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The concept of regenerating tissues, with properties and functions that mimic natural tissues,
has attracted significant attention in recent years. It provides potential solutions for many diseases
treatment and other healthcare problems. To fully realize the potential of the approach, it is crucial to
have a rational biomaterial design to create novel scaffolds and other material systems suitable for
tissue engineering, repair, and regeneration. Research advances in the topic include the design of new
biomaterials and their composites, the scaffold fabrication via subtractive and additive manufacturing
approaches, the development of implantable scaffolds for disease monitoring, diagnostics, and
treatment, as well as the understanding of cell–biomaterial scaffolds interaction.

In the Special Issue “Novel Biomaterials for Tissue Engineering 2018”, promising findings on
different approaches to designing and developing new biomaterials, biomaterial systems, and methods
for tissue engineering, are presented and discussed.

In particular, Rahali et al. report on the synthesis and characterization of novel gelatin methacrylate
hydrogels functionalized with nanoliposomes and nanodroplets [1]. This nanofunctionalization
approach enables control over the design of the biomaterial, via tailoring the type of incorporated
nanoparticle for the specific application. Furthermore, hydroxyapatite (HA) films with minute amounts
(ca. 1 weight %) of (rhenium-doped) fullerene-like MoS2 nanoparticles (IF) were deposited through
an electrophoretic process [2]. Tribological tests revealed that the nanoparticles endow the HA film
very low friction and wear characteristics. As a consequence, HA-IF films could be of interest for
various medical technologies. Al-Kattan et al. [3] reviewed the application of bare, ligand-free,
laser-synthesized nanoparticles of Au and Si as functional modules (additives) in scaffold platforms
intended for tissue engineering purposes. In addition, a new biodegradable medical adhesive material
was recently developed by blending Poly(lactic acid) (PLA) with Poly(trimethylene carbonate) (PTMC)
in ethyl acetate [4]. It is shown that in addition to having a positive effect on hemostasis and no
sensibility to wounds, PLA-PTMC can efficiently prevent infections. Moreover, Babaliari et al.,
demonstrated the use of ultrafast laser-fabricated microstructured culture substrates on different
materials, including Si, Polyethylene terephthalate (PET), and Poly(lactide-co-glycolide) (PLGA), as a
mean to control cellular adhesion and orientation [5]. This property is potentially useful in the field of
neural tissue engineering and for microenvironment systems that simulate in vivo conditions. The
recent achievements in the field of non-apatitic calcium phosphate materials (CaPs) substituted with
various ions were reviewed by Laskus and Kolmas [6]. The authors focused particularly on tricalcium
phosphates (TCP) and “additives” such as magnesium, zinc, strontium, and silicate ions, all of which
have been widely investigated thanks to their important biological role. The review also highlights
some of the potential biomedical applications of non-apatitic substituted CaPs. Besides this, Khan
and Tanaka [7] discussed the prospect of using functional biomaterials, which respond to external
stimulus, for the development of smart 3D biomimetic scaffolds. The authors elaborated on how
smart biomaterials are designed to interact with biological systems, for a wide range of biomedical
applications, including the delivery of bioactive molecules, cell adhesion mediators, and cellular
functioning for the engineering of functional tissues to treat diseases.
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Human mesenchymal stem cells (MSCs) have been widely studied for therapeutic development
in tissue engineering and regenerative medicine. However, directing the differentiation of MSCs
still remains challenging for tissue engineering applications. To address this issue, Balikov et al. [8]
developed a low-cost, scalable, and effective copolymer film to direct angiogenic differentiation
of MSCs. hMSCs were cultured over several passages without the loss of reactive oxygen species
handling or differentiation capacity. In another approach, Lee et al. [9] developed in situ cross-linkable
gelatin−hydroxyphenyl propionic acid hydrogels that can direct endothelial differentiation of MSCs,
thereby promoting vascularization of scaffolds towards tissue engineering and regenerative medicine
applications in humans. Besides this, the development of techniques and devices for the development
of new cellular microenvironments (i.e, niche), which is poorly represented by the typical plastic
substrate used for the two-dimensional growth of MSCs in a tissue culture flask, is of critical importance.
Aubert et al. [10] presented a collagen-based medical device as a mimetic niche for MSCs with the
ability to preserve human MSC stemness in vitro. Nativel et al. [11] reported on the application of
droplet millifluidics to encapsulate and support viable hMSCs in a polysaccharide hydrogel.

This Special Issue also presents recent advances in bone tissue engineering and regeneration
as well as in osteogenic differentiation. Specifically, resorbable bacterial cellulose membranes,
treated by electron beam irradiation, have been reported to be excellent biomaterials for guided
bone regeneration [12]. Moreover, Hum et al. [13] developed highly porous bioactive glass-based
scaffolds, fabricated by the foam replica technique and coated with collagen. The combination of
bioactivity, mechanical competence, and cellular response makes this novel scaffold system attractive
for bone tissue engineering. In another approach, Hsieh et al. [14] explored the development of solid
biomimetic scaffolds of Poly(ε-Caprolactone)/Hydroxyapatite and Glycidyl-Methacrylate-Modified
Hyaluronic Acid. In vivo experiments on the healing of osteochondral defects, performed on the knees
of miniature pigs, concluded that the structural design of the scaffold should be reconsidered to match
the regeneration process of both cartilage and subchondral bone. Besides this, different approaches to
osteogenic differentiation are reported. In particular, the osteogenic differentiation effect of the FN
Type 10-Peptide Amphiphile (FNIII10-PA) on Polycaprolactone fibers has been investigated [15]. It
is shown that the FNIII10-PA-induced the osteogenic differentiation of MC3T3-E1 cells, indicating
its potential as a new biomaterial for bone tissue engineering applications. Sobreiro-Almeida et
al. investigated the hMSCs osteogenic differentiation on piezoelectric Poly(vinylidene fluoride)
microsphere substrates [16]. It is concluded that such microspheres are a suitable support for
bone tissue engineering purposes, as hMSCs can proliferate, be viable, and undergo osteogenic
differentiation when chemically stimulated. Finally, Paun et al. developed 3D magnetic structures,
fabricated by direct laser writing via two-photon polymerization and coated with a thin layer of
collagen-chitosan-hydroxyapatite-magnetic nanoparticles composite [17]. In vitro experiments showed
that such scaffolds stimulate the osteogenesis in the static magnetic field, via promotion of the MG-63
osteoblast-like cells proliferation and differentiation.

Tissue engineering methods to address skin regeneration and fertility restoration have been
additionally reported. Specifically, Pang et al. [18] evaluated the effects of total flavonoids from Blumea
balsamifera (L.) DC. on skin excisional wounds on the backs of Sprague-Dawley rats and revealed
its chemical constitution, as well as its action mechanism. The study concluded that flavonoids
were the main active constituents that contribute to excisional wound healing. Del Vento et al.,
reviewed the tissue engineering approaches to the improvement of immature testicular tissue and
cell transplantation outcomes [19]. It is concluded that such bioengineering techniques may be a step
closer to fertility restoration for prepubertal boys exposed to gonadotoxic treatments.

Finally, this Special Issue includes recent advances in biofabrication techniques for tissue
engineering purposes. In particular, Zhang et al., provided an overview of the application of the
layer-by-layer (LbL) self-assembly technology for the surface design and control of biomaterial
scaffolds to mimic the unique features of native extracellular matrices [20]. It is concluded that
LbL self-assembly not only provides advances for molecular deposition but also opens avenues for
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the design and development of innovative biomaterials for tissue engineering. Another emerging
biofabrication tool is 3D printing, which has been recently applied for the development of an artificial
trachea [21]. It is shown that epithelial cells in the 3D bioprinted artificial trachea were effective in
respiratory epithelium regeneration. Furthermore, chondrogenic-differentiated bone marrow-derived
MSCs had more neo-cartilage formation potential in a short period, although in a localized area.
Furthermore, Park et al. [22] demonstrated the generation of oriented ligamentous architectures,
driven by a 3D-printed microgroove pattern. The results of this study demonstrate that 3D-printed
topographical approaches can regulate spatiotemporal cell organizations that offer strong potential
for adaptation to complex tissue defects to regenerate ligament-bone complexes. In another study,
a new bone substitute developed from 3D-printed structures of Polylactide (PLA) loaded with
collagen I, have been demonstrated [23]. The results obtained from in vitro cultures of various cell
types, including osteoblasts, osteoblast-like, fibroblasts, and endothelial, indicate the potential use
of 3D-printed PLA scaffolds in bone tissue engineering. Being a promising biofabrication technique,
electrospinning has been widely used for the fabrication of extracellular matrix (ECM)-mimicking
fibrous scaffolds for several decades. In this context, Jun et al. [24] summarized the fundamental
principles of electrospinning processes for generating complex fibrous scaffold geometries that are
similar in structural complexity to the ECM of living tissues. Qasim et al. [25] reviewed the research
progress on the electrospinning of chitosan and its composite formulations for creating fibers in
combination with other natural polymers to be employed in tissue engineering. The review shows that
evidence exists in support of the favorable properties and biocompatibility of chitosan electrospun
composite biomaterials for a range of applications. It is concluded, however, that further research and
in vivo studies are required to translate these materials from the laboratory to clinical applications.
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Abstract: Given the importance of the extracellular medium during tissue formation, it was wise
to develop an artificial structure that mimics the extracellular matrix while having improved
physico-chemical properties. That is why the choice was focused on gelatin methacryloyl (GelMA),
an inexpensive biocompatible hydrogel. Physicochemical and mechanical properties were improved
by the incorporation of nanoparticles developed from two innovative fabrication processes: High
shear fluid and low frequencies/high frequencies ultrasounds. Both rapeseed nanoliposomes and
nanodroplets were successfully incorporated in the GelMA networks during the photo polymerization
process. The impact on polymer microstructure was investigated by Fourier-transform infrared
spectroscopy (FTIR), scanning electron microscopy (SEM), and enzymatic degradation investigations.
Mechanical stability and viscoelastic tests were conducted to demonstrate the beneficial effect of
the functionalization on GelMA hydrogels. Adding nanoparticles to GelMA improved the surface
properties (porosity), tuned swelling, and degradability properties. In addition, we observed that
nanoemulsion didn’t change significantly the mechanical properties to shear and compression
solicitations, whereas nanoliposome addition decreased Young’s modulus under compression
solicitations. Thus, these ways of functionalization allow controlling the design of the material
by choosing the type of nanoparticle (nanoliposome or nanoemulsion) in function of the application.

Keywords: GelMA; functionalized hydrogel; nanoliposome; nanoemulsion; LF/HF ultrasounds;
mechanical properties; tissue engineering

1. Introduction

Hydrogels are polymeric networks made of hydrophilic groups or domains, which allowed the
material to absorb and retain large amounts of water. Thus, to avoid dissolution of the hydrogel into
the aqueous phase, crosslinks have to be present [1].

Hydrogels were first synthesized by Wichterle and Lim in 1960 [2]. Since then, they
have been developed for a widely range of applications such as food additives, biomedical
implants, pharmaceutical & diagnostics products, biosensors, drug carriers, and wound dressing
materials [3–7]. Today, hydrogels are extensively studied as biomaterials due to their properties
(mechanical, physicochemical, etc.) and functional resemblance with the extracellular matrix (ECM) [1].
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Thus, their characteristics and biocompatibility make them an interesting research material in the fields
of tissue engineering, cell encapsulation, and drug delivery applications [8].

Hydrogels contain hydrophilic groups that, in an aqueous medium, absorb a large amount of
water into its pores and develop a superabsorbent material [9–11].

The water retention capacity of these type of materials can be considered as one of their most
important characteristic property where they have the ability to imbibe water up to 20 times more
than its original molecular weight [12] and becoming soft with a degree of flexibility similar to living
tissues [13,14].

Hydrogel scaffolds can be formed by natural and/or synthetic crosslinked polymer chains [15]
Synthetic polymers allow a control of their composition, polymerization, and mechanical properties
and their microstructure, thereby their degradability. The chemical properties of hydrogels to create
an optimized cellular environment that improve the cellular performance and activities [8,16–18].
In addition to their physicochemical characteristics, hydrogels can be functionalized by the
incorporation of molecules of interest or vectors for the delivery of active molecules in a native
functional state.

Among the various hydrogels, gelatin is one of these natural polymers that are extensively used
in biomedical application [19,20]. It is a natural cytocompatible protein [21] derived from either an
acid or an alkaline hydrolysis of a natural product called collagen [22,23].

It is an interesting polymer due to the presence of many bioactive sequences such as
arginine-glycine-aspartic acid (RGD), providing cell attachment and growth of different type of
active molecules [24–26]. However, to enhance its final physicochemical properties and avoid the
thermo reversibility due to its relatively low melting point, a chemical modification of this polymer is
necessary. For this, gelatin methacryloyl (GelMA), a semi synthetic derived hydrogel, was chosen [19].

GelMA is produced by the substitution of the free amine groups of the gelatin with methacrylate
anhydride while preserving the arginine-glycine-aspartic acid (RGD) sequences that promote cell
attachment. Conveniently, introduction of methacryloyl substituent groups and photoinitiator confers
to gelatin the property of photocrosslinking by exposure to UV radiation [27]. This polymerization does
not need to be done at specific conditions (room temperature, neutral pH, in aqueous environments,
etc.), and allows the control of the reaction in terms of time and space [26]. This enables microfabrication
of the hydrogels to create unique patterns, morphologies, and 3D structures for applications such
as platforms to control cellular behaviors in order to study cell-biomaterial interactions, cell-laden
microtissues and microfluidic devices [28].

Properties of GelMA (swelling, strength, porosity, etc.) can be optimized further by
incorporating nanoparticles within the hydrogel. Previous works [29,30] showed that nanoliposomes
improve mechanical properties and porosity of the GelMA hydrogels. In order to compare the
various properties of GelMA functionalized with lipidic nanoparticles differing by their external
surface hydrophilicity and their structure. Thus, using the nanoemulsion as soft nanoparticle [31]
can be another possibility to improve the physico-chemical properties of GelMA compared to
GelMA-Nanoliposome functionalization.

2. Results and Discussion

2.1. Solutions Characterization

Size, polydispersity index, and zeta potential of nanoliposomes solution and nanoemulsion were
measured immediately after preparation (Table 1). The average size of rapeseed nanoliposomes was
170 nm, and it was consistent with the results previously obtained with the sonication method [32] with
a better polydispersity index. Rapeseed nanodroplets average size was 238 nm with a polydispersity
index extremely close to that of nanoliposomes. This index corresponds to a good distribution of the
particles and a good homogeneity of the solution. Zeta potentials were substantially similar with
−43.7 mV and −48.8 mV, respectively, for liposomes and oil nanodroplets. It is due to the negative
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electrophoretic mobility of the phospholipids in nanoliposomes [30,33] and the hydroxide ions in the
oil nanodroplets [34]. Small particle size, low polydispersity index, and negative charges are important
to prevent an aggregation of the liposomes or a coalescence of the droplets during functionalization of
the hydrogels.

Table 1. Mean particle size (nm), polydispersity index (PDI), and zeta potential (mV) of the rapeseed
nanoliposomes and nanodroplets of rapeseed oil emulsion.

Solutions Particle Size (nm) Polydispersity Index Zeta Potential (mV)

Nanoliposomes 169.7 ± 2 0.360 ± 0.03 −43.7 ± 1.6
Nanoemulsion 237.9 ± 7 0.393 ± 0.01 −48.8 ± 0.6

2.2. Hydrogels Morphology

After photopolymerization of the hydrogels under UV irradiation, the rinsed hydrogel discs
had smooth and homogenous surfaces: pure 15% GelMA disc was completely transparent,
while functionalized GelMA discs were translucent for GelMA-Nanoemulsion and opaque for
GelMA-Nanoliposome. GelMA-Nanoliposomes hydrogel was a yellowish colored opaque and
GelMA-Emulsion hydrogel was translucent white. Coloration of the hydrogels indicates that the
incorporation of nanoliposomes from rapeseed lecithin and nanodroplets from rapeseed emulsion are
uniform (Figure 1).

 
(a) (b) (c)

Figure 1. GelMA scaffolds after photopolymerization (a) 15% GelMA; (b) GelMA-Nanoliposomes
15%:1.5% (w/w); (c) GelMA-Emulsion 15%:1.5% (w/w).

2.3. Fourier-Transform Infrared Spectroscopy (FTIR)

Material excited by infrared sources can be characterized by the spectra of molecular absorption
and transmission peaks obtained from vibration frequencies between the bounds of atoms.
Fourier-transform infrared spectroscopy (FTIR) is used essentially to characterize the presence of
specific chemical groups in the hydrogels and to study the interaction between the blended polymers
and the effect of the added nanoliposomes or nanodroplets in the polymers. The results show
the spectrum of nanoliposomes, emulsion, pure GelMA hydrogel, and GelMA functionalized with
nanoliposomes or nanoemulsion (Figure 2).

The FTIR spectrum of pure rapeseed oil (emulsion) presents the 22 specific regions [35,36].
It consists of a major quantity of triglycerides that the main bands appearing in spectrum due to the
asymmetric and symmetric stretching vibration of CH at 2924 and 2854 cm−1 and stretching of C=O
at 1744 cm−1. Weaker bands appear at 1464, 1377, 1242, 1161, 1119 and 723 cm−1 that correspond to
scissoring of CH (CH2), bending of CH (CH3), CH (cis), CH2, CO stretching, and rocking of –(CH2)n–,
respectively. The spectrum of nanoliposomes displays the main characteristic bands of phospholipids
presented in liposomes: maximum of peaks at 2854 and 2924 cm−1, corresponding to the symmetric
and antisymmetric stretching in the CH2 groups of alkyl chains, respectively. The broad band from
3750 to 3050 cm−1 represents OH band. The band at 1732 cm−1 corresponds to the stretching vibrations
of the ester carbonyl groups of phospholipids, and the relatively strong band centered at 1651 cm−1
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corresponds to the stretching vibrations of alkene carbon–carbon double bond –C=C–. The scissoring
vibrations of the CH2 groups are represented by the band at 1456 cm−1, and the band at 1406 cm−1

corresponds to (=C–H) bending (rocking) vibrations. While the relatively weak band at 1394 cm−1

represents the umbrella deformation vibrations of the CH3 groups of alkyl chains. In addition, the
spectral bands at 1086 and 1224 cm−1 represent the symmetric and antisymmetric PO2– stretching
vibration of phospholipids, and the band representing the antisymmetric N+/CH3 stretching vibrations
was detected at 970 cm−1 [37].

 

Emulsion 

Nanoliposomes 

GelMA 

GelMA-Emulsion 

GelMA-Nanoliposomes

Figure 2. Fourier-transform infrared spectroscopy (FTIR) spectra of Emulsion, Nanoliposomes, GelMA,
GelMA-Emulsion, and GelMA-Nanoliposomes. a.u., arbitrary unit.

All the hydrogels spectra (GelMA, GelMA-Emulsion, and GelMA-Nanoliposomes) showed a
broad peak with a peak position at 3290 cm−1 associated with the stretching of the hydrogen bonded
hydroxyl groups. The spectrum of GelMA hydrogel derived from the modification of the gelatin
with the methacrylate anhydride. A strong peak appears at 1650 cm−1 related to amide I primarily
C=O stretching groups. The band at 1500–1570 cm−1 corresponds to C–N–H bending while the band
at 3200–3400 cm−1 indicates the presence of peptide bonds (mainly N–H stretching). The peak at
3062 cm−1 represents the C–H stretching groups [38,39]. The peak at 1640 cm−1 corresponds to carbon
double bond in GelMA that presents the interaction between gelatin and methacrylate anhydride. The
spectra of the hydrogel with the soft nanoparticles (GelMA-Nanoliposomes) does not show the peaks
corresponding to the liposomes spectra but it presents an increasing of the intensity of certain peaks
specially around 3300 cm−1. The spectra of hydrogel with emulsion (GelMA-Emulsion) presents a
similar increasing in the same region corresponding to the presence of a small amount of fatty acids.
These results show an interaction between the GelMA and the nanoliposomes and nanoemulsion.

2.4. Scanning Electron Microscopy (SEM)

The morphological properties of pure GelMA and functionalized hydrogels were investigated
by scanning electron microscopy (SEM). Upon examination with SEM, we observed the porosity of
GelMA hydrogels with different diameters on the microscale (Figure 3).
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Figure 3. Scanning electron microscopy (SEM) images of 3D hydrogels (GelMA,
GelMA-Nanoliposomes, and GelMA-Emulsion).

Although freeze drying procedure can alter material porosity, all samples were dried by the
same process and there was no difference in the pore distribution. Pores were shaped pockets like
which do not seem interconnected and are separated by thin walls. They are different size sand
were formed during the photopolymerization, the syneresis phenomenon acts by squeezing locally
excess of water out of the polymer in an attempt to reach its equilibrium swelling concentration
(by a thermodynamically favored state of the polymer) and prevent the system from forming a fully
homogenous material [40]. Higher magnification (Figure 3, ×5000; scale bar 10 μm) showed that
nanoliposomes were totally assimilated (a homogenous surface morphology) in the network, while
nanodroplets were adsorbed at the surface of GelMA after nanofunctionalization.

2.5. Degradability

For biomedical applications, biodegradability of hydrogel materials must be investigated. Indeed,
in order to develop and obtain a mature tissue, cells must be able to degrade and remodel their
hydrogel environment. GelMA has already been tested, and like gelatin, in its native state, maintains
its susceptibility to enzymatic degradation. Thus, the influence of functionalized by nanoliposome
or nanoemulsion hydrogel must investigate toward enzymatic activity. GelMA hydrogel and
functionalized hydrogels were added to collagenase type II dissolved in phosphate buffer solution
(PBS) at an enzyme concentration of 2 μg/mL. Enzymatic degradation of the GelMA hydrogels was
examined to ensure that the inlay of nanoparticles did not decrease the enzymatic degradability.

The degradation profiles of GelMA, GelMA-Emulsion, and GelMA-Nanoliposomes (Figure 4)
showed that at a concentration of 2 μg/mL after 2 h of incubation the degradation rate was the same
in the three systems, but after 4 h of incubation, type II collagenase had a tendency to degrade the
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GelMA-Nanoliposomes most rapidly. This tendency was confirmed after 8 h of incubation, and the
rate of mass loss was approximately double (39.2% in GelMA-Nanoliposomes hydrogels against 21.0%
and 18.3% in pure GelMA and GelMA-Emulsion hydrogels, respectively). This increase can be due
to a physical phenomenon, as nanoliposomes incorporation increases pores size and enhances their
distribution [29], which releases a way of privileged access to the collagenase, multiplying by twice
the area of access sequences Arg-Gly-Asp (RGD), which are considered matrix metalloproteinase 2
(MMP-2) binding sites. These enzymes can degrade and remodel the extracellular matrix for cell
spreading and migration.
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Figure 4. GelMA degradability GelMA ( ), GelMA-Nanoliposomes (�), and GelMA-Emulsion (�)
hydrogels of uniform size were exposed to 2 μg/mL exogenous collagenase. Mass losses (%) were
measured during 8 h. Error bars represent standard deviation.

2.6. Swelling Behavior Study

To study of swelling characteristics of polymers allows us to evidence the surface properties as
well as to explain the mechanical characteristics and the diffusion process. The pore size of a polymer
network, the interaction between the polymer and the solvent, the methacrylation degree, and the
amount of photoinitiator will determine its degree of swelling. That is why we investigated the mass
swelling ratio of 15% GelMA polymers (pure and functionalized) in two different solvents (water and
PBS solution, pH = 7.4).

The calculated swelling ratio in water (Figure 5a) demonstrated that the functionalization of the
GelMA did not affect the water retention capacity, and there was no significant difference between the
hydrogels, they have absorbed in mean from four to six times their weight of water. In PBS solution
(Figure 5b), the three hydrogels swallowed with the same proportions from four to five times their
weight of water. However, a difference in the equilibrium time was observed, in deionized water the
equilibrium time was reached after 2 h only while otherwise in PBS solution, it took four times longer.
This difference can be explained by a capillary process associated with a higher osmosis pressure due
to the deionized water which accelerate filling of interconnected pores.
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Figure 5. Degree of swelling of based hydrogels (GelMA ( ), GelMA-Nanoliposomes (�), and
GelMA-Emulsion (�)) in two different solvents (a: deionized water and b: PBS solution), at 37 ◦C.
Error bars represent standard deviation.

2.7. Mechanical Stability

The compression curves of the hydrogels (Figure 6) showed the same force–displacement behavior
for GelMA and GelMA-Emulsion hydrogels. In the case of these two systems, it is observed that the
deformation requires a force superior to the limit of the device. The earlier increase can be related
to the stiffness of the crosslinked GelMA (Young’s modulus of 15% GelMA = 30 kPa [40]), adding
nanodroplets do not seem to influence negatively on the stiffness of the network of GelMA, that is why
deformation profile are relatively the same for both hydrogels. In the case of GelMA-Nanoliposomes,
we observed that the deformation is much higher at equal strength showing a softer property. It is noted
that the force required for a displacement of about 0.1 mm is equal to 13 N, this deformation can be due
to the mechanical action of the nanoliposomes on the GelMA network. Nanoliposomes are soft particles
anchored in the GelMA scaffold, which explains the same deformation of GelMA-Nanoliposomes
needs less external force.
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Figure 6. Typical force–displacement curves of GelMA hydrogels: pure GelMA ( ) and Functionalized
GelMA (�: GelMA-Nanoliposomes and �: GelMA-Emulsion).

2.8. Viscoelastic Measurements

Dynamic shear oscillation measurement at small strain was used to characterize the viscoelastic
properties and related differences in the molecular structure of functionalized hydrogels based
on GelMA.

2.8.1. Amplitude Sweep Test

To determine the linear viscoelastic region (LVER), an amplitude sweep test was performed over
strain range (from 0.01 to 100%). The graph (Figure 7) gives an indication of stability. While sample
structure is maintained (between 0.1% and 1%), the complex modulus is constant. When the applied
stress becomes too high (beyond 1%), decomposition of the internal structure occurs, and the modulus
decreases. All the samples have the same LVER. The length of the LVER is a measure of stability that is
why frequency sweep test must be performed in the LVER. The amplitude sweeps of the hydrogels
also showed that all of them had a G′/G” >> 1, typical of a stronger hydrogel character.
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Figure 7. Amplitude sweeps showing storage moduli (G′) and loss moduli (G”) of the hydrogels
performed over the whole strain range at a frequency of 1 Hz.
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2.8.2. Frequency Sweeps Test

Rheological frequency sweep tests were performed on three-dimensional (discs) GelMA gel. The
elastic (G′) and viscous (G”) moduli of hydrogels were investigated by dynamic mechanical analyses.
The frequency dependence of these moduli was reported in Figure 8.

It is known that physical gelation results from a thermo-reversible conformation change from
the triple helix to individual polypeptide coils at above approximately 40 ◦C. Upon cooling below
35 ◦C, the random coils join locally and associate into helix, which grows interconnect and forms
larger domains until the whole volume is percolated [41]. Chemical cross-linking results through
photo-polymerization of vinyl groups after UV initiation [27].

The first observation was that in all hydrogels, elastic modulus values G′ exhibits a pronounced
plateau in the frequency range investigated. G′ values were superior to viscous modulus values G”,
confirming that the pure GelMA hydrogel and functionalized GelMA hydrogels have a predominantly
elastic rather than viscous character. This criterion discriminates viscoelastic solids behavior such as
hydrogels from viscous liquids. Thus, the deformation energy is recovered in the elastic stretching of
chemical bonds [42]. The constant values of functionalized hydrogels’ storage modulus with frequency
sweep indicated the absence of relaxation processes, which may be explained by a stability of the
intermolecular junctions. There has been no release of nanoparticles that would have resulted in a
change in G′ value.

The high degree of methacrylation and the presence of strong chemical cross-links allow an
elevated stability despite gel oscillatory in the frequency range (0.01 to 10 Hz). In this case, the
contribution of physical cross-links cannot explain the high values because the experiment was done
at 37 ◦C.
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Figure 8. Frequency sweep test of hydrogels. (�, , and �) elastic modulus (G′) and (�, � and ∇)
viscous modulus (G”) at a shear strain of 0.1%.

The incorporation of nanoliposomes and nanodroplets results in a significant increase of both
G′ and G”. Considering that GelMA provides a big part of the hydrogel mechanical stability, the
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incorporation of nanoliposomes in the network walls and the adsorption of droplets on GelMA
scaffold improve the elastic component of the resulting hydrogels.

3. Materials and Methods

3.1. Material

Gelatin (type A, 300 bloom from porcine skin), methacrylic anhydride (MA), photoinitiator
(PI), 2-hydroxy-4′-(2-hydroxyethoxy)-2-methylpropiophenone and phosphate buffered saline tablets
(PBS) were purchased from Sigma-Aldrich (Chemie, Stuttgart, Germany). Rapeseed lecithin was
acquired from Solae Europe SA society (Geneva, Switzerland). Rapeseed oil (vegetable oil, Lesieur,
Asnière-sur-Seine, France) was purchased from a local supermarket (Nancy, France).

3.2. Methacrylated Gelatin Synthesis

Methacrylated gelatin was synthesized as described previously [26]. Briefly, type A porcine skin
gelatin was mixed at 10% (w/v) into phosphate buffered saline solution at 60 ◦C and stirred until
fully dissolved. Then, 8 mL of MA was added very slowly and dropwise under stirring into the first
solution. After 3 h, the reaction was stopped following a 1:5 dilution using warm phosphate buffered
saline at 50 ◦C and allowed to react for 1 h. The mixture was then dialyzed for one week at 40 ◦C
against distilled water using a dialysis membrane (Spectro/Por molecular porous membrane tubing,
MWCO 12–14,000, SpectrumLabs, Inc., Rancho Dominguez, CA, USA) to remove salts and methacrylic
acid. The solution was finally lyophilized for one week to generate white porous foam and stored at
−20 ◦C until further use.

3.3. Nanoliposomes Preparation

We prepared 5% nanoliposomes solution by adding 5 g of rapeseed lecithin to 95 mL of water.
The suspension was mixed for 5–6 h under agitation at inert atmosphere (nitrogen) and a temperature
of 40 ◦C. Then, the lecithin solution was passed one time through high pressure homogenizer
microfluidizer (Microfluidics LM 20, Newton, MA, USA). The lecithin solution was fed into the
microfluidizer through a 300 mL glass reservoir (pressurized by an intensifier pump) and was passed
through the homogenization unit for one pass at a constant pressure of 500 bar (50 MPa). Liposome
samples were stored in glass bottle in the dark at 4 ◦C after preparation.

3.4. Nanoemulsion Preparation

A stable rapeseed oil in water emulsion was prepared according to GENIALIS patent (N149668A1)
by a low frequency/high frequency (LF/HF) ultrasound method. 10% (w/w) oil/water dispersion was
homogenized 3 min at 12,000 rpm then sonicated at low frequency at 20 kHz for 3 min (30 s on, 30 s
off, amplitude 40%) in an ice bath. The dispersion was placed in a device composed of a thermostated
reactor (4 ◦C) in which was located three piezoelectric transducers, a peristaltic pump, and a stirring
modulus for 4.

The oil ratio in emulsion was calculated at the end of emulsification process by measuring the
difference between oil initially put in emulsion and non-emulsified oil remaining at emulsion surface
as follows:

EC =
(IV − FV)

EV
(1)

where EC is the emulsification capacity, IV the initial oil volume, FV the floating oil volume and EV
the emulsion volume.
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3.5. Hydrogels Preparation

3.5.1. GelMA Hydrogel

Freeze-dried GelMA macromer was mixed at 15% (w/v) into PBS solution containing 1% (w/v)
2-hydroxy-1-(4-(hydroxyethoxy) phenyl)-2-methyl-1-propanone as a photoinitiator at 80 ◦C until
fully dissolved.

One mL of 15% GelMA solution was poured on a specific silicone mold with the controlled
dimensions (ø = 2 cm, h = 0.2 cm) and then exposed to UV light (360–480 nm) for 240 s. The PI
absorbs the UV light and transforms the solution onto gel. The obtained gel was then washed with
PBS before use.

3.5.2. Nanoliposomes/GelMA Hydrogel

One mL of GelMA/nanoliposomes mixture (0.5 mL 30% GelMA + 0.5 mL 3% nanoliposomes
+ 1% PI) was poured on specific silicone mold and exposed to UV light (360–480 nm) for 240 s. The
solution was transformed to gel by the action of PI reaction. The obtained gel (15% GelMA:1.5%
nanoliposomes:0.5% PI) was then washed with PBS before use.

3.5.3. Nanoemulsion/GelMA Hydrogel

One mL of GelMA/nanoemulsion mixture (0.5 mL 30% GelMA + 0.5 mL 3% emulsion + 1% PI) was
poured on specific silicone mold and exposed to UV light for 240 s. The obtained gel (15% GelMA:1.5%
nanoemulsions:0.5% PI) was then washed with PBS before use.

3.6. Size Measurement

The size distribution (mean diameter and polydispersity index) of the liposome dispersions was
measured by dynamic light scattering (DLS) using a Malvern ZetasizerNano ZS (Malvern Instruments
Ltd., Malvern, UK). Prior to measuring size, the samples were diluted (nanoliposomes: 1/400 and
nanoemulsion 1/100) into a distilled water ultra-filtrate which measures the mass distribution of
particle size. Measurements were made at 37 ◦C with a fixed angle of 173◦. Sizes quoted are the
z-average mean (dz) for the liposomal hydrodynamic diameter (nm). Measurements were made
in triplicate.

3.7. Zeta Potential Measurements

Nanoliposomes and nanoemulsions Zeta potentials were measured with ZetasizerNano ZS
(Malvern Instruments Ltd., Malvern, UK) using dynamic light scattering (DLS). The determined
potential is an important parameter to analyze the effect of the nanoparticles in suspension. The
samples were diluted (as previously) and introduced into disposable capillary cells equipped with
gold electrodes designed to afford maximum zeta potential measurement capability. All measurements
were carried out at 37 ◦C.

3.8. Scanning Electron Microscopy

The surface morphology of the different hydrogels was characterized by Quanta 200
high-resolution scanning electron microscope low vacuum mode (FEI-Japan, Tokyo, Japan). The
use of “low vacuum” mode presents powerful tools for the observation of the surface topography of
biological materials without sputter-coated. It also preserves the delicate samples from the electron
beam damaging. The maximal resolution attained, employing an electron beam spot size of 3, could
be lower than 5 nanometers. The analysis was executed by the use of a large field detector (LFD). The
squared shaped samples with dimensions 9 × 9 mm2 were inserted and maintained in a holder inside
the SEM chamber and the tests were performed at laboratory temperature of 25 ◦C with a relative
humidity of 50%. A partial vacuum was created within the chamber, and the air was evacuated using

15



Int. J. Mol. Sci. 2017, 18, 2675

a pump, which provides a regular pressure of 60 mbar. The images were taken from a distance of
10.0 mm with an acceleration voltage of 10.00 kV. The pictures were provided utilizing software “xT
microscope server.”

3.9. Fourier-Transform Infrared Spectroscopy

Fourier-transform infrared (FTIR) spectra of freeze-dried nanoliposomes, emulsion and hydrogels
were recorded with a Tensor 27 mid-FTIR Bruker spectrometer (Bruker, Karlsruhe, Germany) equipped
with a diamond ATR (Attenuated Total Reflectance) module and a DTGS (Deuterated-Triglycine
Sulfate) detector. Between 4000 and 400 cm−1 at 4 cm−1 resolutions, 128 scans were used for both
reference and samples. Spectral manipulations were then performed using OPUS software (Bruker,
Karlsruhe, Germany). Raw absorbance spectra were smoothed using a nine-points smoothing function.
After elastic baseline correction using 200 points, H2O/CO2 correction was then applied. Then, spectra
were centered and normalized. All tests were run in triplicate.

3.10. Swelling Behavior Study

For determining the water retention capability of the prepared hydrogels, immediately following
hydrogel formation three replicas (discs of ø = 2 cm, h = 0.2 cm) of each hydrogel were dipped in
deionized water or phosphate buffer saline solution (PBS–pH 7.4) at 37 ◦C. The swelling ratios of
hydrogels were measured after 20 min, 40 min, 60 min, 2 h, 4 h, 8 h, 24 h and 48 h (discs were dried
with absorbent paper to remove the residual liquid before each weighing and dipped in water or
PBS after).

The swelling ratio (SR) was calculated using the following equation:

SR =

(
Wf − Wi

)
Wi

(2)

where Wf is the final weight and Wi is the initial weight.

3.11. Characterization of Hydrogel Degradation with Collagenase

PBS pre-incubated discs of GelMA, GelMA-Nanoliposomes, and GelMA-Emulsion hydrogels
were added to collagenase type II (crude collagenase from Clostridium histolyticum, reference number
C-6885, Sigma-Aldrich) in PBS containing 2 μg/mL (0.5 U/mL) of enzyme. Samples were then placed
in an oven at 37 ◦C. At the indicated time points, hydrogel samples were removed, wiped, and weighed.
Mass loss was determined by normalizing sample weight measurements at time zero.

3.12. Mechanical Stability

To investigate mechanical stability of nanofunctionalized GelMA hydrogels, the three different
systems were compressed individually between two parallel plates. A rotational rheometer Malvern
kinexux (Malvern Instruments Ltd., Malvern, UK) with a plate-and-plate (20 mm) geometry was used.
A force gap test used to compress the discs from 1.50 to 0.10 mm with a linear compression speed
of 10 μm/s [43]. The gap and the normal force being imposed were measured simultaneously at the
upper plate. At least three replicates were considered for each type of hydrogel.

3.13. Viscoelastic Measurements

Dynamic viscoelastic measurements were carried out using a Kinexus pro rheometer (Malvern
Instruments Ltd., Malvern, UK) equipped with a plate-and-plate geometry (20 mm). A dynamic
frequency sweep test from 0.02 to 30 Hz was performed to determine the dynamic storage (G′) and
viscous (G”) modulus, at a strain rate of 0.1% confirmed to be in the linear viscoelastic range (LVER)
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for each type of hydrogel by a prior strain amplitude sweep (strain: from 0.01 to 100% at a frequency
of 1.00 Hz).

During the rheological experiments, the temperature was maintained at 37 ◦C and the measuring
system was covered with a humidity chamber to minimize water evaporation. Three different hydrogel
disks were tested for each type of hydrogel with the same experimental settings and average values
are presented.

4. Conclusions

In this report, we developed two approaches to synthesize functionalized GelMA hydrogels for
cosmetic applications. Physicochemical and mechanical proprieties were characterized.

Both high shear fluid and LF/HF sonication processes have enabled us to make stable negatively
charged nanoparticles, which can be used as nanovehicles to encapsulate and transport active
molecules. FTIR results indicated the presence of a small amount of nanoparticles that does not
disturb the polymer organization. No interactions have been revealed between the nanoparticles and
GelMA scaffold.

SEM images demonstrated that functionalized hydrogels were porous and that they could serve as
niches where eukaryotic cells can grow, interact, and benefit from a regular intake of active substances
conveyed by nanoliposomes.

The mechanical properties of functionalized hydrogels investigated by small amplitude
oscillatory shear rheology showed greater resistance to shear and twist and therefore better stability
after functionalization.
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Abstract: Films combining hydroxyapatite (HA) with minute amounts (ca. 1 weight %) of (rhenium
doped) fullerene-like MoS2 (IF) nanoparticles were deposited onto porous titanium substrate through
electrophoretic process (EPD). The films were analyzed by scanning electron microscopy (SEM),
X-ray diffraction and Raman spectroscopy. The SEM analysis showed relatively uniform coatings
of the HA + IF on the titanium substrate. Chemical composition analysis using energy dispersive
X-ray spectroscopy (EDS) of the coatings revealed the presence of calcium phosphate minerals
like hydroxyapatite, as a majority phase. Tribological tests were undertaken showing that the IF
nanoparticles endow the HA film very low friction and wear characteristics. Such films could be
of interest for various medical technologies. Means for improving the adhesion of the film to the
underlying substrate and its fracture toughness, without compromising its biocompatibility are
discussed at the end.

Keywords: hydroxyapatite; electrophoretic deposition; nanoparticles; inorganic fullerene-like; tribology

1. Introduction

Self-lubricating solid-state films are used for a variety of applications where fluid lubricants
can-not support the excessive load or are prohibitive. Two examples for the use of such films are,
under vacuum or low temperature conditions, where lubrications by fluids are not relevant. Other uses
include the automotive, medical devices, power generation, machining, shipping, aerospace industries
as well as many others [1]. Often such films are in fact a nanocomposite made of hard matrix containing
a minority phase of a soft metal like copper or silver, or impregnated nanoparticles with good
tribological performance [2–6]. More recently, self-lubricating films containing carbon nanotubes [7],
MoS2 [8] and WS2 [9] nanoparticles have been described.

Hydroxyapatite (HA, Ca10(PO4)6(OH)2) is used as a bone replacement material in a variety
of orthopedic implants and artificial prostheses [10,11]. Given the fact that already 15% of the
population is above 65 and increasing, artificial orthopedic implants have become a major health issue.
However, this material suffers from high wear and poor fracture toughness, which can be improved by
composing it with a toughening phase. To alleviate these problems various methods were conceived
including incorporation of nanoparticles (NP) into the HA films. In particular, HA films containing
carbon [12] and boron nitride nanotubes [13] were prepared by spark plasma sintering technique.

Int. J. Mol. Sci. 2018, 19, 657; doi:10.3390/ijms19030657 www.mdpi.com/journal/ijms20
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Among the different methods to prepare HA films on metallic substrates, electrophoretic deposition
(EPD) is well established and documented in the literature [14–16].

Frequently, HA phase also contains associated minerals and materials, including brushite and
portlandite. Brushite—(CaH(PO4)·2H2O) is a metastable compound in physiological conditions and
therefore it transforms into hydroxyapatite after implantation of a prostheses [17]. In one report, HA
was synthesized in a hydrothermal reaction of CaO and monetite (CaHPO4). High concentration
of calcium oxide in the reaction led to the formation of excess portlandite—Ca(OH)2, while low
concentration of calcium oxide resulted in hydroxyapatite [18]. Biphasic calcium phosphate (BCP) is
an intimate mixture of two phases of HA and β-TCP (Ca3(PO4)2) in variety of ratios, which appears
after annealing of HA above 700 ◦C [19,20].

Nanoslabs (graphene-like) of MoS2 and numerous other layered materials are currently studied
intensively for variety of optoelectronic as well as for energy harvesting and energy-storage devices [21].
WS2 and MoS2 nanoparticles with fullerene-like (IF) structure were also synthesized and were found
to perform well as solid lubricants [22,23]. They are presently used in various commercial products,
mostly as additives to lubricating fluids, greases, metal working fluids and in high performance
bearings (available online at: www.nisusacorp.com and www.utausa.com). Self-lubricating films
containing these NP were obtained by co-deposition of the IF NP and various metallic films [24–26].
Recently, doping of IF-MoS2 nanoparticles with minute amounts (<200 ppm) of rhenium atoms
(Re:IF-MoS2) was demonstrated [27–30]. Figure 1a shows high-resolution scanning electron microscope
(HRSEM) micrograph of the Re-doped IF NP powder. The oblate shape of the nanoparticles with
smooth surfaces is clearly delineated. The size range of the nanoparticles is 70–170 nm with a minor
content (<10%) of NP larger than 200 nm. Figure 1b shows high-resolution transmission electron
microscopy (HRTEM) image of one such nanoparticle made of some 20 closed and nested layers
of MoS2. The crystalline perfection and atomically smooth (sulfur-terminated) surface of the IF NP
contributes to their excellent mechanical [31] and tribological performance [27,30]. The synthesized
nanoparticles are highly agglomerated (see Figure S1) and must be deagglomerated before use.
However, in general the agglomerates are weakly bound, and hence only light sonication suffices to
disperse them well in aqueous or ethanolic suspensions, which is particularly true for the Re-doped
IF-MoS2 nanoparticles.

Figure 1. (a) High-resolution scanning electron microscopy (HRSEM) image of Re:IF-MoS2

nanoparticles powder in In-lens detector 5 kV; (b) high-resolution transmission electron microcopy
(HRTEM) image of Re:IF-MoS2 nanoparticle (see experimental section for details).

Zeta potential (ZP) analysis, showed that the IF NP have an excess negative charge on their
surface [28,29]. The negative surface charge was attributed to the presence of intrinsic defects (sulfur
vacancies) as well as the extra charge induced by the ionized doping (Re) atoms. Furthermore, the
negative surface charge, particularly in the Re:IF-MoS2 NP was shown to induce self-repulsion and
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formation of stable suspensions of the colloidal nanoparticles in different fluids. Consequently, when
added to lubricating fluids and medical gels the Re:IF-MoS2 NP produced exceedingly small friction
and wear, compared to the undoped nanoparticles and microcrystalline WS2 and MoS2 [29].

One of the most critical aspects of the usage of nanomaterials is their toxicity and biocompatibility.
Several studies deliberated on this issue for MoS2 and WS2 NP and their IF structure, in
particular [32–34]. In contrast to various other nanoparticles, the IF NP were found to be non-toxic in
general, up to a very high dosage (>100 μg/mL). These encouraging findings could be beneficial for
the development of medical technologies based on such nanoparticles [30].

In the present work, HA films impregnated with Re-doped IF-MoS2 (Re:IF-MoS2) NP were
prepared by electrophoretic deposition on a porous TiO2 substrate, obtained via anodization in fluoride
solution. The films were characterized by a number of techniques and their tribological performance was
evaluated. The addition of small amounts of the above nanoparticles to the HA films led to substantial
improvement in their tribological behavior. Future research into ameliorating the mechanical properties
of the films and their biocompatibility is discussed in brief. Such films could, potentially be useful in
the future for orthopedic implants, which in general suffer from poor wear resistance.

2. Experimental

2.1. Sample Preparation

2.1.1. Surface Treatment

Anodization of titanium surface produces a highly-textured surface comprising an organized
array of TiO2 nanotubes [35–37]. Prior to the anodization, each titanium electrode (30 × 5 × 0.3 mm,
97 wt % purity) was polished with silicon carbide paper to a mirror finish. It was subsequently cleaned
by sonicating in a series of solvents, i.e., acetone, ethanol, methanol, isopropanol and finally distilled
water, then dried under a nitrogen stream.

2.1.2. Titanium Anodization

An electrochemical cell containing two-electrodes, i.e., platinum (cathode) and titanium (anode) was
used. The electrolyte solution contained 1 M (NH4)2SO4 and 0.5 wt % NH4F. All electrolytes were prepared
from reagent grade chemicals and deionized water. The electrochemical treatment was conducted with a
DC power source operated at 2.5 V and 1.5 A, at room temperature for 2.5 h. After the electrochemical
treatment, the samples were rinsed with deionized water and dried under nitrogen stream.

2.1.3. Electrophoretic Deposition

The detailed synthesis of the Re:IF-MoS2 nanoparticles (Re content < 0.1 at %), which were added
to the coating processes, was reported before [38]. Three different chemical baths were used for
electrophoretic deposition of HA + IF NP on the porous titanium substrate [39]. Titanium samples
were used as the working electrode (cathode), while a platinum plate served as the anode. The final
volume of all three electrolyte solutions containing 1 mg of the IF NP was 50 mL.

Solution A: The electrolyte solution consisted of 42 mM Ca(NO3)2 and 25 mM NH4H2PO4, 1 mg
Re:IF-MoS2 sonicated in 3 mM cetyl trimethylammonium bromide (CTAB). Ethyl alcohol was added
into the above solution in a 1:1 ratio in order to reduce the hydrogen evolution on the titanium
electrode [40]. The initial pH of the electrolyte solution was 4.5. The coating process was carried out
at 40 ◦C with a DC power supply at 20 V bias and 0.11 A for 3 h. The samples were washed with
deionized water and dried for 24 h at 100 ◦C.

Solution B: The electrolyte solution consisted of 5.25 mM Ca(NO3)2, 10.5 mM NH4H2PO4, and
150 mM NaCl. The initial pH of the solution was adjusted to 5.30 by adding NaOH. 1 mg Re:IF-MoS2

was sonicated in distilled water for 15 min and added to the electrolyte solution. The coating process
was conducted with a DC power source operated at 2.5 V and 0.11 A at room temperature for 3 h.

22



Int. J. Mol. Sci. 2018, 19, 657

Solution C: The electrolyte solution consisted of 3 mM Ca(NO3)2 and 1.8 mM KH2PO4, 1 mg
Re:IF-MoS2 sonicated in 3 mM CTAB. The initial pH of the electrolyte solution was 5. The coating
process was conducted with a DC power source operated at 6 V and 1 A at room temperature for 1 h.
The resulting samples, after coating, were washed with deionized water and dried in room temperature.

The bath showing the most uniform coating and good adhesion (solution A) was then further
studied by changing the deposition time to 2, 3 and 4 h and subsequent annealing at 700 ◦C for 1 h.
Obviously this process involved a lot of trial and error, using different parameters for the EPD process and
annealing. Ultimately, the optimized coating procedure exhibited also the best tribological performance.

2.2. Characterization

2.2.1. High-Resolution Scanning Electron Microscopy (HRSEM) and High-Resolution Transmission
Electron Microcopy (HRTEM)

The surface morphology of the titanium samples was analyzed by (HRSEM) (Zeiss Ultra 55) after
each step. For topographical information, the secondary electrons were recorded using the SE2 and
In-lens detectors. For atomic number contrast the backscattering electron (BSE) detector was used.
In order to avoid the sample charging during the analysis, the imaging was done under relatively low
accelerating voltage (2–5 kV) and low current. Energy dispersive spectroscopy (EDS) analysis (EDS
Bruker XFlash/60mm) of the samples was undertaken as well. The reported results of the EDS were
based on standard-less analysis and hence is semi-quantitative in nature.

TEM was performed with a JEOL 2100 microscope (JEOL Ltd., Tokyo, Japan) operating at 200 kV,
equipped with a Thermo Fisher EDS analyzer. High-resolution TEM (HRTEM) images were recorded with
a Tecnai F30 UT (FEI) microscope (FEI, Eindhoven, the Netherlands) operating a 300 kV. The TEM grids
were prepared by dripping an ethanolic solution of the nanoparticles onto a collodion-coated Cu grids.

2.2.2. X-ray Diffraction (XRD)

The film was removed from the Ti substrate and carefully crushed into a powder. The powder was
analyzed by X-ray powder diffraction (XRD) using TTRAX III (Rigaku, Tokyo, Japan) theta-theta
diffractometer equipped with a rotating copper anode X-ray tube operating at 50 kV/200 mA.
A scintillation detector aligned at the diffracted beam was used after a bent Graphite monochromator.
The samples were scanned in specular diffraction mode (θ/2θ scans) from 10 to 80 degrees (2θ)
with step size of 0.025 degrees and scan rate of 0.5 degree per minute. Phase identification
and quantitative analysis were performed using the Jade 2010 software (MDI) (available online:
http://ksanalytical.com/jade-2010/) and PDF-4+ (2016) database (available online: http://www.icdd.
com/products/pdf4.htm).

2.2.3. Raman Spectroscopy

Raman spectra of the powders ground from the films (see Section 2.2.2) were obtained with
Horiba-Jobin Yivon (Lille, France) LabRAM HR Evolution set-up using solid state laser with a
wavelength of 532 nm. The instrument was equipped with Olympus objectives MPlan N 100 × NA 0.9.
The measurements were conducted using a 600 grooves/mm grating. Each spectrum was acquired
for 20 s and the spectra were averaged 100 times, which enabled using low excitation power thereby
preserving the sample integrity. The spectral ranges collected were from 100 to 1800 cm−1.

2.2.4. Zeta Potential Measurements

The surface charge of the HA suspension with and without the nanoparticles was determined
by zeta potential (ZP) measurements using ZetaSizer Nano ZS (Malvern Instruments Inc., Malvern,
UK) with a He-Ne light source (632 nm). To prepare the samples for these measurements, IF (0.6 mg)
NP were deagglomerated in 20 mL purified water by sonicating for 5–10 min using an ultrasonic
bath (see Figure S1 for a typical SEM image of such an agglomerate). Subsequently, 0.2 mL of the
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IF suspension was added to 1.5 mL aqueous solutions with pH varying from 1 to 12 and sonicated
for an extra 5 min. Before the addition of the IF NP, the pH of each solution was adjusted using
concentrated NaOH or HCl. The final concentration of the IF NP was 0.004 mg/mL. The ZP of the
solutions was measured in a folded capillary cell (DTS1060) made from polycarbonate with gold plated
beryllium/copper electrodes.

2.2.5. Tribological Testing

A home-made ball-on-flat rig was used for the tribological tests. The tests were carried-out at
room temperature and humidity of ~40%. Each test was repeated 5-times. Tribological tests were
performed on the titanium samples at every step of the experimental procedure. The tribological
testing was done under dry friction conditions. This testing method utilizes flat lower samples and a
ball-shaped upper specimen, which slides against the flat specimen. The two surfaces move relative
to each other in a linear, back and forth sliding motion, under a prescribed set of conditions. In this
testing method, the load is applied vertically downwards through the ball against the horizontally
mounted flat specimen. Two measurements procedures were used in these series of tests. Sliding speed
of 0.3 mm/s was common to both series. In one series of measurements the load was 10 g; the diameter
of the ball (hard steel—AISI 301) was 10 mm and consequently a Hertzian pressure of 150 MPa was
applied on the film (20 cycles). In another series, the load was 20 g, the diameter of the ball 2 mm, i.e.,
a Hertzian pressure of 600 MPa was applied, and the number of cycles was 100.

3. Results and Discussion

3.1. SEM Analysis

The surface morphology of the titanium before the pretreatment preceding the anodization is
presented in Figure S2a,b in the supporting information—SI. Visibly, the fresh surface was heavily
contaminated with a dense network of scratches. After treatment of the titanium (Section 2.1.1), a
smooth surface with low density of scratches and clean from contaminants was obtained (Figure S2c,d).
The smooth surface was imperative for achieving reproducible tribological measurements.

The surface of the titanium after anodization is displayed in Figure S3. Visibly the anodized
titanium surface consists of a dense array of (TiO2) nanotubes with the range of pore diameters between
50–130 nm, which form a highly organized, roughly hexagonal, pattern on the Ti surface [35–37].

