 months in vivo, especially 

the initial 2–3 weeks [67-69] to prevent the invasion of fibroblasts into bone defects, 

thereby conferring osteoblasts sufficient time to repopulate the defect. Furthermore, 

TEP should also act as a reservoir to accommodate stem cells [70] and provide 

biocompatible and bioactive niches to stimulate the osteogenic activities of these 

cells. Although natural polymers (e.g., collagen and gelatin) can provide a 

biomimetic niche for bone regeneration, their single application as TEP is limited 

by their low tensile strength and high degradation rate [71]. Therefore, synthetic 

polymers (e.g., PCL) that bear much higher tensile strength, mechanical stability, 

and relatively long-term degradation rate are often adopted to improve the 

physicochemical properties of the electrospun TEP membranes through blended 

[72] or co-axial electrospinning [73]. The blended technique involves a thorough 

mixture of natural and synthetic polymers in a certain ratio to form a homogenous 

hybrid solution for electrospinning. However, when the mass ratio of gelatin or 

collagen/PCL reaches 30/70 or above, the blended solution gradually separates 

into different phases after 3 hours, rendering it difficult for massive electrospinning 

processes and to harvest membranes with a stable and uniform quality [74, 75]. In 

addition, this demixing phenomenon results in non-uniform and coarse fiber 

morphology as well as large splash defects, which may severely compromise the 

mechanical strength and degradation properties of the electrospun membranes [74, 

75]. Furthermore, the thereby generated inhomogeneous distributions of gelatin 

and PCL in the resultant electrospun membranes lead to the clustering of cells in 

the gelatin-rich areas and difficulties in spreading to the surrounding PCL areas [76], 

which may impair their proliferation and metabolic activities [75]. In contrast, co-

axial electrospinning offers separate channels for a respective solution without the 

need of premixing dissimilar polymers, thereby avoiding the aforementioned 

morphological and compositional inhomogeneity. As a consequence, co-axially 

electrospun membranes bear a homogenous and continuous structure of a PCL 

core and natural polymer shell, which contribute to significantly improved stability 

in the biological microenvironment. For example, after soaking in 10% PBS at 37 °C, 

a co-axially electrospun PCL/gelatin membrane maintains its porous structure, 
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while a blended electrospun PCL/gelatin membrane degrades much faster and 

losses its porous structure [77]. Such stability of the co-axially electrospun 

membrane is favorable to maintain its integrity so as to prevent the invasion of 

surrounding fibrous tissues. Furthermore, the co-axially electrospun PCL/gelatin 

membrane bears significantly higher Young’s modulus (4.3-fold) and tensile 

strength (10.6-fold) than the blended electrospun PCL/gelatin membrane [77], 

which is highly important for ensuring a stable mechanical microenvironment for 

bone regeneration. Apart from these advantages in physicochemical properties, co-

axial electrospinning provides a complete and continuous shell surface of natural 

polymers, which results in significantly higher cellular adhesion and metabolism on 

co-axially electrospun PCL/gelatin membranes than blended ones [78]. These 

properties indicate that the co-axial electrospinning technique bears a promising 

application potential for fabricating an ideal TEP. 

However, the previously developed TEPs still lack periosteum-specific niches 

to regulate cellular activities and are hard to realize genuine biomimetic periosteum 

in composition. DECM from xenogeneic periosteum can maximally (more than 50%) 

preserve periosteum’s ultrastructure and biological compositions [79, 80]. These 

preserved biological compositions are capable of accelerating the healing efficacy 

of critical-sized bone defects [81]. We hypothesized that co-axially electrospun 

dECM/PCL could possess a suitable mechanical strength, long-term biological 

integrity, and a continuous periosteum-specific surface to promote bone 

regeneration. In Chapter 6, we, for the first time, adopted the co-axial 

electrospinning technique to fabricate a novel biomimetic TEP with PCL-

core/dECM-shell-structured microfibers.  

By a series of in-vitro and in-vivo studies, we found that the novel PCL/dECM 

co-axially electrospun membrane (PEC) bore more biomimetic physicochemical 

and biological properties than the electrospun PCL and ECM. In terms of 

mechanical properties, the ECM had the highest Young’s modulus in dry conditions, 

while it significantly decreased when in contact with PBS, indicating dry ECM bears 

high stiffness and will exhibit high softness if it contacts blood or other body fluid. 