The formal molar Ca/P ratio in HA is 5:3 (1.67). The Ca/P ratio in each coating was calculated
based on semi-quantitative EDS analysis. For solution A, the ratio was found to be 2.6. The higher
abundance of calcium in this coating could be attributed to the presence of portlandite (Ca(OH)2)—see
XRD analysis (Section 3.3). The Ca/P ratio of the coating obtained from solution B, which was highly
crystalline and discontinuous was 1.5, which agrees well with the HA formula (1.66). The ratio is 1 for
the coating obtained from solution C, which can be ascribed to the presence of calcium pyrophosphate
phase (Ca2(P2O7)) in the coating—see XRD analysis (Section 3.3).

It is clear that the surface morphology of the HA film prepared via solutions A (Figure 2) and
C was more homogeneous and could be successfully combined with the Re:IF-MoS2 NP in the films
as opposed to the film obtained from solution B, which was highly crystalline but non-uniform.
The surface morphology of the film obtained from solutions B and C are shown in Figures S4 and
S5, respectively.

In the next step, the experimental parameters of the Ti-substrate anodization and the
electrophoretic deposition from solution A were varied in order to obtain uniform coatings having
optimized tribological performance.

The SEM images of the surface of the HA films with Re:IF-MoS2 nanoparticles obtained from
solution A for different deposition periods are shown in Figure 3. The surface of the coated film shows
defects, including the presence of cracks and pores with circular shape. Such pores can be probably
attributed to the formation of H2(g) bubbles during the coating process.
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Figure 2. HRSEM pictures of HA with Re:IF-MoS2 nanoparticles coating obtained from solution A on
porous titanium substrate in two magnifications: (a) 100 μm ; (b) 2 μm. The film is continuous but
visibly is heavily cracked.

Figure 3. HRSEM images of the HA film with Re:IF-MoS2 obtained from solution A after 2 (a), 3 (b),
and 4 h (c) deposition. The Re:IF-MoS2 nanoparticles in the film (c) are observed in the backscattering
electron (BSE) mode (d). The arrows in Figure 3d point on the Re:IF-MoS2 nanoparticles occluded in
the HA film.

Interestingly, the bias applied during EPD for solution B (and C) was appreciably smaller (2.5 V)
compared to solution A (20 V). On the other hand, the film obtained by EPD from solution A was
quasi-continuous. It was highly crystalline but less uniform in the case of solution B, i.e., the apparent
current density was higher than that calculated on the basis of the formal electrode surface. The higher
voltage used for the EPD from solution A implied a much higher rate of hydrogen production, which
could explain the porous structure of this film. The density of the pores and their sizes could be possibly
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tuned by the bias applied on the cathode during the electrophoretic deposition. Furthermore, addition
of surface active agents, like CTAB and others, could reduce the size of the pores. This optimization
process is reserved for a future study. In any event, the large cracks are diminished, and the pore-size
decreased as the coating time was prolonged. The Re:IF-MoS2 NP cannot be easily discerned from
the HA, due possibly to charging of the film during SEM analysis. Furthermore, the thickness of the
coating was a few microns, therefore the nanoparticles could have been buried under the film surface
and even be closer to the titanium substrate. Using low energy beam (2 keV) in the BSE mode, the IF
NP could be nevertheless observed—see Figure 3d.

3.2. Zeta Potential Measurements

Figure 4 shows the results of the Zeta potential (ZP) measurements performed with the three
solutions containing Re:IF-MoS2 nanoparticles as a function of pH—up to pH7. The ZP of all the
solutions containing the nanoparticles is positive for pH below 6.5. Beyond that pH—the ZP of solution
B becomes negative, while that of solutions A and C remain positive. This difference can be attributed
to the addition of the CTAB, which is a cationic surfactant, to solutions A and C. The (positive) ZP of
the natural solutions used for EPD is marked on Figure 4 for all three solutions.

 
Figure 4. Zeta-potential vs. pH for Re:IF-MoS2 nanoparticles. The (positive) ZP of the genuine solutions
used for EPD of the HA + IF film are marked by enlarged symbols.

The ZP measurements show that the species in the HA solution containing the IF NP are positively
charged and consequently, the HA film could be deposited on the negative electrode (Ti) during the
EPD process. The ZP of the IF NP in pure water, ethanol solution, CTAB in water, and the three
solutions used for the EPD (included also in Figure 4) are summarized in Figure S6 of the supporting
information, the errors of the ZP measurements is about 2%.

3.3. X-ray Diffraction (XRD)

The results of the XRD analyses are summarized in Figure 5 and in Table 1. The XRD patterns of
the different coatings obtained from solutions A, B and C are shown in Figure 5a. The major phase
obtained by EPD of these solutions is HA. Nonetheless, the coating obtained from solution A contained
appreciable amounts (25 wt %) of portlandite (Ca(OH)2). Solution B, on the other hand, contained,
in addition to the HA, also significant amounts of brushite—(CaH(PO4)·2H2O). The film obtained
from solution C contained calcium pyrophosphate—(Ca2(P2O7)). The presence of the Re:IF-MoS2

nanoparticles in the coatings is confirmed by the tiny peak at 14.3◦. The content of the IF NP is
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calculated as 0.2 wt % for solutions A, 1.5 wt % for solution B and 1.4 wt % for solution C. This amount
is rather small but could nevertheless lead to major improvements of the tribological properties of the
film without compromising its mechanical robustness.

Following the annealing of the film obtained from solution A (Figure 5b), the HA became biphasic
calcium phosphate (BCP) [19], i.e., intimate mixture of two phases: HA (73.6 wt %) and β-TCP
(5.9 wt %), and 0.1 wt % Re:IF-MoS2 NP.

Figure 5. (a) XRD patterns of the HA films incorporating Re:IF-MoS2 nanoparticles: film obtained from
solution A (1), solution B (2) and solution C (3); (b) shows the XRD pattern of the film obtained from
solution A (3 h) after annealing (700 ◦C for 1 h). Here, a strong crystalline peak associated with calcium
pyrophosphate phase (Ca2(P2O7)) is observed. This phase is obtained through water evaporation
from the HA (Ca10(PO4)6(OH)2) film. The presence of the Re:IF-MoS2 nanoparticles did not change
appreciably upon annealing, suggesting that these NP are thermally stable at the annealing conditions.

Table 1. Composition of the films deposited from different solutions determined from the XRD analysis.

EPD Films HA Portlandite Brushite Calcium Pyrophosphate β-TCP Re:IF-MoS2

Film obtained from
solution A 74.8 wt % 25 wt % 0.2 wt %

Film obtained from
solution B 17.2 wt % 81.3 wt % 1.5 wt %

Film obtained from
solution C 81.1 wt % 17.5 wt % 1.4 wt %

Film obtained from
solution A after annealing 73.6 wt % 20.4 wt % 5.9 wt % 0.1 wt %
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The XRD patterns of the films obtained from solution A without the NP (a) and with the IF NP for
different deposition times (b–c) is shown in Figure 6. The percentages of the compounds in each film is
presented in Table 2. The major phase in the films is hydroxyapatite. However, one can conclude from
Figure 6 that the relative amount of the portlandite in the film increases with extending deposition
times. The relative amount of the calcium oxide does not seem to vary with the deposition time which
is also true for the relative content of the IF NP. Although the signal of the IF NP is non-visible in
Figure 6, their presence is confirmed through both electron microscopy (Figure 3) and the Raman
measurements (see below Figure 7).

Figure 6. XRD patterns: Films obtained from solution A without the Re:IF-MoS2 NP (a) and (with the
IF NP) for different deposition periods: after 2 h (b), 3 h (c) and 4 h (d).

Table 2. Composition of the film determined via XRD analysis for different deposition times (from
solution A).

EPD films HA Portlandite Calcium Oxide Re:IF-MoS2

Film obtained from solution A
without Re:IF-MoS2 (3 h) 87.8 wt % 4.6 wt % 7.6 wt %

Film obtained from solution A (2 h) 82.6 wt % 7.4 wt % 9.1 wt % 0.3 wt %
Film obtained from solution A (3 h) 80.4 wt % 11.3 wt % 8.0 wt % 0.3 wt %
Film obtained from solution A (4 h) 77.8 wt % 13.6 wt % 8.3 wt % 0.3 wt %

3.4. Raman Spectroscopy

The Raman spectra of HA + IF films prepared from solution A for different deposition times
(2, 3 and 4 h) are shown in Figure 7. The spectra show the characteristic vibration bands of calcium
hydroxide (wide peak at 1600 cm−1) and poorly crystalline phosphoric moieties, especially phosphate
PO4

−3 bands at 469 (ν2), 562–603 (ν4), 962 (ν1) and 1000–1104 cm−1 (ν3) [39,41]. These bands are
typical of HA. The Raman spectra showed also the typical MoS2 modes at 383 (E2g) and 408 cm−1

(A1g) [42,43]. Interestingly, in contrast to the XRD pattern (Figure 6), the Raman bands of the IF NP in
the HA film are easily discerned here.

3.5. Tribological Testing

Table 3 summarizes the data for the friction coefficient and surface roughness of the different
samples under dry conditions. In general, the friction coefficient was found to go down along with the
stages of the experimental procedure of preparing the film. The low friction coefficient of the HA film
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obtained from solution A can be attributed to the IF nanoparticle structure. The nanoparticles exhibit
facile rolling when released from the film surface. In addition, gradual peeling/crushing of the NP
and material transfer from the film surface to the counter surface of the ball contributed to the facile
shearing of the mating surfaces and low friction coefficients. Interestingly, the friction coefficient of the
HA film obtained from solution A was maintained also after 700 ◦C annealing.

Figure 7. Raman spectra of HA powder film without (a) and with the Re:IF-MoS2 nanoparticles
obtained from solution A for different EPD periods: after 2 (b), 3 (c) and 4 h (d).

Table 3. Summary of the initial and final friction coefficients and the initial roughness for different
stages of preparation of the composite HA + IF film. Measurement conditions: diameter of the test ball
10 mm; load = 10 g (Hertzian pressure—P = 150 MPa).

Tested Film
Initial Coefficient of

Friction
Final Coefficient of Friction

(after 20 Cycles)
Initial Roughness

(μm)

Titanium after surface treatment 0.50 ± 0.01 0. 60 ± 0.02 0.23 ± 0.03

Titanium after anodization 0.15 ± 0.01 0.23 ± 0.03 0.50 ± 0.05

Film of HA with Re:IF-MoS2 NP obtained from
solution A on anodized titanium 0.11 ± 0.01 0.13 ± 0.01 0.45 ± 0.4

Film of HA with Re:IF-MoS2 NP obtained from
solution B on anodized titanium 0.21 ± 0.02 0.43 ± 0.08 0.37 ± 0.03

Film of HA with Re:IF-MoS2 NP obtained from
solution C on anodized titanium 0.37 ± 0.23 0.30 ± 0.18 0.52 ± 0.02

Film of HA with Re:IF-MoS2 NP obtained from
solution A on anodized titanium after annealing 0.12 ± 0.01 0.11 ± 0.02 0.49 ± 0.7

Table 4 shows the dry friction coefficient of the coatings obtained from solutions A without (3 h)
and with the NP after 2, 3 and 4 h of deposition time on the anodized titanium substrate. Note that, in
this series of measurements a higher Hertzian pressure (600 MPa) was used for the tribological test.
The dry friction coefficient was reduced with increasing coating-time of the film.

It should be noted that, relative to the previous measurement (see Table 3), there was an increase in
the friction coefficient for the HA coating with Re:IF-MoS2 nanoparticles obtained from solution A for 3 h
deposition time. This result can be accounted for by the weaker adhesion of the coating to the titanium
samples under the high pressure (600 MPa) applied onto the film. Nonetheless, following the 4 h
deposition time the friction coefficient was very low (0.12) attesting to the quality of the composite film.
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Therefore, it is clear that the extended deposition of the composite film resulted in lower friction under
very high load. However, the mechanical stability of the film might have been partially compromised.
The surface roughness of the films was in the sub-micron range for all the films containing the NP.

Figure 8 shows optical micrographs of the wear of the ball and the wear track on the film (inset)
after different periods of EPD (600 MPa) and 100 cycles. In analogy to the friction coefficient, the visible
wear scar on the ball and the wear track on the film were markedly reduced with the deposition time of
the HA + IF NP film.

Table 4. The initial and final friction coefficients and the initial roughness of the coating on titanium
substrate obtained from solution A for different periods of deposition. Measurement conditions:
diameter of the test ball 2 mm; load 20 g and Hertzian pressure of P = 600 MPa.

Tested Film
Initial Coefficient of

Friction
Final Coefficient of Friction

(after 100 Cycles)
Initial Roughness (μm)

Pure HA film obtained from solution A
without NP after 3 h deposition 0.66 ± 0.08 0.78 ± 0.04 1.59 ± 0.28

HA film with Re:IF-MoS2 NP obtained
from solution A after 2 h 0.75 ± 0.05 0.63 ± 0.03 0.49 ± 0.05

HA film with Re:IF-MoS2 NP obtained
from solution A after 3 h 0.53 ± 0.03 0.55 ± 0.04 0.57 ± 0.17

HA film with Re:IF-MoS2 NP obtained
from solution A after 4 h 0.13 ± 0.01 0.12 ± 0.02 0.48 ± 0.02

Figure 8. Optical image of wear on the ball and inside the track of HA film without (a) and with the
Re:IF-MoS2 nanoparticles obtained from solution A for different periods: after 2 h (b), 3 h (c) and 4 h
(d) on anodized titanium.
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4. Conclusions

Given the fact that the aging population of the world is approaching one billion people,
inabilities due to orthopedic failures and consequently artificial bone implants became a major
health concern. Hydroxyapatite (a form of calcium phosphate) is the main constituency of the
bone. Therefore, calcium-phosphate coatings occupy important part of modern research in medical
technology. Calcium phosphate coatings containing up to 1.5 wt % Re:IF-MoS2 nanoparticles were
deposited on porous titanium substrate by electrophoretic deposition using DC bias. Three different
solutions were used for the deposition. Solution A is based on ethanol-water mixture as solvent,
solution B contained sodium chloride and solution C without (ethanol or NaCl) additive. The major
phase in each coating was hydroxyapatite which successfully incorporated small amounts of
Re:IF-MoS2 nanoparticles. The electrophoretic deposition from solution B was found to be highly
crystalline and discontinuous, i.e., it did not fully cover the porous titanium substrate. The film
obtained from solution C was found to have high friction coefficient. The tribology test performed on
the coatings showed lower friction coefficient and wear as the time of the deposition increased beyond
3 h period. The low friction coefficient was maintained also after annealing of the sample (solution
A). The good tribological performance of the film indicates also that the film is robust and suffers no
adhesion problems during the tests in dry conditions.

The present films must be improved in order to increase the adhesion of the film to the underlying
substrate and its fracture toughness, while maintaining its biocompatibility, especially under wet
conditions [44]. Future studies will attempt to use a third component, possibly in the form of a
biocompatible polymer, which could be suitable as a binder in this case. Remarkably though, the
present composite films show very low friction and reasonable adhesion to the underlying rough
substrate even under very high load (600 MPa).

Supplementary Materials: Supplementary materials can be found at http://www.mdpi.com/1422-0067/19/3/
657/s1.
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Abstract: Driven by surface cleanness and unique physical, optical and chemical properties,
bare (ligand-free) laser-synthesized nanoparticles (NPs) are now in the focus of interest as promising
materials for the development of advanced biomedical platforms related to biosensing, bioimaging
and therapeutic drug delivery. We recently achieved significant progress in the synthesis of bare
gold (Au) and silicon (Si) NPs and their testing in biomedical tasks, including cancer imaging and
therapy, biofuel cells, etc. We also showed that these nanomaterials can be excellent candidates for
tissue engineering applications. This review is aimed at the description of our recent progress in laser
synthesis of bare Si and Au NPs and their testing as functional modules (additives) in innovative
scaffold platforms intended for tissue engineering tasks.

Keywords: laser ablation in liquid; Electrospinning; Nanoparticles; Nanofibers; Scaffolds; Tissue
engineering; Nanotheranostics

1. Introduction

Tissue engineering is an important multidisciplinary field, which is focused on the development
of biomaterial substitutes capable of replacing, detecting and treating failed or diseased tissues [1–3].
Due to a variety of tissues (e.g., bone, cartilage, nerve, cardiac/skeletal muscles, etc.), and their different
functional and structural properties (e.g., stiffness, cell interconnection, etc.), the elaboration of substitutes
presents a really challenging task, which has to gather a multitude of physicochemical characteristics
(mechanical, electrical, etc.), structural properties (e.g., 3D architecture, surface topography, porosity,
etc.) and advanced theranostic functionalities [4–9]. Biocompatibility and biodegradability are other
key properties, which should be taken into account to ensure cell adhesion, growth and differentiation
of surrounding tissues, preventing any rejection or toxicity issues [10–12].

Based on recent advances of nanotechnology, most efforts are now applied on the fabrication
of nanostructured scaffolds, which could mimic the mesoporosity and nanoscale morphology
of natural extracellular matrices (ECM) [13–15] and provide advanced functional properties for
diagnostics/treatment of diseases or the restoration of biological functions [15,16]. A variety of
scaffolds (hydrogel, nanofibers, etc.) made from ceramic, synthetic/natural polymers or composites
are now explored for these tasks. Due to their chemical and structural similarity to natural mineral
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tissues, calcium phosphate ceramics present a class of tunable bioactive scaffolds, which are currently
largely exploited in bone regeneration and orthopedic surgery [17]. Due to their capability of inducing
osteoblastic differentiation, a plethora of coatings based on calcium phosphate compositions are
employed as bioactive interfaces for implants [18,19]. However, clinical applications of these materials
are still quite challenging because of brittleness, difficulty of shaping for implantation and uncontrolled
degradation rate [20–22]. As another example, synthetic polymers (e.g., polystyrene) are also actively
exploited as scaffolds to offer tunable architectures and degradability option [23]. Nevertheless,
the interaction of many synthetic polymers with biological tissues is controversial because of their
low bioactivity and side effects [23]. Owing to outstanding biocompatibility and biodegradability,
natural polymers (chitosan, collagen, etc.) have appeared as very promising scaffolds, which can
naturally promote cell adhesion and growth [24]. However, due to weak dissolution the shaping of
natural polymers is challenging, while some of their physical properties including mechanical and
conductivity characteristics must be improved [25,26].

One of promising ways to improve intrinsic properties of scaffolds and/or acquire additional
functionalities consists in the incorporation of nanoparticles (NPs) as additives [27–30]. Considerable
progress in this field has contributed to the fabrication of advanced multifunctional NPs for biomedical
tasks including drug delivery, imaging and cell labeling. Applications of such NPs in tissue
engineering could dramatically enhance physicochemical properties of scaffolds and contribute to
their proper integration into tissue-specific microenvironments. Silver (Ag) NPs present a prominent
example of non-exhaustive antibacterial objects, which are intensively exploited in tissue engineering
tasks using a variety of polymeric scaffolds [31,32]. Iron-oxide NPs present another example of
nanomaterials exhibiting antimicrobial and superparamagnetic properties, which can potentially be
used in hyperthermia, gene therapy and bioimaging [33,34]. Owing to prominent optical and physical
properties and chemical reactivity, gold (Au) NPs can offer many functionalities for biosensing,
bioimaging and theranostics [28,29]. Due to their large surface area, porosity and biocompatibility,
mesoporous silica (SiO2) NPs are also considered as relevant additives for drug delivery [35]. Finally,
crystalline silicon (Si) looks as one of most promising candidates for tissue engineering, as it is ideally
biocompatible [36] and biodegradable [37], as well can offer a large range of imaging and therapeutic
functionalities, including room temperature photoluminescence for bioimaging [36–40], light-induced
generation of singlet oxygen for photodynamic cancer therapy [41], and infrared radiation [42],
radio frequency radiation [43] and ultrasound-induced [44] hyperthermia for cancer therapy. However,
almost all currently employed NPs are synthesized by conventional chemical or electrochemical routes,
which involve hazardous products (e.g., HF, nitrate salts, chloride, citrate, etc.) and various ligands.
The presence of these products generally leads to surface contamination by residual toxic products,
which is not consistent with targeted biomedical applications [45–47]. In addition, the elaboration
of these nanomaterials takes place under extreme thermal, pH-metric and pressure conditions,
which requires a rigorous control of the synthesis procedure. These reactions also frequently require
different organic solvents (e.g., ethanol, THF, etc.) and many switching steps between organic/aqueous
solutions, which complicates the fabrication and purification procedures [48,49].

Emerged as a new “green” nanosynthesis route, pulsed laser ablation gathers numerous benefits
over chemical methods in the elaboration of ultraclean NPs [50]. This physical method implies
the ablation of a solid target by pulsed laser radiation, which gives rise to a natural formation of
nanoclusters [51,52]. If created in gaseous ambience, the nanoclusters can be deposited on a substrate
forming a thin nanostructured film [53–57]. When created in liquid ambience, the nanoclusters can be
released into the liquid forming nanoparticle colloidal solutions [58–67]. In both cases, the ablation
can be performed in ultraclean environment (helium or argon gas, deionized water), excluding any
contamination [50]. Here, the employment of ultra-short laser pulses can lead to the fabrication
of extremely stable colloidal solutions of low-size-dispersed crystalline NPs even in the absence of
any protective ligands [62,63,65]. In the case of Si, such procedure can be modified by the ablation
(fragmentation) from microcolloids, prepared preliminarily by mechanical milling of a Si wafer [43,
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66,67]. Such a fragmentation method makes possible the fabrication of concentrated solutions of low
size-dispersed Si-NPs with a variable mean size [66]. It was also shown that “bare” (ligand-free) surface
can exhibit unusual reactivity and physicochemical properties [68–71]. Finally, bare laser-synthesized
NPs are relevant nanotheranostics tools for biomedical applications [68,72]. We believe that due to the
existence of such unique properties, the use of these nanomaterials as additives in tissue engineering
looks very promising opening up opportunities for future innovative developments.

This article reviews our recent achievements in the elaboration of bare inorganic and metallic
NPs based on silicon and gold for biomedical applications, as well as highlights prospectives of
such nanomaterials for tissue engineering applications. Here, we first remind the principle and
the advantages of laser synthesis compared to conventional chemical synthesis routes. Second,
the physicochemical characteristics of bare NPs and their interaction with biological matrices in vitro
and in vivo are reviewed. We finally present results of our tests on the incorporation of Si and Au NPs
as functional additives in electrospun nanofibers based on natural polymer chistosan-poly(ethylene
oxide)(chitosan (PEO)) [73]. This multidisciplinary work aims to describe potential advantages of
using bare NPs in tissue engineering applications.

2. Pulsed Laser Ablation in Liquids (PLAL) for the Synthesis of Colloidal Nanomaterials

Driven by its flexibility, simplicity and rapidity, PLAL appears to be particularity important in the
elaboration of ultra-clean, bare (ligand-free) NPs for a variety of applications, including electronics,
energy production and biomedicine (for review, see [50,74]. Based on a combination of top-down and
bottom-up approaches, this method profits from laser-target interaction to ablate material of the target
and thus naturally form nanoclusters. The nanoclusters then coalesce in liquid medium to produce a
colloidal NPs solution. Figure 1 illustrates a basic experimental set-up, which offers an easy handling
to produce colloidal solutions of nanomaterials. In conventional ablation geometry, the set-up consists
of a pulsed laser and focusing optics to ablate a target placed on the bottom of a cuvette filled with a
liquid solution (Figure 1a). In this case, the platform with the target should be constantly moved to
avoid the ablation from the same area on the target. In an alternative fragmentation setup, material is
ablated from liquid-dispersed micro/nano particles, while the liquid is constantly mixed by a magnetic
stirrer (Figure 1b).

Figure 1. (a) Typical PLAL setup; (b) Illustrative image of colloidal Si NPs solution prepared by
femtosecond (fs) laser fragmentation.

PLAL has numerous advantages over conventional chemical methods such as the possibility for
NPs synthesis in ultrapure non-contaminated solutions (e.g., deionized water) without surfactants or
ligands. NPs formed under these conditions can exhibit unique “bare” surface, which is characterized
by different reactivity compared to chemically-synthesized NPs [69–73]. It is also important that
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such ultrapure surface does not require any additional purification, as it often takes place in the case
of chemically-synthesized NPs. Here, to condition an appropriate chemical composition ranging
from elemental to hydroxide, water can be replaced by organic solvents, polymer or saline solutions.
Moreover, by varying the liquid composition (e.g., oils, superfluids, etc.) one can monitor the NPs
shape [74]. As another advantage, laser-ablative synthesis makes possible (bio)functionalization of
formed nanomaterials in situ [74].

It should be noted that laser ablation mechanism is a complex process involving extreme
phenomena (shock wave, plasma plume and cavitation bubble, etc.) under severe physical and
thermodynamic conditions (thousands of kelvins and hundreds of pascals). Furthermore, all processes
take place simultaneously during a very short time period (a few ns) and depend on laser parameters
(pulses length, wavelength, fluence, etc.) [75]. Many experimental methods (spectroscopic analysis,
acoustic measurements, x-ray imaging techniques, acoustic measurements, CCD cameras observations)
and theoretical modeling investigations were devoted to clarifying the ablation mechanism [75].
In most cases, laser ablation tends to provide a broadened size dispersion of NPs (from several tens
to hundreds of nm) with polymodal size populations. As a debated scenario, a sequence of different
ablation mechanisms occurs during plasma plume expansion (cooling) and the explosion of a cavitation
bubble. Such phenomena are especially important for a “long” ns laser ablation regime. The addition
of reactive chemical products during the ablation process makes possible efficient “chemical” control of
NPs size, but in this case the cleanness of NPs can be compromised. On the other hand, laser ablation
at ultrashort regime (fs) looks like the most promising “fine” tool, which is now accepted by the whole
laser processing community. Due its specific conditions, much less radiation is transferred to the
cavitation bubble, which limits cavitation phenomena and thus makes possible much more rigorous
control of NPs size and size dispersion [50,75].

It is important that initial colloidal NPs solutions obtained by laser ablation (Figure 2a) can be
subjected to the second laser “fragmentation” step (Figure 2b) [65]. The fragmentation mechanism still
not fully understood, but “photothermal evaporation” and “Coulomb explosion” are considered as the
main mechanisms responsible for ablation. Moreover, preliminary colloids can be directly obtained
from micropowder suspensions [66,68]. Here, fs laser ablation from micro/nano colloids manifested
itself a very efficient method to achieve desired controllable size characteristics of formed NPs.
In general, PLAL looks as a reliable tool for the fabrication of a variety of nanomaterials, which enables
one to control NPs characteristics by adjusting laser parameters (focusing point position, fluence,
repetition rate, fragmentation duration, etc.) and physicochemical conditions (e.g., concentration of
raw material).

Figure 2. Schematic presentation of laser ablation (a) and laser fragmentation (b) geometries.
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3. PLAL Synthesis of Bare Nanomaterials for Biomedical Applications

3.1. Bare Laser-Synthesized Si Nanoparticles

Silicon (Si) is a group IV semiconductor, which participates in many biochemical processes,
including bone mineralization (e.g., osteoblastogenesis), connective tissue metabolism, signal transduction
[76–78]. Moreover, Si improves the adsorption of crucial minerals such as magnesium and copper,
which are involved in the proliferation of lymphocyte cells and their immune response. In addition,
Si nanostructures are water-dissolvable and biodegradable, as in biological environment they convert
into orthosilicic acid Si(OH)4, which is naturally excreted with urine [37]. Finally, Si NPs offer a
large panel of applications in biomedicine including photoluminescence-based imaging [39,40,79],
photodynamic therapy and hyperthermia-based therapy for cancer treatment [41–44]. Si NPs can be
synthesized using chemical reduction methods, microemulsion techniques, electrochemical synthesis,
etc., which typically require numerous purification steps to clean the NPs surface [37,47,80–82]. Here,
specific installations (hood, vacuum box, etc.) and operating skills are required. We recently introduced
ultrashort (femtosecond) laser ablation in aqueous solutions as a novel approach to fabricate ultrapure
Si NPs for biomedical applications [66,67]. In a typical laser-synthesized protocol, Si NPs are prepared
from Si microparticles powder dispersed at 0.35 g·L−1 in deionized water by sonication step for 30 min.
The microparticles are fragmented by focused femtosecond laser irradiation (Yb:KGW laser, Amplitude
systems, 1025 nm, 480 fs, 1 kHz) for 1 h (for more details see ref. [67]). Physicochemical characterization
showed that so formed Si NPs have a tunable mean side between 10 and 100 nm under narrow size
dispersion. Structural and analytical measurements showed that the NPs are surrounded by a thin
oxidized layer of SiOx (1 ≤ x ≤ 2) with a ζ-potential of −45 ± 1.5 mV preventing thus any aggregation
phenomenon between the Si NPs (Figure 3b).

Figure 3. (a) HR-TEM image of Si NPs obtained by laser fragmentation at 0.35 g·L−1 initial
concentration of microcolloids (Inset, typical image of Si NPs solution). (b) Single laser-synthesized
Si nanoparticle. Characteristic electron diffraction pattern of Si NPs (c) and corresponding size
distributions (d). Adapted from ref. [67].
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Moreover, we established that by varying the amount of dissolved oxygen in water, one can
control the oxidation state and potentially create silicon oxide defects inside Si NPs crystals, which can
lead to much accelerated dissolution of NPs in aqueous solutions (Figure 4) [67]. Other advantages
of PLAL approach are related to the possibility of controlling mean NPs size by varying the initial Si
microparticles concentration [66]. Such approach can provide “calibrated” additives with monitored
structural properties.

Figure 4. Size evolution (in percent, relative to the initial size of Si NPs prepared under oxygen-rich
(black) and oxygen-free (blue, Ar bubbling) conditions as a function of dialysis duration in deionized
water. Adapted from ref. [67].

The interaction of Si NPs with biological matrices was investigated in vitro and in vivo in our
earlier studies [67,83]. No obvious cytotoxicity effect on human cells (HMEC) was observed up to
100 μg·mL−1 with cell survival rate around 80% (Figure 5a). In addition, TEM examination revealed
that Si NPs are readily uptaken by cells via classical endocytosis mechanism without damage of cell
compartments (Figure 5b). In vitro study was also completed by in vivo tests performed in a nude mouse
model at different incubation time (from 3 h to 7 days) with a single dose (20 mg/kg) of intravenous
administration [83]. Based on the examination of behavior of mice and their growth, we concluded that
all animals showed normal physiological activities without lethargy or apathy. The biodistribution and
the fate of Si NPs were followed by a control of a panel of biochemical parameters and the examination
of organ tissues. This study revealed that Si NPs were completely safe. Furthermore, these NPs were
cleared from biological matrices within one week, while similar porous Si-based nanoformulations
prepared by electrochemical routes require 4–6 weeks for the excretion [37]. The functionality of
laser-synthesized Si NPs as sensitizers of radiofrequency (RF)-induced hyperthermia was tested on
Lewis lung carcinoma in vivo and compared to porous silicon-based nanostructures (Figure 5c–e) [43].
Here, we observed efficient tumor inhibition without any side effects, while laser-synthesized NPs
demonstrated much stronger therapeutic outcome. We believe that such sensitizing properties
of laser-synthesized Si NPs can be used as a novel functionality in the development of tissue
engineering platforms.
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Figure 5. (a) MTT assays of HMEC cells viability following their exposure to different concentration
of Si NPs (1.25–100 μg/mL) for 72 h. (b) TEM images of HMEC cells showing kinetics of Si NPs
internalization 72 h after incubation time with 50 μg/mL of NPs. (c) Inhibition of the tumor growth
after the following treatments: the injection of Si NPs suspension without RF irradiation (black curve);
2 min treatment of tumor area by RF irradiation with the intensity of 2 W/cm2 (blue); injection of a
suspension of porous Si NPs (PSi NPs) (0.5 mL, 1 mg/mL) followed by 2 min RF irradiation treatment
(red); injection of a suspension of laser-synthesized Si NPs (LA-Si NPs) (0.2 mL, 0.4 mg/mL) followed
by 2 min RF irradiation treatment (green). (d,e) are histology images of a tumor area 1 h and 3 days after
the PSi NP injection and RF-based treatment using PSi NPs as nanosensitizers, respectively. Cancer cells
are visible as dark blue spots. Examples of agglomerations of PSi NPs in the cells are indicated by red
arrows. Adapted from refs. [43,83].

3.2. Bare Laser-Synthesized Au Nanoparticles

Nanostructured gold (Au) has attracted a considerable attention of biomedical community due
to their unique physical, optical and chemical properties [84,85]. Owing to optical excitations of free
electron oscillations (plasmons), electric field is strongly enhanced in the vicinity of metal surface,
which can be used in various applications, including biosensing [86–89], imaging [90,91], photothermal
therapy [92–94], gene and drug delivery. Numerous methods have been reported to fabricate a
wide variety of Au NPs shapes (nanospheres, nanorods, nanoplates, nanoshells, etc.) opening a
wide avenue for applications in energy, biomedicine, material science and tissue engineering. Here,
the surface of Au NPs can be functionalized by polymers (e.g., PEG) [95,96], functional groups (e.g.,
Amine and Carboxyl) [97,98], as well as by biomolecules including DNA [99] and peptides [100].
Such functionalizations can help to enhance specificity and efficacy of Au NPs toward specific cell
types and organelles such as nucleus and mitochondria. However, in general such NPs are fabricated by
chemical routes, involving stabilizing molecules or ligands, which are not always biocompatible [101].
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First, the presence of stabilizing agent on Au NPs surface can potentially hinder their direct interactions
with biological environment and can compromise their future functionalization [102,103]. Second,
these molecules can interfere with plasmonic properties of Au NPs [104].

To overcome such limitations, we recently elaborated PLAL technique to synthesize bare Au
NPs in aqueous solutions in the absence of any stabilizing molecules (Figure 6) [62,63,65,68]. In a
typical procedure a solid Au target (99.99%, GoodFellow, France) was placed at the bottom of the
glace vessel and filled with 7 mL of deionized water. The target was then irradiated with femtosecond
laser (Yb:KGW laser, Amplitude systems, 1025 nm, 480 fs, 1 kHz) for 15 min. In order to reduce size
dispersion, Au NPs produced by laser ablation step were then subjected to the second “fragmentation”
step for 30 min (for more details see ref. [72]). Structural and microscopic observations revealed that Au
NPs were spherical in shape and free from any residual contaminants, enabling high chemical [69–71]
and catalytic [68] activity. In addition, due to the partial oxidation of surface (Au–O−/Au–OH−),
the Au NPs exhibit a negative surface charge (−23 ± 2.3 mV) conferring thus a great stability and
limiting any agglomeration effect. The interaction of such NPs with biological matrices was assessed
during in vitro tests under relatively high concentration (10 mg/L−1) of NPs up to 72 h. TEM analyses
demonstrated biological safety characteristics of Au NPs without any side effects on morphology
and cytoskeleton cells [72]. Au NPs were internalized by a classical endocytosis mechanism without
penetration into the nucleus cell. In addition, the analysis of protein corona on NPs surface revealed
interactions with abundant proteins such as Albumine and Apos, which are known to play crucial
roles in intracellular trafficking [72]. Due to their unique structures and excellent biocompatibility,
bare Au NPs can be considered alternative candidates as additives for tissue engineering.

Figure 6. Typical HR-TEM image of Au NPs prepared by PLAL (a) and corresponding size distribution (b).

4. Potential Applications of BLS-NPs in Tissue Engineering

Biological tissue presents a complex environment with specific structural, biological, chemical and
physical characteristics. Therefore, the creation of artificial functional tissue structures (scaffolds) has
to gather variety of properties such as a good cell adhesion, high porosity, adequate pore size for cell
seeding and diffusion, structural rigidity, biocompatibility and biodegradability. Many studies are
now devoted to the elaboration of functional scaffolds, which could mimic the ECM. Scaffolds can
be fabricated by variety conventional techniques (e.g., solvent casting/particle leaching [105]),
but electrospinning looks as the most promising approach to fabricate biocompatible/biodegradable
nanofibrous scaffolds. Based on the application of electrical field in polymer solutions, this process
offers plenty of advantages such as the possibility of working with a variety of materials including
natural/synthetic polymers and their composites, generation of micro- to nano-scale nanofibers,
cost effectiveness and easy scaling-up [106,107]. However, despite these benefits and approach
flexibility, a number of problems need to be solved such as the fabrication of uniform nanofibers
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with desired diameter, morphology, mechanical strength, conductivity and chemistry. On the other
hand, the elaboration of electrospun nanofibers with multi-functionalities (biological and therapeutic
characteristics) is still required.

We recently carried out tests to explore the potential of using bare laser-synthesized Si and
au NPs as functional additives in order to (i) improve/optimize intrinsic properties of nanofibers;
(ii) enable advanced biomedical/biological properties. As a first approach, we recently functionalized
biologically-derived polymer based on nanofibers chitosan (PEO) by bare Si and Au NPs [73].
At optimized chitosan:PEO ratio, the NPs were directly introduced at increased concentration in
the polymer solution before electrospinning. Numerous analyses were then conducted on obtained
nanofibers based on microscopic, thermal and analytical methods. First, it appeared that the NPs
were properly attached via electrostatic interaction and homogenously dispersed on the nanofiber
surface, while the presence of NPs did not affect the morphology of fiber networks and their chemical
properties. Second, we observed a reduction of the fiber diameter by a factor 2 when the fibers are
co-electrospun with Si NPs. In addition, functionalized nanofibers exhibited better thermal stability at
higher temperature and this effect was especially prominent for Si NPs. Safety properties of the hybrid
scaffold were also assessed by preliminary MTT tests and did not show ant toxicity.

These first tests confirmed the possibility of using NPs as functional additives in the elaboration
of innovative scaffolds for tissue engineering (Figure 7). In particular, the presence of NPs on the
nanofibers surface can be exploited as additional anchoring site interacting with cells. Here, the bare
surface of laser-synthesized NPs looks very important as it can be tuned with specific biomolecules
and growth factors to increase the nanofibers bioactivity toward cells. On the other hand, NPs can
be used as sensitive probes to track variety of biomolecules (DNA, RNA, protein, etc.) and other
materials including metal ions. Furthermore, the reduction of nanofibers diameter can potentially
lead to higher bioactivity characteristics as it was noted in literature [108]. Besides, the incorporation
of BLS-NPs into nanofibers improves thermal stability of the fiber matrix, which can be exploited
for therapeutic applications and extended to other physicochemical parameters such as pH control.
Despite encouraging results, the development of NPs as functional additives is in its early stage
and many issues should still be clarified. Here, many physical properties including mechanical
and electrical characteristics have to be assessed. In addition, the scaffold fate (e.g., dissolution of
nanofibers, release of NPs from scaffold, etc.) has to be monitored and evaluated. Other parameter
such as the size of NPs has to be varied to highlight their effect on the physicochemical properties of
the fibers.

Figure 7. (a) Illustrative image of electrospun chitosan(PEO) nanofibers functionalized with bare Si
NPs. (b) SEM of hybrid chitosan (PEO) nanofibers functionalized with bare Si NPs at 30 wt. %. (c)
SEM of hybrid chitosan (PEO) nanofibers functionalized with bare Au NPs at 30 wt. %. Adapted from
ref. [73].
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5. Conclusions

In conclusion, bare laser-synthesized NPs open a wide range of opportunities toward the
elaboration of functional scaffolds for tissue engineering enabling advanced biomedical modalities.
First, PLAL method enables to fabricate NPs exempt of any contaminants, while the NPs surface can
exhibit high reactivity and much better biocompatibility compared to chemically-synthesized Si and
Au counterparts. Second, structural properties of laser-synthesized NPs can be easily designed to
control their size and dissolution behavior. Third, one can use Si and Au NPs to enable a variety of
therapy modalities [109], as well as imaging modalities including fluorescence imaging [40], SERS [110],
SEIRAS [111]. As first preliminary work, we highlighted the possibility of incorporating of Si and Au
NPs as functional additives for hybrid-electrospun nanofibers based on chitosan (PEO), without any
effect on nanofiber compositions. Here, we observed a drastic decrease of nanofiber diameter promising
a much improved bioactivity of nanofibers, while thermal analysis revealed a better stability of
nanofibers at higher temperatures which can be exploited for advanced therapeutic tasks. Finally,
the presence of NPs on the nanofibers promises its additional reactive surface toward biological tissue.
Si and Au NPs can offer the opportunity to fabricate innovative scaffolds systems, which are capable
of treating specific information related to surrounding tissues. The employment of NPs as functional
modules for tissue engineering is still in a very early stage. Intensive research is still required to assess
all potential benefits from such nano-engineered systems.
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Abstract: A novel medical adhesive was prepared by blending poly(lactic acid) (PLA) with
poly(trimethylene carbonate) (PTMC) in ethyl acetate, and the two materials were proven to be
biodegradable and biocompatible. The medical adhesive was characterized by 1H nuclear magnetic
resonance (1HNMR), gel permeation chromatography (GPC), scanning electron microscopy (SEM)
and differential scanning calorimetry (DSC). The water vapor transmission rate (WVTR) of this
material was measured to be 7.13 g·cm−2·24 h−1. Its degree of comfortability was confirmed
by the extensibility (E) and the permanent set (PS), which were approximately 7.83 N·cm−2 and
18.83%, respectively. In vivo tests regarding rabbit immunoglobulin M (IgM), rabbit immunoglobulin
G (IgG), rabbit bone alkaline phosphatase (BALP), rabbit interleukin 6 (IL-6), rabbit interleukin
10 (IL-10), rabbit tumor necrosis factor α(TNFα), glutamic-oxaloacetic transaminase (AST/GOT),
glutamic-pyruvic transaminase (ALT/GPT), alkaline phosphatase (AKP), blood urea nitrogen (BUN)
and creatinine (Cr) indicated that the PLA-PTMC medical adhesive was not harmful to the liver
and kidneys. Finally, pathological sections indicated that PLA-PTMC was more effective than the
control group. These data suggest that in addition to having a positive effect on hemostasis and
no sensibility to wounds, PLA-PTMC can efficiently prevent infections and has great potential as a
medical adhesive.

Keywords: Poly(Lactic Acid)-Poly(Trimethylene Carbonate); medical adhesive; avoid infection; hemostasis

1. Introduction

Each year, millions of people suffer from many types of wounds, including traumatic or surgical
wounds, which require a proper closure. To develop better materials for the treatment of wounds,
the translation of modern biomaterials from the lab to the clinical hospital will permit an in-depth
understanding of how biomaterials interact with biological systems at both cellular and molecular
levels, with the ultimate purpose of creating more suitable materials and products [1–7].

Previously, there have been many techniques for curing a wide range of wounds, such as sutures
and staples. However, although sutures can provide great tensile strength and show relatively
low failure rates [8,9], the disadvantages of suturing are that it is time consuming, is not always
technically possible, thus requiring anesthesia, and induces undesirable scar formation [9,10]. Staples
easily damage surrounding tissues while evoking an inflammatory response and causing scar tissue
formation. Most importantly, the use of staples also results in a significant failure rate [8,9,11].
Robust adhesion and cohesive integrity are valuable characteristics of a medical adhesive, especially
for applications requiring a long-term performance of the material. However, the limitations of
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currently-approved synthetic adhesives include poor adhesion in the presence of biological fluids,
sensitization, an allergic response and inflammation. They can always cause problematic infections,
which can cause many types of diseases. Thus, development of new biomaterials with a low cost,
low toxicity and less infection is quite essential.

Poly(lactic acid) (PLA), apart from being derived from renewable resources (e.g., corn, whey [12,13],
wheat and rice), is biodegradable, recyclable and compostable [14,15]. Its production also consumes
carbon dioxide [16]. Due to its ability to be degraded and assimilated inside the human body
within a few months, its first applications were in the biomedical field [17–20]. Moreover, PLA
degradation products are non-toxic at a lower composition, making it a natural choice for
biomedical applications [21,22]. Furthermore, PLA requires 25–55% less energy to produce than
do petroleum-based polymers, and estimations indicate that this can be reduced further to less than
10% in the future [23]. Although it is an ideal biomaterial with biocompatibility and biodegradability,
PLA is a very brittle material with less than 10% elongation at break [24,25], which largely limits its
practical use in the medical field.

Blending of PLA with other high strength materials is one of the most extensively-used methods
to improve the mechanical properties of the material. To overcome the disadvantages mentioned
above, PLA has been blended with some biodegradable polymers such as poly(para-dioxanone) [26],
poly(propylene carbonate) [27], poly(butylene succinate) and derivatives [28,29] to improve its
mechanical properties, especially toughness. Among these, PTMC is an amorphous polymer with
a glass transition at 12 ◦C with low crystallinity and high mechanical properties [30], and it
has good biocompatibility and biodegradability [31,32]. High-molecular-weight PTMC maintains
elastic properties at ambient temperature [33–35], and the mechanical performance of PLA can be
improved efficiently.

Therefore, the aim of this study was to produce and characterize PLA-based, high-performance
biocompatible composite materials for biomaterial applications such as medical adhesives. This novel
synthesized composite contains different percentages of PTMC to enhance the properties of the polymer.
Medical adhesives with different ratios of PLA and PTMC were first produced and characterized by
1H nuclear magnetic resonance (1HNMR), gel permeation chromatography (GPC), scanning electron
microscopy (SEM) and differential scanning calorimetry (DSC). The film-forming time, water vapor
transmission rate, degree of comfortability and water contact angle were measured afterwards.

A ratio of 7:3 of PLA:PTMC was found to have the most suitable properties, and animal
experiments were conducted to ensure the performance of this product. In the experiment, 10 rabbits
with similar weights were separated into two groups: the PLA-PTMC group and the positive control
group. Then, a wound model was created and observed, and the wounds’ status was recorded
until the wounds recovered. During this period, glutamic-oxaloacetic transaminase (AST/GOT),
glutamic-pyruvic transaminase (ALT/GPT), alkaline phosphatase (AKP), blood urea nitrogen (BUN)
and creatinine (Cr) were measured to determine the influence of the medical adhesives on hepatic
and renal tissues, and enzyme-linked immunosorbent assay (ELISA) assays were performed to
determine the content of immunoglobulin M (IgM), rabbit immunoglobulin G (IgG), rabbit bone
alkaline phosphatase (BALP), rabbit interleukin 6 (IL-6), rabbit interleukin 10 (IL-10) and rabbit tumor
necrosis factor α(TNFα). The results suggests that this type of biomaterial can efficiently reduce
infections because it can form a thin and ventilated film quickly on the surface of the skin and promote
wound repair, with less harm to other organs.

2. Results and Discussion

2.1. Characterization of Medical Adhesive Films

To characterize the properties of the medical adhesive and choose the most suitable ratio
of PLA/PTMC, poly(lactic acid) (PLA, Mw = 280 kDa, Mw/Mn = 1.98) was modified with
poly(trimethylene carbonate) (PTMC, Mw = 100 kDa, Mw/Mn = 1.70) in different ratios of 9:1,

50



Int. J. Mol. Sci. 2017, 18, 2041

8:2 and 7:3 to facilitate their use in biomaterial studies. A solvent evaporation technique with
50 mL of chloroform was used to prepare thin films to be characterized by 1HNMR, GPC and
SEM (from Figures 1–3 and Table 1). From the GPC data, when the content of PTMC increased,
the polydispersity index (PDI) of the blends decreased (see Table 1). The raw polymer and blends
exhibited high molar masses ranging from 98,972–77,253, and the PDI of the blends ranged from
2.05–1.85. The chemical compositions of the blends were determined by 1HNMR analysis. As shown
in Figure 1, Peak 1 and Peak 4 are assigned to lactyl CH and CH3 groups, respectively, and Peak 2
and Peak 3 are assigned to the trimethylene carbonate (TMC) CH2 group. The different ratios of
PLA and PTMC are presented with the different peak intensities. SEM was used to track changes
in the film surface morphology among different blends. Figure 2 shows the SEM photographs of A,
B, C and D; with an increased scale of PLA-PTMC, the composite looked smoother than pure PLA;
namely, the blends became better distributed when the ratio of PLA:PTMC was 7:3 [36]. Figure 3
shows the DSC thermograms of PLA and PLA-PTMC blends. The glass transition (Tg) of the PLA
was observed at approximately 58 ◦C; the same result was achieved in Martin’s work [37]. This is
consistent with PLA having a Tg between 50 and 80 ◦C [38–40]. With increasing PTMC content of the
polyurethane, the Tg of the polymers decreased. When the ratio of PLA:PTMC was 7:3, the Tg was
measured as 38.8 ◦C, which is lower compared with pure PLA, due to the distribution of PTMC in the
film. Because the glass transition of PTMC is around −20 ◦C [32,41,42], the addition of PTMC made
the glass transition of PLA decrease.

Table 1. Molecular characteristics of poly(lactic acid) (PLA) and PLA/PTMC (poly(lactic
acid)/poly(trimethylene carbonate)) blends with different ratios.

Groups PLA/PTMC a Solvent Temperature (◦C)/Time (h) Mn b PDI b

A 10:0 ethyl acetate 25/6 98,972 2.052
B 9:1 ethyl acetate 25/6 93,193 1.957
C 8:2 ethyl acetate 25/6 89,888 1.871
D 7:3 ethyl acetate 25/6 77,253 1.846

a Calculated from 1HNMR data using CDCl3 as the solvent; b determined from GPC data. PDI: polydispersity index.

Figure 1. 1H nuclear magnetic resonance (1HNMR) spectra of poly(lactic acid) (PLA) and
poly(trimethylene carbonate) (PTMC) and their blends.
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Figure 2. SEM micrographs of medical adhesive with different ratios of PLA-PTMC. (A) PLA;
(B) PLA:PTMC = 9:1; (C) PLA:PTMC = 8:2; (D) PLA:PTMC = 7:3. Scale bar: 20 μm.

Figure 3. Differential scanning calorimetry (DSC) of different ratios of PLA-PTMC.
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2.2. Evaluation of Physical Properties

The physical properties of blends of different ratios of PLA/PTMC were evaluated using film
formation time, water vapor transmission rate, the comfortability degree and the contact angle. With the
addition of PTMC, the film formation time increased sharply; however, when the ratio of PLA-TMC
decreased from 8:2–7:3, the film formation time increased slightly, from 60.33–62.33 min. Figure 4
shows that the water vapor transmission rate of the sample rose sharply, from 4.59–7.13 g·cm−2·24 h−1

with a ratio change from 8:2–7:3. Additionally, the water vapor permeability of the films is better
than the PLA film reported in the literature [36,43]. The result that air permeability increased may be
caused by the increasing content of PTMC in the composite. Additionally, based on the extensibility (E)
and permanent set (PS), the comfortability of the material was evaluated. Just as Figure 5 presented,
with the increasing content of PTMC in the composite, the comfortability of the medical adhesive
was improved. Additionally, when the ratio of PLA:PTMC went up to 7:3, the comfortability of the
material rose to the highest, and the extensibility and permanent set reached 7.83 N·cm−2 and 18.83%,
respectively. This indicates that a ratio of PLA: PTMC of 7:3 was the optimal choice for a medical
adhesive. The contact angle indicates that when the ratio of PLA-PTMC reached 7:3, the hydrophobicity
was the highest, which is desirable for preventing wound infections. This is presented in Table 2.

Figure 4. Water vapor transmission rate determined using the cup method.

Figure 5. The comfortability of the blends was assigned through extensibility (a) and permanent set (b).
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Table 2. Contact angle measurement.

Group Contact Angle (Degree)

PLA 72.45
PLA-PTMC 9:1 74.96
PLA-PTMC 8:2 80.75
PLA-PTMC 7:3 87.38

2.3. Biological Performance

After testing the physical and chemical properties, the optimal sample was chosen for
animal experiments. The sterility test of PLA/PTMC at a ratio of 7:3 demonstrated no obvious
colony formations after 36 h, and the cytotoxicity of the medical adhesive was evaluated using
3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyl tetrazolium bromide (MTT). The IC50 of a PLA/PTMC
medical adhesive with a ratio of 7:3 was determined to be 6.24 μg/mL, according to linear regression
analysis of the information provided in Figure 6. In some research, the IC50 of some polymers was
smaller than 10 μg/mL [44,45]. When comparing with the positive group, the IC50 value was smaller.
That is to say, the growth rate was higher in the experiment group than the positive group as presented
in Figure 6. Kulkarni reported that PLA was non-toxic, and Schakenraad presented that PLA was
tissue compatible [23,46]. Furthermore, after the ears were covered with the medical adhesive for 2, 4,
8, 12 and 24 h, the ears of the rabbits did not display any aberrant phenomenon. These preliminary
results suggest that this type of medical adhesive can be used as a biomaterial.

Figure 6. Cytotoxicity of the medical adhesive determined by 3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyl
tetrazolium bromide (MTT).

2.4. The Result of Animal Experiments

The result of the skin irritability tests suggests that PLA-PTMC as a medical adhesive does not
trigger allergies. According to the data (from the first day of establishing the wound model to the last
day of wound recovery), the weight of the rabbits showed an increasing trend during the experiments,
as shown in Figure 7a, particularly in the PLA-PTMC group, with a 0.16 kg average. Figure 7b shows
that one fever occurred during the experimental process with PLA-PTMC and the positive control
group. However, this phenomenon lasted only one day.
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Figure 7. Weight and temperature changes of the rabbits during the experiments. (a) Presents the
change of weight during the experiment; (b) shows the rectal temperature of the rabbits. “*” present
there exists statistic difference.

Granulation tissue was observed to grow on the sixteenth day after the operation. The wounds
in the PLA-PTMC group were completely healed on the 30th day, but the positive control group
had residual wounds of 0.4 cm × 0.3 cm that had not healed fully. Figure 8a–c are images of the
wounds that were covered by PLA-PTMC after 1, 20 and 31 days after the operation, respectively,
and Figure 8d–f are images of the positive group. Figure 9 shows the wound healing rate from the
13th–31st day with PLA-PTMC and the positive group. The wound healing rate for the PLA-PTMC
group was significantly higher than that of the positive group (n = 5).

 

Figure 8. The records of the wound during different periods after being covered by PLA-PTMC and
the positive group medical adhesive. (a–c) represent the state of the wound covered by PLA-PTMC
medical adhesive after 1, 20 and 31 days, and (d–f) show the situation of the positive group at the same
time, respectively.

The influence on hepatic functions of rabbits in the PLA-PTMC and the positive control
groups was evaluated based on the serum levels of ALT/GP, AST/GOT, AKP, BNU and creatinine,
which were determined using the appropriate kits. The statistics suggested that AKP activity and BNU
concentrations were significantly different for the PLA-PTMC medical adhesive, whereas the positive
medical adhesive and other indicators produced no obvious significant difference.
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Figure 9. The wound healing rate of the PLA-PTMC group and the positive control group.

Figure 10a shows the AKP activity using PLA-PTMC and a positive medical adhesive, and Figure 10b
presents the BUN content. BUN is used as a surrogate marker of neurohormonal activation, and AKP has
been employed as one indicator in the very sensitive enzyme-linked immunosorbent assay (ELISA) [46];
it is one of the most commonly-assayed enzymes in clinical practice to diagnose different types of
diseases [47]. Figure 10a shows that the activity of AKP in the experiment was lower than the
positive group, around 30 U/100 mL. From Figure 10b, the BUN content of the experimental group,
around 10 mmol/L, is smaller than the positive group, which is about 12 mmol/L, in a normal range
5–15 mmol/L [48]. In each case, the PLA-PTMC results were lower than those of the positive group.

Figure 10. The AKP (alkaline phosphatase) activity (a) and the blood urea nitrogen (BUN) content (b)
of PLA-PTMC and the positive group. Values are the means ± S.E.M. (n = 5). * p < 0.05 compared
with the control group; * p < 0.01 compared with the control group; * p > 0.05 was considered not to be
statistically different. These indicators were detected using different kits that were obtained from the
Nanjing Jiancheng biological technology limited company (Nanjing, China).

The immunogenic specificity of the materials was measured by ELISA as described previously [49,50].
The amounts of the cytokines TNF-α, IL-6 and IL-10 and IgG, IgM and BALP in the rabbit sera
were determined using double-antibody sandwich ELISAs, and only IL-10 and IgG appeared to be
statistically different between the PLA-PTMC and positive groups. IgG concentration reached to
around 60 pg/mL, and IL-10 concentration was about 160 pg/mL. IL-10 is a pleiotropic cytokine
that plays an important role in the development of inflammation and immune response and disease.
Figure 11 shows that the expression of IL-10 and IgG in the PLA-PTMC group was higher than that in
the positive control group [51]. To some degree, the experimental group was better than the positive
group in terms of avoiding infection.
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Figure 11. The results of ELISA testing. (a) is the difference of rabbit immunoglobulin G (IgG),
and (b) is the statistical difference of rabbit interleukin 10 (IL-10). Values are the means ± S.E.M.
(n = 5). * p < 0.05 compared with the control group; * p > 0.05 was considered not to be statistically
different. These indicators were detected using kits that were obtained from CUSABIO (CUSABIO,
Wuhan, China).

During the experiments, three of the five samples in the positive group produced wound infections,
which attracted our attention. After completing the initial tests, skin pathological section analyses
were conducted. The tissues were excised immediately, and adhering tissues were trimmed and fixed
with 4% paraformaldehyde for 24 h for the histological studies. The specimens were embedded in
paraffin, and the sections were stained with hematoxylin-eosin (HE) for light microscopic observations.
The sections were examined and photographed using an Olympus CX-31 Microscope (Olympus
Corporation, Shinjuku, Tokyo, Japan). Three areas on each slide were chosen randomly for microscopic
examination. The slides were further examined and evaluated blindly by two investigators. The images
in Figure 12 indicate that there was apparent re-epithelialization that extended sufficiently to cover the
wound in the PLA-PTMC group.

 

Figure 12. The microscopic state of the recovered wound tissue. (a) Skin pathological section from the
PLA-PTMC group; (b) skin pathological section from the positive group.

Figure 12 is the photomicrograph of the PLA-PTMC medical adhesive and control sites 31 days
after surgery (×100). Figure 12a shows that the intact cellular structure and the fibroblastic activity
of the wound in the PLA-PTMC group had both recovered 31 days after the surgery. Obviously,
the positive control group had more viral factors than did the PLA-PTMC group. This was be
confirmed by Majola, who suggested that PLA has no inflammation or foreign body reaction through
experiments on rats [52,53], and Von Schroeder, who indicated that PLA was well tolerated with
minimal inflammatory response through experiments on dogs in 1991 [54]. Thus, during the
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experiment, the wounds were infected more seriously in the positive control group than in the
PLA-PTMC group, and inflammatory cells were more numerous than in the PLA-PTMC group.
This entire process was conducted at the Yunnan University of Traditional Chinese-Medicine.

3. Materials and Methods

3.1. Synthesis of PLA-PTMC Medical Adhesive

Different ratios of poly(lactic acid) (PLA, Mw = 280 kDa, Mw/Mn = 1.98) purchased from
NatureWorks® LLC (Minnetonka, NE, USA) and poly(trimethylene carbonate) (PTMC, Mw = 100 kDa,
Mw/Mn = 1.70), which was prepared in the laboratory of the Engineering Research Center
of Biopolymer Functional Materials of Yunnan, Yunnan Minzu University (Kunming, China),
were weighed and added to 40.0 g of ethyl acetate (>99.5%, KESHI, Chengdu, China). Dissolution
required approximately 6 h in a closed environment at room temperature (approximately 25 ◦C).

3.2. Preparation of Films

PLA-PTMC medical adhesive membranes were fabricated using a solvent evaporation technique.
Approximately 10.0 g of PLA-PTMC medical adhesive were weighed and dissolved in 50 mL of
chloroform (>99.0%) using a batch mixer. After vigorous mixing, the film-forming solution was
applied to a polytetrafluoroethylene (PTFE) plate. The solvent was allowed to evaporate at room
temperature under the previous conditions to produce a PLA-PTMC medical adhesive membrane
with a thickness of 0.6 mm.

The time for the pouring of the solution and for the film formation were recorded as Time 1 and
Time 2, respectively. The film formation time for the PLA-PTMC medical adhesive was Time 2 minus
Time 1. The composite films were then cut into 100 mm × 25.4 mm sections for investigating the
film properties.

3.3. Water Vapor Transmission Rate

The water vapor transmission rate was determined gravimetrically using a water vapor
transmission measuring cup at 35 ◦C and at 50% relative humidity (RH) in accordance with the
ASTM E96-95 standard method [55]. Film samples were mounted over the acrylic cups and sealed
with paraffin and rubber. The covered cups were placed in a constant temperature and RH-controlled
chamber using the same conditions required for film equilibration. The weight loss of the measuring
cup was measured as a function of time for 12 h [56]. Every sample was tested at least 8 times.
The result was expressed as the average of the measurements.

3.4. Comfortability Degree of PLA-PTMC Medical Adhesives

According to the YY/T0471.4-2004 test methods for primary wound dressing, Part 4,
comfortability, the sample was cut to a width of 25 cm, and the sample was ensured to relax freely
for at least 300 s. Two parallel marks were made on the sample at a distance of 100 cm ± 0.5 mm and
were recorded as L1, and the range of the two marks to both ends was kept equal. Finally, a Universal
tensile machine (CMT4104; Power Supply 220 V; Max Force 40 KN; Accuracy 1 level; MTS SYSTEMS
(CHINA) CO. LTC, Sichuan University, Chengdu, China) was used to stretch the sample at a speed
of 300 mm/min, and the maximal load named (ML) was recorded when the sample was stretched
by 20%. The sample was then relaxed for 1–2 s in this state, and after 5 min, the distance between
the marks was recorded as L2. The extensibility (E) was calculated according to Formula (1), and the
permanent set (PS) was calculated according to Formula (2). An average of at least five test values was
obtained for each sample.

E =
ML
2.5

(1)
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PS% =

[
(L2 − L1)× 100

L1

]
(2)

3.5. Contact Angle

According to ISO 15989:2004 (Plastic film and sheet corona processing thin film of water contact
Angle measurement) the contact angles for the film samples were measured using a Kruss Tensiometer
K100 (Hamburg, Germany) at 25 ◦C, and the wetting characteristics of the polymer surfaces were
quantified by following the Wilhelmy method. The films were doused with distilled water, dried at
25 ◦C and then cut into 20 × 30 mm pieces. The measurements were carried out in water at a rate of
25 μm·s−1. Three measurements were conducted for each sample.

3.6. Gel Permeation Chromatography

Gel permeation chromatography (GPC) measurements were performed on a Waters 515 system
equipped with a refractive index (RI) detector using tetrahydrofuran (THF) as the solvent at a flow
rate of 1.0 mL/min, and 60 μL of a 1.0 w/v% solution were injected for each analysis. Calibration was
accomplished using polystyrene standards (Polysciences, Warrington, PA, USA).

3.7. 1H Nuclear Magnetic Resonance (1HNMR)

1H nuclear magnetic resonance (1HNMR) spectra were recorded using a Bruker AVANCE400
spectrometer (Bruker Corporation, Switzerland) operating at 400 MHz using deuterated chloroform
(CDCl3) as the solvent. Chemical shifts (d) were obtained in ppm with respect to tetramethylsilane (TMS).

3.8. Differential Scanning Calorimetry

DSC analysis of PLA-PTMC medical adhesives was conducted using a DSC214 instrument
(Netzsch, Selb, German) with dry nitrogen gas at a flow rate of 60 mL/min, Approximately 6 mg
of each sample were placed in a small crucible with a sealed surrounding and then heated from
20–210 ◦C at 10 ◦C·min−1 to identify possible changes in the crystallization and in the melting
transition. Subsequently, the sample was cooled to room temperature at a cooling rate of 10 ◦C·min−1

and then further heated to 220 ◦C at 10 ◦C·min−1.

3.9. Scanning Electron Microscopy

A section of the sample was sheared before performing the test. The sheared surfaces of the
composite films were observed via scanning electron microscopy (SEM) under high vacuum using
an SEM instrument (Nova 450, FEI Corporation, Brno, Czech Republic) in liquid nitrogen to observe
the interior of the unstressed composites. To optimize the SEM examination, the sheared surfaces of
samples were gold-sprayed to produce a thin conductive gold layer 5 nm thick on the exterior of the
sheared surfaces.

3.10. Animal Experiments

The trial was approved by the laboratory animals Ethics Committee of Yunnan Minzu
University (29 December 2016) and was registered on the Kunming Science and Technology Bureau
(SYXK(Yunnan)K2017-0001, 16 January 2017).

3.10.1. Cytotoxicity

Cell viability was determined according to ISO-10993-5 standard tests using 3-(4,5-dimethylthiazol-
2-yl)-2,5-diphenyl tetrazolium bromide (MTT). Briefly, RAEC cells were seeded at 5.0 × 104 cells/mL
in 198 μL of appropriate culture medium containing 10% serum and 1% antibiotics in a 96-well plate
and incubated for 48 h with 5% CO2, at 37 ◦C. When the cells were completely adherent, 2 μL of
PLA/PTMC (D) medical adhesive at different concentrations (2.5, 5, 10, 20, 50 and 100 μg/mL) were
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added to the cells. At the same time, 2 μL of Dimethyl Sulphoxide (DMSO) were added to the positive
control group cells. Three parallel holes were used, and the cells were incubated for 24 and 48 h.
Then, 20 μL of 5 mg/mL MTT were added to the cells, and after the cells were co-incubated for 4 h,
the medium was aspirated from the cells. Then, 200 μL of DMSO were added to the holes, and the
plates were incubated at room temperature in the dark for 30 min and then homogenized by shaking
for approximately 20 min. The formazan absorbance was measured at 570 nm using a microplate
reader. A standard curve was obtained using different drug concentrations, and the growth inhibition
for L6 cells was analyzed using Prism 6.0 (Nanjing Jiancheng biological technology limited company,
Nanjing, China). The cytotoxicity of the PLA/PTMC (D) medical adhesive was recorded as the IC50.

3.10.2. Test of Sterility

The same batch of PLA/PTMC (D) medical adhesive was coated evenly on the surface with the
medium and then incubated in a thermostatic incubator for 36 h.

3.10.3. Skin Irritability

Ten male and female rabbits were included in this experiment. The PLA/PTMC (D) medical
adhesive and positive reference substance were coated on the inner ears of the rabbits and observed
after 2, 4, 8, 12 and 24 h.

3.10.4. Creation of the Wound Model

Animals and Tissue Preparation

Male and female rabbits (2.0–2.5 kg) were obtained from the Laboratory Animal Unit of Kunming
Medical University (Kunming, China). All experiments performed in this study were approved by
the Committee on the Use of Live Animals in Teaching and Research of Yunnan Minzu University
(18 July 2016–16 November 2016). After injecting air into the ear vein of the rabbits, the wound
granulation tissue and the surrounding skin on the back were excised, and the tissues were fixed
immediately with 4% paraformaldehyde for 24 h.

Establishment of the Wound Model

Ten rabbits were randomly divided into 2 groups, with 5 rabbits in the experimental group
and another 5 in the positive control group. The hair on the back of the rabbits was removed
on the day before the surgery. The rabbits were anesthetized with 2 mL/kg of 10% chloral
hydrate; then, a 2 cm × 2 cm square full-thickness skin wound was produced on the left side
of the back, and a full-thickness skin scratch of a length of 2 cm was created on the right side
of the back. The surgical site and scratches were treated with the PTMC medical adhesives
(0.5 mm-thick membranes) and the positive control drug, respectively. After surgery, the food intake,
wound granulation tissue growth and inflammation of the rabbits were observed, and the temperature
was measured.

Wound healing rate was one of the direct indicators of wound healing. In our work, the wound
healing rate was evaluated as in the work of Nagelschmidt’s and Pulok K. Mukherjee’s group [56,57].
The changes in healing of the wound, namely the measurement of wound area on graph paper,
was expressed as units of mm2. The healing rate of the wounds was expressed as Formula (3).

Healing rate of wound =
original area − unhealed wound area

original area
(3)

Weight and Temperature Transform

On the day of operation, the weights of the rabbits that were used in the wound experiments
were obtained and recorded. The weights were also recorded on the 31st day. In addition, rectal
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temperatures were recorded once per day after the operation and, after four days, once per three days
until the wound recovered completely.

Hepatic and Renal Function

On the 31st day after the wounds were created, 15 mL of blood gained was collected from
the heart and prepared for next further study. Serum was prepared by centrifugation for 5 min
at 37 ◦C at 4500 rpm. The hepatic indexes, including AST/GOT, ALT/GPT, AKP, BUN and Cr,
were determined using special kits (Nanjing Jiancheng biological technology limited company,
Nanjing, China), according to the manufacturer’s instructions.

ELISA Assay

IgM, IgG, BALP, IL-6, IL-10 and TNFα were determined in the rabbit serum using double-antibody
sandwich ELISAs (CUSABIO), according to the manufacturer’s instructions.

Skin Pathology Analyses

Skin pathological section analyses were performed after the other tests were completed.
The tissues were excised, and adhering tissues were trimmed and then fixed with 4% paraformaldehyde
for 24 h for histological studies. The specimens were embedded in paraffin and sectioned, and the
sections were stained with hematoxylin-eosin (HE) for light microscopic observations. The sections
were examined and photographed using an Olympus CX-31 Microscope (Olympus Corporation,
Shinjuku, Tokyo, Japan).

3.11. Statistical Analysis

All data were expressed as the means ± S.E.M. Statistical analyses were performed using Prism 6.0.
Comparisons between two groups were performed using unpaired tests. Comparisons among three or
more groups were performed using a one-way ANOVA. p < 0.05 was considered statistically significant,
and p > 0.05 was considered to have no statistically-significant difference.

4. Conclusions

In this study, an adhesive that reduces infections effectively because of its breathability was
prepared from PLA modified with PTMC via blending at room temperature. Through a series of
characterizations of the performance of different ratios of PLA and PTMC, an optimal ratio was
determined, and the effectiveness of the best ratio of PLA and PTMC was demonstrated through
animal experiments. The results suggest that a ratio of PLA to PTMC of 7:3 produces a material with
suitable gas permeability that can reduce the incidence of wound infections. Furthermore, it produces
no harm to the liver and kidneys. It also promotes the proliferation of L6 cells, fibroblasts and
epidermal stem cells within the skin wound. Therefore, a blend of PLA and PTMC at a ratio of 7:3 has
promise as a medical adhesive.
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Abstract: Cell responses depend on the stimuli received by the surrounding extracellular
environment, which provides the cues required for adhesion, orientation, proliferation,
and differentiation at the micro and the nano scales. In this study, discontinuous microcones
on silicon (Si) and continuous microgrooves on polyethylene terephthalate (PET) substrates were
fabricated via ultrashort pulsed laser irradiation at various fluences, resulting in microstructures
with different magnitudes of roughness and varying geometrical characteristics. The topographical
models attained were specifically developed to imitate the guidance and alignment of Schwann
cells for the oriented axonal regrowth that occurs in nerve regeneration. At the same time, positive
replicas of the silicon microstructures were successfully reproduced via soft lithography on the
biodegradable polymer poly(lactide-co-glycolide) (PLGA). The anisotropic continuous (PET) and
discontinuous (PLGA replicas) microstructured polymeric substrates were assessed in terms of their
influence on Schwann cell responses. It is shown that the micropatterned substrates enable control
over cellular adhesion, proliferation, and orientation, and are thus useful to engineer cell alignment
in vitro. This property is potentially useful in the fields of neural tissue engineering and for dynamic
microenvironment systems that simulate in vivo conditions.

Keywords: cell adhesion; cell orientation; Schwann cells; topography; laser fabrication; soft
lithography; polymeric materials

1. Introduction

Cell behavior in vivo is influenced by a variety of extracellular signals. It is currently clear
that many cellular aspects, including adhesion, migration, spreading, proliferation, survival,
apoptosis, and gene expression, are modulated by interdependent signaling cascades of soluble
signals, shear stresses, other supportive cells, and the nature of the extracellular matrix (ECM) [1].
Thus, the main challenge in and goal of tissue engineering is to mimic the features of the ECM
and the surrounding environment of cells sufficiently so that cells function in the artificial medium
as they would in vivo [2]. Furthermore, individual cells recognize structures that have comparable
dimensions to the those at the cellular level, which is at the micro scale. Consequently, control
over micro/nanotopography is desirable. At the cell–material interface, all the cellular processes
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are governed by the physical and chemical stimuli of substrate stiffness (or rigidity), topography,
and chemistry, respectively, while at the intracellular level, focal adhesions are key molecular complexes
for sensing the environmental conditions as significant mechanosensitive players [3–6]. Indeed,
many studies confirmed that the surface topography influences the adhesion, migration, polarization,
proliferation, and differentiation of cells [7–12]. These parameters are of high significance for the
design and development of advanced biomaterials in regenerative medicine and tissue engineering.
Therefore, a considerable amount of research is devoted to the modification of materials’ surfaces for
use as platforms to study cell viability, differentiation, motility, and apoptosis [13,14].

Generally, there are various materials and fabrication techniques that aim to reconstruct
the ECM architecture in vitro with very specific compositions, ligand presentations, mechanical
properties, and organization that vary between different tissues [13–15]. Indeed, previous studies have
detailed the major fabrication techniques, the produced types of micro/nanostructured substrates,
and advantages/disadvantages of the techniques [16,17]. Among various techniques that have been
developed for surface modification, laser irradiation has proved to be important in the enhancement
of material biocompatibility, particularly via the creation of new functional groups and the precise
topography formation at the cellular and subcellular scale [10,18–21]. In particular, microstructuring
via ultrafast lasers provides unique control over the uniformity and regularity of micron and submicron
features [22].

The in vitro guiding of neurite outgrowth is important in tissue regeneration and for the
development of neuronal interfaces with useful characteristics. To date, this has been achieved
with micro- and nanofabrication techniques that give rise to various anisotropic continuous or
discontinuous geometries [13,14]. Previous studies have demonstrated that anisotropic continuous
electrospun polymeric fibers can influence neurite growth, alignment, and differentiation [23–25].
It has been also reported that in photolithographically fabricated continuous grooved substrates,
axons grew on top of the ridges [25–27]. Moreover, studies have contributed significant insight
into the impact of the disordered/anisotropic nanotopographical features on neuron differentiation
and maturation by mechanotransduction pathways in PC12 cells [28–30]. It has also been reported
that laser-microstructured discontinuous Si substrates not only support cellular adhesion and
viability, but also significantly affect cell morphology, growth, orientation, and differentiation in
a surface-dependent manner [10,20,21]. Furthermore, it was reported that both Schwann cells
and axons of sympathetic neurons were parallel oriented on microcone patterns of elliptical
cross-sections, while they exhibited a random orientation on the microcones exhibiting arbitrarily
shaped cross-sections. As a result, it is suggested that an anisotropic continuous and discontinuous
topographical patterns could promote Schwann cell and axonal alignment, provided that the pattern
presents anisotropic geometrical features, even though their sizes are at a subcellular scale [20].
The same topographical model was used to study PC12 differentiation after treatment with nerve
growth factor (NGF). It was shown that, unlike surfaces with low and medium roughness, those that are
highly rough and exhibit large distances between microcones did not support PC12 cell differentiation,
although cells had been stimulated with NGF [21]. Such substrates were also shown to support
macrophage adherence and antigen presentation process in vitro, and to induce specific antibody
production upon implantation in vivo [31].

Soft lithography is used to produce substrates with distinct surface topographies at the nano- and
micrometer scale. It has been successfully used to transfer well-defined microsized patterns from silicon
or stainless-steel masters to surfaces of soft biomaterials [32,33], allowing the replication of controlled
microenvironments and in-depth study of the influence of surface properties on cell behavior [34].

As mentioned in our previous studies, we have thoroughly characterized discontinuous Si
surfaces as cell substrates, and we have extensively investigated cell-specific responses of various
neuronal cell types to these surfaces. In this study, we aim to demonstrate the reproducibility
(or not) of Schwann cell behavior—focusing on growth, adhesion, and orientation—on laser-patterned
polymeric microstructures, including those made from polyethylene terephthalate (PET) and
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poly(lactide-co-glycolide) (PLGA), compared with the Si substrates. PET has been widely used for
cell culturing, surgical suture material, and prosthetic vascular grafts due to its biocompatibility
and its excellent mechanical strength and resistance [35,36]. Moreover, PLGA is a biocompatible
and biodegradable synthetic polymer that is used in various microfabrication techniques to
create patterned substrates for various applications in tissue engineering and regenerative
medicine [37–40]. In particular, microstructured substrates with different continuous microgroove
(MG) and discontinuous microspike (MS) topographies were fabricated via either ultrafast laser
direct writing of 2D planar PET substrates [41], or through soft lithography of PLGA replicas from
microstructured Si substrates, respectively. The morphological, topographical, wetting, and optical
properties of these substrates were investigated, and then their interactions with Schwann cells
(SW10)—a murine glia cell line—in terms of adhesion, orientation, and proliferation were determined.

2. Results and Discussion

2.1. Scanning Electron Microscopy (SEM) Images of Laser-Microstructured Substrates on PET (PET-MG) and
PLGA-MS (1:10) Replicas (from Laser-Microstructured Si Substrates with Three Different Laser Fluences)

Figure 1 depicts the SEM images of PET coverslips that were ablated by the femtosecond
laser at a constant fluence of 11.9 J/cm2, scan velocity of 7 mm/s, and an xstep (distance between
two consecutive scan lines) of 50 μm fabricated using a linear Gaussian beam. Thus, using these
parameters, we fabricated microstructured substrates with a continuous microgroove geometry
(PET-MG substrates). Such a surface morphology occurs due to the overlap between adjacent spots
during the scanning process [42]. Figures 2 and 3 respectively represent the different stages of the soft
lithography process; from the Si master with microspikes, through the poly(dimethylsiloxane) (PDMS)
negative mold, to the PLGA replicas with the three different topographies (Si-MS and PLGA-MS
replicas). We have successfully reproduced (irradiated Si topography and PLGA replicas) patterned
substrates exhibiting 2D–3D surface characteristics, resulting in an additional parameter to control
cell growth and network formation. As shown in Figure 3, each culture substrate consisted of these
three microstructured areas, irradiated using 0.42 J/cm2 (25 mW, low roughness), 0.58 J/cm2 (40 mW,
medium roughness), and 0.72 J/cm2 (65 mW, high roughness). The main difference between the three
PLGA-MS replicas is the distance between the spikes, that is, the spike size (aspect ratio). The higher
the laser fluence, the higher the spike size, characterized as high roughness or topography.

Figure 1. Scanning electron microscopy (SEM) images (top (a) and tilted (b) view) of polyethylene
terephthalate microgroove (PET-MG) substrates. Measurements of the geometrical parameters of the
surface of the PET-MG substrates in the tilted view of the SEM images were processed by Fiji ImageJ.
A series of measurements were obtained for the surface characterization, such as width (w) and depth
(d) of microgrooves, aspect ratio (A = d/w) and roughness ratio (r = 1 + 2d/w). Measurements of the
contact angles were performed with the use of a tensiometer.
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Figure 2. Scanning electron microscopy (SEM) images (tilted view) of a laser-microstructured
Si-microspike (MS) substrate (high roughness/topography) mold, poly(dimethylsiloxane) (PDMS)
negative mold, and poly(lactide-co-glycolide) (PLGA)-MS replica.

Figure 3. Cont.
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Figure 3. Scanning electron microscopy (SEM) images (tilted (a–c) and top (d–f) view) of PLGA-MS
replicas of the three different topographies (25 mW_Low Roughness, 40 mW_Medium Roughness,
and 65 mW_High Roughness). The white arrows represent the spikes’ direction. Under the images,
directionality histograms and tables with statistics are presented, which were generated using the
Fiji ImageJ plug-in “Directionality” [43]. Above the histogram, the plug-in generates statistics for the
highest peak found. The highest peak is fitted by a Gaussian function, taking into account the periodic
nature of the histogram. In the tables, the “Direction (◦)” column reports the center of the Gaussian;
the “Dispersion (◦)” column reports the standard deviation of the Gaussian; the “Amount” column
is the sum of the histogram from center-std to center+std, divided by the total sum of the histogram;
the “Goodness” column reports the goodness of the fit, where 1 is good, 0 is bad. Measurements of the
geometrical parameters of the surface of the PLGA-MS (10%) replicas at the three different topographies
(25 mW_Low Roughness, 40 mW_Medium Roughness, and 65 mW_High Roughness) on the SEM
images (top and tilted view) of the PLGA-MS replicas were processed using an image-processing
algorithm (Fiji ImageJ) to determine the topological characteristics of the MSs. Measurements include
the height (h), width (d), aspect ratio (A), and roughness ratio (r) from the top (highest magnification)
and tilted-view SEM images. The aspect ratio was calculated by dividing the height by the radius of
the spike’s base. For the PLGA-MS replicas, a surface plot of each image was produced by Fiji ImageJ,
and the height and spike’s base were measured. From each image, at least 10 measurements were
performed. The roughness ratio, r, was calculated by dividing the actual, unfolded, surface area of
spikes by the total irradiated area (r = 1 + 2h/b, where b is the width of spikes). The mean value
was calculated from four individual surfaces in each case. Measurements of the contact angles were
performed with the use of a tensiometer.

The measurements of the geometrical parameters of the PET-MG substrates, as calculated from
SEM images, are summarized in Figure 1. The width of the microgrooves was 28.68 ± 0.47 μm,
the depth 8.87 ± 0.44 μm, the aspect ratio 0.309, and the roughness ratio 1.62. The geometrical
characteristics of the spikes on the Si substrates have been previously determined [20,21].
Here, in Figure 3, we also show the measurements of the geometrical parameters of the surface
of the PLGA-MS replicas for the three different topographies. As calculated from SEM images,
the spike height varied from 3.06 ± 0.40 μm in the low-roughness structures to 10.55 ± 1.10 μm in
the high-roughness structures (Figure 3). While spike density was the lowest in the high-roughness
structures, the spikes’ height and roughness, thus aspect ratio, increased. These findings demonstrate
the anisotropic nature of the PLGA-MS substrates. Furthermore, it is clear from Figure 3,
and specifically from the directionality histograms, that there is a varied orientation between the
replicas. The medium- and high-roughness PLGA-MS substrates showed a directionality at the area
of zero degrees, while the low roughness substrate showed a lower directionality at the area close
to 52 degrees.

2.2. Measurements of Wettability of Irradiated PET (PET-MG), Non-Irradiated PET (PET-Flat), and
PLGA-MS (1:10) Replicas (from Irradiated Si Substrates)

The contact angle measured on the irradiated PET (PET-MG substrate) is presented in Figure 1.
Specifically, the contact angle of the non-irradiated PET (PET-Flat) was ~77.8◦, which is in agreement
with previous studies [35,44], while the contact angle of the irradiated (PET-MG) is 108.2◦. We observed
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a decrease in the hydrophilicity of the PET-MG substrate, which is attributed to the increased roughness
of the surfaces after irradiation with the femtosecond laser [45]. Figure 3 shows the measured contact
angles of PLGA-MS (1:10) replicas with the three topographies. Increasing the roughness of the
PLGA-MS replica’s surface decreased the hydrophilicity. According to the literature, lactide is more
hydrophobic than glycolide, therefore, PLGA copolymers rich in lactide (the PLGA in this study) are
less hydrophilic and absorb less water, leading to a slower degradation of the polymer chains [46].
Therefore the topography enhances the degradation rate of this PLGA copolymer.

2.3. UV–Vis Measurements of Irradiated PET (PET-MG), Non-Irradiated PET (PET-Flat), and PLGA-MS
(1:10) Replicas (from Irradiated Si Substrates)

In order to determine changes to the surface chemistry of the microstructured substrates,
ultraviolet–visible (UV–Vis) spectroscopy was used. We observed an increase of the absorption
in the irradiated PET (PET-MG) due to the structuring process. Moreover, we noticed the development
of an absorption band in the region of 300–500 nm in PET-MG, likely due to the presence of aromatic
hydroxylated species produced during the photooxidation of PET (Figure 4a), which is in agreement
with previous studies [47–49]. Specifically, previous work [47–49] has demonstrated the development
of an absorption band at around 340 nm in the UV range. The relevant absorbance (a.u.) exhibits an
increase in the PLGA topographies compared with the flat PLGA and the glass substrate, as shown
in Figure 4b. By increasing the topography or laser fluence of the PLGA-MS replicas, the absorbance
(A) was increased (A_25 mW_Low Roughness < A_40 mW Medium Roughness < A_65 mW High
Roughness). All absorption bands (obtained here by UV–Vis and unpublished data using ATR-FTIR on
these replicas) found in the spectra agree with those given in the literature for PLGA copolymers [46,50].
There was a slight difference in the relevant absorbance of the microstructured replicas compared with
the flat PLGA, but it was negligible.

 
(a) (b) 

Figure 4. (a) UV–Vis measurements of irradiated PET (PET-MG) and non-irradiated PET (PET-Flat);
(b) UV–Vis measurements of all the PLGA-MS replicas, as well as the PLGA flat and glass substrates.

2.4. Cell Seeding of Laser-Microstructured Substrates on PET (PET-MG) and PLGA-MS Replicas with
Schwann Cells

In Figure 5, we show the morphology of Schwann cells for two different time points
(4 days and 6 days) cultured on the PET substrates (PET-MG and PET-Flat). The anisotropic continuous
microgrooves had a width of 28.68 ± 0.47 μm and a depth of 8.87 ± 0.44 μm. We noticed that the cells
exhibited a branched shape and flattened morphology with long cellular extensions, which indicates
good adhesion and growth of the cells on the microgrooves. Moreover, we noticed that the cells
appeared to be oriented along the direction of the microgrooves for 4 and 6 days of culture, while they
showed a random orientation on the flat PET. This is also demonstrated by the directionality histograms
in Figure 5, which show that the amount is higher in the domain parallel to the microgrooves
(±90 degrees). It is obvious from the SEM images in Figure 5 that, although surface roughness did
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not affect the proliferation of the cells (cells were equally grown on flat PET and PET-MG substrates),
surface morphology significantly controlled the outgrowth of the cells. Consequently, cells could sense
continuous directional topographical cues, with sizes at the subcellular scale.

 

Figure 5. Scanning electron microscopy (SEM) images of Schwann cells cultured on the PET substrates
(PET-MG and PET-Flat) for 4 and 6 days. The red arrows represent the directionality of Schwann
cells, which are oriented according to the direction of the microgrooves. The inset SEM images,
indicated by the yellow box, show the geometry of microgrooves. Under the SEM images, directionality
histograms and the tables with statistics are presented, which were generated using the Fiji ImageJ
plug-in “Directionality” [43]. Above the histogram, the plug-in generates statistics for the highest peak
found. The highest peak is fitted by a Gaussian function, taking into account the periodic nature of the
histogram. In the tables, the “Direction (◦)” column reports the center of the Gaussian; the “Dispersion
(◦)” column reports the standard deviation of the Gaussian; the “Amount” column is the sum of the
histogram from center-std to center+std, divided by the total sum of the histogram; the “Goodness”
column reports the goodness of the fit, where 1 is good, 0 is bad.
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According to Figure 6, there is an apparent finding that all three discontinuous topographies
on the PLGA-MS replicas equally support Schwann cells’ growth. It is demonstrated that a growth
pattern/profile of the Schwann cells is observed mainly on the medium- and high-roughness PLGA-MS
replicas, compared with the low-roughness PLGA-MS replica and flat PLGA substrate, for 3 days of
culture. The cells adhered and aligned on the ridge of the spikes of surfaces with medium and high
topography. On the contrary, on the flat substrate and on the low-roughness PLGA-MS replica, there is
arbitrary cell growth occurring. Elongated cells are present in greater numbers on the high-roughness
and the medium-roughness PLGA-MS replicas (as demonstrated from the directionality histograms in
Figure 6, where there is a clear concentration of the quantity at the area of zero degrees) compared
to low-roughness PLGA-MS replicas and flat PLGA. In this study, the topography (due to the laser
irradiation process) of the polymeric substrates ranges at both the micro and nano scale. Our previous
studies demonstrated that the adhesion, alignment, proliferation, and differentiation of different
types of neural cells depend on the topography [12–15]. Specifically, it has been proved that there is
directional cell outgrowth dictated by substrates of medium and high roughness [20]. In the present
study, all the three topographies showed cell growth according to the spikes’ orientation (red arrows
on Figure 6), indicating that the cells could sense the discontinuous directional topographical features
at subcellular scales. To date, there are no widely accepted hypotheses regarding the mechanism for
the effects of topography substrates on cell adhesion, orientation, and proliferation. Moreover, a study
demonstrated that in microgrooved features, the ridge width is commonly larger than or equal to the
size of a single cell, permissive for cell attachment and migration, as well as cell alignment following
the geometrical guidance. In contrast, nanogrooved features are similar to the ECM architecture and
are typically much smaller than a single cell, thus inducing cell alignment in a more fundamental way,
such as mimicking or signaling the cell membrane receptors [51].

2.5. Fluorescent Images of Schwann Cells Seeded on Laser-Microstructured Substrates on PET (PET-MG)
(Immunostaining) and PLGA-MS Replicas (Immunostaining)

In Figure 7, we present the fluorescent images of Schwann cells cultured on the PET substrates
(PET-MG and PET-Flat) for 4 and 6 days. The actin filament of cytoskeleton is visualized with
red color, while the nuclei is indicated by blue color. We noticed that the cytoskeleton of the
cells was elongated along the direction of the microgrooves, whereas a random orientation was
observed on the flat PET. It is important to mention here that the width of the microgrooves is
a critical parameter for the alignment of Schwann cells. The width of the Schwann cells ranges from
5 to 10 μm. It has been shown [14] that pattern widths or spacings varying from 2 to 30 μm are optimal
for the alignment of Schwann cells. Indeed, when we used a topography of microgrooves with
a width of 28.68 ± 0.47 μm, cells appeared to be oriented along the direction of microgrooves (as it is
shown in Figure 7), while, when the width of the microgrooves was 168.12 ± 1.38 μm, a random
orientation of cells was observed We found that PLGA-MS replicas seeded with Schwann cells
resulted in the presence of elongated and round cells at the proliferation stage and signs of orientation
according to the spikes (3 days of culture). Specifically, Schwann cells grew more randomly and
in an isotropic manner on low-roughness PLGA-MS, comparable with the growth on flat PLGA.
On medium- and high-roughness PLGA-MS replicas, the cells exhibited a directional growth. At the
fifth day, the presence of elongated cells at different layers was observed, and there was full coverage of
the surface. There was no difference between the three different topographies and the control substrate
at this time point (Figure 8).
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Figure 6. Scanning electron microscopy (SEM) images of Schwann cells cultured on the PLGA-MS
replicas (three topographies) and on flat PLGA for 3 days. The red arrows represent the directionality
of Schwann cells, which are oriented according to the topography of the PLGA-MS replica (inset SEM
image, indicated by the yellow box, on the right side of each group). Under the SEM images,
directionality histograms and tables with statistics are presented, which were generated using the
Fiji ImageJ plug-in “Directionality” [43]. Above the histogram, the plug-in generates statistics for the
highest peak found. The highest peak is fitted by a Gaussian function, taking into account the periodic
nature of the histogram. In the tables, the “Direction (◦)” column reports the center of the Gaussian;
the “Dispersion (◦)” column reports the standard deviation of the Gaussian; the “Amount” column
is the sum of the histogram from center-std to center+std, divided by the total sum of the histogram;
the “Goodness” column reports the goodness of the fit, where 1 is good, 0 is bad.

The outgrowth of Schwann cells (number of cells/mm2) on the PET-MG substrate and on flat
PET was evaluated by counting cell nuclei stained with DAPI (Figure 7). Nuclei number was assessed
with Fiji ImageJ analysis. Figure 9 depicts the mean cell number on the PET-MG substrate and flat
PET for 4 and 6 days of culture. The cell outgrowth was improved on PET-MG substrate compared
to the flat PET, in agreement with the SEM and fluorescent images, with a significant difference
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between 4 days and 6 days at PET-MG. According to Figure 10, all three topographies of the PLGA-MS
replicas support Schwann cells’ growth (results that are also confirmed from the SEM and fluorescent
images) and proliferation for up to 5 days. The high-roughness PLGA-MS replicas had the highest cell
number at both time points, followed by the medium-roughness PLGA-MS replica, while the lowest
cell proliferation was observed for the low-roughness PLGA-MS replica. Taking into consideration
Figures 8 and 10, it is clear that these findings are in agreement with our previous work on Si
microstructured substrates, where the surface roughness did not influence the Schwann cell growth,
but the surface morphology (discontinuous pattern) played a key role in cell response [20]. Schwann
cells seemed to be aligned with the orientation of the spikes’ topographical features and, specifically,
this preference was more pronounced as the roughness increased. The key geometrical characteristics
(height, width, and aspect ratio) of the substrates leading to the anisotropic nature of the spikes and
their parallel orientation varied between the three topographies and significantly affected the degree
of cell alignment. The previous findings of the group are also demonstrated in the present study,
with cell growth on the low-roughness substrates having an isotropic manner similar to flat and control
materials (shown clearly in Figure 8), and cell growth on medium- and high-roughness substrates
exhibiting a more pronounced anisotropic growth (shown in Figures 6 and 8). It should be noted here
that the height of the spikes and the interspike distance cannot be controlled by the microfabrication
techniques used in this study, and, since there is the step of replication of the topography (from the
Si master mold, through the PDMS negative mold, to the final PLGA-MS replica), there is definitely
a slight difference between the fabricated topography and the replicated topography in terms of
the height of the spikes. These results demonstrate that the micro- and nanostructures favor the
cell outgrowth.

In this study, we demonstrated that ultrafast pulsed laser irradiation is a simple and effective
method to fabricate micro- and nanostructures with controlled geometry and pattern regularity.
Two different synthetic polymers—the fabricated PET-MG substrates and the produced PLGA-MS
replicas at a range of laser fluences, resulting in different levels of roughness, and geometrical
characteristics were investigated for their selective cellular adhesion, proliferation, and orientation.
In this context, we studied the effects of an anisotropic continuous topography and three anisotropic
discontinuous topographies on cellular response.

The morphological characterization of the PET-MG substrates and the PLGA-MS replicas
(SEM images) indicated a topography with microgrooves (anisotropic continuous) for the PET
substrates and microspikes (anisotropic discontinuous) for the PLGA replicas. This is due to the
different fabrication processes used; PET substrates were laser-irradiated directly, and the PLGA-MS
replicas were produced by soft lithography of laser-irradiated Si substrates. Thus, although the same
laser irradiation process was used, the different materials formed a range of topographies, as shown
in Figure 11. The composition and the mechanical properties of the material play a significant role
in the topography [52]. The wetting and absorbance (related to optical properties) were assessed by
the contact angle and the UV–Vis system, respectively. These properties were mainly affected by the
topography of the material. Schwann cells attached strongly and proliferated on all the substrates.
The cell adhesion/orientation engineering profile was mainly affected by the topography, while the
cell proliferation was influenced by the topography.

The specific cell patterning model involving anisotropic continuous microgrooves (PET-MG) and
anisotropic discontinuous microspikes with parallel orientations (PLGA-MS replicas) were developed
in an attempt to imitate native nerve regeneration support structures, particularly imitating the
guidance/alignment and growth of Schwann cells. It is known that primary Schwann cells transiently
proliferate and form longitudinal bands of Bürger (boB) [53]. Aligned Schwann cells and their
extracellular matrix are indispensable pathways for oriented axonal regrowth. The boB formation from
a molecular point of view is unknown. A potential mechanism could be the polarized expression of
adhesion proteins along the proximal–distal cell axis [53]. It was reported that placement of dissimilar
adhesion characteristics in separate Schwann cell surface domains could aid longitudinal cell alignment.
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From a physical point of view, the basal lamina tube (enwrapping Schwann cells and myelinated
axons) is the guiding cue for axonal regrowth [53].

Two different “axonal guidance”’ models were studied here. By using the same
microfabrication techniques, two models were fabricated with different topographical (anisotropic
continuous vs. discontinuous) geometries. The same cell type was tested. Schwann cells adhered,
grew, equally aligned, and proliferated in both the models. Both models feature topographical cues
(pattern) with a combination of nano- and microcharacteristics and are proposed to overcome the
weaknesses of the existing and well-studied horizontal (grooves and ridges) or vertical (pillars, pores)
cell patterning models.

The ability of this micropatterning strategy to control cellular adhesion and growth, and thus
to engineer cell alignment in vitro, could be potentially useful in a wide range of neuroscience
subfields, including basic research to understand cell interactions and network behavior; dynamic
microenvironment systems that would better simulate the desired in vivo conditions; and, finally,
neural tissue engineering, with the creation of implantable scaffolds for nerve tissue regeneration.

Figure 7. Fluorescent images of Schwann cells cultured on the PET substrates (PET-MG and PET-Flat)
for 4 and 6 days. The cytoskeleton of the cells is visualized with red color (Alexa Fluor® 568 Phalloidin),
while the nuclei are indicated with blue color (DAPI). The white arrows represent the directionality of
Schwann cytoskeleton, which is according to the direction of the microgrooves. The inset SEM images,
indicated by the yellow box, show the geometry of microgrooves.
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Figure 8. Fluorescent images of Schwann cells cultured on the (a) flat PLGA and PLGA-MS replicas
(b–d) for 3 and 5 days. Each replica is defined by low (b), medium (c), and high (d) roughness.
The cytoskeleton of the cells is visualized with red color (Alexa Fluor® 568 Phalloidin). The white
interrupted lines represent the PLGA-MS area, and thus the area with the spikes. It should be noted
that for this specific study using the actin/DAPI assay, the PLGA-MS replicas (spike’s area) were
0.3–0.5 mm (width) and 1.5 mm (length). The inset SEM images on the left side, indicated by the yellow
box, show the topography of the PLGA-MS replicas, and the white arrows represent the directionality
of the spikes.

76



Int. J. Mol. Sci. 2018, 19, 2053

Figure 9. Proliferation of Schwann cells (number of cells/mm2) cultured on the PET substrates
(PET-MG and PET-Flat) (via DAPI) for 4 and 6 days. The data were subjected to ANOVA with post hoc
Tukey HSD test. A significant difference (* p < 0.0.5) was observed between 4 days and 6 days for the
PET-MG substrate.

Figure 10. Proliferation of Schwann cells (number of cells /mm2) cultured on the PLGA-MS replicas,
and PLGA flat and control samples (via live/dead assay) for 3 and 5 days. The data were subjected
to ANOVA with post hoc Tukey HSD test for multiple comparisons between the groups. At 3 days,
the p value > 0.05; therefore, the treatments (groups) were not significantly different for that level
of significance. However, at 5 days, we observed some significant differences, strongly suggesting
that one or more pairs of treatments (groups) are significantly different. In particular, the control
group is significantly different from PLGA flat and PLGA-MS replicas of 25 mW_Low Roughness
and 65 mW_High Roughness (** p < 0.001); PLGA-MS replica 25 mW_Low Roughness is significantly
different from PLGA flat and the replica 65 mW-High Roughness (* p < 0.05).
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Figure 11. Comparison of the microfabricating techniques used in this study to fabricate the
laser-microstructured substrates; the table demonstrates the conditions of the ultrafast laser
irradiation process.

3. Materials and Methods

3.1. Experimental Setup Used for the Fabrication of Laser-Microstructured Substrates

The microstructured substrates were prepared by ultrafast laser structuring, which is a simple
but effective method to fabricate micro/nanostructures with different geometries [41]. The specially
treated PET (polyethylene terephthalate) coverslips for cell culturing were subjected to laser irradiation.
A Yb:KGW laser was used with a pulse duration equal to 170 fs, 1 kHz repetition rate, and 1026 nm
wavelength. The beam propagated through a half waveplate and a linear polarizer (which were used
to vary the values of power), to a shutter (that was used to control the exposure time and thus the
number of pulses receptive to the sample), then to a convex lens of 10 mm focal length, and, finally,
to the sample (Figure 12). The microstructured substrates were fabricated at a constant fluence of
11.9 J/cm2, scan velocity of 7 mm/s, and an xstep (distance between two consecutive scan lines) of
50 μm. The overall patterned area was 4 mm × 4 mm.

Figure 12. Experimental setup used for the fabrication of laser-microstructured substrates [42].
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The same laser setup (Figure 12) was used to fabricate the Si substrates as described above.
Single-crystal n-type silicon (1 0 0) wafers were subjected to laser irradiation in a vacuum chamber
evacuated down to a residual pressure of 10−2 mbar. A constant sulfur hexafluoride (SF6) pressure
of 650 mbar was maintained during the process through a precision microvalve system. A Yb:KGW
laser was used with a pulse duration equal to 170 fs, 1 kHz repetition rate, and 1026 nm wavelength.
The sample was mounted on a high-precision X–Y translation stage normal to the incident laser
beam. The laser fluence used in these experiments was in the range 0.42–0.72 J/cm2, thus creating
three different topographies, defined as low, medium, and high topography [20,21]. The overall
spike area was 5 mm × 5 mm. After laser irradiation, microstructured surfaces were morphologically
characterized by scanning electron microscopy (SEM). The top SEM images (Figure 3d–f) revealed an
arbitrarily shaped cross-section of the microstructures at low fluences that became almost elliptical as
the laser fluence increased.

The laser-fabricated Si substrate is characterized as the “master” substrate. Negative replicas of
the three master Si substrates were produced on elastomeric PDMS (SYLGARD 184, Dow Corning).
In particular, liquid PDMS pre-polymer consisting of a “base” and “curing agent”, typically mixed
in a 10:1 w:w ratio, was poured onto each substrate [54]. Then, the PDMS-coated Si substrates were
placed into a vacuum chamber to remove residual air bubbles, thus providing for better penetration
of the polymer into the laser microstructures. After heating at 80 ◦C for 2 h, a mold, which holds
the negative of the original pattern, was peeled off of each Si substrate. An adequate number of
PDMS negative molds was produced. Using the PDMS negative mold (negative spikes morphology),
replicas of the initial morphology can be made out of several polymeric materials. In this study,
we demonstrated the successful reproduction of the initial Si morphologies by producing PLGA
replicas. A PLGA (lactide:glycolide 65:35, MW 40–75 k) polymeric solution of 1:10 (Code No: P2066,
Sigma Aldrich, St. Louis, MO, USA) in dichloromethane (DCM) was carefully prepared. The PLGA
solution was magnetically stirred for 2 h at room temperature (RT). One droplet of the PLGA solution
was poured onto each PDMS negative mold and slowly finger-pressed with a glass disk. Following
the evaporation of the solvent (24–48 h in −20 ◦C), the PLGA-coated PDMS mold was placed in 4 ◦C
for 2 h. Then, the PLGA replica was peeled from the PDMS negative mold with a pair of tweezers.

3.2. Characterization of Laser-Microstructured Substrates

3.2.1. Scanning Electron Microscopy (SEM)

The laser-microstructured substrates were morphologically characterized by scanning electron
microscopy (SEM) (JEOL JSM-6390 LV, Jeol USA Inc, Peabody, MA, USA). Specifically, the substrates
were sputter-coated with a 15 nm layer of gold (Baltec SCD 050, BAL-TEC AG, Balzers, Liechtenstein)
and observed under the microscope with an acceleration voltage of 15 kV. Fiji ImageJ, an image
processing software, was used to perform the analysis of the geometrical characteristics of the
microgrooves and microspikes on the three topographies, as described in [20,21]. Briefly, the aspect
ratio of the microgrooves/microspikes, A, was calculated by dividing the depth/height of the
microgrooves/microspikes by the width. The roughness ratio, r, was calculated by dividing the
actual, unfolded surface area of microgrooves/microspikes by the total irradiated area.

For the determination of the directionality of the PLGA-MS replicas, the “Local gradient
orientation” for directionality was performed using the Fiji ImageJ plug-in “Directionality” [43].

3.2.2. Wettability Measurements of Laser-Microstructured Substrates

The contact angles of the laser-microstructured substrates were calculated via an automated
tensiometer, using the sessile drop method. A droplet of distilled, deionized Millipore water with
a volume of 4 μL was positioned on the surface of the substrates using a microsyringe, and images
were taken to measure the angle formed at the liquid–solid interface.
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3.2.3. UV–Vis Measurements of Laser-Microstructured Substrates

The UV–Vis absorption spectra of the laser-microstructured substrates were measured with
a LAMBDA 950 UV/VIS/NIR spectrophotometer from Perkin Elmer with spectral range from
250 nm to 1200 nm. Laser-microstructured substrates and their relevant flat substrates were used for
these measurements.

3.3. Cell Culture

The Schwann (SW10) mouse cell line is an established adherent neuronal Schwann cell line;
it has been immortalized with SV40 large T antigen. SW10 cells were obtained from ATCC®

(Code: CRL-2766™). Schwann cells were grown in cell culture flasks using Dulbecco’s modified
Eagle’s medium (DMEM (Invitrogen, Grand Island, NY, USA) supplemented with 10% fetal bovine
serum (Biosera, Sussex, UK) in a 5% CO2 incubator (Thermo Scientific, OH, USA) at 33 ◦C.
Laser-microstructured substrates were UV sterilized and transferred into sterile wells of 24-well
plates (Sarstedt; Numbrecht, Germany). Then, 3 × 104 cells in culture medium were seeded on the
substrates and were cultured for a series of different time periods depending on the substrates, ranging
from 3 to 6 days. The cell orientation and proliferation were better assessed at 4 and 6 days for the
PET substrates, while for the PLGA replicas, the optimized time points were 3 and 5 days. The control
samples in all the experiments were PET (polyethylene terephthalate) coverslips for cell culture.

3.3.1. Morphology of Schwann (SW10) Cells by Scanning Electron Microscopy (SEM)

The laser-microstructured substrates seeded with the SW10 cells were removed from the incubator,
washed twice with 0.1 M sodium cacodylate buffer (SCB), and fixed with 2% glutaraldehyde (GDA)
and 2% paraformaldehyde (PFA) in 0.1 M SCB for 30 min. Thereafter, they were washed twice with
0.1 M SCB and dehydrated in increasing concentrations (from 30–100%) of ethanol. Finally, they were
dried in a critical point drier (Baltec CPD 030, , BAL-TEC AG, Balzers, Liechtenstein), sputter-coated
with a 15 nm layer of gold (Baltec SCD 050, BAL-TEC AG, Balzers, Liechtenstein), and observed under
a scanning electron microscope (JEOL JSM-6390 LV, Jeol USA Inc, Peabody, MA, USA) at an accelerating
voltage of 15 kV. For the PLGA replicas, CPD cannot be used since it deforms the polymer, so, after an
optimization process, a hexamethyldisilizane (HDMS) protocol was established. After the dehydration
steps with ethanol (EtOH), EtOH:HDMS solutions (50:50) were used for specific time points for all the
replicas, and then the same procedure was repeated with HDMS solutions. Finally, the replicas were
left to dry at room temperature overnight.

To investigate changes in the directional orientation of Schwann cells on the microstructured
substrates, the “Local gradient orientation” for directionality was performed using the Fiji ImageJ
plug-in “Directionality” [43].

3.3.2. Immunocytochemical Assay

SW10 cells were stained for F-actin. Specifically, after 4 and 6 days of culture, the samples
were fixed with 4% PFA for 15 min and permeabilized with 0.1% Triton X-100 in PBS for 5 min.
The non-specific binding sites were blocked with 2% BSA in PBS for 30 min. Then, the samples
were incubated for 2 h at room temperature with Alexa Fluor® 568 Phalloidin (Invitrogen, Thermo
Fisher Scientific) (1:250 in PBS–BSA 1%) for F-actin staining. Finally, the samples were washed with
PBS and put on coverslips with DAPI (Molecular Probes by Life Technologies, Carlsbad, CA, USA)
for nuclei staining. Cell imaging was performed using an epifluorescence microscope coupled to
a high-resolution Carl Zeiss Axiocam color camera. The objectives of ×10 and ×20 were used.
The number of SW10 cells that were grown on the microstructured substrates were determined by
counting cell nuclei stained with DAPI. Nuclei number was assessed with ImageJ (cell counter plugin).
The results represent the means of three different experiments (n = 10 field-of-view images for each
substrate and time point).
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3.3.3. Live/Dead Assay

SW10 cells were seeded onto a PLGA replica to a density of 3 × 104 cells/well. After 3 and 5 days of
incubation under standardized culture conditions, medium was removed and replaced by a live/dead
viability/cytotoxicity solution. The LIVE/DEAD™ Viability/Cytotoxicity Kit for mammalian cells
(L3224, Thermo Scientific) was used for evaluating cell viability and proliferation. The cell-adhered
replicas were washed twice with PBS. A live/dead solution was prepared by adding 20 μL of the
supplied 2 mM ethidium homodimer-1 (EthD-1) stock solution to 10 mL of sterile PBS (thus reaching
the desired concentration of 4 μM EthD-1 solution) and, after mixing thoroughly, 5 μL of the supplied
4 mM calcein AM stock solution was added to the 10 mL EthD-1 solution (thus reaching the desired
concentration of 2 μM calcein AM solution). The solution was directly added to the replicas in order to
cover the whole sample and was left for 45 min at room temperature. Finally, the cells were washed
once with PBS, and fluorescent images were obtained by fluorescent microscope (images not shown
here). The number of SW10 cells that were grown on the microstructured substrates were determined
by counting cell nuclei stained with calcein. Nuclei number was assessed with ImageJ (cell counter
plugin). The results represent the means of three different experiments (n = 10 field-of-view images for
each substrate and time point).