And the elongation percentage at break of dry ECM was too low. These 

characteristics render ECM difficult to manipulate during operation. On the contrary, 
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the dECM shell endowed dry PEC a double Young’s modulus compared with PCL 

membrane. Furthermore, the PCL core conferred PEC an improved UTS and 

elongation percentage at break. Though its UTS was lower than that of the native 

periosteum, it resembled a typical barrier membrane (Bio-Gide®) [82]. Besides, the 

wet PEC had a similar elongation percentage at break to the native periosteum. 

These results indicated that PEC-TEP possessed a biomimetic stiffness and 

tunability to provide a favorable mechanical microenvironment for bone 

regeneration.  

Moreover, PEC showed a prolonged biodegradability with its 57% retained 

after a 4-week incubation in PBS. In contrast, the ECM displayed a high rate of 

degradability that no ECM could be found 4 weeks post-incubation. Such a high 

degradability of the ECM may significantly compromise the desired functions of TEP, 

such as the mechanical stabilization of grafting materials and barrier function to 

prevent the invasions of surrounding fibrous tissues. As another extreme, PCL bore 

a long half-life and showed no obvious morphological changes and mass loss after 

4 weeks, which may cause slow replacement and risks of infections.  

Furthermore, with the biomimetic dECM surface, both PEC and ECM facilitated 

the spreading and migration of BMSCs, while BMSCs always stayed in the 

superficial fiber layer with a limited cellular stretch area when being seeded on PCL. 

This may be attributed to that the active dECM surface has abundant cell-ECM-

recognition molecules (e.g., RGD sequence) [83] and growth factors [84, 85]. 

Moreover, the proliferation ratio of hBMSCs on PEC was significantly higher than 

that on PCL on day 3 and day 5, suggesting that the dECM shell significantly 

enhanced cell proliferation. A similar pattern was also found in the mRNA 

expression of ALP, which were 1.8-fold and 1.4-fold higher in ECM and PEC groups 

than in the PCL group. Furthermore, the mRNA expression levels of BMP2 and 

RUNX2 were the highest in the PEC group. PEC and ECM induced a comparable 

level of COL ǀ, which was significantly higher than that of PCL. Consistently, a 

comparable level of the in-vitro mineralized matrix formation was also found on the 

ECM and PEC, which was also significantly higher than that on the PCL. The in-

vivo studies further validated that PEC bore a slow degradation rate with the 

membrane covering bone defects after one month, prominent mineralization, and 
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new bone regeneration. Our study indicated that the biomimetic dECM surface 

rendered PEC superior in promoting cell proliferation, early differentiation marker, 

and crucial osteogenic genes expression levels in comparison with PCL. More 

importantly, PEC induced the same level of the mineralized matrix formation and 

new bone formation to those of ECM, thus suggesting that PEC could provide a 

biomimetic microenvironment to facilitate osteogenesis.  
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The repair of large-volume bone defects remains challenging in clinical practice due 

to the respective limitations of the clinically available bone-defect-filling materials. 

Therefore, continuous efforts have been made to develop new bone and 

periosteum substitutes to enhance bone regeneration.   

HUCMSCs are promising stem cells for bone tissue engineering, which have 

a non-invasive harvesting process, high cell yield, rapid proliferation capacity, and 

low immunogenicity. However, a series of in-vitro studies have shown that the 

osteogenic efficacy of hUCMSCs is relatively lower than that of BMSCs. Therefore, 

in Chapter 2, we adopted a biomimetic strategy of co-culturing osteogenically- and 

angiogenically-committed hUCMSCs in various mixing ratios and culture media so 

as to promote the osteogenic efficacy of hUCMSCs. We found that hUCMSCs bore 

a relatively lower osteogenic efficacy and could differentiate into angiogenic cells 

after induction. Compared with mono-cultured osteogenically-committed 

hUCMSCs in OM, a 3:1 ratio of osteogenically- and angiogenically-committed cells 

co-cultured in a 3:1 ratio of osteogenic medium and endothelial cell induction 

medium bore dramatically higher osteogenic properties both in vitro and in vivo, 

thus providing a novel strategy to fabricate hUCMSC-based biomimetic BTE 

constructs with significantly enhanced osteogenic efficacy. 