3.4. Statistical Analysis

The data were subjected to ANOVA with post hoc Tukey HSD test to compare the significance
levels (p < 0.05) between multiple groups.

4. Conclusions

Successful fabrication of micropatterned substrates was accomplished via ultrafast laser
irradiation and soft lithography. Ultrafast pulsed laser irradiation is a simple and effective method to
fabricate micro- and nanostructures with controlled geometry and pattern regularity. The anisotropic
continuous (PET-MG) and discontinuous (PLGA-MS replicas) microstructured polymeric substrates
were assessed in terms of their geometrical and topographical parameters (aspect ratio, roughness,
and directionality), their influence on Schwann cell responses, and the reproducibility of these
responses. The cells attached strongly and proliferated well on the substrates. Surface topography
affected Schwann cells. Moreover, cells appeared to be oriented along the direction of the microgrooves
and microspikes. This micropatterned strategy to control cellular adhesion and growth, thus
engineering cell alignment in vitro, could be potentially useful in the field of neural tissue engineering
and for the assessment in dynamic microenvironments by sufficiently simulating in vivo conditions.
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Abbreviations

2D Two-dimensional
A Absorbance
ATR-FTIR Attenuated Total Reflection-Fourier Transform Infrared (spectroscopy)
BSA Bovine Serum Albumen
CO2 Carbon dioxide
CPD Critical Point Dryer
DAPI 4′,6-Diamidino-2-Phenylindole
DCM Dichloromethane
DMEM Dulbecco’s Modified Eagles Medium
ECM Extracellular matrix
EthD-1 Ethidium Homodimer-1
EtOH Ethanol
GDA Glutaraldehyde
HDMS Hexamethyldisilizane
IESL Institute of Electronic Structure and Laser
MG Microgrooves
MS Microspikes
NGF Nerve Growth Factor
PBS Phosphate-buffered saline
PC12 Pheochromocytoma
PDMS Poly(dimethylsiloxane)
PET Polyethylene terephthalate
PFA Paraformaldehyde
PLGA Poly(lactide-co-glycolide)
RT Room Temperature
SCB Sodium Cacodylate buffer
SEM Scanning Electron Microscopy
SF6 Sulfur hexafluoride
Si Silicon
SW10 Schwann cells
UV Ultraviolet
UV-Vis Ultraviolet-Visible
UV/VIS/NIR Ultraviolet/Visible/Near Infrared
Yb:KGW Ytterbium-doped potassium gadolinium tungstate
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Abstract: Calcium phosphate materials (CaPs) are similar to inorganic part of human mineralized tissues
(i.e., bone, enamel, and dentin). Owing to their high biocompatibility, CaPs, mainly hydroxyapatite (HA),
have been investigated for their use in various medical applications. One of the most widely used ways
to improve the biological and physicochemical properties of HA is ionic substitution with trace ions.
Recent developments in bioceramics have already demonstrated that introducing foreign ions is also
possible in other CaPs, such as tricalcium phosphates (amorphous as well as α and β crystalline forms)
and brushite. The purpose of this paper is to review recent achievements in the field of non-apatitic
CaPs substituted with various ions. Particular attention will be focused on tricalcium phosphates (TCP)
and “additives” such as magnesium, zinc, strontium, and silicate ions, all of which have been widely
investigated thanks to their important biological role. This review also highlights some of the potential
biomedical applications of non-apatitic substituted CaPs.

Keywords: calcium phosphates; ionic substitution; brushite; αTCP; βTCP; bioceramics

1. Introduction

Calcium phosphates (CaPs) are commonly used biomaterials in various medical fields, i.e., mineralized
tissue surgery, implantology, orthopaedics, and stomatology. Due to their special properties, such as
biocompatibility, bioactivity, nontoxicity, and osteoconductivity, they play a crucial role as bone grafts, bone
fillers, and coating materials [1,2]. Most commonly, they are applied in a form of porous granules, scaffolds,
or hydraulic, ready-to-use, mouldable cements. What is more, they may serve as local drug delivery systems
to introduce medicines directly into the mineralized tissue [3–5].

CaPs can be obtained in different crystalline or amorphous phases, depending on the synthesis
conditions (see Scheme 1). These materials differ in Ca/P molar ratio and both physicochemical and
biological properties, such as solubility, biodegradability, and bioactivity [1]. Moreover, they are stable in
various pHs: for example, HA is chemically stable in aqueous solution in pH > 8, whereas octacalcium
phosphate (OCP) and dicalcium phosphate dihydrate (DCPD) in neutral and pH < 6, respectively. HA and
tetracalcium phosphate (TTCP) are almost insoluble CaPs (solubility at 25 ◦C is for HA and TTCP 0.0003 and
0.0007 g/dm3). Regarding the easily soluble materials, amorphous calcium phosphate, monocalcium
phosphate monohydrate and anhydrous (ACP, MCPM, and MCPA, respectively) should be mentioned [1].
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Scheme 1. Calcium phosphates of biomedical interest.

Among all CaPs, hydroxyapatite (HA) with the formula Ca10(PO4)6(OH)2 is the most thoroughly
studied material. Thanks to its similarity to the biological apatite, the main constituent of the inorganic
part of human mineralized tissues, HA is an attractive material used alone as a bioceramic or as
a component of hybrid composites for biomedical engineering [6–8]. It is thoroughly documented that
the chemical and biological properties of HA may be improved by the incorporation of foreign ions into
its crystal structure [9,10]. In order to provide a few examples, the introduction of Mn2+ favours the
activity and proliferation of osteoblasts and has a positive impact on the osteointegration process [11].
Fe ions improve the response of osteoblasts [9,11]. In turn, doping CaPs with selenium may give the
material an anticancer potential [9,12]. Moreover, the slight replacement of Ca2+ with Ag+ cations in
the HA structure results in gaining additional antibacterial properties by the material [9,13].

Recently, it turned out that other calcium phosphates, i.e., tricalcium phosphates (TCPs) and
dicalcium phosphate dihydrate (DCPD), also possess a natural ability to exchange ions within their
crystal lattice. Due to the fact that these CaPs are more soluble than HA [1], it gives an opportunity to
create a more resorbable material, releasing therapeutic agents with favourable kinetics.

Several reviews with different approaches have been published on the topic of substituted calcium
phosphates. Some of them focused on various ionic substitution in HA [9], antibacterial ions introduced
into the HA crystal lattice [14], biological activity of substituted HA [15], or ion-substituted calcium
phosphate coatings [16].

In turn, the aim of this work is to review the attempts made so far in the field of ionic substitutions
in non-apatitic CaPs and to summarize their effects. To begin with, the biological role of the most
relevant ionic substitution, followed by a short presentation of the main, non-apatitic CaPs used in
biomedical applications will be presented. The final section will report the recent achievements in
ionic modification of non-apatitic CaPs.

2. The Most Relevant Ionic Substitution within the CaPs Crystal Structure

Comprehensive studies on the composition of bone and dental tissues have led to the conclusion
that biological apatite is not a pure, stoichiometric HA, but is instead, substituted by different ions,
including CO3

2−, HPO4
2−, SiO4

2−, Mg2+, K+, Na+, Zn2+, Mn2+, F−, or Cl− [1,17]. The quantitative
and qualitative content of these “impurities” varies according to the age and condition of the
tissue. However, it should be concluded that all of them play a crucial role in mineralized tissue
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metabolism [17]. Therefore, recent developments in ionic substitutions in synthetic CaP materials
have mainly considered these ions that naturally occur in biological apatites. In the following sections,
the most ubiquitously introduced ions will be presented.

2.1. Magnesium (Mg2+)

Magnesium is the fourth most abundant element in the human body. Significant amount of this
element is present in bone, dentin, and enamel. As much as 60% of the body’s total Mg is deposited in
bone, which acts as a natural reservoir for the metal. Skeletal magnesium is located either on the surface
of hydroxyapatite or in the hydrated layer around the crystal [13,18,19]. Magnesium contributes to
the maintenance of homeostasis in mineralized tissues. An appropriate level of the metal is vital for
preventing osteoporosis and other bone tissue impairments. The element’s influence on mineralized
tissue is both direct and indirect [19]. When it comes to the direct influence, magnesium has a significant
impact on bone crystal structure and skeletal cell activity. Magnesium deficiency leads immediately to
hypomagnesaemia, which is compensated through the mobilization of bone deposits [20]. This, in turn,
leads to the alteration of the biological apatite structure and, as a result, a decrease in mechanical
strength. Both in vitro and in vivo studies have confirmed the element’s influence on bone cell activity.
Magnesium stimulates osteoblast activity [21]. On the other hand, metal deficiency promotes low-grade
inflammation and, as a consequence, an increase in osteoclast activity, which contributes to bone mass
loss [19–21]. Among its indirect effects, magnesium has an impact on the secretion of parathyroid
hormone (PTH) and thereby a secretion of 1.25(OH)2 vitamin D. Experimental evidence show that
the metal shortages lower the concentration of both PTH and vitamin D in serum, thereby leading
to hypocalcaemia [19,20].

2.2. Zinc (Zn2+)

Zinc is the second most abundant trace metal in the human body. Approximately 86% of the total
amount of this element is localized in skeletal muscles and bone tissue. The highest proportion of
Zn2+ ions within the bones is localized in the osteoid and non-mineralized matrix [13,22]. Zinc acts
as a cofactor for numerous enzymes and, due to this, is involved in DNA and RNA replication,
protein synthesis, and bone metabolism. The element promotes both differentiation and proliferation
of osteoblasts [2]. The metal’s stimulating effect on osteoblastic differentiation has been partially
attributed to its ability to augment the expression of runt-related transcription factor 2, which is
a key transcription factor in osteoblastogenesis. In vitro studies showed that zinc also stimulates the
osteoblastic production of growth factors, i.e., insulin-like growth factor (IGF-I) and transforming
growth factor (TGF-β), both of which promote bone formation [22,23]. Experimental evidence
show that zinc exhibits a stimulating effect on alkaline phosphatase (ALP), which promotes bone
mineralization through the dephosphorylation of organic pyrophosphates. Simultaneously, Zn2+ ions
suppress osteoclastic activity. In vitro studies revealed that zinc inhibits osteoclastic resorption
mediated by PTH and proinflammatory cytokines [22]. Studies in vivo confirmed zinc’s specific
impact on bone cell activity and its contribution to the normal development of the skeletal system.
Experiments conducted with chicks [24] and rats [25] showed that Zn supplementation increases the
strength parameters of long bones, decrease extracellular bone resorption markers, and augments the
level of bone formation indicators.

2.3. Strontium (Sr2+)

Strontium is a trace element present in significant amounts in calcified tissues [13,26]. This particularly
concerns the mineral phase of bone, which is characterized by high metabolic turnover. A new developing
bone is likely to contain higher concentrations of Sr than a mature one [26]. Low doses of strontium
contribute to proper bone formation, while higher amounts are believed to cause osteomalacia [26,27]. It is
noteworthy that strontium ranelate is one of the drugs administered to treat postmenopausal osteoporosis.
It reduces significantly the risk of vertebral and non-vertebral fractures. Strontium ranelate exhibits a specific,
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dualistic influence on mineralized tissues. On the one hand, it stimulates bone formation, while on the other,
it decreases its resorption. Studies in vitro showed that this particular dual-mode action of the element is
caused by its stimulating effect on osteoblastic differentiation and simultaneous inhibition of osteoclastic
activity [28]. What is more, experiments conducted on osteoarthritic, subchondral bone osteoblasts revealed
that strontium ranelate decreases the expression of key factors affecting bone resorption [29]. An interesting
in vivo study with a zebrafish as an animal model was also designed. The outcomes of the experiment
demonstrated an increase in vertebral mineralization when compared with the control with lower strontium
concentrations. Higher doses of strontium caused inhibited mineral deposition in dose-dependent order [30].
All of the facts mentioned above make strontium ranelate one of the drugs that is still administered as
a treatment of osteoporosis [31].

2.4. Silicon (SiO3
2−, SiO4

2−)

Silicon is the third most abundant trace element in the human body [32]. It significantly affects bone
metabolism and contributes to proper mineralized tissue formation. A particularly high concentration of
silicon can be found in metabolically active skeletal cells. A relatively high level of the element is found
in the mitochondria of these cells. A pioneer in investigating silicon’s influence on bone metabolism was
Carlisle [33–36]. In vitro and in vivo studies conducted by Carlisle [33–36] proved that silicon is localized in
active bone growth areas. This, in turn, suggested that Si plays a physiological role in the mineralization
process. What is more, the scientists observed that silicon deficiency contributes to problems with normal
growth and skeletal development abnormalities [32,33,37]. Over the years, Carlisle’s observations have
been confirmed. Dietary silicon can be absorbed in the form of orthosilicic acid (H4SiO4). Studies [32,37,38]
have investigated the influence of this acid on bone metabolism. Experiments conducted in osteoblastic
cell line MG-63 showed that orthosilicic acid promotes the synthesis of collagen type 1 and augments
osteoblastic differentiation markers, i.e., alkaline phosphatase and osteocalcin levels [37]. Silicon does not
affect the expression of the collagen type 1 gene, but it does stimulate the prolyl hydrolase involved in
collagen synthesis [32]. In vivo studies also confirmed a stimulating effect of the element on collagen type 1,
including randomized trials conducted in osteopenic women [38]. Overall, an adequate Si level is crucial for
maintaining higher bone mineral density (BMD). It contributes to bone mineralization and accelerates the
calcification rate [39–42].

3. Non-Apatitic Calcium Phosphates

Unlike biological apatites, non-apatitic calcium phosphates are not present in normal mineralized
tissues. They frequently occur in pathological calcifications such as dental calculi, urinary stones or heart
valve calcifications [43]. Non-apatitic CaPs, except crystalline TCP and TTCP, can be easily synthesized
using standard wet methods, by adjusting the Ca/P ratio, the pH of the solution and the temperature
beforehand [44]. As was mentioned above, the various types of non-apatitic CaPs differ in their solubility,
which decreases as follows: ACP < MCPM < MCPA < DCPD < OCP <αTCP < TTCP <βTCP [45]. In general,
non-apatitic CaPs are more soluble and less stable than hydroxyapatite, which allows them transform easily
into apatites and substituted apatites or other calcium phosphates under physiological conditions through
the dissolution-precipitation process [44].

3.1. Amorphous Calcium Phosphate (ACP)

Amorphous calcium phosphate (ACP) is a hydrated, thermodynamically unstable, transient
phase that commonly precipitates during the formation of more stable CaPs in aqueous systems.
The structure of ACP is still being discussed in the literature [46]. Briefly, it is proposed that the main
structural unit has a nearly spherical cluster measuring 9.5 Å in diameter with the basic composition of
Ca9(PO4)6 [47]. Moreover, the clusters are interspersed with water molecules (in various contents) [48].
The presence of acidic phosphates in the ACP structure is also under investigation. ACP can be
obtained by wet precipitation in aqueous medium at low temperature (the wet method) and by using
high energy processing and high temperature (the dry method) [48,49]. As the wet method is more
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ubiquitously applied, only this route will be briefly outlined below. Wet synthesis may be undertaken
either in aqueous medium or a water-alcohol solution. Usually, it consists of two steps: rapid mixing of
the reagents and precipitate filtration. Low or room temperature, high supersaturation, and a pH close
to 10 are required. The reaction consists of a double decomposition of calcium (e.g., Ca(NO3)2·4H2O)
and phosphate (e.g., (NH4)2HPO4) salt in the aqueous or water-alcohol medium [48,49]. After rapid
mixing and precipitate filtration, the powder is lyophilized. The prepared ACP is stored in a freezer in
order to prevent conversion or phase transformation. The ACP’s structure and chemical composition
depends on the pH and composition of the mother solution. Hence, the Ca/P ratio of the synthesized
ACP can range from 1 to 2, or even higher. Having said this, the most commonly known Ca/P ratios
are 1.5 and 1.33 [48]. The Pβ diffractogram of ACP is typical for amorphous materials: it only presents
a very broad line with no narrow reflections [47].

Due to the significant chemical and structural similarities to calcified tissues, as well as its excellent
biocompatibility and bioresorbability, ACP is commonly used as a component of calcium phosphates
cements (CPCs) in surgery or dentistry. Owing to the fact that it can easily transform into biological
apatites, it could also be a promising material for the artificial bone grafts engineering. According to the
literature, several mechanisms of ACP transformation into crystalline apatite are proposed, depending
on pH or the presence of other ions [47,48]. In several cases, the intermediate phase is OCP [48].
It should be also noted, that ACP occurs naturally in soft tissue pathological calcifications, i.e., heart
valve calcifications [43,49,50].

3.2. Dicalcium Phosphate Dihydrate (DCPD)

Dicalcium phosphate dihydrate, also known as brushite or calcium hydrogen phosphate
dihydrate, is a crystalline calcium phosphate that can be described using the formula CaHPO4·2H2O.
It crystallizes in the monoclinic Ia space group (see Figure 1). The DCPD crystals consist of CaP chains
arranged parallel to each other, with water molecules situated between the chains [47].

Figure 1. Crystalline structure of dicalcium phosphate dihydrate (DCPD).

DCPD is naturally present in dental calculi, urinary stones and precipitations involved in
chondrocalcinosis [43]. In laboratory terms, it crystallizes easily from aqueous solutions and is stable
in acidic environments, namely the pH between 4 and 6. Most commonly, it is obtained by mixing
calcium chloride CaCl2 with NaH2PO4 or NH4H2PO4 in a water solution. The synthesis is carried out
according to the following chemical reaction [51]:

Na2HPO4 + CaCl2 + 2H2O → CaHPO4·2H2O + 2NaCl
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Apart from the starting materials listed above, other calcium and phosphate sources can also be
employed. Among them, calcium hydroxide (Ca(OH)2), calcium nitrate (Ca(NO)3) or calcium acetate
(CH3COOH)2Ca and phosphoric acid (H3PO4) should be mentioned [49,52–54]. As demonstrated
above, the reagents are mixed in an equimolar ratio. The proper pH value is usually maintained by
the addition of HNO3, HCl, H3PO4, and KOH or NH4OH. The literature provides data showing that
brushite forms at the pH of 5 and the temperature of 37 ◦C. In order to synthesize DCPD at the pH of
6, the temperature should be lowered to 25 ◦C [55].

Brushite can be also obtained by mixing two different calcium phosphate powders in water [54].
The starting materials are βTCP and monocalcium phosphate hydrate (Ca(H2PO4)2·H2O).
Sodium pyrophosphate (Na2H2PO4) is added to the mixture as a setting regulator. The synthesis
may be conducted in a sulphuric acid solution or in inorganic (silica) and organic (collagen) gels [55].

It should be noted that brushite is a metastable material. It transforms easily into the anhydrous form
monetite (CaHPO4). Dehydration begins already in atmospheric conditions [51]. Under the physiological
pH ranging from 7 to 7.5, DCPD transforms into HA. An essential aspect is that it resorbs much faster
than apatite and, due to this, is widely applied in surgery as a CPC component. Moreover, in dentistry it
is used as an anti-plaque factor in toothpastes [43,55,56].

3.3. Tricalcium Phosphate (TCP)

Tricalcium phosphate, which can be described with the general formula Ca3(PO4)2, exists in two
allotropic forms, i.e., α and βTCP, both of which are of great importance from the biological point of view.
Schematic models of the crystal structures of these materials are presented in Figure 2. αTCP crystallizes in
the monoclinic space group P21/a, whereas βTCP possesses a rhombohedral structure [47].

Figure 2. The crystalline structures of tricalcium phosphate (TCP): α form (left) and β form (right).

As the hydroxyapatite earned its immense popularity in biomedicine due to its great similarity
to biological apatite, TCP is still gaining interest thanks to its relatively high solubility. Both HA and
TCP form a strong bond with the mineralized tissue and favour bone formation. Due to the poor
resorbability of HA, both CaPs are often mixed together in different ratios in order to increase the
bioreactivity of the material [57–59].

αTCP is a high temperature allotropic form, which comes into being during the heat treatment
of βTCP above 1125 ◦C [60]. The synthesis of αCa3(PO4)2 brings one major problem, which is the
metastability of the obtained material under the room temperature. Its thermal stability ranges from
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1430 to 1470 ◦C. Thus, synthesizing αTCP at a high temperature requires immediate cooling to stabilize
the structure after the previous heat treatment [60,61]. αTCP is highly soluble and together with
a liquid phase forms a hard and stable material that is used in bone cements. It should be also noted
that αTCP transforms into CDHA in water medium according the following reaction [60]:

3Ca3(PO4)2 + H2O → Ca9(PO4)5(HPO4)OH

αTCP can be obtained via different methods, i.e., precursor’s thermal transformation, solid-state
precursors’ reaction and self-propagating, high-temperature or combustion synthesis [61]. When it comes to
thermal transformation, the decomposition may consider CDHA, ACP or βTCP (see Equations (1)–(3)):

Ca9(HPO4)(PO4)5(OH)(s) → 3αCa3(PO4)2(s) + H2O(g) (T ≥ 1150 ◦C) (1)

Ca9(PO4)6·nH2O(s) → αCa3(PO4)(s) + nH2O(g) (600 ◦C ≤ T ≤ 800 ◦C) (2)

βCa3(PO4)(s) → αCa3(PO4)(s) (1125 ◦C ≤ T ≤ 1430 ◦C (3)

Both the decomposition of CDHA (Equation (1)) and ACP (Equation (2)) are commonly applied [57].
Starting materials are usually synthesized using the wet precipitation method. Nonetheless, high
temperature, βTCP to αTCP crystalline phase transition is the most direct and the simplest way to
obtain αCa3(PO4) [62–66].

Considering obtaining αTCP via solid-state reaction, the most commonly applied synthesis routes
are listed below [67–71].

CaCO3(s) + 2CaHPO4(s) → αCa3(PO4)2(s) + CO2(g) + H2O(g)

3CaCO3(s) + 2NH4H2PO4(s) → αCa3(PO4)2(s) + 3CO2(g) + 3H2O(g)+ 2NH3(g)

CaCO3(s) + Ca2P2O7(s) → αCa3(PO4)2(s) + CO2(g)

Ca10(PO4)6(OH)2(s) + 2CaHPO4(s) → 4αCa3(PO4)2(s) + 2H2O(g)

In general, solid-state reaction scheme consists of a few stable steps: milling the powder mixture,
putting the ground mixture under pressure and finally heating the powder above the transformation
temperature. The first two stages serve to reduce the particles size, promote proper homogenization
and increase the contact area. When it comes to the heat treatment parameters, the recommended
temperature ranges from 1250 to 1500 ◦C. In turn, the sintering time may vary from 2 to 48 h. To avoid
the reversion of the crystal phase, quenching should be employed immediately [61].

Less common ways of obtaining αTCP are self-propagating, high-temperature, and combustion
synthesis [72–75]. Briefly, they consist in preparing a mixture of Ca and P sources in a proper ratio, either as
a solid pellet or solution, and the heat treatment. In case of the self-propagating, high temperature
method, the heat is applied from an external source, while in case of the self-combustion route, the reagent
solution contains an organic, inflammable fuel (e.g., urea) that acts as a catalyst for the self-combustion of
the mixture [72–75].

Recently, some novel approaches to βTCP synthesis have been made [51,76–78]. Herein, they will
be briefly presented, together with more conventional and ubiquitously employed methods. In general,
βTCP synthesis methods include:

• Thermal transformation of the precursor;
• Solid-state synthesis;
• Wet chemical precipitation;
• Sol-gel technique;
• Self-combustion method.
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The most conventional methods from the above are thermal transformation of the precursor,
solid-state synthesis and wet chemical precipitation. Most frequently, thermal transformation of the
precursor consists in calcination of previously precipitated CDHA at the temperature above 800 ◦C [55,77].
When it comes to solid-state synthesis, possible reactions schemes that can be employed are similar to
those presented for αTCP. The only differences concern the heat treatment parameters, which should be
maintained at the level preventing βTCP to αTCP phase transition. In turn, wet chemical precipitation
consists in precipitating CaP at a Ca/P molar ratio of ≈1.5 followed by the product’s calcination.

Another interesting method is a sol-gel technique [77]. In this case, the precipitation is carried
out in very acidic conditions. The proper pH value is usually achieved by the addition of citric acid or
concentrated nitric acid, and varies from 2 to 3. The sol-gel transformation is caused by vigorous mixing
of Ca and P sources in a liquid medium during the simultaneous heating up to 80 to 90 ◦C [76,77].

The self-combustion method has already been described. An alternative to this method is microwave
self-combustion synthesis [78].

An essential property of TCP is that, similarly to hydroxyapatite, it forms a strong bond with
mineralized tissue and favours bone formation. Due to its relatively high solubility, it is commonly
applied as a component of calcium phosphate cements and other bone substitutes [56,57,61].

4. Ionic Substitutions in Non-Apatitic Calcium Phosphates

4.1. Substituted Amorphous Calcium Phosphate (ACP)

As mentioned above, unsubstituted ACP cannot be formed at the physiological pH level. It usually
forms at the alkaline pH of about 10. Introducing some specific ions, i.e., Mg2+, Sn2+, Al3+, P2O7

4−,
and CO3

2−, stabilizes the ACP and inhibits its transformation into HA [48]. Sometimes, such a modification
can also promote hydrolysis to brushite instead of apatite. Lee and Kumta [51] decided to modify ACP with
Mg2+ ions mainly because of their excellent biocompatibility. They used a precipitation method, with MgCl2
as a source of magnesium. The concentrations of Ca and P in the two conducted experiments corresponded
to the composition of HA (Ca/P = 1.67) and TCP (Ca/P = 1.5). The magnesium content was maintained at
the level of 30 mol % and 20 mol % for the HA and TCP, respectively. Physicochemical analysis was carried
out. The results revealed that Mg ions act as a phase stabilizer. During the heat treatment of ACP, αTCP
is known to form at 600 ◦C. The addition of Mg2+ stabilized MgTCP at this temperature and retarded its
transformation [51].

The in vitro biological activity of Mg-substituted ACP, amorphous magnesium phosphate (AMP)
and pure HA was tested on MC3T3-E1 preosteoblasts [79]. In general, the results for amorphous
materials (Mg-substituted ACP and AMP) have demonstrated higher proliferation and differentiation
rate as well as higher mineralization of preosteoblast cells than HA samples.

The effect of silicon doping on the transformation of ACP to αTCP has been investigated by
Dong et al. [80]. During the synthesis of HA with high silicon concentration, the amorphous phase enriched
with Si was easily formed and then transformed to αSiTCP at lower temperatures than SiHA.

Kato et al. [81] have prepared potassium-substituted ACP for potential application in dentin
hypersensitivity treatment. It has been shown that potassium release from amorphous material is
significantly larger than from potassium-substituted hydroxyapatite. ACP enriched in silver ions
was prepared via chemical precipitation method by Yu et al. [82]. The obtained AgACP material,
together with slightly acidic compounds were then used to produce calcium phosphate cements
(CPCs). The sufficient silver release and high cytotoxic effect toward Escherichia coli were demonstrated
only in the samples prepared without heat treatment.

4.2. Substituted Dicalcium Phosphate Dihydrate (DCPD)

Modifying brushite with foreign ions is also an object of scientific interest. DCPD is a material
commonly used as a component of CPCs, as it transforms easily to HA under physiological conditions.
The most ubiquitously applied ionic substitution in case of brushite is magnesium, mainly due to the

93



Int. J. Mol. Sci. 2017, 18, 2542

potential enhancement of the bioactivity of such a modified material [51,83–86]. Some studies also deal with
the introduction of silicon [87], strontium [88,89], cuprum [90], zinc [91], and iron [92]. Recently, a study
concerning the introduction of nickel has been also conducted [93]. Alkhraisat and Cabrejos-Azama focused
on magnesium-modified, brushite-based CPC [83–85]. Various ways of introducing Mg2+ ions into brushite
cements were investigated and reported, also.

Alkhraisat et al. [83] used TCP and magnesium-substituted TCP as substrates in this process.
In their studies, the preparation of brushite cement consisted of the following few steps:

• Preparation of βTCP and βMgTCP powder via solid-state synthesis;
• Addition of MCPM to previously crushed and mixed powders;
• Addition of water to the composed powder;
• Mixing in mortar.

By modifying the substrate (TCP) with different amounts of Mg2+, Alkhraisat et al. [83] managed to
replace 3% of the Ca2+ with Mg2+ ions in the final product. The final setting time of the CPC increased,
together with its magnesium content. Moreover, the release rate of the ions was affected. The release of
Ca2+ decreased as the Mg2+ concentration increased, which is a result of magnesium’s inhibiting influence
on the dissolution of brushite. A similar observation was made by Lee and Kumta in their work [51].
Hence, it could be stated that Mg2+ acts as a phase stabilizer of DCPD.

In turn, Correia et al. [94] studied the role of Mg2+ ions on the growth of acidic calcium phosphate
crystals: OCP and DCPD. It was shown that the presence of Mg2+ could affect the morphology of the
coatings obtained by electrodeposition. Magnesium inhibited the OCP and DCPD crystal growth due
to surface adsorption and doping process, respectively [94].

In the study [84], the biological properties of magnesium-modified brushite cement were examined
(see Figures 3 and 4). The investigation involved cell studies and animal model experiments.
The evaluation of the in vitro response to the cement was conducted using the osteoblastic cell line
MG-63. In turn, in vivo tests were performed using a rabbit model. Both in vitro and in vivo studies
proved that there was an increased biological response in case of MgCPC in comparison with unmodified
CPC. Specifically, cell proliferation, cell adhesion, and bone formation all increased. No manifestation of
inflammation was observed [84].

Figure 3. Cell proliferation after seeding on calcium phosphates cement (CPC) and MgCPCs (error
bars represent SD). Reprinted from [84] with permission from Elsevier.

Alkhraisat et al. [88] also carried out studies concerning the impact of strontium and pyrophosphates
on the physicochemical properties of brushite cement. The results showed that both Sr2+ and P2O7

2− inhibit
the cement setting reaction.
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Figure 4. (A) Rabbit calvaria exposed; (B) removal of bone block; (C) bone defects exposed; (D) bone
defects filled with bone substitute. Reprinted from [84] with permission from Elsevier.

Cabrejos-Azama et al. [85] used magnesium-substituted DCPD cement as a drug carrier. Vancomycin,
an antibiotic commonly used against Staphylococcus aureus, which is one of the most frequent pathogens
associated with mineralized tissue infections, was chosen as a model drug. The cement was loaded
with the antibiotic through the adsorption from the solution or introduction into the solid phase of
cement. The release profile varied together with Mg content in the TCP used as one of the reagents
in the preparation of brushite cement (see Figure 5). The material prepared with βMgTCP containing
66.67% Mg2+ released vancomycin with zero-order kinetics. Vancomycin was also used as a drug model
in study [87], in which silicon was chosen as an ionic modifier. The investigated material was CPC-silica
gel composite. The composite was obtained through the infiltration of the macropores of the CPC
by the silica gel. The infiltration process altered both density of the material and the release mode of
vancomycin. In comparison with unmodified CPC, 25% of previously introduced drug remained in the
SiCPC matrix. The cytocompatibility of obtained composite was also examined. The composites with
the highest silicate content performed as high cell proliferation as hydroxyapatite, which was one of the
reference materials. However, biological response did not correlate with the release rate of silicon from
the material, but seemed to be attributed to the phosphate release and magnesium absorption from the
cell culture medium [87].

Figure 5. Release of vancomycin from different CPCs. Reprinted from [85] with permission from Elsevier.
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The available literature contains also the co-substituted DCPD cements information [95,96].
Torres et al. [95] focused on co-doping DCPD with the combination of Mn2+ and Sr2+. The injectable
cement contained also an addition of sucrose, which improved its biological and mechanical properties.
In turn, Vahabzadeh et al. [96] studied the influence of Si and Zn ions as dopants of DCPD on the
physical, biological, and mechanical properties of cements. In vivo results revealed that Si and Zn
addition may improve the early stage osseointegration process [96].

4.3. TCP Substituted with Foreign Ions

Ionic substitution in both α and βTCP is currently being investigated. A solid-state reaction,
as well as the heat treatment of already precipitated powders, are commonly applied to synthesize
these materials [97–146]. It is worth underlining that there are two main directions in ionic modification
of α and βTCP. One of them is improving the properties of CaP, while the second one is stabilizing the
phase. In the following paragraph the most interesting studies on this topic will be briefly discussed.

4.3.1. αTCP Substituted with Different Ions

Various elements, including Mg, Sr, Si, and Ag, are being successfully introduced into αTCP’s crystal
lattice. It should be underlined that Si is the most widely applied and thoroughly examined dopant.

αSiTCP samples can be obtained using various wet and solid-state methods [98–103]. Reid et al. [98]
prepared Si-substituted αTCP using one of the most ubiquitous ways of synthesis, i.e., by sintering
previously precipitated precursor, which was Si-enriched CaP. The applied temperature was 1250 ◦C,
and the single-phase samples contained 0.59–1.14 wt % of Si.

As stated before, pure αTCP is stable only in the range of 1430 to 1470 ◦C. Thus, it is important
to note that the addition of silicon favours the formation of αTCP and helps to stabilize its structure in
lower temperature [97]. The chemical reactivity of αSiTCP was also examined by Moitsuke et al. [100].
αTCP is known to convert easily to calcium-deficient hydroxyapatite in water solution. However, the study
showed that, in comparison with pure αTCP, the reactivity of αSiTCP was significantly lower. This could
be related to the release of silicon and formation of an amorphous Si layer slowing down the
dissolution-precipitation reaction.

Interesting conclusions were made by Reid et al. in their work [105]. The study considered the
influence of the presence of magnesium impurities in one of the reactants on the phase composition of
obtained powder. To synthesize the final material, the sol-gel technique combined with the appropriate
heat treatment was applied. Surprisingly, it turned out that an Mg content of barely 250 to the chemical
structure of αSiTCP was investigated by Duncan et al. [99], who obtained high-purity αSiTCP through
a solid-state reaction in a furnace at 1300 ◦C. Detailed physicochemical analysis (X-ray diffraction with
Rietveld analysis and solid-state nuclear magnetic resonance) allowed to confirm crystal structure and
silicon incorporation. Moreover, the obtained results suggested the presence of silicate and disilicate
ions that partially substituted phosphate groups in crystallographic sites. Silicon substitution into the
αTCP crystals resulted in a significant increase of b axis length and the β angle [99].

During the last few years αSiTCP has been also examined in vivo [101–103]. Cylindrical implants,
ceramic blocks [102,103] or porous granules based on this material [101] have already been prepared
and examined by conducting biological tests on rabbit and rat models. All the materials demonstrated
good bioactivity and biocompatibility as well as mechanical properties [102]. What is more, the addition
of Si promoted osteogenesis and again, retarded biodegradation of αTCP [101].

Not only silicon has been used as a ionic modifier of αTCP. The study [104] considered applying
a hydrothermal method to obtain hydroxyapatite (as a precursor of αTCP) modified with Cu2+ and
Ag+. The as prepared HA powder was put under the temperature of 1200 ◦C for two hours in order to
examine the influence of dopants on the creation of biphasic HA/αTCP powder. The aim of the study
was also to investigate the antimicrobial activity of the prepared material. All of the annealed powders
consisted mainly of spherical particles (see Figure 6). The doping of foreign ions had slightly negative
influence on the creation of biphasic material. The antimicrobial activity of both modified HA and
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biphasic powder were evaluated against Staphylococcus aureus, Escherichia coli, Pseudomonas aeruginosa,
and Candida albicans—the bacterial and yeast strains responsible for common human infections.

 

Figure 6. Field emission scanning electron microscopy (FESEM) micrographs of the powders calcified
at 1200 ◦C (CuAg). Scale bar: 2 μm. Reprinted from [104] with permission from Elsevier.

Although the tests showed that more ions were released from the doped HA, the biphasic powder
performed more homogenous and, in some cases, better antimicrobial activity than modified HA.
The authors believe that this phenomenon can be explained by the adsorption of microorganisms on
the surface of the HA/αTCP, which put them in close contact with antimicrobial agents, i.e., Ag+ and
Cu2+, preventing further expansion [104].

In turn, Tong et al. [106] presented an unconventional approach, which examined the introduction of
foreign ions into αTCP. Using a solid-state technique, they modified the CaP with Eu3+. The outcomes of
the study suggested that, due to the self-reduction, europium could serve as a spectroscopic probe for the
detection of αCa3(PO4)3 in the phase transition process.

4.3.2. βTCP Substituted with Foreign Ions

Among non-apatitic CaPs, the most thoroughly investigated material considering ionic substitution
is βTCP [108–116]. In turn, magnesium is definitely the most widely incorporated dopant into its crystal
lattice [108,109,111,112,115–119,121–125]. The most ubiquitous method of obtaining Mg-substituted βTCP
is annealing already precipitated CDHA powders modified with Mg2+. Analysing the behaviour of these
materials during heat treatment, several main trends may be observed. Introducing Mg2+ lowers the
thermal stability of HA and therefore facilitates CDHA’s transformation into βTCP. In study [118] the
process occurred within the temperature range of 600 to 700 ◦C in case of Mg-substituted CDHA, whereas in
the absence of the dopant, the phase transition took place at higher temperatures (700 to 800 ◦C). Introducing
magnesium into βCa3(PO4)3 suppresses β to α phase transformation. Marchi et al. proved that the addition
of at least 1.5 mol % is enough to retard the above process [119].

The maximum substitution of Mg2+ in Ca2+ sites has been also examined and varies from 14 to
15 mol % [115,116]. Mg ions occupy Ca(4) and Ca(5) sites in the crystal structure. Successful attempts
were made to create interconnected micro and macroporous Mg-substituted βTCP scaffolds.

In study [123], porous structures were obtained as an effect of the in situ foaming of the examined
slurry. NH4HCO3 was used as a foaming factor. Subsequently, the viscous mass was sintered at 1150 ◦C for
two hours. The field emission scanning electron microscopy (FESEM) images of these prepared materials
are presented below (see Figure 7).

Another method to create βTCP—based porous scaffolds was applied in study [122]. Briefly, βMgTCP
powder was made into slurry with distilled water and polyvinyl alcohol. Subsequently, polyurethane foams
were soaked in the previously prepared slurry (see Figure 2) [122]. The excessive slurry was removed by
squeezing. The soaked foams were dried and put under a heat treatment of above 1500 ◦C. The sintering
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temperature was higher than the β to αTCP transition temperature. The results of the study showed that
the addition of magnesium was crucial to prevent the transformation during heat treatment.

Figure 7. FESEM images Mg-containing micro-macroporous scaffolds fracture surfaces. Reprinted
from [123] with permission from Elsevier.

Figure 8. Typical macroscopic structure of: (a) the polyurethane foam template and (b–h) TCP foams
prepared with calcium phosphate slurries containing different amounts of MgO. Reprinted from [122]
with permission from Elsevier.

It is not only magnesium that is being introduced into the βTCP crystal lattice. In the literature,
following examples of other ionic modifications can be found: sodium [127,143], potassium [128],
silver [135], manganese [132], silicon [111,133], strontium [107,112–114], copper [136], cobalt [137],
aluminium [146], iron [139–141], lantanium [131], and rare earth elements [145].

Divalent cobalt ions (Co2+) were introduced into the βTCP structure due to their potential
induction of angiogenesis process [137]. The physicochemical and biological properties of the obtained
materials containing 2 and 5 mol % of Co2+ were analysed. The results suggested that, similarly to
magnesium, the addition of cobalt ions stabilizes the βTCP phase. The samples performed also low
toxicity and stimulated significantly the synthesis of the vascular endothelial growth factor (VEGF).
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In turn, studies conducted by Kannan et al. [126–128] investigated the influence of sodium,
potassium and chlorine on CaP formation. Firstly, aqueous precipitation was applied to obtain
CDHA modified with Na+, K+ or Cl−. NaNO3, KNO3 or NH4Cl were used as sources of dopants.
The prepared powders were calcified at the temperature of 800 ◦C. Physicochemical studies confirmed
successful ionic incorporation in each case. The resulting materials were biphasic mixtures consisting
of HA and βTCP modified with the appropriate elements. The main effect of introducing monovalent
ions into the HA crystal lattice was an increase in its thermal stability to the temperature of between
1200 and 1300 ◦C [127].

Recent works also focused on iron-doped βTCP [139–141]. Considering the fact that CPCs
substituted with magnetic ions (i.e., Fe3+) exhibit ferromagnetic properties, they may be used as heat
mediators in hyperthermia treatment of tumors, drug delivery systems or biomaterials for magnetic
resonance imaging (MRI) [141]. The studies provided by Singh et al. [140] indicated that addition of
the Fe3+ ions preserved the structural stability of βTCP. The limit of iron substitution was found to be
5.02 mol %. It was also shown that only high content of Fe3+ ions introduced into βTCP structure may
produce pronounced hyperthermia effect. Detailed studies on ferric doping mechanism was presented
in [141]. Hyperthermia effect was investigated on Fe3+/Ni2+ co-substituted βTCP [139]. High nickel
content exhibited significant cytotoxicity. However, iron and nickel co-substitution displayed optimal
hyperthermia effect.

The potential antibacterial activity of βTCP substituted with appropriate ions was also investigated.
Gokcekaya et al. [135] and Rau et al. [136] provided data considering the activity of AgβTCP and CuβTCP,
respectively. Small amounts of silver or copper ions were nontoxic for human cells and effectively lethal for
bacteria. Moreover, in one of the studies, Matsumoto et al. [129] presented the effects of co-doping βTCP
with monovalent and divalent antibacterial ions. They introduced Ag+ and Cu2+ or Zn2+ using a solid-state
method. The Ag+ concentration was constant and maintained at the level of 9.09 mol %, while the amount
of Cu2+ or Zn2+ varied from 0 to 15 mol %. The antibacterial activity of synthesized materials against
S. aureus and E. coli was evaluated. Interestingly, co-doped powders exhibited better antibacterial effect
than AgTCP and pure TCP. What is more, the release rates of the ions from CuAgTCP and ZnAgTCP were
slower than in case of AgTCP and unsubstituted TCP. Hence, the results of the study strongly suggest that
co-doped materials can be used over a long period of time, exhibiting a good antibacterial activity [129].

Not only antibacterial ions are being introduced into βTCP. Scientific research is also focused on
loading porous, modified βTCP nanoparticles with drugs, which are commonly used to treat hard tissue
infections [114,124]. An interesting method to obtain porous, doxycycline loaded material was applied in
study [124]. Mesoporous MgβTCP nanospheres were obtained from amorphous Mg2P2O7 using EDTA
ions as a nucleating factor. Subsequently, the prepared material was loaded with the antibiotic by immersion.
The nanoparticles exhibited sustained drug release and easy cell reuptake [124].

A simultaneous introduction of more than one element into βTCP structure is also being investigated.
In studies [142,143], magnesium ions were co-substituted together with strontium [142] or sodium ions [143].
All the structures were determined using detailed X-ray diffractometry and Rietveld analysis. The obtained
results showed that Mg2+ ions play the crucial role in the significant reduction of the a and c axis lengths.
It was also revealed that Sr2+ occupy Ca(1,2,3,4) sites whereas Mg2+ is located at the six fold coordinated
Ca(5) site [142]. Thermal stability as well as the limit of substitution was examined. An interesting work
was presented by Meenambal et al. [144]. A simultaneous substitution of Gd3+ and Dy3+ into the βTCP
crystals was investigated. The substitution limit for co-substituted ions was determined as ca. 2.2 mol %
and was sufficient to exhibit paramagnetic effects. Biological tests revealed negligible toxicity of the obtained
materials. Therefore, this new material may find potential application as multifunctional bioprobe or
a contrast agent in MRI and CT (Computer Tomography) [144]. The simultaneous introduction of more
than two ions into the βTCP crystal lattice has been also conducted. Bose et al. [108] applied a solid-state
technique to obtain βCa3(PO4)3 modified with magnesium, strontium, and silicon ions at the same time.
SrO, MgO, and SiO2 were used as dopants sources.
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5. Conclusions

The ideal bioceramics for bone grafting must combine several biological properties such as
bioactivity, biocompatibility, osteoconductivity, and non-immunogenicity. Moreover, these materials
should possess mechanical resistance together with suitable resorbability, which allows for bone
remodelling and new bone formation.

Different strategies can be taken to improve the biological properties of CaP bioceramics. One of
them is to enrich the materials with particular ions, which, even in small amounts, have significant
impact on the osseous cell activity, mechanical and thermal properties and solubility.

This review provides evidence for the growing interest in substituted, non-apatitic CaPs. Until now,
this research has focused on these ions, which are favourable considering the biocompatibility, bioactivity,
and osteointegration of synthesized materials. There has not yet been sufficient investigation in the field
of ionic substitution providing biological properties i.e., antimicrobial or anticarcinogenic. We think that
co-substitution in non-apatitic CaPs may represent a considerable field of scientific research, too.
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24. Kwiecień, M.; Winiarska-Mieczan, A.; Milczarek, A.; Tomaszewska, E.; Matras, J. Effects of zinc glycine
chelate on growth performance, carcass characteristics, bone quality, and mineral content in bone of broiler
chicken. Livest. Sci. 2016, 191, 43–50. [CrossRef]

25. Hadley, K.B.; Newman, S.M.; Hunt, J.R. Dietary zinc reduces osteoclast resorption activities and increases
markers of osteoblast differentiation, matrix maturation, and mineralization in the long bones of growing
rats. J. Nutr. Biochem. 2010, 21, 297–303. [CrossRef] [PubMed]

26. Querido, W.; Rossi, A.L.; Farina, M. The effects of strontium on bone mineral: A review on current knowledge
and microanalytical approaches. Micron 2016, 80, 122–134. [CrossRef] [PubMed]

27. Kaygili, O.; Keser, S.; Kom, M.; Eroksuz, Y.; Dorozhkin, S.V.; Ates, T.; Ozercan, I.H.; Tatar, C.; Yakuphanoglu, F.
Strontium substituted hydroxyapatites: Synthesis and determination of their structural properties, in vitro
and in vivo performance. Mater. Sci. Eng. C 2015, 55, 538–546. [CrossRef] [PubMed]

28. Bonnelye, E.; Chabadel, A.; Saltel, F.; Jurdic, P. Dual effect of strontium ranelate: Stimulation of osteoblast
differentiation and inhibition of osteoclast formation and resorption in vitro. Bone 2008, 42, 129–138. [CrossRef]
[PubMed]

29. Tat, K.S.; Pelletier, J.P.; Mineau, F.; Caron, J.; Martel-Pelletier, J. Strontium ranelate inhibits key factors
affecting bone remodeling in human osteoarthritic subchondral bone osteoblasts. Bone 2011, 49, 559–567.
[CrossRef] [PubMed]

30. Pasqualetti, S.; Banfi, G.; Mariotti, M. The effects of strontium on skeletal development in zebrafish embryo.
J. Trace Elem. Med. Biol. 2013, 27, 375–379. [CrossRef] [PubMed]

31. Reginster, J.Y.; Neuprez, A.; Dardenne, N.; Beaudart, C.; Emonts, P.; Bruyere, O. Efficacy and safety of
currently marketed antiosteoporosis medications. Best Pract. Res. Clin. Endocrinol. Metab. 2014, 28, 809–834.
[CrossRef] [PubMed]

32. Jurkić, M.L.; Cepanec, I.; Pavelić, S.K.; Pavelić, K. Biological and therapeutic effects of ortho-silicic acid and
some ortho-silicic acid-releasing compounds: New perspectives for therapy. Nutr. Metab. 2013, 10, 1–12.
[CrossRef] [PubMed]

33. Carlisle, E.M. Silicon: A Possible Factor in Bone Calcification. Science 1970, 167, 279–280. [CrossRef] [PubMed]
34. Carlisle, E.M. Silicon: An essential element for the chick. Science 1972, 178, 619–621. [CrossRef] [PubMed]
35. Carlisle, E.M. Silicon: A requirement in bone formation independent of vitamin D1. Calcif. Tissue Int. 1981,

33, 27–34. [CrossRef] [PubMed]

101



Int. J. Mol. Sci. 2017, 18, 2542

36. Carlisle, E.M. Silicon as an essential trace element in animal nutrition. Ciba Found. Symp. 1986, 121, 123–139.
[CrossRef] [PubMed]

37. Reffitt, D.M.; Ogston, N.; Jugdaohsingh, R.; Cheung, H.F.J.; Evans, B.A.J.; Thompson, R.P.H.; Powell, J.J.;
Hampson, G.N. Orthosilicic acid stimulates collagen type 1 synthesis and osteoblastic differentiation in
human osteoblast-like cells in vitro. Bone 2003, 32, 127–135. [CrossRef]

38. Spector, T.D.; Calomme, M.R.; Anderson, S.H.; Clement, G.; Bevan, L.; Demeester, N.; Swaminathan, R.;
Jugdaohsingh, R.; Berghe, D.A.; Powell, J.J. Choline-stabilized orthosilicic acid supplementation as an adjunct
to Calcium/Vitamin D3 stimulates markers of bone formation in osteopenic females: A randomized,
placebo-controlled trial. BMC Muscoskelet. Dis. 2008, 9, 1–10. [CrossRef] [PubMed]

39. Camaioni, A.; Cacciotti, I.; Campagnolo, L.; Bianco, A. Silicon-substituted hydroxyapatite for biomedical
applications. In Hydroxyapatite (HAp) in Biomedical Applications; Mucalo, M., Ed.; Woodhead Publishing:
Cambridge, UK, 2015; pp. 333–373.

40. Jugdaohsingh, R.; Tucker, K.L.; Qiao, N.; Cupples, L.A.; Kiel, D.P.; Powell, J.J. Dietary Silicon Intake is
Positively Associated with Bone Mineral Density in Men and Premenopausal Women of the Framingham
Offspring Cohort. J. Bone Miner. Res. 2004, 19, 297–307. [CrossRef] [PubMed]

41. Judgaohsingh, R. Silicon and Bone Health. J. Nutr. Health Aging 2007, 11, 99–110.
42. Henstock, J.R.; Canham, L.T.; Anderson, S.I. Silicon: The evolution of its use in biomaterials. Acta Biomater.

2015, 11, 17–26. [CrossRef] [PubMed]
43. Dorozhkin, S.V.; Epple, M. Biological and Medical Significance of Calcium Phosphates. Angew. Chem. Int. Ed. Engl.

2002, 41, 3130–3146. [CrossRef]
44. LeGeros, Z.R.; Ito, A.; Ishikawa, K.; Sakae, T.; LeGeros, J.P. Fundamentals of Hydroxyapatite and Related

Calcium Phosphates. In Advanced Biomaterials; Basu, B., Katti, D.S., Kumar, A., Eds.; Wiley: Newark, NJ, USA,
2009; pp. 19–52.

45. Chow, L.C. Solubility of Calcium Phosphates. In Octacalcium Phosphate; Chow, L.C., Eanes, E.D., Eds.; Karger:
Basel, Switzerland, 2001; Volume 18, pp. 94–111.

46. Du, L.-W.; Bian, S.; Gou, B.-D.; Jiang, Y.; Huang, J.; Gao, Y.-X.; Zhao, Y.-D.; Wen, W.; Zhang, T.-L.; Wang, K.
Structure of Clusters and Formation of Amorphous Calcium Phosphate and Hydroxyapatite: From the
Perspective of Coordination Chemistry. Cryst. Growth Des. 2013, 13, 3103–3109. [CrossRef]

47. Elliott, J.C. Structure and Chemistry of the Apatites and Other Calcium Orthophosphates; Elsevier Science:
Amsterdam, The Netherlands, 1994; pp. 53–61.

48. Combes, C.; Rey, C. Amorphous calcium phosphates: Synthesis, properties and uses in biomaterials. Acta Biomater.
2010, 6, 3362–3378. [CrossRef] [PubMed]

49. Dorozhkin, S.V. Amorphous calcium (ortho) phosphates. Acta Biomater. 2016, 6, 4457–4475. [CrossRef]
[PubMed]

50. Habraken, W.; Habibovic, P.; Epple, M.; Bohner, M. Calcium phosphates in biomedical applications: Materials
for the future? Mater. Today 2016, 19, 69–87. [CrossRef]

51. Lee, D.; Kumta, P.N. Chemical synthesis and stabilization of magnesium substituted brushite. Mater. Sci. Eng. C
2010, 30, 934–943. [CrossRef]

52. Ferreira, A.; Oliveira, C.; Rocha, F. The different phases in the precipitation of dicalcium phosphate dehydrate.
J. Cryst. Growth 2003, 252, 599–611. [CrossRef]

53. Oliveira, A.; Ferreira, A.; Rocha, F. Dicalcium Phosphate Dihydrate: Precipitation Characterization and
Crystal Growth. Chem. Eng. Res. Des. 2007, 85, 1655–1661. [CrossRef]

54. Chen, G.G.; Luo, G.S.; Yang, L.M.; Xu, J.H.; Sun, Y.; Wang, J.D. Synthesis and size control of CaHPO4 particles
in a two-liquid phase micro-mixing process. J. Cryst. Growth 2005, 279, 501–507. [CrossRef]

55. Kumta, P.N.; Sfeir, C.; Lee, D.-H.; Olton, D.; Choi, D. Nanostructured calcium phosphates for biomedical
applications: Novel synthesis and characterization. Acta Biomater. 2005, 1, 65–83. [CrossRef] [PubMed]

56. Ginebra, M.-P.; Canal, C.; Espanol, M.; Pastorino, D.; Montufar, E.B. Calcium phosphate cements as drug
delivery materials. Adv. Drug Deliv. Rev. 2012, 64, 1090–1110. [CrossRef] [PubMed]

57. Vallet-Regí, M.; González-Calbet, J.M. Calcium phosphates as substitution of bone tissues. Prog. Solid State Chem.
2004, 32, 1–31. [CrossRef]

58. Dorozhkin, S.V. Bioceramics of calcium orthophosphates. Biomaterials 2010, 31, 1465–1485. [CrossRef] [PubMed]
59. Kwon, S.-H.; Jun, Y.-K.; Hong, S.-H.; Kim, H.-E. Synthesis and dissolution behavior of β-TCP and HA/b-TCP

composite powders. J. Eur. Ceram. Soc. 2003, 23, 1039–1045. [CrossRef]

102



Int. J. Mol. Sci. 2017, 18, 2542

60. Kolmas, J.; Kaflak, A.; Zima, A.; Slosarczyk, A. Alpha-tricalcium phosphate synthesized by two different
routes: Structural and spectroscopic characterization. Ceram. Int. 2015, 41, 5727–5733. [CrossRef]

61. Carrodeguas, R.G.; De Aza, S. α-Tricalcium phosphate: Synthesis, properties and biomedical applications.
Acta Biomater. 2011, 7, 3536–3546. [CrossRef] [PubMed]

62. Somrani, S.; Rey, C.; Jemal, M. Thermal evolution of amorphous tricalcium phosphate. J. Mater. Chem. 2003,
13, 888–892. [CrossRef]

63. Camiré, C.L.; Jegou, S.J.S.; Hansen, S.; McCarthy, I.; Lidgren, L. Hydration characteristics of α-tricalcium
phosphates: Comparison of preparation routes. J. Appl. Biomater. Biomech. 2005, 3, 106–111. [PubMed]

64. Jokic, B.; Jankovic-Castvan, I.; Veljovic, D.; Bucevac, D.; Obradovic-Djuricic, K.; Petrovic, R. Synthesis and
settings behavior of alpha-TCP from calcium deficient hyroxyapatite obtained by hydrothermal method.
J. Optoelectron. Adv. Mater. 2007, 9, 1904–1910.

65. Bohner, M.; Brunner, T.J.; Doebelin, N.; Tang, R.K.; Stark, W.J. Effect of thermal treatments on the reactivity
of nanosized tricalcium phosphate powders. J. Mater. Chem. 2008, 18, 4460–4467. [CrossRef]

66. Döbelin, N.; Brunner, T.J.; Stark, W.J.; Eggimann, M.; Fisch, M.; Bohne, M. Phase evolution of thermally
treated amorphous tricalcium phosphate nanoparticles. Key Eng. Mater. 2009, 396–398, 595–598. [CrossRef]

67. Famery, R.; Richard, N.; Boch, P. Preparation of α- and β-tricalcium phosphate ceramics, with and without
magnesium addition. Ceram. Int. 1994, 20, 327–336. [CrossRef]

68. Durucan, C.; Brown, P.W. Reactivity of α-tricalcium phosphate. J. Mater. Sci. 2002, 37, 963–969. [CrossRef]
69. Cai, S.; Wang, Y.W.; Li, J.Y.; Guan, Y.H.; Yao, K.D. Effects of dispersed medium and mineralizer CaF2 on the

synthesis of alpha-tricalcium phosphate. J. Inorg. Mater. 2004, 19, 852–858.
70. Camiré, C.L.; Gbureck, U.; Hirsiger, W.; Bohner, M. Correlating crystallinity and reactivity in α-tricalcium

phosphate. Biomaterials 2005, 26, 2787–2794. [CrossRef] [PubMed]
71. Wei, X.; Ugurlu, O.; Akinc, A. Hydrolysis of α-tricalcium phosphate in simulated body fluid and dehydration

behaviour during the drying process. J. Am. Ceram. Soc. 2007, 90, 2315–2321. [CrossRef]
72. Burkes, D.E.; Moore, J.J.; Ayers, R.A. Method for Producing Calcium Phosphate Powders Using an Auto-Ignition

Combustion Synthesis Reaction. U.S. Patent Application No. 11/848,520, 15 May 2008.
73. Ayers, R.A.; Simske, S.J.; Moore, J.J.; Castillo, M.; Gottoli, G. Manufacture of Porous Net-Shaped Materials

Comprising Alpha or Beta Tricalcium Phosphate or Mixtures Thereof. U.S. Patent Application No. 8,545,786,
1 October 2013.

74. Ayers, R.; Nielsen-Preiss, S.; Ferguson, V.; Gotolli, G.; Moore, J.J.; Kleebe, H.-J. Osteoblast-like cell
mineralization induced by multiphasic calcium phosphate ceramic. Mater. Sci. Eng. C 2006, 26, 1333–1337.
[CrossRef]

75. Volkmer, T.M.; Bastos, L.L.; Sousa, V.C.; Santos, L.A. Obtainment of alpha-tricalcium phosphate by solution
combustion synthesis method using urea ascombustible. Key Eng. Mater. 2009, 396–398, 591–594. [CrossRef]

76. Ghosh, R.; Sarkar, R. Synthesis and characterization of sintered beta-tricalcium phosphate: A comparative
study on the effect of preparation route. Mater. Sci. Eng. C 2016, 67, 345–352. [CrossRef] [PubMed]

77. Sanosh, K.P.; Chu, M.-C.; Balakrishnan, A.; Kim, T.N.; Cho, S.-J. Sol-gel synthesis of pure nanosized
β-tricalcium phosphate crystalline powders. Curr. Appl. Phys. 2010, 10, 68–71. [CrossRef]

78. Thomas, D.; Su, S.; Qiu, J.; Pantoya, M.L. Microwave synthesis of functionally graded tricalcium phosphate
for osteoconduction. Mater. Today 2016, 9, 47–53. [CrossRef]

79. Nabiyouni, M.; Ren, Y.; Bhaduri, S.B. Magnesium substitution in the structure of orthopaedic nanoparticles:
A comparison between amorphous magnesium phosphates, calcium magnesium phosphates and hydroxyapatites.
Mater. Sci. Eng. C 2015, 52, 11–17. [CrossRef] [PubMed]

80. Dong, G.; Zheng, Y.; He, L.; Wu, G.; Deng, C. The effect of silicon doping on the transformation of amorphous
calcium phosphate to silicon-substituted α-tricalcium phosphate by heat treatment. Ceram. Int. 2016, 42,
883–890. [CrossRef]

81. Kato, N.; Hatoko, Y.; Yamamoto, E.; Furuzono, T.; Hontsu, S. Preparation and application of a potassium-substituted
calcium phosphate sheet as a dental material for treating dentin hypersensitivity. Key Eng. Mater. 2017, 720, 102–107.
[CrossRef]

82. Yu, T.; Gao, C.; Ye, J.; Zhang, M. Synthesis and characterization of a novel silver-substituted calcium
phosphate cement. J. Mater. Sci. Technol. 2014, 30, 686–691. [CrossRef]

83. Alkhraisat, M.H.; Cabrejos-Azama, J.; Rodríguez, C.R.; Blanco Jerez, L.; López-Cabarcos, E. Magnesium
substitution in brushite cements. Mater. Sci. Eng. C 2013, 33, 475–481. [CrossRef] [PubMed]

103



Int. J. Mol. Sci. 2017, 18, 2542

84. Cabrejos-Azama, J.; Alkhraisat, M.H.; Rueda, C.; Torres, J.; Blanco, L.; López-Cabarcos, E. Magnesium
substitution in brushite cements for enhanced bone tissue regeneration. Mater. Sci. Eng. C 2014, 43, 403–410.
[CrossRef] [PubMed]

85. Cabrejos-Azama, J.; Alkhraisat, M.H.; Rueda, C.; Torres, J.; Pintado, C.; Blanco, L.; López-Cabarcos, E.
Magnesium substitution in brushite cements: Efficacy of a new biomaterial loaded with vancomycin for the
treatment of Staphylococcus aureus infections. Mater. Sci. Eng. C 2016, 61, 72–78. [CrossRef] [PubMed]

86. Saleh, T.; Ling, L.S.; Hussain, R. Injectable magnesium-doped brushite cement for controlled drug release
application. J. Mater. Sci. 2016, 51, 7427–7439. [CrossRef]

87. Geffers, M.; Barralet, J.E.; Groll, J.; Gbureck, U. Dual-setting brushite—Silica gel cements. Acta Biomater. 2015,
11, 467–476. [CrossRef] [PubMed]

88. Alkhraisat, M.H.; Mariño, F.T.; Rodríguez, C.R.; Jerez, L.B.; Cabarcos, E.L. Combined effect of strontium and
pyrophosphate on the properties of brushite cements. Acta Biomater. 2008, 4, 664–670. [CrossRef] [PubMed]

89. Alkhraisat, M.H.; Rueda, C.; Cabarcos, E.L. Strontium ion substitution in brushite crystals: The role of
strontium chloride. J. Funct. Biomater. 2011, 2, 31–38. [CrossRef] [PubMed]

90. Ewald, A.; Kappel, C.; Vorndran, E.; Moseke, C.; Gelinsky, M.; Gbureck, U. The effect of Cu(II)-loaded
brushite scaffolds on growth and activity of osteoblastic cells. J. Biomed. Mater. Res. A 2012, 100, 2392–2400.
[CrossRef] [PubMed]

91. Nishikawa, H.; Honda, M.; Yokota, T.; Shimizu, Y.; Aizawa, M. Preparation of Spherical Zn-Substituted
Tricalcium Phosphate Powder by Ultrasonic Spray-Pyrolysis Technique and Its Characterization. J. Nanomater.
2016, 2016, 1–8. [CrossRef]

92. El-dek, S.I.; Mansour, S.F.; Ahmed, M.A.; Ahmed, M.K. Microstructural feature of flower like Fe brushite.
Prog. Nat. Sci. 2017, 27, 520–526. [CrossRef]

93. Guerra-López, J.R.; Güida, J.A.; Ramos, G.; Punte, M. The influence of nickel on brushite structure
stabilization. J. Mol. Struct. 2017, 1137, 720–724. [CrossRef]

94. Correia, M.B.; Junior, J.P.G.; Macedo, M.C.S.S.; Resende, C.X.; dos Santos, E.A. Effect of Mg2+ on acidic
calcium phosphate phases grown by electrodeposition. J. Cryst. Growth 2017, 475, 328–333. [CrossRef]

95. Torres, P.M.C.; Marote, A.; Cerqueira, A.R.; Calado, A.J.; Abrantes, J.C.C.; Olhero, S.; da Cruz e Silva, O.A.B.;
Vieira, S.I.; Ferreira, J.M.F. Injectable MnSr-doped brushite bone cements with improved biological
performance. J. Mater. Chem. B 2017, 5, 2775–2787. [CrossRef]

96. Vahabzadeh, S.; Bandyopadhyay, A.; Bose, S.; Mandal, R.; Nandi, S.K. IGF-loaded silicon and zinc doped
brushite cement: Physico-mechanical characterization and in vivo ostogenesis evaluation. Integr. Biol. 2015,
7, 1561–1573. [CrossRef] [PubMed]

97. Wei, X.; Akinc, M. Crystal structure analysis of Si- and Zn-codoped tricalcium phosphate by neutron powder
diffraction. J. Am. Ceram. Soc. 2007, 90, 2709–2715. [CrossRef]

98. Reid, J.W.; Tuck, L.; Sayer, M.; Fargo, K.; Hendry, J.A. Synthesis and characterization of single-phase
silicon-substituted α-tricalcium phosphate. Biomaterials 2006, 27, 2916–2925. [CrossRef] [PubMed]

99. Duncan, J.; Hayakawa, S.; Osaka, A.; MacDonald, J.F.; Hanna, J.V.; Skakle, J.M.S.; Gibson, I.R. Furthering the
understanding of silicate-substitution in α-tricalcium phosphate: An X-ray diffraction, X-ray fluorescence
and solid-state nuclear magnetic resonance study. Acta Biomater. 2014, 10, 1443–1450. [CrossRef] [PubMed]

100. Motisuke, M.; Mestres, G.; Reno, C.O.; Carrodeguas, R.G.; Zavaglia, C.A.C.; Ginebra, M.P. Influence of Si
substitution on the reactivity of α-tricalcium phosphate. Mater. Sci. Eng. C 2017, 75, 816–821. [CrossRef]
[PubMed]

101. Kamitakahara, M.; Tatsukawa, E.; Shibata, Y.; Umemoto, S.; Yokoi, T.; Ioku, K.; Ikeda, T. Effect of silicate
incorporation on in vivo responses of α-tricalcium phosphate ceramics. J. Mater. Sci. Mater. Med. 2016, 27,
97. [CrossRef] [PubMed]

102. Mate-Sanchez de Val, J.E.; Calvo-Guirado, J.L.; Delgado-Ruiz, R.A.; Ramirez-Fernandez, M.P.; Negri, B.;
Abboud, M.; Martinez, I.M.; de Aza, P.N. Physical properties, mechanical behavior, and electron microscopy
study of a new α-TCP block graft with silicon in an animal model. J. Biomed. Mater. Res. A 2012, 100, 3446–3454.
[CrossRef] [PubMed]

103. Mate-Sanchez de Val, J.E.; Calvo-Guirado, J.L.; Delgado-Ruiz, R.A.; Ramirez-Fernandez, M.P.; Martinez, I.M.;
Granero-Marin, J.M.; Negri, B.; Chiva-Garcia, F.; Martinez-Gonzalez, J.M.; de Aza, P.N. New block
graft of α-TCP with silicon in critical size defects in rabbits: Chemical characterization, histological,
histomorphometric and micro-CT study. Ceram. Int. 2012, 38, 1563–1570. [CrossRef]

104



Int. J. Mol. Sci. 2017, 18, 2542

104. Radovanovíc, P.Z.; Jokíc, B.; Veljovíc, D.; Dimitrijevíc, S.; Kojic, V.; Petrovíc, R.; Janáckovíc, A. Antimicrobial
activity and biocompatibility of Ag+- and Cu2+-doped biphasic hydroxyapatite/α-tricalcium phosphate
obtained from hydrothermally synthesized Ag+- and Cu2+-doped hydroxyapatite. Appl. Surf. Sci. 2014, 307,
513–519. [CrossRef]

105. Reid, J.W.; Fargo, K.; Hendry, J.A.; Sayer, M. The influence of trace magnesium content on the phase
composition of silicon-stabilized calcium phosphate powders. Mater. Lett. 2007, 61, 3851–3854. [CrossRef]

106. Tong, C.; Zhu, Y.; Xu, C.; Li, Y. Preliminary observation of self-reduction of Eu ions in α-Ca3(PO4)2 phosphors
prepared in air condition. Phys. B Condens. Matter 2016, 500, 20–23. [CrossRef]

107. Pina, S.; Torres, P.M.; Goetz-Neunhoeffer, F.; Neubauer, J.; Ferreira, J.M.F. Newly developed Sr-substituted
α-TCP bone cements. Acta Biomater. 2010, 6, 928–935. [CrossRef] [PubMed]

108. Bose, S.; Tarafder, S.; Banerjee, S.S.; Davies, N.M.; Bandyopadhyay, A. Understanding in vivo response and
mechanical property variation in MgO, SrO and SiO2 doped β-TCP. Bone 2011, 48, 1282–1290. [CrossRef]
[PubMed]

109. Singh, R.K.; Kannan, S. Synthesis, Structural analysis, Mechanical, antibacterial and Hemolytic activity of
Mg2+ and Cu2+ co-substitutions in β-Ca3(PO4)2. Mater. Sci. Eng. C 2014, 45, 530–538. [CrossRef] [PubMed]

110. Matsumoto, N.; Sato, K.; Yoshida, K.; Hashimoto, K.; Toda, Y. Preparation and characterization of α-tricalcium
phosphate co-doped with monovalent and divalent antibacterial metal ions. Acta Biomater. 2009, 5, 3157–3164.
[CrossRef] [PubMed]

111. García-Páez, H.; García Carrodeguas, R.; De Aza, A.H.; Baudín, C.; Pena, P. Effect of Mg and Si co-substitution
on microstructure and strength of tricalcium phosphate ceramics. J. Mech. Behav. Biomed. Mater. 2014, 30,
1–15. [CrossRef] [PubMed]

112. Banerjee, S.S.; Tarafder, S.; Davies, N.M.; Bandyopadhyay, A.; Bose, S. Understanding the influence of MgO
and SrO binary doping on the mechanical and biological properties of β-TCP ceramics. Acta Biomater. 2010,
6, 4167–4174. [CrossRef] [PubMed]

113. Bigi, A.; Foresti, E.; Gandolfi, M.; Gazzano, M.; Roveri, N. Isomorphous Substitutions in β-Tricalcium
Phosphate: The Different Effects of Zinc and Strontium. J. Inorg. Biochem. 1997, 66, 259–265. [CrossRef]

114. Alkhraisat, M.H.; Rueda, C.; Cabrejos-Azama, J.; Lucas-Aparicio, J.; Marińo, F.T.; Torres García-Denche, J.;
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Abstract: The engineering of human tissues to cure diseases is an interdisciplinary and a very attractive
field of research both in academia and the biotechnology industrial sector. Three-dimensional (3D)
biomaterial scaffolds can play a critical role in the development of new tissue morphogenesis via
interacting with human cells. Although simple polymeric biomaterials can provide mechanical and
physical properties required for tissue development, insufficient biomimetic property and lack of
interactions with human progenitor cells remain problematic for the promotion of functional tissue
formation. Therefore, the developments of advanced functional biomaterials that respond to stimulus
could be the next choice to generate smart 3D biomimetic scaffolds, actively interacting with human
stem cells and progenitors along with structural integrity to form functional tissue within a short
period. To date, smart biomaterials are designed to interact with biological systems for a wide range
of biomedical applications, from the delivery of bioactive molecules and cell adhesion mediators to
cellular functioning for the engineering of functional tissues to treat diseases.

Keywords: tissue engineering; smart materials; extracellular matrix; stimuli responsive polymer

1. Introduction

Research on polymer biomaterials has been a subject of interest both in academia and industry
since 1960 [1]. The variety of polymeric materials has been rationally designed by incorporating
distinct functional groups into the molecular chain to control physical, chemical, and biological
properties for versatile biomedical arenas, such as the controlled delivery of bioactive molecules
and cell-based therapeutic applications [2–4]. However, the nature of the biomedical applications
of such material systems depends on their macromolecular structure, their interactions with
living cells and cytocompatibility, and how the macromolecules organize by themselves to form
three-dimensional (3D) architecture. Polymer-based biomaterials have been developed both from
natural and synthetic (man-made) resources. Polysaccharides and proteins are well–established
natural polymeric biomaterials, which have found numerous applications in tissue regeneration.
For example, chitosan is one of the best polysaccharides with exceptional biocompatibility and
biodegradability, consisting of multifunctional groups that make it a potential candidate for future
biomaterials development (via processing) for cellular functioning and differentiation towards tissue
engineering [5]. Protein-based biomaterials, for example, collagen, metrigel, and hyaluronic acid,
have been derived from animal sources and explored in tissue regeneration. Although proteins
are highly biocompatible, their very fast degradation and low mechanical strength result in a lack
of structural support during tissue development. Polymeric biomaterials are also developed by
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polymerizing one or more monomers either by homopolymer reaction or copolymer reaction to form
non-biodegradable [6,7] and biodegradable materials [8,9]. The structure, molecular chain length,
and stereochemistry can be tailored by varying chemical and physical parameters during synthesis.
In recent years, a significant demand for biodegradable materials development, by means of synthesis,
in addition to their processing and fabrication of 3D structural scaffolds has arisen in tissue regeneration
and the delivery of bioactive molecules, due to the demand for cost-effective surgical procedures. Thus,
continuous efforts need to be undertaken in this field.

For biomedical applications, biomaterial scientists have devoted continuous efforts to developing
methods, fabricating new medical devices, and processing and synthesizing novel biomaterials.
Recently, Liu and co-workers [10] developed a alginate-collagen 3D hydrogel composite, which
has improved the treatment of corneal diseases. We developed high-throughput technology for
cell-compatible biomaterials discovery, as well as the processing and fabrication of 3D scaffolds for
potential application in skeletal tissue regeneration [11,12]. To date, a wide range of biomaterials have
been used for biomedical applications, many of which do not have biomimetic properties, and require
the engineering of these materials in a cost-effective manner for maximum output. Therefore, there is
a socioeconomic need to develop new biomaterials for resolving such problems in the biomedical
arena. Polymers with hydrophilic properties form 3D crosslinked networks, known as hydrogels,
a type of novel smart biomaterial that responds to external stimulus and exhibits potential application
as a scaffold for tissue regeneration and the delivery of bioactive molecules [10,13,14].

For tissue engineering (TE), a biomaterial scaffold provides mechanical and porous network
structural support, shape, and hierarchy architecture with surface chemistry for cell attachment,
cell-cell communication through the porous network, as well as proliferation and differentiation for
tissue regeneration. To date, most synthetic biomaterials are derived for TE application, which are
synthesized either from lactic acid, caprolactone, or glycolide monomers to form poly(L-Lactide),
or poly(ε-caprolactone), or poly(L-glycolic acid), respectively, and/or their combination to form
copolymers, or the physical blending of these polymers [11,12]. Natural polymers such as chitosan,
alginate, starch, collagen, hyalauronic acid, cellulose, fibrin, silk, and their derivatives are also
used [5,15,16]. A variety of techniques and methods has been developed to fabricate biomaterial
scaffolds to control shapes, sizes, porosities, and architectures for TE applications [17,18]. In any tissue
regeneration, it is important that biomaterial scaffolds not only provide temporary structural integrity
but also play a role in the interaction of the cells and biomolecules, cell attachment and growth,
as well as in the process of tissue development. However, poly(L-Lactide) and poly(ε-caprolactone)
are known to be biodegradable materials, which have been implanted to identify their host and tissue
regeneration [19,20]. However, such traditional biomaterials do not have the ability to adapt to living
tissues during changing pH and body temperature caused by disease. Therefore, polymer scientists
have been trying to create smart polymeric biomaterials [21] that mimic living tissues in the last
two decades.

It is well known that the properties of smart polymers change reversibly with the sliding variation
of external or internal parameters in the system, such as temperature, pH, ionic factor, biological
molecules, and so on. Thus, smart polymeric biomaterials, in particular as delivery systems of
bioactive molecules; tissue engineering scaffolds; and cellular attachment and growth have become
novel research topics.

2. Tissue Engineering

The aim of TE is to develop new functional tissue and regenerate tissue either in vitro or in vivo to
cure diseases when a surgical intervention is needed. In such circumstances, 3D biomaterial scaffolds
play a critical role in repairing injury. For optimal functional tissue development, the scaffold should
interact with cells without any adverse effect to provide cellular attachment, proliferation, growth, and
accumulation of mineral matrix. In addition, it is essential to provide structural support, a design akin
to the natural extracellular matrix, and a suitable surface, porosity, and heterogeneous pore sizes to
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promote cell-cell communication and differentiation, as well as transport nutrients. The 3D scaffolds
should comply with sufficient mechanical strength similar to that of native tissue and a crosslinked
network structure, as demonstrated in Figure 1a,b.

Figure 1. Smart polymer biomaterials for tissue engineering applications: (a) Representation of elastic
modulus of various tissues in consideration to design a smart scaffold; (b) stimuli responsive system
(ΔT: variation of temperature change, ΔpH: variation of pH, Δλ: variation of wave length, and ΔE:
variation of electric field); (c) structures of some synthetic and natural smart polymers; and (d) novel
scaffold of poly(2-methoxyethyl acrylate) (PMEA)—hydrated PMEA forms intermediate water, which
affects the protein adsorption, as well as cell adhesion, proliferation, and differentiation.

The 3D structured biomaterials can be designed utilizing a variety of natural and synthetic
polymers (examples are presented in Figure 1c,d), ceramics such as hydroxyl apatite (HAp), and
tricalcium phosphate (TCP), as well as their combinations to mimic native tissue while maintaining
cell viability and functions. Furthermore, 3D scaffolds should act as a delivery agent for bioactive
molecules or drugs and can be encapsulated into the materials during their process and fabrication
for faster curing, if needed. The design and selection of smart biomaterials depends on their specific
application, some of which are more suitable than others. Biomaterials can have a solid or hydrogel
structure before implantation, or be in injectable forms that harden in situ.

Extracellular Matrix (ECM)

The biological ECM provides structural support along with all necessary biological functions
during tissue regeneration and maintenance. The scaffolds used in TE are also expected to have
the same level of support and functional capability as that of the biological ECM [21]. ECM is a
dynamic and complex structure, directly involved in specific gene regulation for a particular tissue
development [22,23], and actively interacting with cells to remodel tissue [24]. The structure and
components of ECM are continuously changing due to its dynamic nature with the development
of tissues, remodeling, and repairing. It is critically important to develop smart and biomimetic
3D structure biomaterials that closely match the characteristic nature of the native ECM [25].
However, understanding complex functions and the structure of ECM in mature and/or during
tissue development are extremely difficult. Combining multiple approaches, biomaterial scientists
have developed a 3D structure with close approximation of natural ECM, and this has remained an
active research area.
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Several types of animal-derived proteins (e.g., collagen, laminin, and metrigel) have been
utilized to fabricate 3D scaffolds for various TE, such as skin replacement, bone substitutes, artificial
blood vessels [26], and cell delivery [27]. Hydrogels have been synthesized by the modification of
polysaccharides via crosslinking for both drug release and tissue regeneration [28,29]. Hyaluronic acid
(HA) is a polysaccharide consisting of linear glycosaminoglycan, found in the ECM and known to
influence cell signaling pathways; it plays a crucial role in functional TE [29]. HA is the Food and Drug
Administration (FDA) approved biomaterial for human application, and clinical trials confirmed that
HAs are effective for osteoarthritis applications [30–32]. Chitosan (Figure 1c) is an important class of
polysaccharide consisting of multiple functional groups, allowing ease of chemical modification, and has
been used as a delivery agent, as well as in cell encapsulation, cellular functioning, and differentiation
toward TE application [5,16,33,34]. Alginate is another example of a polysaccharide that has been used
for cell encapsulation and injectable gel in TE [35].

3. Designing Smart Biomaterials

Designing bio-functional materials is critically important for potential biomedical applications.
There are several approaches in the design of hybrid smart biomaterials, composed of synthetic
and natural polymers, that considerably enhance the potential applications of such materials.
These techniques permit the insertion of bio-recognition moieties into the structure of polymers
that influence their self-assembly into precisely defined 3D structure formations. The design of
smart polymer-based biomaterials with desired properties and network structure mainly depends
on the characteristic nature of functional monomers and their feed ratio, method of polymerization
and kinetics, building of molecular architecture during synthesis, and crosslink network formation.
The development of advanced functional biomaterials requires control over some physical and chemical
parameters in the design, synthesis, processing, and fabrication. The 3D network structure smart
material mainly depends on the characteristic nature of the polymers, monomers, oligomers, and the
methods of synthesis. There is a wide variety of methods which include radiation-induced crosslinking,
chemical and physical crosslinking, for the preparation of 3D network biomaterials, namely hydrogels
with different structures and properties. The hydrogel is not soluble in water, due to the presence of a
3D polymer network, and swells at equilibrium. The 3D networks in hydrogels are formed either by
covalent bonding between polymer chains or physical interactions such as hydrogen boning and ionic
bonding. The crosslinked network provides an equilibrium state between dispersing and cohesive
forces between polymer chains, resulting in the insolubility of the gel in water. These materials have
versatile applications as biomaterials, scaffolds for functional tissue regeneration, delivery agents,
and medical devices.

Key factors that can influence the swelling of the 3D network of smart materials include:
(i) the positive change of thermal energy during mixing of a polymer and solvent favors swelling;
and (ii) the change of thermal energy is related to the polymer chain conformations, and negative
thermal change prevents swelling.

These polymer networks can be classified as to their preparation methods, such as chemical
reactions and physical blending. The examples of the chemical reactions of hydrogels are from the
graft-copolymer [36], block copolymer [37], and crosslinking reactions of polymers [38]. For the
hydrogel synthesis, the reactions can be initiated either by chemical initiation methods [38] or
ionizing radiation-induced methods [39]. The chemical initiation methods require the incorporation
of a bifunctional reagent and chemical catalyst, thus introducing impurities into the final product.
Sometimes it can be extremely difficult to remove impurities from the hydrogel networks. Alternatively,
the ionizing radiation-induced methods offer advantages that allow efficient crosslinking and yield
a much cleaner product as compared to those of the chemical initiation methods. High-energy
(e.g., γ-radiation, electron beam) radiation, plasma-radiation, and UV-radiation induced methods can
be adopted to synthesize polymer hydrogels.
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The physical blending of different polymers processed either by solution or thermally is an
alternative approach and an economically viable route for the development of new structural smart
materials [40], although it retains the characteristic properties of each polymer in the blend. There are
several advantages to this system, including the ease of controlling the processing and fabrication of
smart devices. This approach would allow achieving desired properties such as porosity, pore sizes,
swelling ratio, biodegradability, and mechanical property by changing the process parameters,
feed ratios of starting polymers, and selection of appropriate solvent. Therapeutic molecules can easily
be incorporated into the blended solution or dispersed in micro-phase reservoirs.

Scientists are capable of designing and synthesizing polymeric biomaterials with complex
architecture, by copolymerizing multiple chemical functional building blocks and tailoring
biocompatibility, biodegradation, mechanical properties, hydrophilicity, and chemical and biological
response to external stimuli, in a well-controlled manner. In such biomaterial system, the copolymer
chains have the ability to organize by themselves in the water phase through intra- and intermolecular
interactions, thus forming structural diversity. There are experimental challenges to designing
model copolymer systems that will allow a faster response with slight variation of multiple stimuli.
Despite the challenges of fabricating smart materials that respond to multiple stimuli (e.g., temperature,
pH, and light), they have biomedical industrial importance. In the future, material scientists will
continue to investigate such systems to achieve scientific breakthroughs.

In a broader aspect, smart biomaterials can be designed by incorporating peptide and/or protein
into the polymer network, enabling the creation of a 3D scaffold for TE application [41,42]. For example,
Ito and co-workers [42] developed smart biomaterials by genetically engineered collagen-type
II protein, which was used for 3D scaffold fabrication to tailor chondrocytes proliferation and
migration, and promoted artificial cartilage formation [42]. In a separate study, it was reported
that cysteine-tagged fibronectin coupled with poly(ethylene glycol) (PEG) derivatives by employing
Michael-type addition, then crosslinked with thiol-modified HA [43], formed a 3D hydrogel matrix.
They demonstrated that these hydrogels were cytocompatible, fully supported human fibroblasts
adhesion, proliferation, and robust migration, and after implantation in porcine cutaneous promoted
dermal wound healing [39]. Similarly, a number of elastin-based block copolymers exhibiting a
wide range of mechanical properties have been developed for TE application [44]. The signaling
molecules in scaffold materials can be chemically linked to enhance cell binding. The functionalization
of synthetic polymers by PNIPAm-(Arg-Gly-Asp (RGD)) peptide promotes cells attachment, migration,
and functionality, and has been well reviewed [45].

In recent years, self-assembly systems have been developed both by chemically and biologically
synthesized peptides for neural tissue engineering [46] and the growth of human dermal fibroblasts
with excellent biocompatibility [47,48]. In the development of new biomaterials, self-assembly peptides
and proteins are currently and will remain an active field of research, as this system responds to the
external environment, namely, pH and temperature [49]. Although the generation of 3D-structure
scaffolds by using self-assembly peptides is highly reproducible, it faces a number of challenges
such as scale-up the process, production, and purification in a cost-effective manner. Without a
doubt, enormous effort is required, focusing on the rational design, discovery, fabrication, and the
process development.

With a deeper understanding of the fundamental behavior of biological complexity and the
physicochemical nature of native tissue, the rational design of new smart biomaterials and production
is made possible by applying multidisciplinary approaches, bringing together polymer chemists,
biomaterials scientists, tissue engineers, and medical surgeons.

4. Importance of Smart Biomaterials in TE

There is a socioeconomic need to replace and/or repair tissue with more advanced materials
approach, techniques, and methods focusing on functional tissue reconstitution [50] without adverse
effect. Although significant advances have been made in understanding the properties (e.g., physical,
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chemical, and biological) of so-called smart biomaterials, so far a very limited number of such type
of materials have met the demand of clinical need. Nevertheless, the European technology platform
reported that smart biomaterials could be key to enabling technology for regenerative medicine
and therapeutics [51].

In the context of TE, several researchers [52–55] have demonstrated that smart biomaterials
have the ability to maintain and control cellular behavior for functional tissue regeneration.
Yuan and coworkers [55] demonstrated that porous ceramic scaffolds alone induce substantial ectopic
bone formation without the incorporation of molecules and/or cells. Furthermore, authors have
clarified that, in a large bone defect in sheep, micro-structured tricalcium phosphate ceramic had the
highest osteoinductive potential for bone tissue repair without the addition of cells and/or growth
factors, and they defined such ceramics as a class of smart biomaterials for bone TE.

Generally, smart biomaterials respond to one or more environmental variables (e.g., temperature,
pH, ionic concentration, light, electric and magnetic fields), which influence cells behavior and
functionality as well as tissue modeling. A list of smart biomaterials that relate to cell culture and TE
is presented in Table 1 and Figures 1 and 2. A number of research strategies can be adopted for cells
attachment, growth, and differentiation towards specific tissue development.

Table 1. Smart biomaterials for cellular/TE applications that response to various types of stimuli.
PEO—polyethylene oxide; PPO—polypropylene oxide; DOX—doxorubicin.

Examples of Smart Biomaterials External Stimuli Applications

Poly(N-isopropylacrylamide) Temperature Patterned cells seeding and co-culture [56].

Pluronics® (poly(ethylene oxide)-
poly(propylene oxide)-poly(ethylene oxide))

Temperature Tissue engineering processes (new cartilage
formation [57].

PNIPAm-Arg-Gly-Asp (RGD) Temperature Controlling osteoblast adhesion and
proliferation [58].

Poly(2-propylacrylic acid) pH Protein/DNA intercellular delivery [59].

Chitosan/Polyethyleneimine (CS/PEI) blend pH Scaffolds for cellular functioning and
cartilage tissue engineering [40].

Self-assembling peptide Temperature and pH Neural tissue engineering [46].

Self-assembling peptide Temperature and pH
Peptide (P11-4) supported primary human
dermal fibroblasts growth and
proliferation [47].

Azobenzene-containing polymer brushes Light Human umbilical vein endothelial cells [60].

Spiropyran-containing polymer
brushes/graft copolymer Light Cell capture and release [61].

Poly(2-acrylamido-2-methyl-propane
sulphonic acid-co-N-butylmethacrylate) Electric field Controlled delivery of drug and cells [62].

Poly(N-isopropylacrylamide-acrylamide-
chitosan) (PAC)-coated magnetic
nanoparticles (MNPs)

Magnetic field,
temperature, and pH

Human dermal fibroblasts and normal
prostate epithelial cells culture and cancer
drug delivery [63].

Poly(6-O-methacryloyl-D-galactopyranose)-
SS-poly(γ-benzyl-L-glutamate) (PMAgala-
SS-PBLG)

Redox reaction DOX delivery and human hepatoma
cell receptor targeting [64].

Poly(ethylene-glycol)-Poly(acrylate) Light
Human mesenchymal stem cells growth,
proliferation, and chondrogenic
differentiation [65].

Gold membrane microchip Electrochemical Controlled release in implants [66].

Antibacterial Ti-Ni-Cu shape memory alloys Temperature Cellular compatible (e.g., L929 and
MG63) [67].
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Figure 2. Stimuli-responsive polymeric biomaterials for TE applications: (a) CS/PEI, pH responsive
hydrogel scaffold, scanning electron microscope image hydrogels frozen in liquid nitrogen and
freeze-dried (i), a confocal image of HeLa cells (labeled with CellTracker Green) grown within the
hydrogel (day 21) (ii), human fetal skeletal cells (labeled with CellTracker Green) grown within the
hydrogel on day 7 (iii) and day 28 (iv); (b) influence of photodegradable dynamic microenvironment
on chondrogenic differentiation of hMSCs was verified by immunostaining for the hMSC marker
CD105 (fluorescein isothiocyanate (FITC), green) and the chondrocyte marker COLII (tetramethyl
rhodamine isothiocyanate–labeled, red), cells did not produce COLII on day 4 (left), almost half
of the cells with peptide sequence (Arg-Gly-Asp-Ser (RGDS)) strongly expressed CD105, and the
other half produced COLII (right) on day 21; (c) self-assembly of complementary peptides hydrogels;
(i) TEM image of P11–13/P11–14 peptide fibrils and fibers, prepared at pH 7.4, primary human dermal
fibroblasts grown within hydrogel and their histological images P11–13/P11–14 hydrogel after 14 days of
culture (ii,iii). Black arrows indicate possible cell remnants of black, circular aggregates on some fibers.
P11-4 hydrogel with primary human dermal fibroblasts (red arrows) after 14 days of culture (iv) showing
Neo-ECM deposition; (d) bioresorbable scaffolds fabricated from polymer blend (CS/Polyvinyl acetate
(PVAc)/PLLA: 50/25/25) for bone TE; (i) SEM image of scaffold prepared by freeze drying using a
solvent-evaporation technique showing 3D porous network structure, immunostaining for osteogenic
bone-matrix proteins of STRO-1 + cells cultured on the scaffold (in vitro), cell nuclei are stained
with DAPI (green) and each bone matrix protein is stained by the Alexa 594 fluorochrome-conjugated
secondary antibody (red). Confocal microscopic images show Collagen type I (ii, iii), osteopontin (OPN)
(iv), bone sialoprotein (BSP) (v) and osteonectin (ONN) (vi). (d) (vii–xi) Quantitative μ CT analysis
for bone tissue regeneration of selected regions of interest within the osteotomy defect after 28 days.
Enhanced bone formation is demonstrated in both scaffold groups (without and with STRO-1 + cells,
respectively) when compared to the control group. Assessment of new bone regeneration in the defect
regions in femora of mice at 28 days following implantation, using indices of bone volume/total volume
(BV/TV) (x) and trabecular number (Tb No) (xi). Results are presented as mean ± SD, n = 4 per group,
∗ = p < 0.05, ∗∗ = p < 0.005. (a) reproduced with permission [40]. Copyright 2009, Wiley-VCH
Verlag, Germany. (b) Reproduced with permission [65]. Copyright 2009, Science. (c) Reproduced
with permission [47]. Copyright 2012, Wiley-VCH Verlag. (d) Reproduced with permission [12].
Copyright 2013, Wiley-VCH Verlag, Germany.
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For TE, the biocompatibility—or, no cytotoxicity—is the critical requirement for a smart
biomaterial. Successful biocompatibility indicates that such smart materials can be used to develop
3D-specific scaffolds using advanced techniques [17]. Scaffolds can be loaded with specific cell types,
proteins, and/or antibiotics, and subsequently implanted for functional tissue development. From a
clinical aspect, such smart implants should respond to the variation of their environment in a valuable
biological pathway.

For active tissue engineering, smart polymeric biomaterials are being designed for the regulation
of stem cell activity and to understand complex cellular processes. Poly(N-isopropyl acrylamide) and
poly(N,N′-diacrylamide) (Figure 1b) are common thermo-responsive dynamic polymers with lower
critical solution temperature (LCST), which have been explored for cells adhesion, spreading, and
release. Light is another stimulus of particular interest, which has been utilized for the degradation
of 3D hydrogel networks after stem cell encapsulation to enhance cellular expansion and their
chondrogenic differentiation [65], and has proved that the photodegradation of hydrogels networks
provide dynamic elastic modulus in a microenvironment very similar to soft tissue, as well as
influence the valvular interstitial cell function [68]. Light has also been employed to achieve
stronger materials via new crosslinking, resulting in the alteration of material mechanics [69].
In biomaterial scaffolds, dynamic properties can also be introduced by ionic crosslinking such as
alginate crosslinking by divalent cations for cells mobility and migration [70], DNA crosslinking for
fibroblast remodeling [71], and hydrogen bonding interactions between CS and polyethylenimine for
the chondrogenic differentiation of fetal skeletal cells [40].

The control of responsive biomaterials after implantation in the body is more challenging. Hillel
and coworkers developed an injectable scaffold for soft tissue replacement using poly(ethylene glycol)
(PEG) and hyaluronic acid (HA) that can be crosslinked in situ with light exposure to form a 3D
network [72] or modify the characteristic properties of scaffold materials [73]. Ultrasound is another
stimulus that has been utilized for ultimate drug delivery in a controlled manner [74]. An example
of a non-polymeric trigger, electrochemically activated microchip system, such as a gold membrane,
has been developed for controlled release in implanted materials [66].

Shape-memory materials are a subset of stimuli-responsive biomaterials that change their
geometry and mechanical properties with the variation of temperature or light [75,76], and may
lead to the next generation of dynamic 3D implantable smart biomaterials [77]. Shape-memory alloys
(e.g., Nitinol) have already found commercial use in orthodontic, orthopedic vascular, neurosurgical,
and surgical fields, and have been well documented [67,78,79]. In the last few decades, a number of
polymeric systems have been developed using a variety of functional monomers to generate block,
graft, and brush copolymers, along with biodegradable constructs and crosslinked polymers; moreover,
some such systems are available for biomedical applications.

Interactions of smart scaffold biomaterials with cells are crucially important, in which cells
need to receive signals continuously from biomaterials to regulate cellular function [80]. Smart
biomaterials should have the ability to mobilize growth factors in order to modulate cell proliferation
and phenotypes (as discussed before). Thus, the surface functionalization of biomaterials can be a
key technology to promote the biological performance of smart biomaterials. Smart biomaterials with
complex biological functionalities can be achieved either by the physical and/or chemical modification
of 3D structural properties to enhance tissue in-growth, vascularization, and nutrient passing [12,81,82].
Furthermore, smart biomaterials could be designed as absorbable scaffolds that are absorbed by the
host metabolic activity. However, the design of such absorbable constructs having biodegradation
kinetics continuously matching with the progress of new functional tissue development of the host
remains challenging. Nevertheless, structural design with sufficient elastic modulus and bioresorption
kinetics can be introduced to meet the physical, chemical, and biological properties of implantation
that enable minimally-invasive surgery, focusing on repairing that could lead to a more economically
viable healthcare system.
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Finally, the progress of non-active biomaterials is described. When the TE scaffold comes into
contact with cell culture medium or human body fluids, first of all, water molecules adsorb into the TE
scaffold, followed by protein adsorptions, deformations, and cell adhesions. The presence of water
molecules in TE scaffolds may play a pivotal role in mediating biochemical reactions between cells and
scaffold materials. In order to design the appropriate TE scaffold, the water structure and dynamics
of the TE scaffold must be considered. There are two types of water structures, namely non-freezing
and freezing water, that form the hydrated TE scaffold [83–85] (Figure 1d). It has been reported
in the published literature [83–85] that hydrated biomacromolecules such as DNA, RNA, proteins,
and polysaccharides also form intermediate water structures in addition to those of non-freezing
and freezing water. The intermediate water is also observed in biocompatible/inert/non-fouling
synthetic polymers (Figure 1d) [83–85]. The intermediate water dictates the cells behavior such as
cellular attachment, proliferation, migration, and differentiation [86–88], and can be considered as a
potential parameter for designing biomaterial scaffolds.

The molecular structure and dynamics that affect the water structure can be controlled by
interactions between the backbone and side chain of polymeric biomaterials [83,89]. Therefore, in theory,
the structure and dynamics of polymer molecules can be changed by altering the chain length,
the functional groups in its side chain, or the backbone of the polymer. The molecular structure and
dynamics of polymers can dictate the intermediate water contents. Using the concept of intermediate
water, a biodegradable and biocompatible polymer consisting of an aliphatic carbonyl group has been
designed and synthesized by ring-opening polymerization [90]. In the future, we hope to find a novel
route and methodology to generate well-defined smart biomaterials by considering chemical, physical,
and biological approaches towards the realization of a combinatorial, high-throughput pathway for
specific TE applications.

5. Concluding Remarks

It is clear smart biomaterials will find many applications in the biomedical field. To date, most of
the research has focused on pH- and temperature-responsive smart materials systems as carriers for
drugs, antibiotics, proteins, and DNA delivery to the cells. Thermal-responsive smart polymers derived
from natural polysaccharides, proteins, synthetic origins, and/or their conjugation and their thermal
behavior have been described in conjunction with cell behavior and tissue engineering. The design
of smart biomaterials with hierarchy architecture along with stimuli response and healing is crucial.
To date, advanced chemical technology provides the knowledge and tools for the synthesis, processing,
and characterization of smart polymers with integrated bioactive functionality aiming for biomedical
applications. Therefore, the performance and function of such biomaterial systems will eventually
depend on the method of assembly and interaction with complex biological interfaces. Although it is
not necessary to have all biomimetic properties of a native tissue in smart biomaterials [25], an in-depth
understanding of complex biology will facilitate rational design for intended tissue application. To date,
the most efficient biomaterials have been achieved from various functional monomers, macromolecules,
or oligomers by crosslinking along with biodegradable segments. Such systems are able to interact
with cells and promote cell-cell communication in response to stimuli, and are expected to be useful
for functional tissue generation, and concurrently act as a delivery agent (e.g., for growth factors,
antibiotics, drugs) for faster curing. Self-assembly peptides are excellent biomaterials that respond
to physico-chemical stimuli, and promising results have been achieved for 3D cell culture and tissue
engineering. However, a number of issues need to be addressed, as this technology in its early stage
of development.

Biomaterials after implantation experience a tremendously dynamic environment in physiological
complexes that demand better techniques and methodology to monitor biomaterials from a molecular
perspective, biodegradation to structural integrity changes, and functional tissue formation. Finally,
to facilitate future discovery processes, the rational design of smart biomaterials and their creation in
an economically viable route will remain an active field.
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Abstract: Human mesenchymal stem cells (hMSCs) have been widely studied for therapeutic
development in tissue engineering and regenerative medicine. They can be harvested from human
donors via tissue biopsies, such as bone marrow aspiration, and cultured to reach clinically relevant
cell numbers. However, an unmet issue lies in the fact that the hMSC donors for regenerative
therapies are more likely to be of advanced age. Their stem cells are not as potent compared to
those of young donors, and continue to lose healthy, stemness-related activities when the hMSCs are
serially passaged in tissue culture plates. Here, we have developed a cheap, scalable, and effective
copolymer film to culture hMSCs obtained from aged human donors over several passages without
loss of reactive oxygen species (ROS) handling or differentiation capacity. Assays of cell morphology,
reactive oxygen species load, and differentiation potential demonstrate the effectiveness of copolymer
culture on reduction in senescence-related activities of aging donor-derived hMSCs that could hinder
the therapeutic potential of autologous stem cell therapies.

Keywords: biomaterial; copolymer; stem cell; regenerative medicine; cell culture

1. Introduction

Human mesenchymal stem cells (hMSCs) offer a potential stem cell source for the translation of
tissue engineering strategies to repair or replace damaged tissues. In fact, several proof-of-principle
studies of direct stem cell injections into injury sites have resulted in improved function, such as in
bone [1], cartilage [2], heart [3], and large blood vessels [4]. However, to effectively translate these
studies to human clinical trials, hundreds of millions of hMSCs need to be grown for transplantation
at the injury site to be effective, as has been demonstrated in large animal studies [5]. Thus, a few
hundred thousand hMSCs that can be isolated from the bone marrow of any typical human donor
require expansion and break the Hayflick limit in the process [6]. Originally described in 1961,
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Leonard Hayflick and his colleagues observed that cells had decreased proliferation as they were
serially passaged in Petri dishes. This could become an obstacle to translating hMSCs for therapeutic
applications, because donors who would most often utilize such stem cell therapies are of advanced
age, and their hMSCs have likely undergone the process of senescence due to the many cycles of cell
division occurring over the donor’s lifetime.

hMSC phenotype undergoes senescence-associated changes from serial passaging on tissue
culture polystyrene (TCPS) due to cytotoxic insults such as the accumulation of the intracellular
reactive oxygen species (ROS) [7]. Seminal work by Wagner and colleagues reported that excessive
passaging of hMSCs resulted in a host of biochemical and functional alterations that were detrimental
to cell health [8]. Among their findings, surface markers unique to hMSCs diminished or disappeared,
coupled with profound alterations in mRNA expression profiles indicative of spontaneous differentiation,
apoptosis, cell cycle alterations, and inflammatory regulation. Cell proliferation also arrested and was
coupled to decreased differentiation capacity and increased β-galactosidase staining (a well-established
positive marker of cellular senescence). These observations were further verified in hematopoietic
stem cell progenitors by the same research group in order to demonstrate that senescence-associated
changes incurred in vitro were limited to hMSCs [9].

Similarly, Heo et al. conducted serially passaging studies on hMSCs that not only confirmed the
original findings by Wagner et al., but also specifically reported the loss of ROS handing proteins as the
upstream event that leads to hMSC senescence in vitro [7]. Reduced expression of APE/Ref-1 due to
serial passaging yielded increased ROS loads within hMSCs, which in turn accelerated accumulation of
β-galactosidase. These effects could be countered if APE/Ref-1 was overexpressed, and thus restored
homeostatic ROS levels. Kasper and colleagues further explored this phenomenon by looking at
proteomic alterations in young and old rat MSCs [10]. Older rats had fewer MSCs in the bone marrow
with concordant susceptibility in cellular senescence due to their inability to process ROS. Proteomic
profiling validated that the overabundance of ROS resulting in extensive macromolecular damage
could not be overcome with hindered antioxidant mechanisms caused by cellular senescence.

Aged hMSCs exhibit altered differentiation potential: younger cells are able to maintain multipotency
(e.g., osteogenic, adipogenic, chondrogenic differentiation capacity), but over multiple passages, older
cells are only able to differentiate into osteogenic and adipogenic lineages, and eventually only the
osteogenic lineage [11]. We have also reported that serially passaged hMSCs are more susceptible
to cancerous transformation, and the probability and degree of cancerous transformation is closely
correlated with β-galactosidase staining [12]. This becomes especially concerning for aged donors
whose cells have already undergone many divisions and could have hMSCs that harbor ROS-mediated
DNA damage that can more easily yield cancerous stem cells.

In order to expedite clinical translation, new, cheap, easily scalable strategies to maintain or
reinstate hMSC fitness following expansion must be developed to counteract this inherent decline in
cell health [13]. Generation of spheroid aggregates of hMSCs has been considered one of the most
effective cultural formats for maintaining hMSC therapeutic potency and avoiding passage-associated
senescence [14,15]. In fact, hMSC cell aggregates benefit from having increased functional capacity
such as pro-angiogenic [16] and anti-inflammatory properties [15,17–19]. However, generating large
quantities of aggregates from bioreactors or cell-repellant substrates can result in varying degrees
of success, as evidenced in the literature. Maintaining bioreactor systems has the complexity of
interconnected bioreactor components and unique contamination risks (e.g., chemical or biological)
that complicate the scaling up of this process [20]. Several groups have noted that optimization of
bioreactor yields requires improvement despite the careful monitoring of growth conditions [21], and
that precursor hMSC populations from the original in vivo aspirate are modified and/or lost after
20 population doublings [22]. Additionally, controlling the size of the hMSC aggregates during a
scale-up of the bioreactor risks the aggregates developing necrotic cores that could result in negative
consequences for the recipient tissues receiving the cells [23–25]. Moreover, the ability to handle and
break down these aggregates into single cell suspensions for injection is difficult.
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Approaches other than aggregates have also been developed for the extensive culture of hMSCs.
With respect to culture substrates, many groups have employed inverted hanging drop wells that
have cell-repellant surfaces [15,26–28]. In one study by Ng et al., adipose MSCs were expanded
in vitro by culturing on extracellular matrix (ECM) protein produced by fetal MSCs [29]. Although the
adipose MSCs demonstrated increased functional capacity over several passages, concerns regarding
immunogenicity arise when using ECM from another human donor, which could ultimately stimulate
a negative immune response by the stem cell recipient. Also, the financial burden of continually
generating uniform fetal ECM and harvesting fetal MSCs to generate the ECM could become
exponential. Alternatively, other groups like Duffy et al. have developed synthetic polymer culture
substrates that reduce harsh passaging techniques to grow hMSCs over many passages [30]. While
their enzyme-free substrate did demonstrate marginal improvement in adipose MSC differentiation,
the surface marker profiles were not maintained, thereby challenging the efficacy of the system beyond
simple differentiation assays and the monolayer appearance of the cells.

Using these studies as inspiration, we set out to demonstrate a cheap, easily-reproducible, and
effective culture platform that could maintain stem cell phenotype and functional capacity over
serial passaging. In previous work, we found that by using a poly(ethylene glycol) (PEG) and
poly(ε-caprolactone) (PCL) copolymer film as a culture substrate, human bone marrow-derived
MSCs maintained high stemness, retained key surface protein markers lost during in vitro culture
(STRO-1), contained low reactive oxygen species load, and adopted decreased proliferation rates
compared to conventional TCPS plates [31]. Morphologically, the moderate repellency of specific
PEG-PCL (poly(ethylene glycol)-poly(ε-caprolactone)) film compositions created an optimal interface
that allowed hMSCs to bind the amorphous PCL domains while the hydrophilic PEG domains forced
the cells to aggregate into spheroids that were morphologically similar to marginating hMSCs in the
bone marrow. Therefore, because we had validated that our PEG-PCL copolymers could reproduced in
the aforementioned findings in random hMSC donors, we hypothesized that the PEG-PCL copolymer
films could be used to serially-passage hMSCs from aging donors (age > 65 years old) as a means to
attenuate senescence-associated activities resulting from serial in vitro expansion. We demonstrate that
culture on this material maintains the cells in a pro-stemness state throughout expansion, as evidenced
by a series of functional assays including flow cytometry detection of reactive oxygen species (ROS),
and adipogenic and osteogenic differentiation assays. To our knowledge, this is the first paper to
demonstrate that the therapeutic capacity of hMSCs isolated from aging donors can be enhanced
through serial passaging on a custom synthetic material. The findings presented here offer insight for
designing clinically relevant materials for hMSC-based therapies.