Moreover, it has already been established that ECM hydrogels bear a tissue-

specific induction property. Therefore, in Chapter 3, decellularized periosteum-

derived hydrogels (dPH) were fabricated, characterized, and compared with the 

non-periosteum/bone-specific ECM hydrogel, Matrigel. Our in-vitro data showed 

that dPH exhibited a prominent effect on promoting the initial cellular spreading, 

migration, and proliferation. Moreover, the dPH group was associated with the 

enhanced osteogenesis-related genes expression and mineralized matrix 

formation of hUCMSCs than that of Matrigel. Our study indicated that dPH could 

provide a favorable osteogenic microenvironment for hUCMSCs, indicating a 

promising application potential of biomimetic hUCMSCs/dPH constructs to repair 

bone defects.  

Apart from the direct fabrication of biomimetic BTE constructs, BioCaP coating 

has long been used to confer BTE constructs an osteoconductive surface and 

enhanced scaffold-cell interactions in recipient sites. However, its biomedical 
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application is limited by the low coating yield efficiency and protein-incorporation 

rate of the current coating procedure using 1× supersaturated CaP solution (SCPS). 

Therefore, in Chapter 4, we developed a highly concentrated 4.5× SCPS solution 

to harvest BioCaP coating. The thereby produced coating had shown a series of 

advantages over the original coating, such as a significantly higher coating yield 

efficiency and protein-incorporating rate. Furthermore, the new coating was 

identified as DCPD/apatite crystalline and showed a strong acid-resistant property, 

which enabled a slow coating dissolution, and thus, a slow delivery of bioactive 

agents in acidic environments. These properties conferred the new coating a 

promising potential in the functionalization of titanium implants for biomedical 

applications.  

Additionally, polydopamine (pDA) coating is a simple, safe, and effective 

method to modify scaffolds, thus covalently immobilizing growth factors and 

increasing surface bioactivity. Whether 3D printed TCP scaffolds functionalized by 

pDA-immobilized BMP2 were superior in prefabricating biomimetic bone grafts than 

the 3D printed TCP scaffolds functionalized by the superficially adsorbed one in 

latissimus dorsi muscle remained to be studied. Therefore, in Chapter 5, pDA-

coated TCP (TCP/pDA) scaffolds were fabricated and characterized. Our study 

demonstrated that pDA coating was an efficacious method to improve the loading 

efficacy of BMP2 on 3D printed TCP scaffolds, which could also ensure a slow 

release profile of the loaded BMP2. Besides, pDA-immobilized BMP2 significantly 

promoted the osteogenic differentiation of C2C12 and the in-vivo bone formation 

during the prefabrication of biomimetic bone grafts in latissimus dorsi muscle. Our 

data suggested that the 3D printed TCP scaffolds functionalized with pDA-

immobilized BMP2 were promising to prefabricate biomimetic bone grafts for 

repairing large mandibular bone defects. 

The development of biomimetic tissue-engineered periosteum (TEP) has been 

recognized as a promising strategy to accelerate the osseous repair of bone 

defects. However, the previously developed TEPs lack periosteum-specific niches 

to regulate cellular activities, and are hard to realize genuine biomimetic periosteum 

in composition. Therefore, in Chapter 6, we adopted the co-axial electrospinning 

technique to fabricate a novel biomimetic TEP with PCL-core/dECM-shell-
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structured microfibers. The novel PEC resembled the mechanical strength of the 

PCL membrane. Besides, the PEC bore dECM-like hydrophilicity and bioactivity to 

promote cell spreading, proliferation, and osteogenic activities, which was far more 

advantageous than the pure PCL membrane. Moreover, PEC bore a comparable 

healing efficacy in repairing bone defects to the pure ECM, which was significantly 

higher than that in the pure PCL membrane. The in-vivo retention of PEC was also 

significantly higher than that of the pure ECM. These findings indicated a promising 

application potential of the novel PEC-TEP in promoting the repair of bone defects. 
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