2. Results

2.1. Experimental Design

The synthesis of the PEG-PCL polymer was based on ring opening polymerization of
ε-caprolactone onto methoxy-PEG (Figure 1A). X and Y refer to the mole percent fraction of PEG and
PCL, respectively. Based on prior work in our group [31], we utilized a 5% PEG–95% PCL copolymer
in which the PEG block was 2000 Da in size [32]. This polymer served as a favorable hMSC culture
substrate in that in vivo-like cell morphologies were adopted by the cells in addition to reinstatement
of an in vivo surface marker, STRO-1, and lowered ROS load compared to hMSCs cultured on TCPS.
For the current study, a spin coater was employed in order to create easily reproducible copolymer
films that the cells could grow on (Figure 1B). As illustrated, a Pyrex© Petri dish (or coverslip) was
placed in the spin coater with a small amount of copolymer solution added in the center. The rotation of
the block spread the solution evenly across the surface of the dish (or coverslip) yielding the copolymer
film in a culture-ready vessel, and additional spinning at a higher rate allowed for the volatile organic
solvent to evaporate, leaving a thin, uniform polymer film on the glass surface.
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Figure 1. Experimental overview. (A) The poly(ethylene glycol)-poly(ε-caprolactone) (PEG-PCL)
copolymer was synthesized using methoxy-PEG and ring-opening polymerization of ε–caprolactone;
(B) polymer films were generated by spin-coating copolymer solution onto coverslips or into Pyrex©
petri dishes as shown in the illustration. First, a set volume of 1% w/v PEG-PCL solution was dropped
onto coverglass or Pyrex© Petri dishes. The coverglass or dishes were placed into the spin coater and a
spin program (green arrows) was applied to the substrates. The PEG-PCL solution was evenly spread
out on the surface with the solvent evaporating in the process; (C) the timeline of experiments with
respect to passage number of the donor human mesenchymal stem cells (hMSCs). Red indicates that
passage numbers where imaging or functional tests were performed.

For the longitudinal study, patient hMSCs were isolated from donors, expanded two passages on
TCPS, and then subsequently cultured to passage 6 on either TCPS or PEG-PCL substrates (Figure 1C).
Upon initial collection of bone marrow aspirate, the bone marrow was passed through a 70 μm
filter, cultured on Histoplaque, and the mononuclear cells were collected and subsequently plated
on TCPS. The hMSCs were the only cells to adhere to TCPS dishes at passage 0. Non-adhesive cells
obtained from the filtered bone marrow aspirate (e.g., hematopoietic stem cells) were removed by
media aspiration and gentle media washes. The adhesive cells were grown to confluence before being
evaluated for appropriate positive and negative MSC markers at passage 1 (refer to Balikov et al. [31]).
Cells were frozen following a standard stem cell culture method utilizing 70% complete media, 20%
FBS (fetal bovine serum), and 10% DMSO (dimethyl sulfoxide) prior to serial passaging. As indicated
in the Figure 1C, cells were passaged every 4 days, the time needed for hMSCs from all three donors
to become confluent on TCPS. At day 4, cells were removed from either TCPS or PEG-PCL and
then re-plated onto a fresh culture substrate of the same material at the same cell seeding density of
10,000 cells/cm2. Four days of cell growth was chosen due to TCPS culture reaching nearly 100%
confluency at 96 h post-seeding at 10,000 cells/cm2. At passages 3 and 6, hMSCs were evaluated
for functional capacity by evaluating cell morphology, intracellular ROS load, and osteogenic and
adipogenic differentiation capacity. The total number of cells collected from PEG-PCL films were
nearly double than that initially seeded, while the total number of cells collected from TCPS was nearly
triple the amount originally seeded.
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2.2. Morphological Change of hMSCs on TCPS and PEG-PCL over Passages

hMSCs from all donors showed markedly altered cellular morphology when passaged on TCPS
or PEG-PCL (Figure 2). At passage 3, hMSCs grown on TCPS displayed a flattened, spread shape
typical of this cell type. Most cells were oriented along a single major axis, and actin stress fiber
organization was clearly visible. However, when hMSCs were cultured on PEG-PCL, distinct cell
clusters, reminiscent of hanging drop aggregates, were formed. Cells within the aggregates were round
in morphology, with some cells exhibiting spindle-like extensions. Actin stress fibers were only present
on the few cells that had spindle-like extensions, while rounded cells within the cell aggregate had
minimal polarized actin fiber staining. At passage 6, TCPS hMSCs were highly aligned with strong
spindle morphology, forming a cell sheet. Actin stress fibers were still clearly demarcated, coupled
with the cells aligning along a major axis. With respect to PEG-PCL substrates, hMSCs continued to
form aggregate cell clusters, but both diameter and number of constituent cells increased by visual
inspection. Furthermore, the diversity in spheroid morphology can be seen among the donors, in
which donor 2 maintained a tight, enlarged spheroid of cells, donor 1 had more cellular spindle
projections anchoring to the copolymer surface, and donor 3 contained a spheroid with a broad based
of spindle-shaped hMSCs along the copolymer surface like a cell-feeder layer. Of note, passage 6 was
not exceeded in this study due to the spheroids becoming so large that they no longer adhered to the
surface of the PEG-PCL, thereby rendering the beneficial aspects of the copolymer substrate ineffective.

 

Figure 2. Morphological changes occur over serially passaging human mesenchymal stem cells on
their respective substrates. Cells were stained with AlexaFluor-488-conjugated phalloidin (green) and
Hoechst nuclear counterstain (blue). Scale bar = 100 μm.

2.3. ROS Load

All donors displayed decreased levels of detected intracellular ROS when grown on the PEG-PCL
compared to TCPS (Figure 3). Passage 3 fluorescent signal was decreased by ~1 order of magnitude,
and this effect was maintained at passage 6. TCPS curves (blue) had a tight population distribution
while PEG-PCL (green) was more heterogenous, as seen by the increased peak width. This could be
due to differences in the cells closer to the material interface (likely with higher ROS) compared to the
cells within in the cell aggregate (lower ROS).
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Figure 3. PEG-PCL copolymers reduce intracellular ROS load of donor cells at both passages. Human
mesenchymal stem cells (hMSCs) were incubated with DCFDA, and FITC intensity correlated with
active ROS species. The graphs shown are representative results from n = 3 independent experimental
replicates. Blue is TCPS and green is PEG-PCL. All donors for both passages had decreased ROS loads
for hMSCs grown on PEG-PCL compared to TCPS.

2.4. Differentiation Capacity

The degree of osteogenic differentiation, as evaluated by image-based quantification of Alizarin
Red stain, was maintained when hMSCs were serially passaged on PEG-PCL (Figure 4). Different
staining patterns were observed across all donors at passage 3, with enhanced mineralization for donor 2.
However, at passage 6, staining intensity was markedly decreased on TCPS, with minimal staining for
donor 2. Adipogenic differentiation had mixed results across all donors (Figure 5). Staining patterns of
Oil Red O for TCPS and PEG-PCL did not show unique patterning or oil droplet shape, nor were there
statistically significant differences in staining intensity between the substrates at either passage.

Figure 4. Cont.
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Figure 4. Osteogenic differentiation of hMSCs. Human mesenchymal stem cells (hMSCs) were stained
with Alizarin Red after one month of osteogenic differentiation. Increased Alizarin Red staining was
observed on PEG-PCL at both passage 3 and passage 6 compared to TCPS. The staining morphology
was drastically different at for TCPS at passage 6 relative to TCPS at passage 3 with little staining for
donor 2, while donors 1 and 3 had patches of positive staining, indicating a decrease in differentiation
potential over serially passaging of the cells. Mean intensity of the stain is plotted for all donors for
each substrate with n = 3 independent experimental replicates, in which PEG-PCL had increased
relative stain intensity compared to TCPS for all donors at both passages. * p < 0.05, *** p < 0.001.
Scale bar = 100 μm.

Figure 5. Adipogenic differentiation of hMSCs. hMSCs were stained with Oil Red O after one month
of adipogenic differentiation. Oil Red O staining did not appear different across all donors for both
passages, and heterogeneity of droplet size can be seen in the images. Mean intensity of the stain
is plotted for all donors for each substrate with n = 3 independent experimental replicates, and no
significant differences between TCPS and PEG-PCL were reported. Scale bar = 100 μm.

3. Discussion

Longitudinal, serial passage of hMSCs for regenerative medicine and tissue engineering-based
therapies is undoubtedly a prerequisite that is critical to clinical success. Regardless of allogenic or
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autologous donor cells, ensuring that a sizable stem cell mass is prepared for host injection enables
the greatest chance for engraftment. However, in the process of expanding stem cells, phenotype
characteristics associated with senescence could inhibit success rates of future stem cell therapies and
potentially raise the risk of harming patients. Therefore, different culture strategies ranging from
pro-aggregate culture vessels to minimally-disrupted monolayer substrates have been explored for
culturing hMSCs ex vivo [15,20,26–28]. Here, we sought to employ a copolymer composed of PEG-PCL
that has been shown in previous work to regulate hMSC function through nanoscale interactions as
a culture platform to expand healthy cells from aging donors. We have demonstrated that hMSCs
cultured on the PEG-PCL material maintain osteogenic capacity and a lower ROS level than those
cultured on TCPS.

Prior work in our lab discovered that carefully tuning of PEG-PCL copolymer composition
manipulated the homeostasis of hMSCs towards a more potent and potentially therapeutic
phenotype [31]. Of note, this previous work also demonstrated that cells on PEG-PCL materials
exhibited a significantly reduced proliferation rate compared to those grown on TCPS, although
cells on both materials were proliferative (approximately 40% on TCPS versus 10–20% on PEG-PCL).
Similar to the aforementioned study, cells on the copolymer were into a forced aggregation state, but
as the passage number progressed, the size of these aggregates increased (Figure 2). The formation of
aggregates with a small interfacing cell layer on the material that act like a “feeder layer” has been seen
in vivo in the bone marrow [33–35]. Additionally, speculation of hMSCs being related to pericytes,
which is still under debate in the field, demonstrates the same balance of cell-cell (pericyte-endothelial
cell) and cell-matrix interaction (pericyte-surrounding ECM), and the PEG-PCL appears to cause the
hMSCs to behave as if they were in a bone marrow or capillary-like environment [36]. A separate
study conducted by our research group observed that the hMSCs culture on PEG-PCL formed a thin
monolayer interface with the copolymer film followed by a significant accumulation of cells that
created a spheroid cell mass [32]. While these structures were only studied for one passage on the
copolymer film, the change in hMSC phenotype over continuous serially passaging on the copolymer
films could influence the preference of the hMSCs to engage in stronger and more numerous cell-cell
contacts, hence resulting in larger cell aggregates by passage 6. Of additional note, the qualitative
differences in spheroid morphologies observed are likely due to inherent differences among the donors,
as has been reported in the literature [37,38], although no measurable parameter can be identified as
causing these morphological disparities.

Because the functional capacity of hMSCs has direct effects on their clinical usefulness, the first
functional test evaluated was ROS load in the hMSCs. It is well known that general cell health decreases
as ROS increases in the cell, thereby increasing the likelihood of cancerous or apoptotic-inducing
changes occurring [39]. ROS loads for hMSCs cultured on TCPS for both passages were higher than
those cultured on PEG-PCL (Figure 3). This aligned with previous literature reporting stem cell niches
(exhaustively reviewed by Zhou, Shao, and Spitz [40]). A small, healthy fraction of stem cells that
replenish the stem cell population has naturally low amounts of ROS. This is also logical given that
ROS can also damage DNA, increasing risk of abnormal cell behavior. Because hMSCs cultured on
PEG-PCL maintained a similar level of ROS through passage 6, our substrate appears to keep these
hMSCs in a pro-stem cell state and correlates with the growing size of the aggregates (Figure 2).
This explanation is further supported by a study by Zhang et al. that showed spheroid aggregates
of gingiva-derived hMSCs expressed SOD2 (an antioxidant protein) throughout the aggregate [41].
As seen in Figure 2, the ROS curves for cells on PEG-PCL are wider than those for TCPS, indicating
a greater distribution in the ROS load for cells on the copolymer substrate, which could be due to
their location within the cell aggregates. That is, cells in direct contact with the surface might have a
different ROS state than those within the middle of the cell aggregate.

hMSCs used for future tissue engineering therapies will likely be differentiated into other cell
types for healing damaged tissues. Hence, differentiation assays were conducted for osteogenesis
and adipogenesis (Figures 4 and 5). In the original publication defining the bone marrow stromal
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population, researchers confirmed that the stromal cells were multipotent and able to differentiate
into multiple mesenchymal stem types including bone, cartilage, and fat [42]. hMSCs have also
been differentiated into neurons [43] and cardiac cells [44], but for this study osteogenesis and
adipogenesis were employed in order to compared to long-established literature. Osteogenic potential
was maintained for hMSCs cultured on PEG-PCL, while the ability for successful mineralization
was abrogated by passage 6 for TCPS. Loss of osteogenic potential is known to occur due to
senescence-associated changes [45–47], and that donor source does not influence the degree of
differentiation but rather the phenotype of the hMSCs prior to differentiation induction [48], thus
validating that the pro-stemness phenotype was maintained on PEG-PCL. Of equal note, it has been
shown that spheroid morphologies adopted in hMSC culture improve the degree of osteogenesis [49],
even going so far as to determine that enhanced epigenetic changes promoting pro-stem cell
transcription factors prior to induction drove increased activity in pro-osteogenic proteins like alkaline
phosphatase [50]. However, no significant changes were seen in adipogenic differentiation. This
result has been reported by Cheng et al. in which bone-marrow derived hMSCs did not exhibit
increased efficiency in adipogenic differentiation following culture on chitosan films, while osteogenic
differentiation was markedly enhanced along with increased RUNX2 expression [51]. The results
could also be due to the age of the donors utilized in this study, thereby reducing their differentiation
capacity [11].

4. Materials and Methods

4.1. Polymer Substrate Preparation

5% PEG (Mw = 2000 Da)—95% PCL (PEG-PCL) was synthesized using methods previously
described [52]. Briefly, PCL was extended from the free end of methoxy-PEG by ring-opening
polymerization of distilled ε-caprolactone at 120 ◦C for 4 h and then precipitated in ice-cold diethyl
ether. The copolymer was then desiccated to remove excess diethyl ether, thereby leaving the final
copolymer product behind. Spin-coated polymer films were prepared with a commercial spin-coater
(Laurell Technologies, North Wales, PA, USA). 15 mm circular glass cover slips (Fisher Scientific,
Hampton, NH, USA) were first cleaned with 100% ethanol (Sigma Aldrich, St. Louis, MO, USA),
rinsed with dH2O, and heated to 80 ◦C for ~20 min to dry. A 1% weight/volume (w/v) solution of
the copolymer in tetrahydrofuran (THF, Sigma Aldrich, St. Louis, MO, USA) was spun for 30 s at
3000 RPM atop the clean glass cover slip. For preparation of “large-scale” Petri dish polymer films,
Pyrex Petri dishes (Corning Inc., Corning, NY, USA) were cleaned as described above, and 1 mL of a
1% w/v solution of polymer in THF was spun for 2 min at 1500 RPM to coat the surface. All samples
were then exposed to constant vacuum for ≥30 min to remove excess solvent and kept in a desiccator
until use. Coverslips and dishes were UV sterilized for 60 min before use for cell culture.

4.2. Cell Culture

hMSCs were acquired from three patients at Vanderbilt University Medical Center in cooperation
with Dr. Pampee P. Young, according to previously published methods [53]. To briefly summarize,
bone marrow isolates were diluted in HBSS and passed through a 70 μm filter, which was subsequently
plated onto Histopaque (Sigma Aldrich). The non-adherent cells were washed away and replated on
TCPS in complete media. Once the cells were confluent, they were passaged and a small fraction was
saved for MSC phenotyping using a Human MSC Phenotyping Kit from Miltenyl Biotec (Auburn,
CA, USA). Flow cytometry was performed with this kit to evaluate expression of CD14, CD20, CD34,
CD45, CD73, CD90, and CD105. All donors were CD14/20/34/45 negative and CD73/90/105 positive
at greater than 99% of the sample population as described in our previous report by Balikov et al. [31].
All patients provided informed consent for use of their bone marrow aspirates for research purposes.
Processing and handling of the cells were carried out in accordance to relevant guidelines and
regulations established by both Vanderbilt University and the National Institutes of Health, and
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experimental protocols were reviewed and approved by the Vanderbilt Institutional Review Board.
All patients were male and over the age of 65 with no known blood disorders or cancer diagnosis
at the time of bone marrow harvest. hMSCs were maintained in complete media (CM) composed of
alpha-minimum essential media with nucleosides (αMEM, Life Technologies, Carlsbad, CA, USA)
with 16.7% fetal bovine serum (Life Technologies), 1% penicillin/streptomycin (Life Technologies), and
4 μg/mL plasmocin (InvivoGen, San Diego, CA, USA). Cells were kept in a humidified incubator at
37 ◦C and 5% CO2, and media was replaced twice each week. For all experiments, hMSCs were seeded
at a density of 10,000 viable cells/cm2, as determined by exclusion of Trypan blue, and cultured for
four days before passaging.

4.3. Immunocytochemistry

hMSCs were fixed with 4% paraformaldehyde (PFA, Sigma Aldrich) for 15 min, permeabilized
with 0.3% Triton-X (Sigma Aldrich) for 15 min when probing intracellular targets, and blocked with
10% goat serum (Sigma Aldrich) for >2 h, all at room temperature. Cells were incubated with
Alexa488-phallodin (1:40 v/v in Phosphate-Buffered Saline, Life Technologies) for 10 min followed by
counterstaining with Hoechst (Sigma Aldrich, 2 μg/mL) for 20 min at room temperature. Imaging
was performed with a Zeiss LSM 710 confocal microscope (Carl Zeiss, Oberkochen, Germany), and
images were processed with ImageJ (National Institutes of Health, Bethesda, MD, USA).

4.4. Measuring Levels of Intracellular Reactive Oxygen Species (ROS)

hMSCs were incubated with 10 μM 5-(and-6)-chloromethyl-2′,7′-dichlorodihydrofluorescein
diacetate acetyl ester (DCFDA) (Life Technologies) in serum-free DMEM for 30 min following the
manufacturer’s instructions. Cells were trypsinized and run on a BD LSR Fortessa (BD Biosciences,
Franklin Lakes, NJ, USA) with the appropriate unstained control. n = 3 biological replicates were
conducted per substrate condition. Data were analyzed by FlowJo software (Tree Star Inc., Ashland,
OR, USA).

4.5. Differentiation Assay

hMSCs were grown on TCPS or PEG-PCL at their indicated passage for 4 days before being
trypsinized and moved to 24-well TCPS plates. Differentiation assays were performed based on
pre-established protocols [54,55]. Adipogenic media using AMEM contained 16.7% FBS, 1% penicillin/
streptomycin, 4 μg/mL plasmocin, 0.1 μM dexamethasone, 0.45 mM 3-isobutyl-1-methylxantine,
0.2 mM indomethacin 1 μg/mL insulin, and 1 μM rosiglitazone. Osteogenic media using AMEM
contained 16.7% FBS, 1% P/S, 4 μg/mL plasmocin, 10 nM dexamethasone, 5 mM β-glycerophosphate,
and 50 μg/mL ascorbate-2-phosphate. All specialized differentiation media reagents were purchased
from Sigma-Aldrich. Cells were cultured under induction media for one month and then fixed with
4% PFA. Cells were stained with Oil Red O (ORO) and Alizarin Red S (ARS) for adipogenic and
osteogenic staining, respectively. Images were taken with a Nikon Ti inverted microscope (Nikon
Instruments Inc., Melville, NY, USA) and processed with ImageJ. Stain quantification was performed
on n = 3 independent experimental replicates. Images were first converted to a RGB stack followed
by setting a threshold range in the green channel to account for variation in background light from
brightfield imaging. The images were inverted resulting in a new grayscale image, and mean intensity
was measured.

4.6. Statistical Analysis for ROS and Differentiation Assays

Comparisons between substrates for differentiation assays were performed with a Student’s
unpaired t-test. In all cases, p < 0.05 is considered statistically significant. Mean ± standard deviation
is reported, unless otherwise noted.
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5. Conclusions

In this study, we explored the ramifications of serially passaging human bone marrow-derived
hMSCs from aged patient donors on a novel PEG-PCL copolymer film to maintain functional capacity
and stem cell phenotype for future applications in tissue engineering and regenerative medicine.
hMSCs grown on the films illustrated morphologies representative of hMSCs found in vivo and
maintained low ROS loads that if unchecked are known to be associated with the progression of
senescence-associated changes. Finally, the maintenance of differentiation capacity of PEG-PCL hMSCs
demonstrated relevance of using our alternative copolymer film to maintain stem cell functionality for
downstream hMSC adoption of target tissue cell types.
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Abstract: Directing angiogenic differentiation of mesenchymal stem cells (MSCs) still remains
challenging for successful tissue engineering. Without blood vessel formation, stem cell-based
approaches are unable to fully regenerate damaged tissues due to limited support for cell viability and
desired tissue/organ functionality. Herein, we report in situ cross-linkable gelatin−hydroxyphenyl
propionic acid (GH) hydrogels that can induce pro-angiogenic profiles of MSCs via purely
material-driven effects. This hydrogel directed endothelial differentiation of mouse and human
patient-derived MSCs through integrin-mediated interactions at the cell-material interface, thereby
promoting perfusable blood vessel formation in vitro and in vivo. The causative roles of specific
integrin types (α1 and αvβ3) in directing endothelial differentiation were verified by blocking the
integrin functions with chemical inhibitors. In addition, to verify the material-driven effect is not
species-specific, we confirmed in vitro endothelial differentiation and in vivo blood vessel formation
of patient-derived human MSCs by this hydrogel. These findings provide new insight into how
purely material-driven effects can direct endothelial differentiation of MSCs, thereby promoting
vascularization of scaffolds towards tissue engineering and regenerative medicine applications
in humans.

Keywords: injectable gelatin hydrogels; patient-derived mesenchymal stem cells; integrin-mediated
interactions; material-driven endothelial differentiation; angiogenesis

1. Introduction

Over the past few decades, stem cell therapies have demonstrated a certain degree of clinical
success for thin tissues such as skin and cartilage [1–3]. These favorable outcomes have generated
additional enthusiasm that these therapies could be translated to regenerate metabolically active
tissues and organs with support from biomaterials. These therapeutic targets, however, require a
high degree of vascularization to support influx and outflux of nutrients, oxygen, and waste products
because if there are no blood vessels within any 200 μm (maximum) area, cells and tissue undergo
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necrosis [4]. Without blood vessel formation, stem cell-based approaches will not be fully successful in
regenerating damaged tissues, particularly thick tissues, due to limited support for cell viability and
desired tissue/organ functionality.

Continuous progress has been made to promote vascularization of scaffolds by incorporating or
conjugating vascular growth/signaling factors (e.g., vascular endothelial growth factor; VEGF) [4–7].
While these approaches are effective in vitro, their in vivo effects are still questionable due to a short
half-life (<30 min) of biological molecules under physiological conditions, and side effects associated
with hypotension and edema [8–10]. Therefore, several methods have been considered in order to
increase growth factor bioactivity over extended periods of time such as (i) incorporating components
of the normal extracellular matrix (ECM) (e.g., heparin and fibronectin) that stabilize these factors
and/or promote their activity; (ii) encapsulating growth factors in protease-resistant reservoirs that
serve as a physical barrier against protease attack; and (iii) engineering proteolytic cleavage sites
within growth factor proteins to inhibit their degradation [11,12]. However, there are still concerns
about the expensive supply of growth factors and paracrine side effects associated with uncontrolled
release into systemic circulation.

To address this unmet need, purely scaffold material-driven effects have been explored [13–16].
Controlling material properties at the cell–material interface (e.g., matrix stiffness and integrin–matrix
interactions) can direct stem cell differentiation, which includes endothelial differentiation of
mesenchymal stem cells (MSCs) [1,17]. For example, hydrogels have many advantages to mimic
tissue properties due to tunable properties, including hydration and stiffness [18,19]. Moreover, their
injectable format can provide a 3D microenvironment when cells are encapsulated and delivered to
a target site. We previously developed an in situ forming gelatin−hydroxyphenyl propionic acid
(GH) hydrogel. This hydrogel type was used as an injectable/sprayable platform upon a horseradish
peroxidase (HRP)-mediated cross-linking reaction to deliver therapeutic cells and drugs [20–22]. In
particular, this gelatin hydrogel, within a specific range of mechanical stiffness (0.5−3 kPa), was found
to direct robust differentiation of mouse bone marrow-derived MSCs (mMSCs) into endothelial cells,
and induce extensive vasculogenesis without any biological supplementation in vitro and in vivo [23].

In the present follow-up study, we accomplished the following three objectives. First, we identified
a mechanism at the cell–matrix interface that is responsible for directed differentiation of mMSCs into
endothelial cells. The causative roles of specific integrin types (α1 and αvβ3) in directing endothelial
differentiation were verified by blocking the integrin functions with chemical inhibitors. Second, to
verify the material-driven effect is not species-specific, we confirmed in vitro endothelial differentiation
of patient-derived human MSCs (hMSCs) by this hydrogel. Third, we confirmed consequent, improved
blood vessel formation of these patient hMSCs when delivered through the gelatin hydrogel system in
a subcutaneous implantation model of immune compromised mice.

While only about ~300 genes out of approximately 20,000 are unique to either humans or mice as
revealed from whole genome sequencing, interspecies differences have been rather difficult to predict
and understand at times, as evidenced by countless clinical trials that have ultimately failed after
successful pre-clinical studies in mice [24]. Therefore, robust validation in human patient-derived
MSCs is required for successful translation. To this end, we have isolated bone marrow-derived MSCs
from three patients, particularly from old patients (>65 years old) as they stand to benefit the most from
regenerative medicine approaches. This approach is necessary to provide new insight into how purely
material-driven effects can direct endothelial differentiation of MSCs, thereby promoting vascularization
of scaffolds towards tissue engineering and regenerative medicine applications in humans.

2. Results and Discussion

2.1. Characterization of In Situ Forming Gelatin−Hydroxyphenyl Propionic Acid (GH) Hydrogels

To prepare in situ cross-linkable gelatin hydrogels, we first synthesized HRP-reactive
phenol-conjugated gelatin polymer (GH conjugate, phenolic content = 143 μmol/g of polymer).

137



Int. J. Mol. Sci. 2017, 18, 1705

This GH polymer solution (7 wt %) dissolved in PBS (pH 7.4) was subjected to HRP/H2O2-tiggered
oxidative cross-linking (Figure 1A) [21]. Based upon our previous findings that GH hydrogels with
<3 kPa mechanical stiffness led to robust vasculogenic induction of mMSCs in vitro and in vivo,
we prepared two different GH hydrogels with distinct degrees of mechanical strength (GH-7-L; 1.4 kPa
and GH-7-H; 3.0 kPa) for the present study [23]. The softer hydrogels (<1.0 kPa) were excluded because
of fast degradation within a few days in in vitro cell experiments [23].

To characterize the mechanical stiffness of GH hydrogels formed with HRP (2.5 μg/mL) and H2O2

(0.005 wt % for GH-7-L and 0.006 wt % for GH-7-H), we investigated H2O2 concentration-dependent
viscoelastic modulus (G’ and G”) as a function of time (Figure 1B,C). The time point at which G’ and
G” intersect each other (G’ > G”) is defined as a hydrogel formation [25]. The HRP/H2O2 interactions
catalyzed in situ cross-linking among phenolic groups of GH conjugates, and thus resulted in a rapid
gelation where an intersected point of G’/G” was observed within 15 s. In addition, higher H2O2

concentration led to a greater G’ of hydrogels due to the increased cross-linking density where it was
confirmed that G’ of GH-7-L and GH-7-H were 1.4 and 3.0 kPa, respectively. We also characterized
proteolytic degradation rates of GH-7-L and GH-7-H gels incubated in the media with or without
collagenase solution (0.4 μg/mL) as a function of time. As shown in Figure 1D, GH-7-L and GH-7-H
hydrogels completely degraded within 24 and 53 h, respectively, whereas the GH-7-L gels incubated
in the media without collagenase were stable for 53 h. This result indicates that GH hydrogels can be
degraded through the decomposition of gelatin backbone by matrix metalloproteases present in the
body, and their degradation rate is dependent on the cross-linking density.

Figure 1. In situ forming gelatin−hydroxyphenyl propionic acid (GH) hydrogels as a translatable
platform for mesenchymal stem cell (MSC) delivery. Schematic illustration of GH hydrogels that
direct endothelial differentiation of MSCs and induce robust vascularization via integrin-mediated
interactions. MSCs are collected from three patients’ bone marrow (>65 years old) and loaded in GH
hydrogel matrices during HRP/H2O2 cross-linking reaction (A); Time-sweep elastic modulus (G’) and
viscous modulus (G”) of GH hydrogels with different concentration of H2O2 (0.005 wt % for GH-7-L
and 0.006 wt % for GH-7-H) and HRP (2.5 μg/mL) measured by rheometer (B,C); In vitro degradation
profiles of GH-7-L and GH-7-H hydrogels in the presence or absence of collagenase (0.4 μg/mL)
treatment (n = 3) (D).
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2.2. Gelatin Hydrogel Material-Driven Differentiation of MSCs (Mesenchymal Stem Cells) into
Endothelial Cells

We next investigated the interfacial mechanism behind purely gelatin material-driven
differentiation of MSCs into an endothelial lineage. While a number of previous studies have
shown purely material-driven differentiation of MSCs into osteocytes, neural cells, and chondrocytes,
endothelial differentiation most commonly required an extensive use of biochemical agents such
as vascular endothelial growth factor (VEGF) and fibroblast growth factor (FGF) [26–28]. In our
previous study, we also observed an increased expression of VEGF receptor 2 in mMSCs cultured in
GH hydrogels without any addition of growth factors [23]. Therefore, we hypothesized that integrins
at the cell-matrix interface might play a key role in inducing the endothelial differentiation of MSCs.
Integrins are extracellular matrix receptors expressed on the cell membrane, and they serve as a
physical anchoring point for adherent cells. Seminal studies have shown that many integrins are
responsible for mediating cell–matrix interaction [29,30]. For example, integrins α1-3 and α6 with their
downstream signaling are crucial in driving MSC differentiation to an endothelial lineage by binding
to a mixed laminin I and collagen IV substrate. Therefore, inquiring if integrin binding to the GH
hydrogel caused endothelial differentiation of mMSCs, as seen in our previous work, would suggest
that translation to hMSCs is possible as they express the same integrins.

In order to identify the types of integrin involved in the material-driven effect on mMSCs,
we profiled expression of various integrins through qRT-PCR (Figure 2A). Of 26 integrins known to
date, we focused on specific integrins that bind to collagen and other ECM components involved in
angiogenesis. Integrin α1 (collagen receptor) expression of mMSCs in GH-7-L and GH-7-H gels were
significantly upregulated (3.8−4.9 times) compared to the TCPS condition. Additionally, integrin αv

and β3, together forming a heterodimer that plays a significant role in angiogenesis, were shown to
be upregulated. Lastly, ERK1, a key downstream signaling molecule in endothelial differentiation,
was significantly upregulated as well.

 

Figure 2. Integrin-mediated mechanisms at the cell–material interface. mRNA expression levels
of mMSCs cultured for 15 days either on tissue culture polystyrene (TCPS) (control) or embedded
in GH-7-L and GH-7-H hydrogels, * p < 0.05 vs. TCPS (n = 3) (A); Integrin inhibition effects on
connectivity of blood vessels formed when mMSCs were cultured in GH-7-L and GH-7-H hydrogels.
The experiment groups include mMSCs cultured on TCPS, GH-7-L, and GH-7-H gels for 15 days with
no treatment, soluble vascular endothelial growth factor (VEGF), P11 (integrin αvβ3 inhibitor), and
obtustatin (integrin α1 inhibitor). Scale bars indicate 200 μm (B).

We then observed sprouting morphology of mMSCs cultured in GH hydrogels when integrin
functions were selectively blocked with chemical inhibitors in order to verify their causative roles
for directing endothelial differentiation (i.e., integrin αvβ3 inhibitor; P11 and integrin α1 inhibitor;
obtustatin). We also included a positive control where soluble VEGF was added in media. As shown
in Figure 2B, addition of VEGF improved the degree and connectivity of vasculogenesis in GH
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hydrogel matrix. However, inhibitor treatment (P11 or obtustatin) attenuated the material-driven
effect. P11-treated cells stayed rounded for 15 days, while obtustatin-treated cells tended to aggregate
into large clumps with limited vessel sprouting. These results suggest that both integrins α1 and αvβ3

are crucial in driving endothelial differentiation of mMSCs in gelatin hydrogels.

2.3. In Vitro Endothelial Differentiation of Patient-Derived MSCs in GH Hydrogels

Because we confirmed that material-mediated engagement of integrins triggered mMSC
differentiation into endothelial cells, we set out to demonstrate translation to hMSCs from
representative human donors. Patient-derived hMSCs (donor 1−3; >65 years old-patients), were
harvested from bone marrow biopsies, and characterized for purity of isolation. For in vitro
experiments, hMSCs were encapsulated in GH gel matrix, and their viability, spreading, and
endothelial differentiation of hMSCs were investigated. As seen in Figure 3A,B, live/dead staining
images demonstrated excellent survival (>80%) of hMSCs in both GH-7-L and GH-7-H gels throughout
the culture period. hMSCs appeared rounded at day 1, but began spreading through the GH matrix over
14 days. Although there was a certain degree of donor-to-donor variation, GH-7-L with lower stiffness
revealed better well-elongated and interconnected cell morphology than GH-7-H. The reason why
hMSCs cultured in GH-7-L gels spread more is likely due to a faster degradation rate of cross-linked
gelatin matrix, which leaves more room for cell spreading and nutrient/oxygen transport. In addition,
other previous studies also demonstrated that lower cross-linking density resulted in an increase
in mesh size, swelling degree, and degradation rate, thus enhanced cellular activities such as cell
migration and growth in 3D cell culture system [31,32].

Figure 3. In vitro endothelial differentiation of patient-derived MSCs cultured in GH hydrogels.
Live/dead staining images of hMSCs in GH-7-L and GH-7-H gels on days 1 and 14 post culture. Scale
bars = 100 μm (A); Quantification of viable cells (%) at day 1 and 14 (B); mRNA expression levels of
endothelial cell markers (FLK1 and CD31) in hMSCs determined by qRT-PCR after 21 days of culture
in GH gels. As a control, the same number of cells was seed on TCPS. * p < 0.05 vs. TCPS (n = 3) (C).
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To verify endothelial differentiation of hMSCs in GH hydrogels, we analyzed gene expression
of vascular-endothelial lineage markers (i.e., FLK1 and CD31). For comparison, the same density
of cells was also cultured on TCPS as a control. Overall, the expression of endothelial markers in
hMSCs cultured in GH gel was significantly upregulated (2.4–6.3-fold for FLK1 and 1.1–3.2-fold
CD31, donor 1−3) as compared to TCPS control (Figure 3C). However, no significant difference
between GH-7-L and GH-7-H was observed. Taken together, our results demonstrate that the GH
hydrogels can promote endothelial differentiation of patient-derived hMSCs in vitro without addition
of pro-angiogenic supplements, which is comparable to what was shown with mMSCs [23].

2.4. In Vivo Vascularization of hMSCs Delivered with GH Hydrogel

Finally, to examine if hMSCs (donor 1−3) in GH hydrogels induced angiogenesis in vivo,
we subcutaneously delivered cells in GH gel loaded on PVA scaffolds in immunodeficient mice [23].
The use of immunodeficient mice was necessary in order to avoid severe immune response and
eventual rejection of hMSCs derived from unmatched donor to recipient species. Two weeks
post-implantation, mice were perfused with a heparinized fluorescent microbead solution for imaging
and quantification of perfusable vascular formation. Figure 4A shows fluorescence images of surface
and cross-section of scaffolds by fluorescent angiography, and Figure 4B shows the quantification
results on relative ratio of blood vessel area % to control. While the non-crosslinked control showed
limited vascularization both on the surface and cross-section of the implants, hMSCs in cross-linked
GH-7 gels substantially increased vessel formation. In particular, GH-7-H hydrogels most induced
blood vessel formation (2.3-fold for surface and 1.9-fold for cross-section, * p < 0.05) compared to
the control. When GH hydrogels were incubated in vitro with the collagenase as one of the matrix
metalloproteinase (MMP) existing in the body, it was found that GH-7-H hydrogels was relatively stable
than GH-7-L hydrogel. Accordingly, we speculate that the GH-7-H hydrogel provided more effective
biomechanical structure than the non-crosslinked control and GH-7-L gel for cell survival/retention,
and consequently supported functional vascularization of hMSCs.

Figure 4. In vivo vascularization of hMSCs with GH hydrogels subcuntaneously delivered into nude
mice. Representative images (surface and cross-section) of perfusable vasculature from delivered
hMSCs in the GH gel loaded on polyvinyl alcohol (PVA) implants at two weeks post implantation.
Yellow lines mark the surface boundaries of implants, and scale bars indicate 200 μm (A); Relative ratio
of functional blood vessels by crosslinked GH-7-L and GH-7-H gels compared to non-crosslinked GH
control (ratio = 1). * p < 0.05 vs. Control (n = 3, from mixed donor cell groups) (B).

3. Materials and Methods

3.1. Materials

Gelatin (from porcine skin, Type A, >300 bloom), 3-(4-hydroxyphenyl) propionic acid (HPA),
1-ethyl-3-(3-dimethylaminopropyl)-carbodiimide (EDC), N-hydroxysuccinimide (NHS), hydrogen
peroxide (H2O2), and horseradish peroxidase (HRP, type VI, 250-330 units/mg solid) were purchased
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from Sigma-Aldrich (St. Louis, MO, USA). Dimethylformamide (DMF) was obtained from Junsei
(Junsei, Tokyo, Japan).

HRP-reactive GH polymer was synthesized by conjugating HPA to the gelatin backbone as
previously described [23]. In brief, HPA (20 mmol) was activated with EDC (20 mmol) and NHS
(27.8 mmol) in 15 mL of co-solvent (volume ratio of deionized water and DMF = 3:2). After HPA
activation for 1 h, the mixture was added to the pre-heated gelatin solution (5 g in 150 mL of deionized
water). The reaction was carried out at 40 ◦C for 24 h. The resulting solution was purified using
a dialysis membrane (MWCO = 3.5 kDa) against deionized water for 3 days, and lyophilized to
obtain the GH polymer. The conjugated HPA amount of GH polymer was measured by UV–VIS
spectrophotometer (V-750, Jasco, Japan) at 275 nm, and determined to be 143 μmol/g of polymer for
this study.

3.2. Preparation and Characterization of GH Hydrogels with Different Mechanical Stiffness

GH hydrogels were prepared by simply mixing aqueous GH polymer solution in presence of
HRP and H2O2. The pre-heated GH solution (7 wt %) at 40 ◦C was divided into two aliquots: (1) HRP
(2.5 μg/mL) was added to one aliquot, and (2) H2O2 (0.005 wt % for GH-7-L and 0.006 wt % for
GH-7-H) was added to another aliquot (volume ratio of GH:HRP and GH:H2O2 = 9:1, respectively).
Lastly, two aliquots were mixed to generate in situ cross-linked GH hydrogels.

For characterization of gelation kinetics and mechanical stiffness of GH hydrogels formed with
different H2O2 concentrations, the time-sweep elastic (G’) and viscous (G”) modulus of hydrogels
(300 μL) were measured at 37 ◦C for 5 min using an Advanced Rheometer GEM-150-050 (Bohlin
Instruments, East Brunswick, NJ, USA) in oscillation mode (strain = 0.01% and frequency = 0.1 Hz,
gap = 0.5 mm).

For in vitro proteolytic degradation testing, GH-7-L and GH-7-H gels were formed in a microtube,
and incubated in 1 mL PBS (pH 7.4) with or without 0.4 μg/mL of collagenase (type II, Sigma-Aldrich).
At a predetermined time point, the weight of each hydrogel was recorded after removing media,
and fresh media was then added for the next time point. The degradation degree of hydrogels was
determined by measuring the weight change of initially formed gels with respect to the degraded gels
at each time point [20].

3.3. In Vitro 3D Culture of hMSC in GH Hydrogels

hMSCs were isolated from the bone marrow of male patients (>65 in age) free from any
blood disorders and cancer (hMSC harvest approved by Vanderbilt University Medical Center
IRB#150133 February, 2015). FACS was used to isolate hMSCs that are CD14-/CD20-/CD34-/CD73+/
CD90+/CD105+. Cells (donor 1−3) were suspended in GH + HRP solution at the concentration
of 2 × 106 cells/mL, and this suspension was then mixed with GH + H2O2 solution to make GH
hydrogels incorporating cells. As a control, the same number of cells was also seeded on tissue
culture plate (TCPS) without GH hydrogel. After GH hydrogels were formed on the well plate, DMEM
supplemented with 10% FBS and 1% penicillin-streptomycin was added, and media was changed every
1–2 days. For the inhibition study, murine MSCs (mMSCs, GIBCO) were used with same conditions
and procedures as described above. P11 (EMD Millipore, Billerica, MA, USA) was used at 10 μM,
obtustatin (Tocris Biosciences, Bristol, UK) at 10 nM, and mVEGF (Sino Biological Inc., North Wales,
PA, USA) at 50 ng/mL as supplements [33,34]. The cellular morphological changes ofcells cultured in
GH hydrogels for 15 days were observed by a Nikon Eclipse Ti microscope.

For live/dead staining assay, hMSCs (donor 1–3) cultured in GH-7-L and GH-7-H hydrogels for 1
and 14 days were stained with media containing 1 μg/mL propidium iodide (Sigma-Aldrich, St. Louis,
MO, USA) and 1 μM calcein AM (Invitrogen, Carlsbad, CA, USA) for 15 min, and then the live/dead
cells were identified using a Zeiss 710 confocal laser microscope.

For quantitative polymerase chain reaction (qRT-PCR) analysis, cells encapsulated within GH
hydrogels were homogenized with the Trizol reagent (Life Technologies) mixed with chloroform
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(volume ratio of Trizol and chloroform = 1:5), and phase-separated by centrifugation (15 min, 4 ◦C).
The aqueous phase containing RNA was isolated with RNeasy columns (Bio-Rad, Hercules, CA, USA)
according to the manufacturer’s instructions. cDNA was synthesized using a high-capacity cDNA
reverse transcriptase kit (Applied Biosystems, Life Technologies, Foster City, CA, USA), and qRT-PCR
was performed with a SYBR Green master mix (Bio-Rad) with 15–20 ng cDNA and 500 nM each of
forward and reverse primers, using a CFX Real-Time PCR System (Bio-Rad). The qRT-PCR protocol
included: 95 ◦C for 3 min, followed by 40 cycles of denaturation at 95 ◦C for 30 s, annealing at 58 ◦C for
30 s, and extension at 72 ◦C for 30 s. Expression of each gene of interest was normalized to expression
of glyceraldehyde 3-phosphate dehydrogenase (GAPDH) as a housekeeping gene, generating the ΔCt

value, and expression of 2−ΔΔCt relative to the TCPS control with n ≥ 3 biological replicates for each
experiment is reported. Primer sequences are listed in Table 1, and only those that showed single,
specific amplicons were used for qRT-PCR experiments.

Table 1. Primer sequences used for quantitative real-time polymerase chain reaction (qRT-PCR).

Gene Accession Number Forward Primer (5′–3′) Reverse Primer (3′–5′) Species

Integrin α1 NM_001033228.3 TCAGTGGAGAGCAGATCGGA CCCACAGGGCTCATTCTTGT Mouse
Integrin αv NM_008402.3 GTGCCAGCCCATTGAGTTTG TGGAGCACAGGCCAAGATTT Mouse
Integrin β3 NM_016780.2 GCCTGGTGCTCAGATGAGACT GATCTTCGAATCATCTGGCCG Mouse

ERK1 NM_011952.2 CAACCCAAACAAGCGCATCA AGGAGCAGGACCAGATCCAA Mouse
GAPDH NM_001289726 TGAAGCAGGCATCTGAGGG CGAAGGTGGAAGAGTGGGAG Mouse

FLK1 NM_002253.2 GAGGGGAACTGAAGACAGGC GGCCAAGAGGCTTACCTAGC Human
CD31 NM_000442.4 CCAAGCCCGAACTGGAATCT CACTGTCCGACTTTGAGGCT Human

GAPDH NM_002046.4 GCACCGTCAAGGCTGAGAAC TGGTGAAGACGCCAGTGGA Human

3.4. hMSC Delivery in GH Hydrogels on Polyvinyl Alcohol (PVA) Scaffolds In Vivo

The animal experiment was approved by Vanderbilt Institutional Animal Care and Use Committee
(IACUC) in accordance with the NIH Guide for the Care and Use of Laboratory Animals (IACUC
number: M1600003 approved on 2 June 2015). GH polymer (7 wt %) and H2O2 (0.005 and 0.006 wt %)
were dissolved in DMEM media as described above, while a constant HRP concentration (2.5 μg/mL)
was used for all conditions. The procedures for in vivo animal study are comparable to that
previously reported [23]. hMSCs (5 × 105 cells)-containing GH hydrogel solutions in a total volume
of 60 μL were loaded on porous PVA scaffolds (6 mm in diameter, Medtronics, Dublin, Ireland).
As a control, porous PVA scaffolds loaded with non-crosslinked GH solution containing hMSCs were
implanted. The gel-scaffold complexes were then subcutaneously implanted on the ventral side of
immunodeficient NU/J mice (male, five-months-old) for two weeks. A longitudinal incision (15 mm)
was made on the ventral side of mice, and three different gel-scaffold complexes (donor 1−3) were
inserted into individual subcutaneous pockets. The skin incision was closed with sutures.

At two-weeks post implantation, mice were perfused under heavy, near-lethal level of anesthesia
with 4% isoflurane in 2 L/min oxygen. First, heparin sulfate (0.1 mg/mL) solution dissolved in PBS
was injected into the left ventricle to exsanguinate through the cut inferior vena cava. Mice were then
perfused with PBS containing fluorescent micro-beads (Invitrogen) for micro-angiography. Scaffolds
were subsequently harvested, and analyzed for angiogenesis by micro-angiography using as described
previously [35]. Fluorescence images were obtained using a Zeiss 710 confocal laser microscope. ImageJ
software (National Institutes of Health; NIH, USA, Version 1.48) was used for all image preparation
and analysis, including z-stacking fluorescence images and quantification.

3.5. Statistical Analysis

All results are expressed as mean ± standard deviation. Comparisons among samples in in vitro
and in vivo quantitative analysis were performed by a Student’s t-test, and p < 0.05 was considered
statically significant.
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4. Conclusions

Based on these results, we suggest in situ cross-linked GH hydrogels as a promising tissue
engineering template to promote scaffold vascularization using hMSCs. Not only was it found that the
material engaged with integrins to trigger endothelial differentiation, these results adds a substantial
value to ongoing research in the field as perfusable vasculature can be generated with hMSCs sourced
from older donors who would more likely take advantage of stem cell therapies. A future study
will be designed to tune the GH hydrogel system to encapsulate more than one type of stem cell or
co-culture MSCs with other somatic cell types for tissue type-specific regeneration with improved
vascularization. As seen in Figure 4A, vascular networks were shown to branch out within the core
of the GH hydrogel, which is a crucial requirement to maintain metabolically active tissues and
organs that could be developed in more advanced co-culture experiments. Therefore, continuing and
gradual improvements to the chemical design of the GH hydrogel system remain a long-term goal.
In conclusion, the findings reported here illustrate an easy-to-use hydrogel system that can serve as a
translatable platform technique for generating stem cell-derived endothelialization for future tissue
engineering therapies.
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Abstract: Maintenance of mesenchymal stem cells (MSCs) requires a tissue-specific microenvironment
(i.e., niche), which is poorly represented by the typical plastic substrate used for two-dimensional
growth of MSCs in a tissue culture flask. The objective of this study was to address the potential
use of collagen-based medical devices (HEMOCOLLAGENE®, Saint-Maur-des-Fossés, France)
as mimetic niche for MSCs with the ability to preserve human MSC stemness in vitro. With a
chemical composition similar to type I collagen, HEMOCOLLAGENE® foam presented a porous
and interconnected structure (>90%) and a relative low elastic modulus of around 60 kPa. Biological
studies revealed an apparently inert microenvironment of HEMOCOLLAGENE® foam, where 80% of
cultured human MSCs remained viable, adopted a flattened morphology, and maintained their
undifferentiated state with basal secretory activity. Thus, three-dimensional HEMOCOLLAGENE®

foams present an in vitro model that mimics the MSC niche with the capacity to support viable and
quiescent MSCs within a low stiffness collagen I scaffold simulating Wharton’s jelly. These results
suggest that haemostatic foam may be a useful and versatile carrier for MSC transplantation for
regenerative medicine applications.
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1. Introduction

In the organism, adult stem cells guarantee the maintenance and repair of tissues and organs.
Among them, mesenchymal stem cells (MSCs) are emerging as hopeful candidates for cell-based
therapy of numerous diseases (i.e., myocardial infarction, Crohn’s disease, Graft versus host disease,
osteoarthritis, etc.) [1,2]. Indeed, along with their differentiation potential and the production of several
humoral factors, MSCs are thought to exert regenerative effects by increasing healing rates, modulating
inflammation and immune response, promoting angiogenesis, and enhancing tissue remodelling [3].

Adult tissues, such as bone marrow and adipose tissue, have proven to be sources for effective
MSCs; however, several disadvantages exist, including availability and invasive and painful
procedures required for their isolation. In addition, the health status and the age of the donor may
affect MSC expansion capability, function, and/or survival after transplantation [4]. Consequently,
scientists are looking for stable, safe, and highly accessible stem cell sources with great potential
for regenerative medicine. Since 2004, human MSCs derived from umbilical cord Wharton’s jelly
(WJ-MSCs) have become popular in the regenerative medicine community, due to the ease of cell
harvesting from scraps of perinatal tissues, which is neither painful nor invasive [5,6]. In addition, their
primitive nature sheds light on their significant high proliferation capability and increased in vitro
expansion ability when compared to adult MSCs [7].

In the natural environment, stem cells reside in a niche, a microenvironment regulating MSC
quiescence, self-renewal, and differentiation. MSCs are isolated from their niche (typically composed
of extracellular matrix, niche cells, and secreted stimulants such as growth factors, chemokines, and
cytokines), and are traditionally expanded in culture plastic in a two-dimensional (2D) monolayer.
However, one of the major limitations in using MSCs ex vivo is that they lose their fundamental
properties, such as quiescence and multipotency, limiting their usefulness. The preservation of MSCs
in the natural environment is unique, and researchers have been trying to understand how nature
maintains the MSCs’ fundamental features.

Advances in material sciences have garnered interest in providing a temporary three-dimensional
environment (scaffold) for MSCs, allowing the diffusion of nutrients to ensure cell survival [8].
However, success of these structures is strongly dependent on their structural and mechanical features;
ensuring stem cell interactions with the surrounding environment [9,10]. Naturally-derived polymers,
such as collagen, are appealing for biological applications due to their enzymatic degradation and
proven safety through long-term applications in clinical trials [11].

In light of these thoughts, we address the potential use of collagen-based medical
devices (HEMOCOLLAGENE®) as WJ-MSCs in vitro niche model. Composition, structure, and
mechanical properties of HEMOCOLLAGENE® foam were first investigated before assessment
of WJ-MSCs behaviour and morphology once seeded in HEMOCOLLAGENE®. The potency of
HEMOCOLLAGENE® as an inert WJ-MSCs niche was confirmed through MSC basal cytokines
production and maintenance of their undifferentiated state, revealing that HEMOCOLLAGENE®

presents suitable properties as a scaffold for WJ-MSCs culture.

2. Results and Discussion

Collagen-based foams are the most used materials in medical applications. In the present study,
we selected bovine collagen foam, manufactured by Septodont (Saint-Maur-des-Fossés, France), as
a carrier for stem cell-based therapy. The company´s main product, a foam-like collagen scaffold
(HEMOCOLLAGENE®), has already been used in dental surgery as a haemostatic device since
1999. HEMOCOLLAGENE® was first characterized in terms of chemical composition. Fourier
transform infrared (FTIR) spectroscopy analysis revealed three main peaks at 1237 cm−1, 1544 cm−1,
and 1630 cm−1 (Figure 1, red line) characteristics of amide III, II, and I, respectively, matching with
the spectra of type I collagen (Figure 1, black line). Additional FTIR spectra attributed to collagen
were given in Table S1 in the Supporting Information. A further deep biochemical characterization,
performed by ion exchange chromatography, showed that HEMOCOLLAGENE® foam had close
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similarities with type I collagen with a high amount of glycine, followed by proline, alanine, and
hydroxyproline in each specimen (Table 1).

Figure 1. Composition of HEMOCOLLAGENE®. Spectra obtained by Fourier transform infrared
(FTIR) spectroscopy showing similarities of HEMOCOLLAGENE® foam (red line) with type I collagen
(black line).

Table 1. Amino acid content assessed by ion exchange chromatography (residue numbers/1000).

Amino-Acid HEMOCOLLAGENE® Type I Collagen (Reference)

Hydroxyproline 91.2 101.4
Aspartic acid 49.7 49.7

Threonine 19.4 18.9
Serine 33.7 28.8

Glutamic acid 75.2 72.1
Proline 126.8 117.3
Glycine 322.5 327.5
Alanine 106.5 114.8
Valine 23.8 20.9

Methionine 3.1 7.5
Isoleucine 13.5 11.9
Leucine 26.9 25.8
Tyrosine 2.0 2.0

Phenylalanine 14.7 13.9
Hydroxylysine 6.3 6.5

Lysine 24.6 26.3
Histidine 5.3 5
Arginine 54.6 49.7

From a structural viewpoint, HEMOCOLLAGENE® exhibited a high interconnectivity and
micro/macroporous morphology as depicted in the scanning electron microscopy (SEM) and
cross-histological section results (Figure 2A,B). Macro-pore diameters were estimated to be 150 to
500 μm. The total porosity assessed by the mercury intrusion porosimetry method [12] was high, about
95%. The pore access distribution from 165 μm to 3 nm showed a mean radius corresponding to the
main peak on Figure 2C of around 9 μm. The pore threshold determined by the intersection of the
two tangents of the cumulative intrusion curve was around 6.5 μm (Figure 2D). These values, close to
each other, showed that the porous network of HEMOCOLLAGENE® was unimodal and that the pore
threshold was significant. To our knowledge, in regenerative medicine applications, porous structures
with radii around 150 μm and high porosity (>90%), along with well-interconnected open pores, are
required for allowing cell infiltration and efficient nutrient and oxygen diffusion into the structure [8].
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In addition to having suitable architecture, 3D cell carrier foam must exhibit appropriate physical
properties to accommodate cell survival. Indentation experiments were used to explore the mechanical
features of HEMOCOLLAGENE® foams (Figure 3). The values for the Young’s modulus were
69.6 kPa and 62.3 kPa for foams at indentation rates of 1 mm/min and 10 mm/min, respectively. No
significant difference was observed between the identified moduli at the different speeds, indicating
no pronounced viscoelastic effect. The obtained values fall well within the values reported in the
literature for 3D cell carrier foam [13,14].

Figure 2. Structure of HEMOCOLLAGENE®. (A) Representative scanning electron microscopy image
(SEM, scale bar indicates 1 mm); (B) Hematoxylin-Eosin-Saffron (HES) staining of paraffin-embedded
HEMOCOLLAGENE® cross-section (scale bar indicates 500 μm); (C,D) Pore distribution obtained
by mercury intrusion porosimetry showing the mean radius on the incremental curve and the pore
threshold on the cumulative curve.
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Figure 3. Mechanical features of HEMOCOLLAGENE®. Force-displacement responses obtained using
indentation tests at 1 mm/min (n = 4) and 10 mm/min (n = 4). The Young’s modulus has been
identified using the Hertz model. No significant difference was observed between the two different
testing speeds.
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The above results highlighted that HEMOCOLLAGENE® foams possess the carrier-required
criteria for stem cell based therapy [8]. In the following the results of assays involving the association
of HEMOCOLLAGENE® foam with MSCs are presented. A sufficient number of WJ-MSCs from six
human umbilical cords were expanded within approximately eight weeks. To reduce heterogeneity of
the extracted cell populations [15], WJ-MSCs from three passages with fibroblast-like spindle shapes
on culture plastic were used (Figure S1A,B in supporting information section). Moreover, these
cells expressed the putative mesenchymal markers CD 44, CD 73, CD 90, and CD 105, but not the
hematopoietic markers CD 34, CD 14, and HLA-DR (Figure S1C in the Supplementary Materials).
These results, in agreement with previous studies, confirmed their MSC phenotype [16].

WJ-MSCs were injected in HEMOCOLLAGENE® foam at density of 8 × 104 cells/foam and placed
in 24-well treated-chamber culture to avoid cell migration from foam to plastic. Cytocompatibility of
HEMOCOLLAGENE® was firstly monitored by WST-1 (water-soluble tetrazolium salt-1) assay, DNA
quantification and Zombie® labelling after 4, 7, and 10 days of culture, using independent foam for
each test and time point. While WST-1 and DNA quantification did not show significant variation of
measured values, Zombie® labelling revealed a cell survival rate of around 80% over the experimental
time (Figure 4).

Figure 4. Cell viability over the time of the study. (A,B): Histogram reflecting WST-1 assay and DNA
quantification, respectively; and (C): Flow cytometry results obtained after Zombie® labelling. Kinetic
study performed after 4, 7, and 10 days of culture showing live and non-proliferating WJ-MSCs cultured
within HEMOCOLLAGENE® foam (n = 6, Mann and Whitney test).

These results indicated that HEMOCOLLAGENE® foams are a suitable environment for stem
cell culture. It is generally accepted that an increase in the WST-1 optical density at 450 nm and
in DNA values reflects a proliferating state of cells; in our study, the number of WJ-MSCs in
HEMOCOLLAGENE® foam remained stable over the culture time, a signature of the non-proliferating
state. Moreover, the high survival rate reflected non-toxic culture conditions; meeting the basic
requirements of tissue engineering scaffolds [11]. In addition to cell survival, a uniformity of cell
distribution within scaffolds is required for 3D culture systems. A general WJ-MSCs distribution
within HEMOCOLLAGENE® up to 10 days of culture was given by HES and Masson’s trichrome
staining (Figure 5). Histological cross-sections showed randomly-distributed WJ-MSCs embedded
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within the fibrous extracellular matrix (Figure 5A,B, yellow arrow). Few apoptotic WJ-MSCs revealed
by cleaved caspase-3 immunohistochemistry were detected in the inner region of the foam (Figure 5C,
red arrow), strengthening the Zombie® results. Finally, we noticed the absence of squamous cells
within the HEMOCOLLAGENE® foam, the absence of glycosaminoglycane synthesis, and the absence
of mineralization nodules, signature of the absence of spontaneous cell differentiation into adipose,
cartilaginous and bone lineage, respectively.

 

Figure 5. Cell distribution and apoptosis after 10 days of culture. (A,B) Haematoxylin-eosin-saffron
(HES) and Masson’s trichrome staining of paraffin-embedded cellularized HEMOCOLLAGENE®

cross-sections, respectively. HES staining showing nuclei in blue (yellow arrow) and collagen in
orange. Masson’s trichrome staining, showing collagen in green and nuclei in brown (yellow arrow);
and (C) cleaved caspase-3 immunohistochemistry showing few apoptotic cells (red arrow) within
HEMOCOLLAGENE®. (Scale bars indicate 40 μm).

The low percentage of apoptotic/necrotic cells within foam might be attributed to the preservation
of porosity and pore interconnectivity over the culture time, allowing mass transfer exchanges between
foam and culture medium (i.e., nutriment diffusion and cell metabolite release). Furthermore, pore
size and pore interconnectivity influence cell shape. Cells residing in open-pore scaffold exhibit an
elongated shape in contrast to closed-pore scaffold where cells adopt a rounded morphology [8,17].
A deeper investigation of WJ-MSCs morphology within HEMOCOLLAGENE® foam was performed
by SEM and CLSM experiments. SEM imaging showed that WJ-MSCs adopted flattened morphology
within HEMOCOLLAGENE® pores (Figure 6). These observations were further supported by CLSM
micrographs of Phalloidin® stained cytoskeleton, showing actin bundles of aligned long filaments
and highly elongated morphology. These results clearly demonstrate that WJ-MSCs establish physical
interactions with the HEMOCOLLAGENE® foam.

 

Figure 6. Cell morphology after 10 days of culture. (A,B) Over and closer (rectangle) scanning electron
microscopy views (scale bars indicate 100 and 50 μm, respectively), highlighting cell distribution within
pores (white arrows); (C,D) Over and closer Imaris 3D views of cytoskeleton-labelled cells (scale bars
indicate 30 and 10 μm, respectively), showing actin bundles and highly-elongated cell morphology.
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Cell spreading is a complicated process, which, besides biophysical cues (mechanical and
structure), is also associated with the chemical composition of materials [8]. MSCs have been shown
to possess a strong attachment to type I collagen through arginine-glycine-aspartate (RGD) binding
domains with the cell membrane integrins [18,19]. Gathering HEMOCOLLAGENE® composition
and porosity (Figures 1 and 2), the expected high cellular bond is confirmed. During experimental
studies, we noticed that WJ-MSC-loaded HEMOCOLLAGENE® foams shrank drastically (Figure S2),
which could be due to their enzymatic degradation. However, the lack of significant variation of the
hydroxyproline rate in the supernatant (12, 16, 18, and 21 μM, after 1, 4, 7, and 10 days of culture,
respectively, versus 12,680 μM for totally hydrolyzed foam), suggests a possible mechanical instability
of HEMOCOLLAGENE® foams or active contractile forces generated by WJ-MSCs [20].

Mesenchymal stem cells within niches respond to biochemical, structural, and mechanical
cues from their surrounding microenvironment, affecting their constitutive cytokines secretion/
self-renewal/differentiation, thus contributing to tissue homeostasis [21]. The present study was
designed to determine if WJ-MSCs cultured with HEMOCOLLAGENE® foams maintain a constitutive
secretory profile. Therefore, their ability to regulate and release cytokines, over the experimental time,
such as IL-6, IL-8, IL-10, and vascular endothelial growth factor (VEGF), was followed at mRNA (i.e.,
IL6, CXCL8, IL10, and VEGFA) and protein levels by qRT-PCR and ELISA, respectively.

Among quantified cytokines, only IL-6 and IL-8 were detected in supernatants, whereas no
regulation of IL6 and CXCL8 was noticed, suggesting a constitutive secretion of these cytokines over
the kinetic study (Figure 7). While IL-6 and IL-8 releases were constant over the experimental time,
we were able to distinguish a slight increase at day 7 (Figure 7A–D). Related to an anti-inflammatory
profile, neither IL10 regulation nor IL-10 release in supernatant were detected, probably due to the
absence of a pro-inflammatory environment stimuli [22]. Despite a significant down-regulation of
VEGFA at day 10, released VEGF was not detected in the culture supernatant over the time (Figure 7E),
suggesting that VEGF production is under the detection threshold of the kit or VEGF is accumulated
within the cell cytoplasm. Finally, as bone is composed of type I collagen, we looked for the BMP-2
release in the medium, which was not detected in the supernatant over the study time.

IL-6 and IL-8 are currently described as pro-inflammatory cytokines, but in our experiments,
their basal level secretion suggests that HEMOCOLLAGENE® represents an “inert” environment for
WJ-MSCs and cell supports secretory function. While the basic biological role of IL-8 is attracting
and activating neutrophils, Boyden migration assays did not show significant increase in the
recruitment of neutrophils by WJ-MSC loaded-HEMOCOLLAGENE® conditioned media compared to
cell-free HEMOCOLLAGENE® conditioned media (Figure S3), confirming both the neutral role
of HEMOCOLLAGENE® foam and constitutive IL-8 cytokine production of WJ-MSCs cultured
in HEMOCOLLAGENE®. IL-6 cytokine is described to maintain the “stemness” of MSCs [23,24].
Therefore, the expression of NT5E, THY1 and ENG (genes corresponding to CD 73, CD 90, and CD
105, respectively) was followed by qRT-PCR after 4, 7, and 10 days of culture. With respect to stem cell
associated markers, WJ-MSCs cultured in HEMOCOLLAGENE® did not show any gene variations
over the time (Figure 8A–C), suggesting a role of HEMOCOLLAGENE® in maintaining WJ-MSCs
under the undifferentiated state. Furthermore, once placed on plastic culture, WJ-MSCs were able to
migrate and proliferate without any cell damage and spontaneous differentiation (Figure 8D–F).
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Figure 7. Cell paracrine activity over the time of the study. (A,B) Histograms of IL-6 and IL-8 ELISA
quantification, respectively, showing non-significant production of related proteins; (C–E) Histograms
of IL6, CXCL8, and VEGFA qRT-PCR analysis, showing non-significant regulation of IL6 and CXCL8,
and significant VEGFA down-regulation (n = 6, Mann and Whitney statistical test, p < 0.05 for four
versus 10 days of culture).

Figure 8. Cell phenotype over the time of the study. (A–C) Histograms of NT5E (CD 73), THY1 (CD 90),
and ENG (CD 105) qRT-PCR analysis, respectively, showing non-significant regulation of MSCs markers;
(D) WJ-MSC migration on plastic; (E) WJ-MSC morphology after passage; and (F) flow cytometry
results obtained after Zombie® labelling of amplified cells (n = 6, Mann and Whitney statistical test).
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3. Materials and Methods

3.1. Materials

A haemostatic medical device named HEMOCOLLAGENE® foam was provided from Septodont,
France. According to the manufacturer, HEMOCOLLAGENE® is made of bovine non-denatured
collagen and obtained by a freeze-dried process.

3.1.1. Scanning Electron Microscopy (SEM)

Foam morphology was investigated by SEM with a LaB6 electron microscope (JEOL JSM-5400LV),
on sputter-coated foam with thin gold–palladium film (JEOL ion sputter JFC 1100, Croissy Sur Seine,
France). Images were acquired from secondary electrons at a primary beam energy of 10 kV.

3.1.2. Fourier Transform Infrared (FTIR)

FTIR spectra were obtained by a Fourier transform infrared-attenuated total reflection (FTIR-ATR,
Vertex 70 spectrometer, Bruker, Ettlingen, Germany) using a DTGS detector. Type I collagen from
bovine (medical grade; Symatese, Lyon, France) was used as control.

3.1.3. Ion Exchange Chromatography

Amino acid composition of HEMOCOLLAGENE® foam was determined by ion exchange
chromatography (HITACHI 8800 analyzer, Science Tec, Tokyo, Japan). One milligram of foam was
hydrolysed in HCl 6 M at 110 ◦C for 18 h. Dried hydrolysates obtained under nitrogen stream
evaporation were then resuspended in 100 μL of a buffer composed of lithium 13.86 mM, lithium
citrate 55 mM, citric acid 207 mM, ethanol 6% (v/v), and thiodiglycol 1% (v/v) pH 2.8. Type I collagen
from bovine (medical grade; Symatese) was used as control. The chromatography was performed
according to the manufacturer’s instructions. Amino acid composition was expressed as residue
numbers per 1000.

3.1.4. Mercury Intrusion Porosimetry

Pore access radii distribution and the total porosity of HEMOCOLLAGENE® foam were assessed
by mercury intrusion porosimetry (Micromeretics AutoPore IV 9500, Hexton, UK). The measured pore
access radius ranges from 165 μm (0.005 MPa) to 0.003 μm (274 MPa). Thus, pores larger or thinner
than these sizes are not considered by this technique. The incremental curve gives the mean pore
radius for which the intrusive volume is maximal. The cumulative curve allows plotting the pore
threshold that corresponds to the pore access allowing filling of the main part of the porous network.
When both radii are close, the pore distribution can be considered as unimodal.

3.1.5. Micro-Indentation

Mechanical properties were explored by a custom micro-indentation setup (LEMTA), as proposed
in the literature [25]. HEMOCOLLAGENE® foam was placed on an electrical balance used as a
force sensor, and compressed with a spherical indenter (radius r = 0.75 mm). Indentation speeds of
1 mm/min (n = 4) and 10 mm/min (n = 4) were used.

The force applied to the foam was then measured as a function of the applied displacement u of
the spherical indenter (Figure 9). A simple Hertz contact model was used to fit with the experimental
force-displacement curves using a least-square method, and the Young’s modulus E of the foam was
identified with this model:

F =
16
9

E r
1
2 u

3
2
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Figure 9. Micro-indentation tests performed on HEMOCOLLAGENE® foam. (a) Global view of the
indentation test on a typical specimen (10 × 10 × 10 mm); (b) Zoom of the spherical indenter (radius =
0.75 mm).

3.2. Biological Experiments

3.2.1. Cell Culture

Mesenchymal stem cells were enzymatically isolated from fresh human umbilical cords obtained
after full-term births as previously described [5] and amplified at a density of 3 × 103 cell/cm2 in
α-MEM culture medium (Lonza, Saint Quentin, France) supplemented with 10% decomplemented
FBS, 1% Penicillin/Streptomycin/Amphotericin B, and 1% Glutamax (v/v, Gibco, Villebon-sur-Yvette,
France), and maintained in a humidified atmosphere of 5% CO2 at 37 ◦C with a medium change every
three days. Human umbilical cord harvesting was approved ethically and methodologically by our
local research institution and was conducted with informed patients (written consent, non-opposition)
in accordance with the usual ethical legal regulations (Article R 1243-57). All procedures were done
in accordance with our authorization and registration number DC-2014-2262 given by the National
“Cellule de Bioéthique”. At third passage, Wharton’s jelly mesenchymal stem cells (WJ-MSCs) were
characterized by flow cytometry (FACSCalibur; BD Bioscience, le Pont de Claix, France) through
the expression of CD 73, CD 90, CD 44, CD 105, CD 34, CD 14, and HLA-DR (BD, le Pont de Claix,
France), Table S2 in Supplementary Materials) and then used in our experimental procedure at the
fourth passage.

WJ-MSCs suspension (8 × 104 cells) were injected with a 1 mL syringe and through a 21 G needle,
in the middle of HEMOCOLLAGENE® foam. After 4 h of incubation at 37 ◦C, WJ-MSCs loaded
HEMOCOLLAGENE® foams were transferred to 24-well coated plates preventing any cell migration
and adhesion (Nunclon Sphera, Thermo scientific, Villebon-sur-Yvette, France). WJ-MSC-loaded
HEMOCOLLAGENE® foam was cultured in 1 mL of α-MEM culture medium and changed after 1, 4,
7, and 10 days of culture. Supernatants after 4, 7, and 10 days were collected, centrifuged at 250× g,
and conserved at −20 ◦C (conditioned media).

3.2.2. WST-1

Mitochondrial activity, followed by WST-1 cell proliferation assay (Roche Diagnostics, Meylan ,
France), was performed after 4, 7, and 10 days of WJ-MSCs culture in HEMOCOLLAGENE® foam in
accordance with the manufacturer protocol. Absorbance was measured at 440 nm using a FLUOstar
Omega microplate reader (BMG Labtech, Champigny-sur-Marne, France) against a background control
as blank. A wavelength of 750 nm was used as the reference wavelength.

3.2.3. DNA Quantification

DNA quantification was performed on extracted DNA after 4, 7, and 10 days of WJ-MSCs
culture in HEMOCOLLAGENE® foam, using a MasterPureTM DNA Purification Kit (Epicentre,
Biotechnologies, Strasbourg, France) in accordance with the manufacturer’s protocol. The quantity of
extracted DNA was assessed by measuring the absorbance at 260 nm (Nanodrop, Thermo Scientific,
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Villebon-sur-Yvette, France) and the 260/280 nm absorbance ratio for all measured samples was
between 1.8 and 2.

3.2.4. Zombie® Labeling

Cell membrane integrity was assessed by Zombie® labelling (Ozyme, Montigny-le-Bretonneux,
France) in accordance with the manufacturer’s protocol. Labelled cells within HEMOCOLLAGENE®

foams were released using collagenase treatment for 5 min, fixed with 4% (w/v) paraformaldehyde
(Sigma-Aldrich, Guyancourt, France), and analysed by an LSRFortessa flow cytometer (BD
Bioscience, France).

3.2.5. SEM

SEM was performed after 10 days of culture on fixed WJ-MSCs loaded HEMOCOLLAGENE®

foam with 2.5% (w/v) glutaraldehyde (Sigma-Aldrich) at room temperature for 1 h. Samples were
dehydrated in graded ethanol solutions from 50% to 100% and in hexamethyldisilazane (Sigma, France)
for 10 min. After air-drying at room temperature, samples were immersed in liquid nitrogen, fractured,
then sputtered with a thin gold–palladium film under a JEOL JFC 1100 ion sputter and viewed using a
LaB6 electron microscope (JEOL JSM-5400 LV, France). Images were acquired from secondary electrons
at a primary beam energy of 20 kV.

3.2.6. Confocal Laser Scanning Microscopy (CLSM)

Confocal laser scanning microscopy (CLSM) was performed for visualization of
Phalloidin®-labelled cytoskeletons after 10 days of culture of WJ-MSCs loaded HEMOCOLLAGENE®

foam. Samples were fixed in 4% (w/v) paraformaldehyde (Sigma-Aldrich, France) at 37 ◦C for 10 min
and permeabilized with 0.5% (v/v) Triton X-100 for 5 min. Then, Phalloidin® coupled to AlexaFluor®

488 (Invitrogen, 1:100 dilution in 0.1% Triton X-100) was incubated for 30 min at room temperature,
rinsed twice, and labelled cytoskeletons were imaged by CLSM (Zeiss microscopy, Oberkochen,
Germany, objectives × 20 and × 63).

3.2.7. Histology and Immunohistochemistry

Cell distribution and apoptotic cells were assessed by histology and immunohistochemistry,
respectively. After 10 days of culture, WJ-MSCs loaded HEMOCOLLAGENE® foams were fixed
in 4% (w/v) paraformaldehyde for 1h and paraffin embedded after ethanol dehydration using a
Shandon Excelsior Tissue Processor (Thermo Fisher Scientific, Waltham, MA, USA). Five micrometer
thick sections were performed on paraffin-embedded samples (rotation microtome AP280, Leica
Microsystems). Hematoxylin-eosin-saffron (HES) and Masson’s trichrome staining were performed
separately on consecutive tissue sections and images were taken using a scanner iScan Coreo AU
(Roche Ò Ventana). For immunohistochemistry, after deparaffinization, sections were incubated with
the Cell Conditioner 1 (EDTA, pH 8.4) for 64 min, followed by preprimary peroxidase inhibition
and incubation with the primary antibody anti-cleaved Caspase-3 (rabbit polyclonal, Cell Signaling
Technology, Danvers, MA, USA) at a 1:600 dilution at 37 ◦C for 32 min on the automated staining
instrument BenchMark XT (Ventana Medical System). Then, the staining reaction was performed using
the UltraView Universal DAB v3 Kit (Ventana Medical System, Tucson, AZ, USA). The counterstain
and post-counter-stain comprised haematoxylin and bluing reagent. Images were taken using an iScan
Coreo AU scanner.

3.2.8. ELISA Quantification

Cytokine and growth factor releases were assessed by ELISA. The quantification of IL-6, IL-8, IL-10,
and VEGF proteins at 4, 7, and 10 days in conditioned supernatants was assessed using respectively
human IL-6, IL-8, IL-10 and human VEGF Duoset® (R&D systems, Lille, France). Absorbance
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was measured at 450 nm with correction of non-specific background at 570 nm according to the
manufacturer’s instructions.

3.2.9. Chemotaxis Assay

Neutrophil migration assay was followed by Boyden chamber chemotaxis assay. Neutrophils were
collected as previously described [26]. Conditioned media from WJ-MSCs loaded Hemocollagene®

foam cultured for 4, 7, and 10 days were deposited on the lower compartment, whereas
5 × 104 neutrophils were seeded on a polycarbonate membrane (5 μm pores, Nucleopore Track-etch
membrane, Whatman, Maidstone, UK) in the upper compartment. After 45 min of incubation at 37 ◦C
in 5% CO2, non-migrating neutrophils were removed from the top of the membrane and migrated
cells at the bottom were stained with May-Grünwald Giemsa (RAL555 kit) and imaged (Axiovert
200M microscope, Zeiss, Oberkochen, Germany, Objective × 40). Conditioned media from cell-free
Hemocollagen® foam cultured for 4, 7, and 10 days were used as control.

3.2.10. Quantitative Real Time Polymerase Chain Reaction (qRT-PCR)

Mesenchymal markers, cytokines, and growth factor gene expressions were assessed by qRT-PCR.
After 4, 7, and 10 days of culture in Hemocollagene® foams, total RNAs of WJ-MSCs were extracted
using MasterPureTM RNA Purification Kit (Epicentre® Biotechnologies, Strasbourg, France) in
accordance with the manufacturer protocol. RNA purity was assessed by measuring the absorbance
ratio at 260/280 nm (Nanodrop 2000C, Thermo Scientific, France), which was comprised between
1.8 and 2. Total RNAs (500 ng) were reverse transcribed into cDNA using a high-capacity cDNA
reverse transcription kit (Applied Biosystems, Villebon-sur-Yvette, France) following the manufacturer
instructions. Ten nanograms of reverse transcription product were amplified by qRT-PCR on a
StepOne Plus TM system (Applied Biosystems, Villebon-sur-Yvette, France). Using this approach, the
transcriptional levels of RPS18 (internal control), NT5E, THY1, and ENG (corresponding to CD73, CD90,
CD105 MSC markers, respectively), IL6, CXCL8, IL10 (corresponding to IL-6, IL-8, IL-10 cytokines,
respectively), and VEGFA (vascular endothelial growth factor) were determined using the double
strand-specific Power SYBR® Green dye system (Applied Biosystems, Villebon-sur-Yvette, France).
After a first denaturation step at 95 ◦C for 10 min, qRT-PCR reactions were performed according to a
thermal profile that corresponds to 40 cycles of denaturation at 95 ◦C for 15 s, annealing and extension
at 60 ◦C for 1 min. Data collection was performed at the end of each annealing/extension step. The
third step that consists in a dissociation process is performed to ensure the specificity of the amplicons
by measuring their melting temperature (Tm). Data analysis was performed with the StepOneTM
Software v2.3 (Applied Biosystems, Villebon-sur-Yvette, France).

3.3. Statistical Analysis

All the results were obtained with six independent umbilical cords. Results were represented
on histograms as mean ± standard error of the mean using GraphPad Prism version 5.00 for
Windows, (GraphPad Software, San Diego, CA USA, www.graphpad.com). All statistical analyses
were performed using GraphPad Prism version 5.00 and, for Mann and Whitney tests, a value of
p < 0.05 was accepted as statistically significant (rejection level of the null-hypothesis of equal means).

4. Conclusions

The mesenchymal stem cell niche represents a microenvironment regulating MSCs’ quiescence,
self-renewal, and differentiation. Thus, an ideal scaffold would keep MSCs under an undifferentiated
state until host-derived paracrine signals induce their activation and commitment. In this work, the
association of a dense and porous clinical haemostatic device with human MSCs was proposed as
a versatile in vitro MSCs niche presenting suitable intrinsic properties (i.e., composition, porosity,
and elastic modulus) for human MSC cultures. Biological investigations revealed an apparently
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inert microenvironment of HEMOCOLLAGENE® foam, where cells are able to remain viable, in an
undifferentiated state with basal cytokine secretion.

MSCs are used in regenerative medicine in two contexts: autologous and allogeneic [27,28].
Integration of autologous MSCs into the damaged tissues is sought, whereas a long-term integration of
allogeneic MSCs is not expected, even if MSCs express only low levels of the histocompatibility markers.
Their paracrine activity along with activation of resident stem cells and mobilization of circulating
ones into the damaged tissues are, thus, relevant [29]. In view of application of HEMOCOLLAGENE®

as a useful WJ-MSC carrier in the regenerative medicine field, additional studies under in vitro and
in vivo mimicking pathological conditions (i.e., hypoxic and/or inflammatory stimuli) are required to
identify whether host derived paracrine signals could stimulate regenerative properties of WJ-MSCs
loaded in HEMOCOLLAGENE®.

Supplementary Materials: Supplementary materials can be found at www.mdpi.com/1422-0067/18/10/2210/s1.
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Abbreviations

3D Three-Dimensional
MSCs Mesenchymal Stem Cells
WJ-MSCs Wharton Jelly-Derived Mesenchymal Stem Cells
IL Interleukin
SEM Scanning Electron Microscopy
CLSM Confocal Laser Scanning Microscopy
FTIR Fourier Transform Infrared spectra
CD Cluster of Differentiation
qRT-PCR Quantitative Real Time Polymerase Chain Reaction
HES Hematoxylin-Eosin-Saffron
WST-1 Water-Soluble Tetrazolium Salt-1
DNA Deoxyribonucleic Acid
VEGF Vascular Endothelial Growth Factor
ELISA Enzyme-Linked Immunosorbent Assay
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Abstract: Human adipose-derived stromal cells (hASCs) are widely known for their immunomodulatory
and anti-inflammatory properties. This study proposes a method to protect cells during and after
their injection by encapsulation in a hydrogel using a droplet millifluidics technique. a biocompatible,
self-hardening biomaterial composed of silanized-hydroxypropylmethylcellulose (Si-HPMC) hydrogel
was used and dispersed in an oil continuous phase. Spherical particles with a mean diameter of 200 μm
could be obtained in a reproducible manner. The viability of the encapsulated hASCs in the Si-HPMC
particles was 70% after 14 days in vitro, confirming that the Si-HPMC particles supported the diffusion of
nutrients, vitamins, and glucose essential for survival of the encapsulated hASCs. The combination of
droplet millifluidics and biomaterials is therefore a very promising method for the development of new
cellular microenvironments, with the potential for applications in biomedical engineering.

Keywords: droplet millifluidics; encapsulation; human adipose-derived stromal cells; hydrogel;
self-hardening; silanized-hydroxypropylmethylcellulose; biomedical; degenerative disease

1. Introduction

Mesenchymal stromal cells (MSCs) are of significant medical interest as they have the ability to
differentiate into several cell types (including chondrocytes, osteocytes, and adipocytes). They have
already been exploited to treat several pathologies, including osteo-articular diseases, diabetes, cancer,
cardiovascular pathologies, angiogenic diseases, and skin injuries [1–6]. In recent years, they have
become known for their potent immunomodulatory and anti-inflammatory activities, which stem from
their ability to secrete bioactive trophic factors and to release extracellular vesicles [7–9]. MSCs can
be isolated from a broad range of adult tissues, including bone marrow, adipose tissue, and articular
synovial fluid [10].

The literature to date indicates that MSCs injection is subject to two main limitations: extensive
cell death due to the mechanical forces during injection, thereby making it difficult to detect the injected
cells over a sustained period of time [11,12], and the risk of cell leakage after their injection due to
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the propensity of MSCs to migrate [13,14]. The encapsulation of MSCs in biomaterials prior to their
injection appears to be an alternative strategy for their administration that overcomes these limitations
and that facilitates the delivery of therapeutic factors in several pathologies [15,16]. The optimal
injection of encapsulated MSCs requires spherical devices with a size that is compatible with a standard
needle characteristic.

Cell encapsulation consists in entrapping viable and functional cells within a matrix in order to
enable immune isolation by the creation of a physical barrier between the host immune system and
the transplanted tissue [17]. Moreover, cell encapsulation enhances the retention of the cells at the
targeted tissue and protects them from the mechanical damage that occurs with injection. Indeed,
the viability of the cells is compromised as they are subjected first to shear stress during syringe
needle flow and secondly to stretching forces and deformations due to extensional flow during syringe
needle ejection [12]. The matrix must be biocompatible and semi-permeable to obtain the intended
bio-functionality. Indeed, it must not hinder the diffusion of essential factors required for cell survival
(e.g., oxygen and nutrients derived from the blood and waste products of cellular metabolism). Most of
the biomaterials used for cell encapsulation are hydrogels, in which the cells are embedded in a fully
hydrated matrix. This allows for the survival of the encapsulated cells and their therapeutic actions.
Cell encapsulation is carried out by mixing the cells with polymeric solutions that are then crosslinked
under operating conditions that depend on the nature of the polymer. By protecting the transplanted
tissue, encapsulation can improve the safety of cell therapies [17]. This approach was first proposed by
Lim et al. In 1980, who encapsulated pancreatic cells in alginate prior to their injection into diabetic
rats so as to be able to avoid immunosuppressive therapy [18].

Alginate is the most extensively investigated and characterized polymer for cell encapsulation
due to its intrinsic properties, such as biocompatibility, and the requirements of calcium ions for
crosslinking [19]. Other natural polymers such as agarose may support viable cells by constituting
microenvironments that mimic natural tissues [20]. However, alginate hydrogels are sensitive to non-gelling
agents (such as sodium ions) in physiological solutions. Indeed, a sodium-calcium exchange occurs under
physiological conditions, leading to the disruption of the hydrogel [21]. To overcome these limitations,
our laboratory favors the use of an injectable, biocompatible, self-hardening hydrogel composed of
silanized-hydroxypropylmethylcellulose (Si-HPMC). This labeled hydrogel has been reported to support
both cell viability and bio-functionality after encapsulation [22–24]. In 2008, in vivo evaluations after
implantation of a ruthenium-labeled Si-HPMC hydrogel into rabbit bone defects showed that this polymer
is biocompatible and not degraded until at least the eighth week [25].

Several techniques are currently used for cell encapsulation [26,27]. For example, emulsions
can be used to encapsulate cells within spherical structures referred to as “particles” [28]. Recently,
Hached et al. [29] encapsulated cells in Si-HPMC particles using a water-in-oil dispersion protocol.
The MSCs were found to have long-term viability and the ability to secrete immunomodulatory and
anti-inflammatory factors [29]. However, this method has not been able to reproducibly generate
Si-HPMC particles with a monodispersed size that are optimal for in vivo studies. In contrast
to dispersion/emulsification techniques, microfluidics technology allows the highly reproducible
generation of uniform microparticles with a controlled size [30,31]. Microfluidics has generated
significant interest in the research of cell encapsulation [32]. Another approach, called millifluidics,
which bears similarities to microfluidics, has ample potential for use in cell encapsulation.

Millifluidics is characterized by the assembly of inexpensive and commercially available
millimeter-sized tubing and chromatography connectors. Aside from the need for syringe pumps,
this method is easy to implement and does not require specific equipment. The emergence of
millifluidics is a relatively new phenomenon. The first millifluidic device, which was referred to as
a “simplified microfluidic device”, was developed by Quevedo et al. In 2005 [33]. It offers a high level
of versatility and rapid creation of a modular setup. It is an efficient tool to investigate polymerization
reactions or to create microparticles with controlled and fine-tuned sizes and shapes [34–37]. Moreover,
Amine et al. recently showed that droplet-based millifluidics represents an efficient means to probe
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the liquid-liquid phase separation of various biopolymers mixtures [38]. Fluidic technologies consist
of the introduction of the polymeric solution to be dispersed through a capillary or a needle into
the co-flowing continuous phase to generate droplets [39]. The structure of the particles can be
determined by the flow properties in the devices while the chemical composition is dictated by the
selected fluids. With the use of a basic junction such as a co-axial or T-junction, millifluidics offers
more advantages than soft lithography and microfluidic techniques. The millifluidic apparatus is
an assembly of capillaries or flexible tubes (plastic or silica tubing with diameters ranging from 50 μm
to a few millimeters) connected by elementary home-made or commercial (Upchurch®) modules.
Commercially available tubes have a range of wettability and transparency properties and they
generally exhibit good chemical resistance to pressure and temperature [40]. The elementary modules
are able to achieve the basic functions used in microfluidic devices, such as the formation of periodic
trains of monodisperse droplets with very good control over their size or the dilution-concentration of
these trains while keeping the volume of the droplets unchanged [41]. Modular millifluidic setups can
then be designed to produce newly controlled integrated configurations, limited only by the number
of combinations possible and one’s creativity [41]. The connecting capillary tubes and the various
modules can readily be assembled and disassembled so that modular setups can be designed as needed
in a short period of time. The great versatility of this method provided the millifluidics strategy several
advantages over microfluidic synthesis, while retaining its suitability for the in-depth study of critical
parameters involved in microparticle production. Millifluidics is therefore an inexpensive and versatile
method that allows for the production of particles with optimal injection properties for in vivo studies:
reproducibility and size monodispersity. The literature indicates that following the optimization of
experimental conditions, the particles produced by millifluidics generally have a polydispersity below
2–3% [42].

In this context, millifluidics appears to be a promising approach to control the granulometry
of encapsulated MSCs in polysaccharide hydrogel droplets and to prevent the polydispersity of the
particles observed in previous studies [29]. This approach provides better control of the numbers of
injectable cells and optimizes their viability. The objectives of this study were (i) to verify that the
rheological properties of the Si-HPMC hydrogel are consistent with millifluidic techniques, (ii) to
characterize the Si-HPMC particles generated, and (iii) to assess the in vitro viability and proliferation
of MSCs after their encapsulation.

2. Results

2.1. Rheological Assessments of the Si-HPMC Solution and Gel

The flow behavior of the Si-HPMC solution showed that the steady shear viscosity decreased as
the shear rate increased (Figure 1A). a Newtonian plateau observed at low shear rates was followed by
a shear-thinning behavior. At a high shear rate, the viscosity exhibited power-law dependence with
the shear rate. The flow curve could readily be fitted to the simplified Cross model using Equation (2)
(correlation coefficient of 0.989). The limiting Newtonian viscosity (η0) was 38.6 ± 1.2 Pa.s for a 4%
(w/w) non-sterile Si-HPMC.

Instantaneously, after the initiation of Si-HPMC crosslinking upon pH neutralization by the
mixing of one volume of HEPES buffer (pH 3.6) with one volume of the Si-HPMC polymer solution,
the influence of temperature on the gelation time tgel was monitored using dynamic frequency
measurements (Figure 1B,C). According to the criterion of Winter and Chambon, the cross-over
of tan δ with time at the five applied frequencies yielded a gelation time tgel of 701 ± 29.7 s at 23 ◦C
(Figure 1B) and of 123.3 ± 15.3 s at 37 ◦C (Figure 1C) for the 2% (w/w) Si-HPMC hydrogel [43,44].

To further characterize the Si-HPMC hydrogel, the average mesh size, corresponding to the
average distance between entanglements in the hydrogel network, was evaluated using Equation (3).
The equilibrium storage modulus G′ had a value of 124.7 ± 17.9 Pa for 2% Si-HPMC gel at pH 7
(Figure 1D). From this value, an average mesh size (ξ) of 32.1 ± 1.6 nm was calculated.
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Figure 1. Rheological characterization of silanized-hydroxypropylmethylcellulose (Si-HPMC) solution
and gel. (A) Flow curves (viscosity vs. shear rate) of a 4% Si-HPMC solution (pH 7.0). (B) Tan (δ)
vs. time (in order to determine tgel) of a 2% Si-HPMC hydrogel (pH 7.0) at 23 ◦C and (C) at 37 ◦C.
Tan (δ) was determined at five oscillation frequencies: 0.30 Hz ( ), 0.50 Hz (�), 1 Hz (�), 1.80 Hz
(�), and 3.2 Hz (�). (D) The equilibrium storage modulus (G′) was determined for applied stress
amplitudes (τ) ranging from 0.1 to 1000 Pa and a fixed frequency of 1 Hz after 24 h for a 2% Si-HPMC
hydrogel (pH 7.0) at 37 ◦C. Each rheological test was repeated three times.

2.2. Characterization of the Shape and the Size of the Si-HPMC Particles

The droplet-based millifluidics process was optimized by the application of a dispersed flow rate
of 16 μL/min and a continuous flow rate of 150 μL/min. Under these operating conditions, after the
washing and collection of the Si-HPMC particles in phosphate buffered salt (PBS), light microscopy
observations revealed that the Si-HPMC particles were spherical and uniform with smooth surfaces
and a size of 200 μm (Figure 2A). Laser-based particle size analyses revealed a monomodal population
of particles that were between 170 and 210 μm in size, with an average diameter of 192 ± 16 μm
(Figure 2B).

2.3. Diffusion Properties of the Si-HPMC Particles

Following the incubation of the Si-HPMC particles (with an average diameter of 192 ± 16 μm)
in 1 mg/mL solutions of fluorescein isothiocyanate (FITC)-dextran of different molecular weights
for 18 h, the diffusion properties of Si-HPMC hydrogels were assessed using confocal laser scanning
microscopy (CLSM).

At the beginning of the experiment, the Si-HPMC particles did not exhibit any fluorescence,
which is in agreement with the absence of fluorescence signals emanating from the Si-HPMC polymer.
an increase in fluorescence intensity was then noticed as a function of time for the Si-HPMC particles
incubated with 20 kDa and 250 kDa FITC-dextrans (Figure 3). After 18 h, the internal to external
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ratio was 0.39 and 0.1 for the 20 kDa and the 250 kDa fluorescently labeled dextrans, respectively.
In addition, no fluorescence was detected inside the Si-HPMC particles after 18 h for the fluorescently
labeled 2000 kDa dextran.

Figure 2. Characterization of the Si-HPMC particles. (A) Representative light microscopy image of the
Si-HPMC particles produced using droplet-based millifluidics; (B) Size distribution of three batches of
Si-HPMC particles produced using droplets-based millifluidics and as determined by laser diffraction.
Scale bar: 50 μm.

Figure 3. Diffusion properties of the Si-HPMC particles. Particles of Si-HPMC were incubated with
FITC-dextran (Mw 20 kDa (�), 250 kDa (�), and 2000 kDa ( )) solutions for 18 h. The ratio of the
maximum fluorescence intensity inside and outside the particles was calculated, after assessment of the
fluorescence intensities of the particles (inside) and the FITC-dextran solutions (outside) using confocal
laser scanning microscopy (CLSM). Si-HPMC particles with 192 ± 16 μm diameters were selected for
this study. Each test was performed for one particle at a time and repeated three times.

2.4. Evaluation of Encapsulated Human Adipose-Derived Stromal Cells (hASCs) Viability and Estimation
of the Average Number of Encapsulated hASCs

The viability of the encapsulated hASCs in Si-HPMC particles was 71 ± 2.9% on average,
irrespective of the time after encapsulation (Figure 4C), with the differences in percentage lacking
statistical significance. The distribution of the cell viability along the radial axis of the Si-HPMC
particles was uniform and no accumulation of dead cells in the center of the particles was detected
(Figure 4A,B). In addition, the viable cells did not appear to interact with each other and there was no
indication that the cells had clustered.

To determine the number of encapsulated hASCs in the Si-HPMC particles, several CSLM images
with steps of 10 μm were analyzed using ImageJ® software. The fluorescent cells were manually
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scored and an average number of 69 ± 10, 66 ± 19, and 67 ± 8 hASCs per Si-HPMC particle was
found after 1, 7, and 14 days, respectively, after the encapsulation (Figure 4D). These results were not
statistically different.

Figure 4. Human adipose-derived stromal cells (hASCs) viability after encapsulation in a Si-HPMC
particle. Viable (green) and dead (red) cells were imaged using confocal microscopy and a Live/Dead
assay kit at D1 (A) and D7 (B). hASCs viability in the Si-HPMC particles was monitored over
14 days of culture using a Live/Dead assay kit and manually determined using ImageJ® software.
(C) Determination of the number of cells per particle was performed after using the Live/Dead assay
kit and manually scored using ImageJ® software (D). Scale bar: 25 μm.

3. Discussion

Cell encapsulation in biomaterials facilitates the injection of MSCs and decreases both the extensive
cell death that tends to occur upon injection and the capacity of the MSCs to migrate [15,45]. In this
study, MSCs were isolated from human adipose tissue, which contains relatively large numbers (5%) of
MSCs [10]. For potential applications in biomedical engineering, it is essential to generate particles with
optimal injection properties for in vivo studies: sphericity, reproducibility, and size monodispersity.

Therefore, this study sought to generate reproducible Si-HPMC hydrogel particles by
a droplet-based millifluidics method. The aims of this work were to (i) verify the compatibility
of Si-HPMC hydrogel rheological properties with millifluidic techniques, (ii) determine the feasibility
of generating monodispersed and reproducible particles from a Si-HPMC hydrogel using a novel and
original droplet-based millifluidics method, and (iii) assess the ability of this technique to support the
in vitro viability of encapsulated hASCs in Si-HPMC particles.

Si-HPMC is a semi-synthetic polymer that undergoes condensation and crosslinking when
the pH decreases by the addition of an acidic N-(2-Hydroxyethyl)piperazine-N′-(2-ethanesulfonic
acid)(HEPES) buffer [46]. This step needs to be undertaken with great care as numerous
air bubbles can become embedded inside Si-HPMC hydrogels during the mixing step using
Luer-Lock syringes containing Si-HPMC solution and HEPES buffer to initiate the decrease of
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pH and therefore the Si-HPMC crosslinking. Moreover, a slight chemical modification of the
glycidoxypropyltrimethoxysilane (GPTMS) grafting rate on HPMC (0.6% w/w of silane) can lead to
pronounced changes in the macroscopic behavior [24].

Our rheological studies confirmed previous results that demonstrate that this hydrogel has
characteristics of a shear-thinning fluid, with a decrease in the viscosity observed as the shear rate
increases [24]. Shear-thinning fluids are better integrated in capillary flow methods as no flow
velocity fluctuations occur during the flow within the tubing. In 2005, Vinatier et al. showed that
Si-HPMC hydrogel became a solid hydrogel 30 min after the initiation of crosslinking and that complete
crosslinking occurred after 12 days with a maximum G′ of 190 Pa [46], which is in keeping with the
results of our study. Regarding Si-HPMC crosslinking, increasing temperature reduced the gelation
time by a factor of ~4, which is qualitatively in keeping with the findings reported by Fatimi et al. [47].
These authors also found that there was a linear relationship between Ln (tgel) and 1/T applied with
an activation energy of the condensation reaction Ea = 74.3 kJ·mol−1. The decrease in the gelation time
with the increase in temperature at a fixed pH could be explained by the catalytic action of temperature
on the silanol condensation [48]. Crosslinking of the Si-HPMC was therefore carried out at room
temperature in order to reduce the rate of the chemical condensation reaction and to avoid curing
in the millifluidic device. The particles were then collected in complete medium at 37 ◦C in order
to ensure better cell survival and to complete the crosslinking of the Si-HPMC chains. The choice of
the cell encapsulation method appears to be suitable for Si-HPMC as a result of its physicochemical
properties and crosslinking mechanism.

The advantages of the droplet-based millifluidics method are that it requires a small amount of
engaged volumes and that it generates particles with a uniform spherical shape and monodispersed
size. Our results show that this encapsulation method supported hASCs survival and that it is
suitable for hydrophilic biomaterials such as Si-HPMC. The difficulty in generating reproducible
Si-HPMC particles using droplet-based millifluidics lies not only in finding the optimal dispersed
and continuous flow rates, but also in the optimization of crosslinking off-line in the collection bath
in order to avoid the coalescence of the particles. an appropriate stirring rate using a stirring paddle
and a controlled temperature allowed for the production of uniform and spherical particles. In this
study, the discrepancies observed in the sizes determined by light microscopy and laser diffraction
could be due to the heterogeneous swelling of the Si-HPMC particles, depending on the solvent used
(PBS vs. water). Tuning dispersed and continuous flow rates in conjunction with the variation of the
internal diameter of the capillary tubing was successfully applied by Martins et al. To generate alginate
capsules with diameters ranging from 140 μm to 1.4 mm, according to the variation of flow rates [37].
These results led to the conclusion that droplet-based millifluidics is a versatile and easy-to-use method
for the production of a broad range of microparticles of different sizes for encapsulation purposes.
In addition, the use of a T-junction configuration for the droplet production allowed for more than
500 particles to be generated per hour.

In order to facilitate the development of hydrogel-assisted hASCs therapies, the particles size
can be modulated according to their application. The particles size is governed by a compromise
between three criteria: (i) the number of cells that need to be injected in order to achieve the desired
therapeutic effect, (ii) the site of the injection, and (iii) the quality of the exchange between the particles
and their external environment. In this study, droplet-based millifluidics allowed the generation of
200-μm Si-HPMC monodispersed particles. This is compatible with potential human articular injection
for inflammatory disease. The application of a Qd/Qc ratio of 0.1 in droplet-based millifluidics was
hence a good compromise for the production of monodispersed Si-HPMC particles with this size,
proving to be compatible with this objective. This size is controllable and can be modified by the
variation of the flow rates of the different phases for numerous animal models [41]. Particle shape is
also a parameter that has an impact on the injectability and the biocompatibility of hydrogels. Indeed,
it has been reported that a non-spherical particle shape did not promote their injectability and, more
importantly, induced in vivo inflammation [49,50]. The volume of each spherical particle was therefore
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of 4.2 nL, calculated based on a particle radius of 100 μm in PBS, allowing the in vivo injection of
several thousand Si-HPMC particles loaded with hASCs.

The present study also relies on the diffusion of macromolecules of different sizes into the particles.
It has been shown that diffusion is affected by the mechanical stress applied on the particles in vivo,
which depends greatly on the elasticity, the degree of swelling, and the charge density of the hydrogel.
These parameters and their interactions create a complex environment that determines the diffusion
and duration kinetics [51]. In the present study, FITC-dextrans (Mw 20, 250, and 2000 kDa) were
selected due to their extensive application and ease of use in diffusion studies [52]. These results
were analyzed in terms of the hydrodynamic size (instead of the molecular weight) of the dextrans
(i.e., branched polysaccharides). The relation between the molecular weight and the hydrodynamic
radius of branched polysaccharides is represented by the following expression from Wyatt Technologies
(data not shown):

Mw = [1.4782 × Rh]
(1.8136) (1)

where Mw is the molecular weight (kDa) and Rh is the hydrodynamic radius (nm). Using this equation,
the 20, 250, and 2000 kDa fluorescently labeled dextrans were determined to have hydrodynamic
diameters of 7, 28.4, and 89.4 nm, respectively.

Given that the average mesh size of the 2% Si-HPMC hydrogels was 32 nm, it would be reasonable
to assume that the 20 and 250 kDa fluorescently labeled dextrans should be able to freely diffuse into
the Si-HPMC particles while the 2000 kDa dextran should be maintained outside the particles due
to steric hindrance. The results shown in Figure 4 indicate that this hypothesis is at least partially
true, although the kinetics of the permeability of the 20 and 250 kDa FITC-dextrans appear to be very
slow. This slow diffusion process can also arise from heterogeneity in the pore size at the surface of
the Si-HPMC particles. The average mesh size compatible with the free diffusion of macromolecules
with sizes less than 32.1 nm would, however, not reflect the discrepancies that could exist between the
mesh size inside the hydrogel and the pore size in proximity to the surface of the hydrogel. Recently,
the diffusion of FITC-dextrans in 1-mm Si-HPMC particles, obtained using a dispersion-emulsification
process, revealed that the 20 and 250 kDa FITC-dextrans diffused faster and that, after 150 min of
incubation with the Si-HPMC particles, the fluorescence intensity of the 20 kDa FITC-dextran reached
equilibrium (i.e., ratio = 1), while the fluorescence intensity ratio was 0.7 for the 250 kDa FITC-dextran.
This faster diffusion was therefore attributed to the larger size of the Si-HPMC particles. In addition,
no fluorescence intensity was detected with the 2000 kDa FITC-dextran, which is in accordance with
the present study [29]. The 20 kDa FITC-dextran was of particular interest, as the therapeutic factors
secreted by stimulated hASCs have molecular weights that range from about 10 to about 45 kDa [53,54].
a thorough study using environmental microscopy could be very useful to probe the internal and
external structures of Si-HPMC particles. These particles would, however, be adapted to allow the
diffusion of essential nutrients for the viability of encapsulated hASCs, as well as the diffusion of
therapeutic factors secreted in an inflammatory environment by encapsulated hASCs.

As hASCs are thought to mainly exert their therapeutic potential by the secretion of
immunomodulatory, pro-angiogenic, anti-apoptotic, anti-fibrotic, and anti-inflammatory factors,
encapsulated hASCs must remain viable and the average number of cells per particle has to be
sufficient [55]. In the present study, the viability of encapsulated hASCs in Si-HPMC particles was
estimated to be 70% after 14 days. As the encapsulation technique involves some degree of mechanical
shear, it probably results in a slight reduction of cell viability. Unlike the direct injection of cells into
the body with a conventional injection system, millifluidics can substantially reduce the extent of cell
death. This result confirms that Si-HPMC particles obtained by millifluidics support the diffusion
of nutrients, vitamins, and glucose essential for the survival of the encapsulated hASCs. In 2018,
Figueiredo et al. showed that the diffusion of glucose through Si-HPMC hydrogels was correlated
directly with the average distance between the polymer nodes in the hydrogel network, while the
diffusion of oxygen was found to be the limiting factor for cell viability in Si-HPMC hydrogels [56].
In addition, the present study did not find that the dead cells were specifically localized at the center of
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the particles. Thus, it would appear that a sufficient level of nutrients, glucose, and oxygen reached the
center of the particles by diffusion. This strongly suggests that, due to the suitable extent of diffusion
obtained, the particle size did not appear to constitute a limiting factor for cell viability in this range
of particle sizes. At 24 h after the encapsulation, the average number of live hASCs per Si-HPMC
particle was estimated to be approximately 70. This average cell number remained constant for two
weeks, suggesting that the cells in the Si-HPMC particles did not proliferate. This result is in line
with the lack of hASC adhesion when encapsulated in a Si-HPMC hydrogel, as demonstrated by
Moussa et al. [57]. With a negatively charged cytoplasm membrane, hASCs adhesion depends on the
charge of the hydrogel matrix. The overall neutral behavior of the Si-HPMC polymer does not provide
a favorable environment for the adhesion and proliferation of the encapsulated hASCs. For most
cell therapy applications, the apparent inability of the encapsulated hASCs to proliferate is, however,
not a drawback. Therefore, the findings of the present study are a further indication that cellular
microenvironments can be developed that permit the release of soluble therapeutic factors after the
injection of cells, while also preventing the triggering of inflammation in degenerative diseases such
as osteoarthritis.

4. Materials and Methods

4.1. Materials

Hydroxypropylmethylcellulose (HPMC) (MethocelTME4M) was purchased from Colorcon-Dow
chemical (Bougival, France). Glycidoxypropyltrimethoxysilane (GPTMS) was obtained from Acros
(Geel, Belgium). Hank’s Balanced Sodium Salt (HBSS), Dulbecco’s Modified Eagle Medium
high glucose (4.5 g/L) (DMEM), phosphate buffered salt (PBS) without calcium chloride and
magnesium chloride, penicillin/streptomycin, and trypsin/EDTA (0.05%/0.53 mM) were obtained
from Invitrogen (Paisley, UK). 4-(2-hydroxyethyl)-1-piperazineethanesulfonic acid (HEPES), olive
oil, fluorescein isothiocyanate (FITC)-dextrans, collagenase crude type I A, and trypan blue were
obtained from Sigma-Aldrich (St. Louis, MO, USA). Fetal calf serum (FCS) was purchased from
Dominique Dutscher (Brumath, France). The Live/Dead assay kit was obtained from Molecular
Probes (Leiden, The Netherlands). Twelve-well plates (ref. 3512) were purchased from Corning
(Boulogne Billancourt, France).

PolyEtherEtherKetone (PEEK) tubing for millifluidics were purchased from CIL, Cluzeau Info Labo
(Sainte Foy la Grande, France).

4.2. Synthesis of the Hydrogel

The synthesis of the silanized-HPMC (Si-HPMC) was performed by grafting 14.24% (w/w)
GPTMS onto HPMC in a heterogeneous medium as previously described [23]. Lyophilized Si-HPMC
powder was solubilized (4% w/v) in 0.1 M NaOH under constant stirring for 24 h. The solution was
then sterilized by steam autoclave (121 ◦C, 20 min). a Si-HPMC solution can be made to undergo
crosslinking by a decrease in the pH. The sterilized solution was therefore mixed with one volume of
HEPES buffer (v/v) (pH 3.55), in order to initiate the formation of a crosslinking of Si-HPMC chains at
a final concentration of 2%.

4.3. Rheological Characterization of the Si-HPMC Hydrogel

4.3.1. Characterization of the Si-HPMC Polymeric Solution

Steady shear measurements were carried out to determine the viscosity of the unsterilized 4%
Si-HPMC solution according to the simplified Cross equation [58].

η =
η0

1 + (λ
.
γc)

n (2)
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where η0 is the limiting Newtonian viscosity at a low shear rate (Pa.s), λ is the relaxation time (the
inverse of a critical shear rate

.
γc) (s), and n is the exponent of the power law.

Flow measurements were performed at 23 ◦C, with a fixed shear stress of 1 Pa, using a Rheostress
300 rheometer (ThermoHaake®, Karlsruhe, Germany) equipped with a titanium cone-plate geometry
(60 mm in diameter, 1◦ cone angle). The gap between the truncation and the plate was 0.052 mm.

4.3.2. Characterization of the Si-HPMC Hydrogel

To study the gel times of 2% Si-HPMC, dynamic frequency experiments were carried out using
a Rheostress 300 rheometer (ThermoHaake®, Karlsruhe, Germany) equipped with a titanium cone-plate
geometry (60 mm in diameter, 1◦ cone angle), immediately after the initiation of the Si-HPMC
crosslinking. The storage (G′) and loss (G′ ′) moduli were determined as a function of time at five
oscillation frequencies (0.30 Hz, 0.50 Hz, 1 Hz, 1.80 Hz, and 3.2 Hz). This assessment was operated
under a stress amplitude of 1 Pa at 23 or 37 ◦C. The temperature was controlled by an external
thermal bath. The gelation time (tgel) was calculated as the time at which tan δ(= G′ ′/G′) becomes
independent of the frequency, in accordance with the criterion defined and proposed by Winter and
Chambon [43,44].

To estimate the Si-HPMC hydrogel mesh size ξ (i.e., the average distance between the polymer
entanglements in the hydrogel network), the Si-HPMC solution was crosslinked in a 12-well plate
for 24 h at 37 ◦C. Hydrogel with a height of 5 mm and a diameter of 22 mm was then removed
from the 12-well plate. Dynamic shear stress sweep measurements, with stress amplitudes ranging
from 0.1 to 1000 Pa and a fixed frequency of 1 Hz, were carried out at 23 ◦C using a Mars rheometer
(ThermoHaake®, Karlsruhe, Germany) equipped with a plate-plate geometry (20 mm in diameter).
The Si-HPMC hydrogel mesh size ξ (m) was determined according to the Flory equation:

ξ = [
kBT
G′ ]

( 1
3 )

(3)

with kB representing the Boltzmann constant (J/K) and T the temperature (K) [59]. The average storage
modulus (G′) (Pa) in the linear regime on triplicate samples was determined to calculate the mesh size
of the hydrogel.

4.4. Preparation of Si-HPMC Particles Using Millifluidics

A millifluidics device with a T-junction configuration was used to produce Si-HPMC particles
(Figure 5) [60]. The dispersed phase, the mixing of the Si-HPMC solution with freshly prepared
HEPES buffer, was pumped (Pilote C, Fresenius Kabi®, France) through a fused silica capillary tube
(interior diameter (ID) = 150 μm and outside diameter (OD) = 375 μm) at a rate that varied between
5 and 30 μL/min. The continuous phase, olive oil compatible with biomedical applications, was
pumped through a Teflon tube (ID = 0.5 mm and OD = 1.571 mm) at a rate that varied between 50
and 400 μL/min. The Si-HPMC hydrogel and the oil co-flowed in the Teflon tube (ID = 0.5 mm,
OD = 1.571 mm, and length = 10 cm). The Si-HPMC drops were formed and dispersed in the
continuous oil phase. The crosslinking of Si-HPMC, starting in the drops due to the decrease of
pH after the addition of HEPES buffer, continued in the collection bath. a controlled stirring rate of
100 rpm using a rotating paddle and a temperature of 37 ◦C in the collection bath was shown to be
crucial to avoid the coalescence of the Si-HPMC particles and to maintain the viability of the cells. After
stirring for 3 h, the particles were sieved using a 100-μm mesh filter unit and rinsed using complete
medium (DMEM containing 1% penicillin/streptomycin and 10% FCS). The Si-HPMC particles were
then incubated at 37 ◦C in PBS until use.
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Figure 5. The droplet-based millifluidics device used to produce Si-HPMC particles. The control of
temperature and stirring rate off-line in the collection bath were critical parameters that were optimized
to avoid the coalescence of the particles and to maintain cell viability. The dispersed phase was
comprised of Si-HPMC solution in the presence of freshly prepared HEPES buffer +/− loaded hASCs.

4.5. Characterization of the Si-HPMC Particles

4.5.1. Shape and Size

Particles were observed by light microscopy (Leica microsystems CMS GmbH, Type 11 090 137
002, Leica Biosystems, Nussloch, Germany) to investigate their shape, while the particle size was
measured using a Mastersizer 3000 Laser (Malvern Instruments, Malvern, UK).

4.5.2. Diffusion Properties of the Si-HPMC Particles

The diffusion properties were studied by immobilizing Si-HPMC particles at the bottom of Lab-Tek
chambers and followed by their incubation in 1 mg/mL solutions of fluorescently labeled dextran
(molecular weights (Mw) of 20, 250, or 2000 kDa), for 18 h at room temperature. After incubation
(6 h, 12 h, and 18 h), the particles were observed by confocal laser scanning microscopy (CLSM)
(Nikon A1R Si, Champigny sur Marne, France; excitation wavelength of 488 nm, emission wavelength
of 520 nm) in order to quantify the amount of fluorescently labeled dextran that had diffused into
the Si-HPMC particles. The images were analyzed with NIS-Elements software to determine the
fluorescence intensities inside the particles and outside (i.e., in the FITC-dextran solution). The ratio
between the internal and the external fluorescence was then calculated. a ratio of 1 indicates that the
fluorescence intensity was identical inside and outside the particles and that equilibrium was reached.
The results were expressed as the internal/external fluorescence ratio over time.

4.6. Isolation and Culture of the hASCs

Human adipose-derived mesenchymal stem cells (hASCs) were isolated from subcutaneous
adipose tissue of patients undergoing liposuction [61]. All of the protocols were approved by the
biomedicine agency. ASCs were obtained from human patients undergoing liposuction and who had
given written consent (Agence de BioMédecine n◦ PFS08-018, legislation codes L.1211-3 to L.1211-9,
approval date: 9 September 2008). Briefly, lipoaspirate was washed five times in HBSS and then
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digested for one hour at 37 ◦C under constant stirring, in a solution of 0.025% collagenase in HBSS.
The collagenase treatment was inactivated by the addition of an equal volume of complete medium.
After 5 min of centrifugation (260× g, 4 ◦C), the lower phase containing the stromal vascular fraction
was collected, homogenized, filtered through a 70-μm cell strainer, and centrifuged for 8 min (260× g,
4 ◦C). The cells were suspended in complete medium, seeded at 5000 cells/cm2, and incubated at
37 ◦C in a humidified atmosphere containing 5% CO2. After 2–3 days of incubation, the non-adherent
cells were removed by successive washes.

4.7. hASCs Encapsulation

The cells were used at passage 5 (population doubling level (PDL) of 13.6). After being harvested
using a trypsin/EDTA solution, the hASCs were counted and then loaded into Si-HPMC hydrogel.
After the induction of crosslinking by the addition of HEPES buffer, 2.106 hASC (150 μL) was suspended
in 1 mL of a sterile Si-HPMC hydrogel [46]. After droplets were generated in the millifluidics device,
the hASCs loaded in the Si-HPMC particles were placed in complete medium (DMEM containing 1%
penicillin/streptomycin and 10% FCS) for 3 h with stirring at 100 rpm and 37 ◦C. The Si-HPMC particles
were then collected and incubated in complete medium, after the removal of the oily continuous phase.

4.8. hASCs Viability

The cells encapsulated in Si-HPMC were cultured in complete medium for up to 14 days at 37 ◦C in
a humidified atmosphere containing 5% CO2. The medium was changed every 2 days. After encapsulation,
the hASCs viability in the Si-HPMC particles was followed from 24 h to 14 days of culture using
a Live/Dead assay kit. The Si-HPMC particles were recovered, washed in PBS, and incubated for 45 min
in the combined Live/Dead assay reagents. The labeled cells were imaged by confocal microscopy using
an inverted fluorescence microscope (Nikon Eclipse TE 200 E, Badhoevedorp, The Netherlands). ImageJ®

Software (version 1.8.0, NIH, Bethesda, MD, USA) was used to perform hASC viability calculations (the
ratio of the number of live cells and the total number cells).

The average number of encapsulated hASCs per particle was manually assessed by confocal
laser scanning microscopy (CLSM) (Nikon A1R Si, Champigny sur Marne, France) after analyses of
approximately 500 images sections (section thickness of 10 μm) using ImageJ® Software.

4.9. Statistical Analysis

All of the experiments were performed with replicate samples from independent conditions (n = 3).
Results of a representative experiment are presented as the mean of three independent replicates,
and the error bars represent the standard error of the mean. The comparative studies of means were
performed with GraphPad® software by using one-way ANOVA followed by a post hoc test with
a statistical significance of p < 0.05.

5. Conclusions

In light of the considerable amount of encouraging data in the literature, ASCs encapsulation has
a promising future in the treatment of inflammatory diseases. However, hASCs encapsulation remains
rarely used for cell therapies. In this context, a novel and original approach based on droplet-based
millifluidics was developed for the encapsulation of hASCs in injectable and biocompatible particles
produced from Si-HPMC hydrogel. This versatile and effective tool allowed the generation of particles
that fulfill three essential requirements for further in vivo study: sphericity, reproducibility, and size
monodispersity. Spherical particles of 200 μm in diameter with an excellent reproducibility were
obtained, which is a size that is suitable for injection in a large animal model. In addition, the
successful encapsulation of hASCs in Si-HPMC particles was achieved and the cells remained viable
for 14 days in vitro. The Si-HPMC particles’ diffusion properties suggest that the diffusion of
low-molecular-weight FITC-dextran was compatible with the diffusion of nutrients essential for
the survival of the hASCs after their encapsulation. Droplet-based millifluidics therefore appears
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to be a promising non-cytotoxic method for the encapsulation of hASCs. Further developments
are needed, however, in order to ensure better encapsulation performance, particularly by adding
a third channel in the millifluidic setup, while ensuring cell sterility and the reduction of the “cellular
stress” phenomenon.
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Abstract: Bacterial cellulose (BC) is an excellent biomaterial with many medical applications. In this
study, resorbable BC membranes were prepared for guided bone regeneration (GBR) using an
irradiation technique for applications in the dental field. Electron beam irradiation (EI) increases
biodegradation by severing the glucose bonds of BC. BC membranes irradiated at 100 kGy or
300 kGy were used to determine optimal electron beam doses. Electron beam irradiated BC
membranes (EI-BCMs) were evaluated by scanning electron microscopy (SEM), attenuated total
reflectance-Fourier transform infrared (ATR-FTIR) spectroscopy, thermal gravimetric analysis (TGA),
and using wet tensile strength measurements. In addition, in vitro cell studies were conducted in
order to confirm the cytocompatibility of EI-BCMs. Cell viabilities of NIH3T3 cells on 100k and
300k EI-BCMs (100 kGy and 300 kGy irradiated BC membranes) were significantly greater than on
NI-BCMs after 3 and 7 days (p < 0.05). Bone regeneration by EI-BCMs and their biodegradabilities
were also evaluated using in vivo rat calvarial defect models for 4 and 8 weeks. Histometric results
showed 100k EI-BCMs exhibited significantly larger new bone area (NBA; %) than 300k EI-BCMs at
8 weeks after implantation (p < 0.05). Mechanical, chemical, and biological analyses showed EI-BCMs
effectively interacted with cells and promoted bone regeneration.

Keywords: bacterial cellulose membrane; guided bone regeneration; electron beam irradiation;
resorbable barrier membrane; optimal radiation dose

1. Introduction

Various techniques have been used to increase the success rate of tissue regeneration in the
dental field [1–7]. In particular, guided bone regeneration (GBR) is a well-known and widely used
technique that uses barrier membranes to prevent the infiltration of soft tissue to bone augmented
regions [8].The barrier membranes used for GBR should have the characteristics of cell occlusiveness,
wound stabilization, space-making, and provide a stable environment for bone regeneration [9].
Barrier membranes are classified as resorbable or non-resorbable [10]. Non-resorbable membrane
materials include polytetrafluoroethylene (PTFE) and titanium mesh, whereas, resorbable membrane
materials include polyglycolic acid (PGA), alginate, polylactic acid (PLA), and collagen [11–14].
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Non-resorbable membranes need an additional surgical removal procedure for their removal to
prevent wound dehiscence [15]. However, this additional procedure can cause infection, undesirable
bone resorption, and have other undesirable side effects [16,17]. Resorbable membranes offer many
other advantages over non-resorbable membranes, for example, they provide better soft tissue healing,
are cheaper to produce, and have lower complication risks [18].

Bacterial cellulose (BC) has been produced by in vitro synthesis using the Gram-negative
bacterium Gluconacetobacter xylinum [19]. BC membranes (BCMs) are composed of 3-dimensional
(3D) nano-fibrous networks of linear polysaccharide polymer linked by β-(1,4) glycosidic linkages [20].
Typically, BCMs have good mechanical properties, high levels of crystallinity, high water holding
capacities, interconnected 3D porous nanostructures, and excellent biocompatibilities [21–24].
These characteristics can be advantageous for regeneration of body organs, such as, skin, bone,
cartilage, nerves, heart, and blood vessels [25–27]. Recently, many studies have examined potential
uses for BCM in the dental field [28,29]. The structure of BCMs is similar to that of collagen membrane,
which is the material most widely used for resorbable barrier membranes for GBR [30].

However, there is an important limitation to the use of BCM to replace the collagen membrane.
BCM is not biodegradable in the human body because of a lack of cellulose degrading enzymes
(cellulases) [31]. To overcome this problem, various methods, such as, acid hydrolysis, alkaline
hydrolysis, delignification by oxidation organosolv pretreatment and pretreatment with ionic liquids,
have been proposed to accelerate the hydrolysis of cellulose [32–36]. However, these methods have
disadvantages, such as, difficulty accurately controlling degradation and potential cytotoxicity due to
residual chemicals in BCMs for clinical application [31,33,36].

Therefore, in the present study, an electron beam irradiation (EI) processes was used to control
the biodegradability of BCMs. Several radiation-based techniques based on gamma ray, electron beam,
or ion beam irradiation have been used to crosslink, graft, or degrade polymers and thus modify
their properties [37]. In particular, it has been reported that high energy EI effectively reduces natural
polymer molecular weight and mechanical properties without the need for additional chemicals [38–41].
The purpose of this study was to prepare BCMs irradiated with different electron beam doses and to
determine their mechanical, chemical, and biological properties. In addition, an in vivo study was
conducted using a rat calvarial defect model to optimize the electron beam irradiation process in terms
of bone regeneration and biodegradability.

2. Results and Discussion

2.1. Characterization of EI-BCMs

2.1.1. Scanning Electron Microscopy

Figure 1 presents SEM images of NI-BCMs, and 100k and 300k EI-BCMs. All BCMs had a porous
multilayered structure of entangled nanofibers and cross-linked by nanofibers between layers. Cleaved BC
nanofibers were observed in 100k and 300k EI-BCMs, but 3D porous structures were not affected.
BC nanofiber cleavages are considered to result from D-glucose chain and hydrogen bond cleavage [42].

2.1.2. Mechanical Properties Analyses

As depicted in Figure 2, mechanical properties, such as wet tensile stress, wet tensile strain,
and Young’s modulus of 100k and 300k EI-BCMs were significantly lower than those of NI-BCMs
(p < 0.05), and those of 300k BCM were the lowest, which were attributed to cleavages observed by
SEM [42]. It has been previously reported that chain cleavage of BC nanofibers resulted in significant
reductions in mechanical properties [38–41], and that resorbable membranes used for GBR procedures
should have sufficient mechanical strength to attach tightly to bone defects, to prevent sagging and
avoid rupture during surgery [43,44]. Although the mechanical properties of EI-BCMs were reduced
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by irradiation, the mechanical properties of 100k EI-BCMs were similar to those of collagen membranes,
as we previously reported [30].

 

Figure 1. Cross-sectional SEM images: (A,D) NI-BCM; (B,E) 100k EI-BCM; (C,F) 300k EI-BCM. Yellow
circles and red arrows indicate cleaved BC nanofibers in 100k (E) and 300k EI-BCMs (F).

Figure 2. Mechanical properties of BCMs with respect to radiation dose rate after a 10-min soak in
water. (A) Tensile stress (MPa), (B) Tensile strain (%), and (C) Young’s modulus (MPa). The mechanical
properties of 100k and 300k EI-BCMs were significantly lower than those of NI-BCMs (* p < 0.05).

2.1.3. Attenuated Total Reflection-Fourier Transform Infrared Spectroscopy (ATR-FTIR)

ATR-FTIR was performed in order to determine the effect of irradiation dose on molecular
changes in BCMs. The IR spectra of all three BCMs had peaks at 3410, 2900, 1642, and 1060 cm−1.
Figure 3 illustrates that the intensity of the O–H group at 3410 cm−1, of C–H stretch at 2900 cm−1,
of H–O–H bending of absorbed water at 1642 cm−1, and of the C–O–C pyranose ring skeletal vibration
at 1060 cm−1 decreased on increasing the irradiation dose. This indicates that the cleavage occurred in
the main chain of the BC through change of chemical characteristics [45,46]. It has been previously
reported that irradiation causes the degradations of polysaccharides and natural polymers [31,47].

2.1.4. Thermogravimetric Analyses (TGAs)

Thermal gravimetric analysis was used to determine the thermal properties of NI-BCM, 100k BCM
and 300k BCM. Figure 4 shows the temperature decomposition profiles of these BCMs. NI-BCMs had
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a high decomposition temperature of near 300 ◦C. This was attributed to strong inter-chain hydrogen
bonds in the crystalline regions of BCM [48]. As the radiation dose was increased, weight loss rates
increased (NI-BCM, 7%; 100k EI-BCM, 15%; and 300k EI-BCM, 22%).

Figure 3. ATR-FTIR spectra of A: NI-BCM, B: 100k EI-BCM and C: 300k EI-BCM. The results obtained
indicated that cleavage occurred in the main chain of the BC through change of chemical characteristics.

Figure 4. Thermal gravimetric analysis (TGA). NI-BCM had a high decomposition temperature near
300 ◦C. As radiation dose increased, weight loss rates increased (A: NI-BCM, 7%; B: 100k EI-BCM, 15%;
and C: 300k EI-BCM, 22%).

2.1.5. In Vitro Degradation

Figure 5 shows the effect of electron beam dose on BCM degradation in PBS. The degradation rates
of NI-BCMs and of 100k and 300k EI-BCMs were measured at 4, 8, and 16 weeks. The degradation rate
of EI-BCMs was observed to increase with the radiation dose, whereas the degradation rate of NI-BCMs
did not change. In particular, 300k EI-BCMs exhibited a weight reduction of ~70% after 16 weeks in PBS.
It has been reported mechanical and chemical changes in biopolymers caused by radiation promote
biodegradation [32,42]. This result confirmed that the hydrolysis of the BC polysaccharide chain by EI
can be effective for reduction of the molecular weight of BC and accelerated the degradability of the
BCMs [39,49,50].
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Figure 5. In vitro degradation of BCMs. (A) The degradation rates of NI-BCMs, and 100k and 300k
EI-BCMs were measured after immersion in PBS for 4, 8, or 16 weeks. (B) Degradation rates of EI-BCMs
increased with radiation dose, whereas the degradation rate of NI-BCM did not change. 300k EI-BCMs
exhibited a weight loss of approximately 70% after 16 weeks.

2.2. In Vitro Cell Studies

2.2.1. Cell Proliferation Assay

CCk-8 assays of cells on the NI-BCMs and 100k and 300k EI-BCMs were conducted in order to
determine cell viabilities, adhesions, and proliferations. As depicted in Figure 6, cell viabilities of
NIH3T3 cells on 100k and 300k EI-BCMs were significantly greater than on NI-BCMs after 3 and 7 days
(p < 0.05). After one day, although the initial cell proliferation of NIH3T3 cells on all samples were
poorer, cells on 100k EI-BCM proliferated slightly better than cells on NI-BCM. Furthermore, these
results demonstrate that the cell viabilities, adhesions, and proliferations are bioactive after the electron
beam irradiation process. Because the surface biochemical characteristics of barrier membranes used
for GBR influence cell adhesion, the effects of surface modification of BCMs using radiation [51],
plasma [52], small signaling peptides [53], and of amino acid (e.g., Arg-Gly-Asp (RGD)) [54] have been
investigated with the aim of improving interactions between cells and BC. These modifications of BCM
surfaces can change the density in neutral polysaccharides of NI-BCM surface [55]. In the present
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study, the hydrophilic surfaces of EI-BCMs modified by electron beam irradiation were found to be
more bioactive and to promote cell adhesion, viability and proliferation on BCMs.

 

Figure 6. Cell viabilities of NIH3T3 cells cultured on BCMs. CCK-8 assays showed that the viabilities
of cells on 100k EI-BCMs and 300k BCMs were significantly greater than those on NI-BCMs after 3 and
7 days (* p < 0.05).

2.2.2. Immunofluorescent Staining and FE-SEM Analyses of Cells on BCMs

The abilities of BCMs to support NIH3T3 cell adhesion were evaluated by F-actin staining
(Figure 7) and FE-SEM (Figure 8). Cells adherent on EI-BCMs were more differentiated and had
noticeable long, straight f-actin stress fibers than cells on NI-BCMs, which were circular. While the
cells on NI-BCMs were mainly localized, the development of cell growth on EI-BCMs appeared to be
guided by their nano-fibrous structures. In addition, cells on 300k EI-BCMs were more differentiated
than cells on 100k EI-BCMs.

2.3. In Vivo Animal Studies

2.3.1. Histologic Findings

During the initial healing period, mild signs of inflammation, such as, exudate and edema,
were observed around grafted BCMs in some rats, but no sign of foreign body or microscopic
inflammation was observed. These tissue responses of grafted BC materials have been reported
in previous studies [24,56–58]. Interestingly, the infection rate of BC in man is so low it is used to
produce dressings for wounds and burns [26,55,59].

During the 8-week healing period, grafted EI-BCMs did not induce inflammatory responses and
integrated with surrounding tissues (Figure 9). Both 100k and 300k EI-BCMs maintained adequate
space for bone regeneration and these spaces under membranes were filled with fibrous connective
tissue and bone-like materials (Figure 10). No EI-BCM was completely degraded after 8 weeks, but the
degradation of 300k EI-BCMs was greater than that of 100k EI-BCMs at 4 and 8 weeks (Figure 11).

Although the EI process did not change the thickness or nanoporous structure of BCMs [41,42,49]
and both EI-BCM specimens for present study were fabricated with similar thicknesses, the more
hydrophilic surfaces of the 300k EI-BCM caused more active tissue reactions, leading to more
degradation and the remaining membrane was thinner than that of 100k EI-BCM [39,42,47,49,50].
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Figure 7. Immunofluorescent staining images obtained by confocal microscopy of adherent cells on
NI-BCMs (A,B); 100k EI-BCMs (C,D); and 300k EI-BCMs (E,F). The adherent cells on EI-BCMs were
more differentiated and possessed long, straight f-actin stress fibers whereas those on NI-BCMs were
circular. Furthermore, degree of cell differentiation increased with irradiation dose.

 

Figure 8. FE-SEM images of adherent cells on NI-BCMs (A), 100k EI-BCMs (B) and 300k EI-BCMs (C).
Cells on NI-BCMs were localized, whereas the cell growth on EI-BCMs was induced by the nano-fibrous
structure of BC and spread in random directions.
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Figure 9. Histological views of defect sites in the 100k and 300k EI-BCM groups. New bone formation
and fibrous connective tissue were observed at 4 weeks (A,B,E,F) and at 8 weeks after surgery
(C,D,G,H), and were mainly observed around membranes and old bone. The black rectangles indicate
the new bone area in Figure 10 and the white boxes represent the EI-BCMs in Figure 11 (original
magnification: 12.5×; (A,C,E,G) H&E stained; (B,D,F,H) M&T stained).

 

Figure 10. Histological view of new bone areas (NBAs) in H&E stained defect sites. (A) 100k EI-BCM
group at 4 weeks after surgery; (B) 100k EI-BCM group at 8 weeks; (C) 300k EI-BCM group at 4 weeks;
(D) 300k EI-BCM group at 8 weeks; NB, new bone; BGm, remaining graft materials; white arrow,
mesenchymal cell (Mc); blue asterisk, blood vessel (Bv); yellow asterisk, osteoid (Oo); yellow arrow,
osteoblast (Ob); green arrow, osteocyte (Oc) within lacuna (Original magnifications: 100×).
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Figure 11. Histological view of electron beam irradiated bacterial cellulose membranes (EI-BCMs) in
H&E stained defect sites. (A,B) 100k EI-BCM group at 4 weeks after surgery; (C,D) 100k EI-BCM group
at 8 weeks; (E,F) 300k EI-BCM group at 4 weeks; (G,H) 300k EI-BCM group at 8 weeks; BCM, bacterial
cellulose membrane. (Original magnifications: (A,C,E,G) 40×; (B,D,F,H) 100×).

2.3.2. Histometric Analyses

Results regarding comparisons of the collagen membrane (CM) and NI-BCM group include
results of our previous study [30] (Table 1). The present study was carried out under identical
conditions. At 4 weeks, the 100k and 300k EI-BCM groups showed significantly greater new bone
areas (NBA; %) than the CM (p < 0.001) or NI-BCM groups (p < 0.05), but no significant difference was
observed between the two EI-BCMs (Figure 12). At 8 weeks, the NBA (%) of 100k EI-BCM group was
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significantly greater than in the CM group (p < 0.001), the NI-BCM group (p < 0.001), and in the 300k
EI-BCM group (p < 0.05) (Figure 13). Based on this analysis, EI-BCM was found to be more effective at
promoting bone regeneration than CM or NI-BCM, and 100 kGy was better than 300 kGy for producing
resorbable BCMs.

Table 1. New bone area percentages within areas of interest (n = 6%).

Weeks Group (Membrane) Mean ± SD Median *** p

4

CM 17.13 ± 9.65 15.51

<0.001
NI-BCM 15.82 ± 2.94 16.46

100k EI-BCM 26.48 ± 3.78 25.44
300k EI-BCM 26.55 ± 4.56 25.92

8

CM 17.47 ± 5.09 17.07

<0.001
NI-BCM 16.78 ± 5.27 16.88

100k EI-BCM 30.79 ± 3.86 30.70
300k EI-BCM 26.47 ± 6.77 23.45

CM: collagen membrane; NI-BCM: unirradiated bacterial cellulose membrane; 100k EI-BCM: 100 kGy irradiated
bacterial cellulose membrane; 300k EI-BCM: 300 kGy irradiated bacterial cellulose membrane. The symbols ‘***’
indicate statistically significant at p values of <0.001).

 

Figure 12. Scatter plots and median (crosses) new bone area percentages (%) at 4 weeks after surgery
(* p < 0.05, *** p < 0.001).
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Figure 13. Scatter plots and median (crosses) new bone area percentages (%) at 8 weeks after surgery
(* p < 0.05, ** p < 0.01, *** p < 0.001).

3. Materials and Methods

3.1. Preparation of Bacterial Cellulose Membranes (BCMs)

BCMs (Jadam Co., Jeju, Korea) were produced using the bacterial strain Gluconacetobacter hansenii
TL-2C, which was incubated for 7 days in a static culture containing 0.3% (w/w) citrus fermented
solution and 5% (w/w) sucrose at pH 4.5 (adjusted using acetic acid). The obtained gel-like pellicles of
BC were purified by immersion in deionized water at 90 ◦C for 2 h, and then boiled in 0.5 M NaOH
for 15 min in order to remove bacterial cell remnants. The BC obtained was washed several times
with deionized water and soaked in 1% NaOH for 2 days. Finally, the alkali was removed from the
pellicles by washing. All other reagents and solvents were of analytical grade and used without
further purification.

3.2. Fabrication of Electron Beam Irradiated BCMs (EI-BCMs)

Initially, BC pellicles washed with distilled water were irradiated at room temperature using
an electron beam linear accelerator (10 MeV, 0.5 mA) at the Korea Atomic Energy Research Institute
(Jeongup, Korea) at a dose rate of 5 kGy/min to doses ranging from 100 kGy to 300 kGy. Pellicles were
the washed with deionized water, fixed between stainless steel wire meshes to remove water and then
compressed for 5 min into sheets using a press (Carver 3969, Wabash, IN, USA) and dried in a freeze
dryer at −80 ◦C for 48 h. Finally, the 100k and 300k EI-BCMs (100 kGy and 300 kGy irradiated BC
membrane) and non-irradiated BCMs (NI-BCMs; controls) were prepared (Figure 14).
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Figure 14. Bacterial cellulose (BC) pellicles were irradiated in distilled water by Electron beam linear
accelerator (A: NI-BCMs, B: 100k EI-BCMs, C: 300k EI-BCMs). After the radiation, the BC pellicles
were lyophilized (D: NI-BCMs, F: 100k EI-BCMs, H: 300k EI-BCMs) and then compressed into sheet
(E: NI-BCMs, G: 100k EI-BCMs, I: 300k EI-BCMs).

3.3. Characterization of EI-BCMs

3.3.1. Scanning Electron Microscope (SEM) Image Analysis of BCMs

SEM images of NI-BCMs, 100k and 300k EI-BCMs were obtained using a JSM-6390 unit (JEOL,
Tokyo, Japan) at 10 kV and distance of 10–12 mm. Samples were placed on steel plates and coated with
gold for 60 s.

3.3.2. Mechanical Properties

The mechanical properties of NI-BCMs and 100k and 300k EI-BCMs were determined using a
Universal Testing Instrument (Instron 5569, Instron Corp., Canton, OH, USA) equipped with a 5 kN load
cell at a crosshead speed of 10 mm/min. Samples were cut into 2 mm × 15 mm pieces. ASTM standard
method D 882-88 was used to determine wet tensile strengths after soaking samples in water for 10 min.

3.3.3. Attenuated Total Reflection-Fourier Transform Infrared Spectroscopy (ATR-FTIR)

NI-BCM and 100k and 300k EI-BCMs also subjected to FTIR spectrophotometry using a Bruker
Temsor 37 unit (Bruker AXS Inc., Ettlingen, Germany) over the range 500–4000 cm−1 at a resolution of
4 cm−1 using >32 scans. Specimens were examined in triplicate to ensure reproducibility.

3.3.4. Thermogravimetric Analysis (TGA)

Thermogravimetric analysis of NI-BCMs and EI-BCMs was performed using a thermal gravimeter
(TA Q600, TA Instruments, New Castle, DE, USA). All specimens were dried at 45 ◦C for 12 h prior to
conducting the tests. Specimens (15.9 mg) were placed in a platinum pan and heated at 10 ◦C/min
from 40 ◦C to 800 ◦C under a nitrogen flow.

3.3.5. In Vitro Degradation of EI-BCMs

The in vitro degradations of NI-BCMs and 100k and 300k EI-BCMs was undertaken by immersing
samples in phosphate buffered saline (PBS) solution at pH 7.4 and simulated body fluid (SBF) at 37 ◦C.
These pre-wetted, irradiated BC membranes were then placed in a 20 mL weighing bottle containing
15 mL PBS and SBF solution. Samples were removed, rinsed with deionized water and freeze dried [60].
Samples were cut into 10 mm diameter circles and immersed in PBS and SBF at 37 ◦C for 4, 8, or
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16 weeks, when they were rinsed, freeze dried, and weighed. The averages and standard deviations
were recorded, and rates of weight loss were calculated. The compositions of 1× PBS and 5× SBF are
provided in Table 2 [61].

Table 2. Amounts of reagents used to create 1× PBS and 5× SBF.

1× PBS (Phosphate Buffered Saline) 5× SBF (Simulated Body Fluid)

137.0 mM NaCl 710.0 mM Na+

2.70 mM KCl 25.0 mM K+

10 mM Na2HPO4·H2O 12.5 mM Ca2+

2.00 mM KH2PO4 7.5 mM Mg2+

1.00 mM CaCl2 21.0 mM HCO3−
0.50 mM MgCl2 740 mM Cl−

5.0 mM HPO4
2−

2.5 mM SO4
2−

3.4. In Vitro Cell Studies

NIH3T3 cells (ATCC® CRL-1658TM) were cultured in Dulbecco’s Modified Eagle Medium
containing 4.5 g/L glucose (DMEM-HG, Gibco BRL, Grand Island, NY, USA) and supplemented
with 10% fetal bovine serum and 1% penicillin/streptomycin in a 5% CO2 incubator at 37 ◦C and RH
95%. The medium was changed every two days.

3.4.1. Cell Proliferation Assay

Cell proliferation was measured using a Cell Counting Kit-8 assay (CCK-8, Dojindo Laboratories,
Kumamoto, Japan). Briefly, NIH3T3 cells were seeded at a density of 1 × 105 cells/well on NI-BCMs
and 100k and 300k EI-BCMs, and cultured for 1, 3, and 7 days then normalized to the day 1 value to
calculate the growth percentage of cells cultured in control media. After incubation, culture media were
exchanged with culture medium containing 10% CCK-8 solution. Then, while maintaining the same
conditions for 90 min, absorbances were measured at 450 nm using a UV-Vis spectrophotometer (MQX
200 model, Bio-Tek Instruments, Winooski, VT, USA). All experiments were performed in triplicate.

3.4.2. Immunofluorescent Staining

Cells were stained in order to evaluate their morphologies on BCMs. After 24 h of cell culture,
BCM samples were fixed using 3.7% MeOH-free formaldehyde in PBS for 10 min at 37 ◦C, washed
in PBS, and permeabilized in cytoskeleton (CSK) buffer (10.3 g sucrose, 0.292 g NaCl, 0.06 g MgCl2,
0.476 g HEPES buffer, and 0.5 mL Triton X-100 in 100 mL water, pH 7.2) for 10 min at 4 ◦C. The cell was
then blocked using blocking buffer (1% BSA in PBS) for 1 h at 37 ◦C, and samples were incubated with
rhodamine phalloidin (1:100) and Hoechst 33258 (1:1000; a nuclear stain) (Molecular Probes, Eugene,
OR, USA) for 1 h at 37 ◦C. After washing in PBS, samples were mounted on glass slides, and fluorescent
images of stained cells on BCMs were acquired using a Laser Scanning Confocal Microscope (LSM 510,
Zeiss, Jena, Germany). Cell areas were obtained from acquired images using Imagepro Plus 4.5 (Media
Cybernetics, Silver Springs, MD, USA).

3.4.3. Field Emission-Scanning Electron Microscopy(FE-SEM) of Surface Cells

Samples of NI-BCMs and 100k and 300k EI-BCMs were punched out and sterilized with 70%
EtOH. NIH3T3 cells were then seeded at a concentration of 1 × 105 cells/well on sample surfaces.
After 24 h of cell culture, samples were washed three times with PBS, and cells were fixed in PBS
containing 4% paraformaldehyde for 30 min at room temperature. Cells were then rinsed with PBS for
5 min and dehydrated using an ethanol gradient (50%, 70%, 80%, 95%, and 100% EtOH) for 10 min
per step. Samples were dried using a hexamethyldisilazane (HMDS) chemical drying series (3:1, 1:1,
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and 1:3 EtOH:HMDS followed by 100% HMDS at 15 min each and allowed to air dry). Finally, samples
were examined under a field emission-scanning electron microscope (S-4800, Hitachi, Tokyo, Japan).

3.5. In Vivo Animal Studies

3.5.1. Experimental Animals

Twenty-four Sprague-Dawley rats (males; weight 250–300 g) were chosen. Animals were housed
individually in plastic cages under standard laboratory conditions and had ad libitum access to
water and standard laboratory pellets. Animal selection, care, and management, and the surgical
protocol and preparation for surgery were conducted in accordance with the guidelines issued by
the Ethics Committee on Animal Experimentation at the Korea Atomic Energy Research Institute
(KAERI-IACUC-2013-004).

3.5.2. Surgical Procedures

After intramuscularly injecting a mixture of xylazine (Rumpun, Bayer Korea, Seoul, Korea) and
tiletamine-zolazepam (Zoletil, Vibac Laboratories, Carros, France), surgery was performed under
general anesthesia. In each case, the shaved cranial surgical site was disinfected with betadine, and 2%
lidocaine HCL (Yu-Han Co., Gunpo, South Korea) was administered for local anesthesia. After making
a U-shaped incision, the full-thickness of flap of skin and periosteum was removed. In the middle
of the cranium, a standardized 8 mm circular transosseous defect was created with a trephine bur
(3i Implant Innovation, Palm Beach Garden, FL, USA). During drilling, the surgical site was washed
with saline. After removing the trephinated bony disk, the experimental and control materials were
applied. Twelve animals were allocated to each study group. After applying 0.12 mg hydroxyapatite
(HA)/β-tricalcium phosphate (TCP) bone graft material (Bio-C, Cowellmedi Implant, Seoul, Korea),
the defect site was covered with a 10 × 10 mm membrane of 100k or 300k EI-BCM. The surgical site
was closed with 4-0 absorbable sutures (Vicryl®, Ethicon, Somerville, NJ, USA) (Figure 15).

 

Figure 15. In vivo surgical procedure used to produce rat calvarial defects. (A,B) In the middle of the
cranium, an 8 mm-diameter defect was created with a trephine bur. (C) The defect site was treated
with HA/β-TCP bone graft material, and then (D) covered with 100 or 300 kGy irradiated BCM.

3.5.3. Post-Operative Care and Sacrifice

After surgery, animals received 1 mg/kg gentamicin (Kookje Co., Seoul, Korea) and 0.5 mL/kg
pyrin (Green Cross Veterinary Products Co., Seoul, Korea) intramuscularly three times daily for 3 days.
Animals were individually caged and received food and water ad libitum. Six animals in each group
were allocated a healing period of 4 weeks, and the remaining six animals a healing period of 8 weeks.
Animals were sacrificed by CO2 inhalation. To collect specimens, defect sites were harvested along
with surrounding bone and membranes. Harvested specimens were fixed in neutral buffered formalin
(Sigma Aldrich Co., St. Louis, MO, USA) for 2 weeks.
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3.5.4. Histometric Analysis

Calvarial specimens were decalcified using 14% ethylenediaminetetraacetic acid (EDTA) and
rapid acid decalcification reagents, embedded in paraffin, and sectioned at a thickness of 5 μm in
the centers of calvarial defects. The two centermost sections in each block were selected and stained
with Hematoxylin-eosin and Masson’s trichrome. Prepared histologic slides were observed under
a light microscope (BX50, Olympus, Tokyo, Japan), and images were captured using a CCD camera
(Spot Insight 2 Mp, Diagnostic Instruments, Inc., Sterling Heights, MI, USA) fitted with an adaptor
(U-CMA3, Olympus, Tokyo, Japan). In order to calculate areas of new bone and residual biomaterials
in images, computer-assisted histometric measurements were obtained and percentages of new-bone
and residual biomaterials in defect areas were calculated using an image analysis program (Image-Pro
Plus, Media Cybernetic, and Silver Spring, MD, USA).

3.5.5. Statistical Analyses

All quantitative results were obtained by analyzing samples in triplicate. In vitro study results
are expressed as means ± SDs. Because data were not normally distributed, non-parametric tests
were performed. The statistical analysis was performed using SPSS ver. 23.0 (SPSS, Chicago, IL,
USA). Results obtained from the in vivo studies were expressed as means, standard deviations, and
medians and statistical analysis was performed using R ver. 3.2.5 (The R Foundation, Vienna, Austria).
To compare group histometric results, we used the non-parametric analysis devised by Brunner &
Langer. The statistical significance was accepted for p values of <0.05.

4. Conclusions

The optimal radiation dose required to achieve a suitable level of biodegradation of bacterial
cellulose membranes (BCMs) by electron beam irradiation (EI) process is important. In the present
study, the mechanical, chemical, and biological characterizations of EI-BCMs prepared at different
doses were investigated. High energy electron beams applied to BCMs reduced wet tensile strength,
but increased in vitro cell responses and in vivo bone regeneration on calvarial defects. Within the
limits of these experiments, it is suggested that BCMs irradiated at 100 kGy are more effective than
BCMs irradiated at 300 kGy for clinical application as resorbable membrane for GBR. With regard to
clinical utility, further studies are needed including a sufficient period of animal study, a more specific
optimal radiation dose, and control of membrane thickness and porosity.
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BC Bacterial cellulose
EI Electron beam
EI-BCM Electron beam irradiated BC membrane
NI-BCM Unirradiated BC membrane
GBR Guided bone regeneration
CM Collagen membrane
SEM Scanning electron microscopy
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FE-SEM Field emission-scanning electron microscope
ATR-FTIR Attenuated total reflection-Fourier transform infrared spectroscopy analyses
TGA Thermal gravimetric analyses
NBA New bone area
PTFE Polytetrafluoroethylene
PGA Polyglycolic acid
PLA Polylactic acid
3D Three dimension
PBS Phosphate buffered saline
SBF Simulated body fluid
HA/β-TCP Hydroxyapatite/β-tricalcium phosphate
EDTA Ethylenediaminetetraacetic acid
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Abstract: Highly porous 45S5 bioactive glass-based scaffolds were fabricated by the foam replica
technique and coated with collagen by a novel method. After an initial cleaning step of the
bioactive glass surface to expose reactive –OH groups, samples were surface functionalized by
(3-aminopropyl)triethoxysilane (APTS). Functionalized scaffolds were immersed in a collagen
solution, left for gelling at 37 ○C, and dried at room temperature. The collagen coating was
further stabilized by crosslinking with 1-ethyl-3-(3-dimethylaminopropyl)carbodiimide (EDC) and
N-hydroxysuccinimide (NHS). Applying this coating method, a layer thickness of a few micrometers
was obtained without affecting the overall scaffold macroporosity. In addition, values of compressive
strength were enhanced by a factor of five, increasing from 0.04 ± 0.02 MPa for uncoated scaffolds to
0.18 ± 0.03 MPa for crosslinked collagen-coated scaffolds. The composite material developed in this
study exhibited positive cell (MG-63) viability as well as suitable cell attachment and proliferation on
the surface. The combination of bioactivity, mechanical competence, and cellular response makes this
novel scaffold system attractive for bone tissue engineering.

Keywords: bioactive glass; collagen; scaffolds; bone tissue engineering; surface functionalization

1. Introduction

The interdisciplinary field of tissue engineering combines approaches from biology, engineering, and
material science to develop alloplastic grafts or scaffolds for substitution or repair of tissue damaged by
disease or trauma [1,2]. Especially in bone tissue engineering, there is an important demand for scaffolds
as the availability of autografts, the current gold standard for bone transplants [3,4], is strongly limited.
For the fabrication of a nonbiological matrix, which acts as a temporary scaffold structure to support
cell attachment, growth, and proliferation [5,6], different biomaterials are available. The scaffold
structure should offer suitable mechanical properties, adequate pore size, and a high degree of
porosity to enable tissue ingrowth and vascularization, whereas the applied biomaterial should
also possess osteoconductivity, osteoinductivity, and should be biodegradable [7]. In this context,
bioactive glasses (BGs) are attracting increasing attention based on their high bioactivity, osteogenic
potential, biodegradability, and angiogenic effects [8,9]. However, due to the brittle nature of glasses,
scaffolds produced from these materials are usually not suitable for load-bearing applications.
A common strategy to improve the mechanical performance of such scaffolds is the development
of composite materials. By reinforcement with a polymer phase, the mechanical competence can
be improved [10]. Collagen is the most abundant protein in the extracellular matrix, being also a
very popular biomaterial [11]. Due to its natural origin, collagen offers suitable binding sites for
cellular attachment, being thus a very interesting bone substitute material, usually in combination
with bioactive, inorganic phases [12].
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Collagen is a very versatile biomaterial and can be processed in different ways to form sheets,
sponges, or injectable scaffolds, among others [13,14]. There is a broad range of applications of collagen
in the biomedical field. Collagen films are used, for example, as graft material for corneal replacement
or for treatment of infections when loaded with anti-inflammatory drugs [14,15]. Furthermore,
collagen can be combined with bone morphogenetic proteins (BMPs), which can be used to stimulate
osteoinduction [16]. For wound dressing, three-dimensional collagen sponges are often applied as
they can absorb exudates and offer a natural barrier for bacterial infections [11]. Collagen is also
applied as a coating material [17,18]. For example, Douglas and Haugen [19] described the coating
of polyurethane scaffolds with collagen to improve the cell response. In most cases, collagen applied
as a coating material aims to increase the biological activity. However, the mechanical improvement
that can be achieved by collagen coatings, based on the high tensile strength of collagen fibers, is not
usually investigated.

In this study, bioactive glass-based scaffolds were produced by the foam replica technique [20] and
coated by collagen. The approach of using collagen as a coating material for BG-based scaffolds has
been put forward before [21]. However, the previously reported method [21] usually leads to extremely
thin coatings as only a collagen monolayer can attach on the scaffold surface. Therefore, a new coating
method is introduced in this work, which enables application of a homogenous collagen layer of a few
microns thickness on the surface of BG-based scaffolds. It is expected that such novel collagen coating
will enhance the biologically activity of the scaffolds, maintaining a suitable mechanical competence
for bone tissue engineering applications.

Samples were analyzed in terms of bioactivity, release behavior, and mechanical performance.
In addition, biocompatibility was studied in vitro using a human osteosarcoma cell line (MG-63).

2. Results

2.1. Morphological and Microstructural Characterization

The micro- and macrostructure of as-fabricated BG-based scaffolds was investigated by SEM and
can be seen in Figure 1. The images show the typical structure of scaffolds fabricated by the foam
replica technique. Samples exhibit a highly interconnected porous structure similar to cancellous bone
(Figure 1A). As the sacrificial polyurethane (PU) foam is burned out during sintering, the struts exhibit
a hollow nature (Figure 1C). Pore size ranges between 250 and 500 μm, whereas struts show diameters
from 50 to 100 μm (Figure 1B).

 

Figure 1. SEM images of as-fabricated bioactive glass-based scaffolds after sintering, at lower (A) and
higher (B) magnifications. The hollow nature of the struts can be clearly seen (C) and can be attributed
to the burn-out of the sacrificial polyurethane (PU) foam.

After the surface functionalization of the BG-based scaffolds, a collagen coating was applied.
The structure, observed by SEM, is shown in Figure 2. Due to the high shrinkage rate during the
drying process of the collagen gel, collagen fibers are contracted and orientated along the structure of
the scaffold, which results in a dense and homogenous layer wrapped around the struts (Figure 2B),
while the macroporosity of the structure is not affected (Figure 2A). Cross-section images show a layer
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thickness of a few micrometers (Figure 2C). At the interface (Figure 2D–F), the difference between the
fibrous collagen structure and the rough bioactive glass surface can be clearly observed. In addition,
by the presence of the coating, the handling of the scaffolds was improved, which is also demonstrated
by their higher compressive strength in comparison to uncoated scaffolds (see Section 2.6).

Figure 2. SEM images of uncrosslinked, collagen-coated bioactive glass-based scaffolds. The fibrous
collagen layer can be clearly seen (B). After the coating process, the overall macroporosity of the scaffold
is not affected (A). The collagen layer exhibits a thickness of a few micrometers (C). At the interface
((D–F), different magnifications), the rough bioactive glass surface can be clearly distinguished from
the fibrous collagen layer.

2.2. Surface Analysis

After the silanization process of the bioactive glass surface, the presence of APTS molecules was
detected by X-ray Photoelectron Spectroscopy (XPS) measurements. Different markers can be applied.
As carbon can represent a source of contamination, nitrogen (N) was chosen as representative marker
which is not part of the 45S5 bioactive glass substrate [22]. As a reference, as-received samples were
chosen. The recorded spectra are presented in Figure 3. The associated atomic concentration of each
element is shown in Table 1. A noticeable change in the spectra can be seen after functionalization as
the intensity of the peaks is reduced after 1 h of immersion, indicating the fast dissolution process of
the bioactive glass substrate. This fact is supported by the decreased atomic concentration of bioactive
glass-related elements such as calcium, sodium, and phosphorous (Table 1). Due to the reaction
of APTS molecules with free –OH groups on the surface, the peak at 533 eV (O1s) decreases after
functionalization. In addition, the peak at 400 eV (N1s), which appears in return, confirms the presence
of N-containing groups, attributed to the successful coupling of APTS molecules to the surface. Also,
an increased atomic concentration of nitrogen and silicon can be found.

Table 1. X-ray Photoelectron Spectroscopy (XPS) analysis showing the atomic concentration for each
element present on the surface before and after the functionalization process.

Atomic Concentration

N1s Si2p Ca2p Na1s P2p

Before 0.01 6.58 5.83 24.68 4.25
After 3.29 11.36 3.07 9.42 2.54
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Figure 3. XPS spectra of 45S5 bioactive glass (BG) surfaces before and after the silanization process in
acetone +2 vol % APTS for 1 h.

2.3. Crosslinking Process

For further stabilization of the collagen coating, chemical crosslinks were introduced by treatment
with EDC ((N-3-Dimethylaminopropyl)-N′ethylcarbodiimide) and NHS (N-Hydroxysuccinimide).
The success of crosslinking was evaluated by FTIR. Figure 4 shows the FTIR spectra of collagen-coated
bioactive glass-based scaffolds with and without crosslinking. For comparison, results of as-fabricated
scaffolds are also shown and the most relevant peaks are labeled.
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Figure 4. FTIR spectra of 45S5 BG-based scaffolds and collagen-coated 45S5 BG-based scaffolds before
and after crosslinking. Relevant peaks are discussed in the text.

Uncoated 45S5 bioactive glass-based scaffolds show typical peaks at 455 cm−1 (Si–O–Si bending)
and in the region between 1100 and 1000 cm−1 (Si–O–Si stretching), which can be attributed to the
Si–O–Si vibrational modes in the glass network [23,24]. Due to the overlap of Si–O–Si stretching and
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P–O stretching in the area between 1100 and 1000 cm−1, these bands are difficult to distinguish [25].
Sharp peaks at 455, 532, and 621 cm−1 indicate a high crystallinity of the bioactive glass-based samples
attributed to the Si–O–Si vibrational mode of the developed crystal phase [26]. The vibrational mode
of the Si–O–2NBO (nonbridging oxygen) bond is visible by the peak at 926 cm−1, resulting from the
formation of SiO− groups in the glass network [23,25,27]. After the collagen coating, the formation
of new peaks in the area between 1700 and 1200 cm−1 confirms the presence of the protein on the
surface. These peaks can be attributed to amide I [25,28,29] (C=O stretching), typical for the triple
helical structure in nondenatured collagen, and amide III [30] (N–H deformation). The additional
amide-type bond (amide II) at 1568 cm−1, which is present in the spectrum of crosslinked samples,
confirms the success of the crosslinking process [28,30].

In order to quantify the amount of collagen before and after crosslinking, thermogravimetric
measurements were carried out. Temperature and weight loss were continuously recorded and are
presented in Figure 5.
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Figure 5. Mass loss of uncrosslinked and crosslinked collagen on 45S5 BG-based scaffolds during TGA.

The mass loss of collagen can be divided into three different stages [31]. Between room temperature
(RT) and 200 ○C (stage I), the mass loss can be attributed to the evaporation of water. In stage II
(200–450 ○C), collagen molecules are decomposed. In the last step (stage III), between 450 and 600 ○C,
residual organic components of the collagen coating are pyrolysed. Considering the mass loss in stage
II, the collagen amount of uncrosslinked samples can be determined as 6.5 wt %, whereas only 2 wt %
of collagen is left after crosslinking. The difference can be explained by the release of uncrosslinked
collagen during the process of crosslinking, whereas only collagen fibrils, fixed in the crosslinked
network, remain. Indeed, during the crosslinking process, the collagen fibrils are stabilized. However,
the crosslinking process itself takes a few hours. During this time, some collagen fibrils may be released
and are not fixed in the network. Thus, a given amount of collagen is lost during the crosslinking
process, resulting in a lower amount of collagen after crosslinking.

2.4. Evaluation of Bioactivity

For evaluation of the bone-bonding ability of uncoated and collagen-coated scaffolds, the
bioactive behavior was investigated by immersion in simulated body fluid (SBF). The formation
of hydroxyapatite on the surface of different samples was observed by SEM and confirmed by FTIR
measurements. Figure 6 shows SEM images of as-fabricated bioactive glass-based scaffolds after
immersion in SBF for 1, 3, and 7 days. After one day, calcium phosphate precipitates are already
visible. The typical morphology of hydroxyapatite (HA) can be clearly recognized after three days
of immersion in SBF, qualitatively assessed by the cauliflower-like shape [32]. After seven days, the
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entire surface is covered by a dense layer of HA. Also, the FTIR spectra, which can be seen in Figure 7,
confirm the formation of hydroxyapatite on the surface of bioactive glass-based scaffolds during
immersion in SBF. The growing double peak at 600 and 570 cm−1 can be attributed to the P–O bending
vibrations related to the PO4

3− group in the crystalline layer of HA [33]. Also, the growing peak
in the area between 1100 and 1000 cm−1 and the small shoulder at 960 cm−1 can be related to the
phosphate group (P–O stretching) [33,34]. Developed peaks at 875 cm−1 and in the region between
1500 and 1400 cm−1 can be attributed to the C–O bending and stretching, respectively, and belong to
the CO3

2− groups in the carbonated HA layer [33,35]. Due to the formation of a silica-rich layer, a peak
at 800 cm−1 can be observed [27].

 

Figure 6. SEM images of as-fabricated 45S5 BG-based samples after immersion in simulated body fluid
(SBF) for 1, 3, and 7 days (at different magnifications).
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Figure 7. FTIR spectra of as-fabricated 45S5 BG-based samples after 0, 1, 3, 7, and 10 days of immersion
in SBF. Relevant peaks are discussed in the text.

Figure 8 shows SEM images demonstrating the bioactive behavior of 45S5 bioactive glass-based
scaffolds coated by collagen (crosslinked). The formation of small hydroxyapatite nodules along the
collagen fibers can be observed after one day. With longer immersion time in SBF, HA microcrystals
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are directly deposited on the fibrous structure and remain well-embedded in the collagen matrix. After
10 days, the layer of collagen is mostly mineralized. The literature describes the bioactive behavior
of collagen as being due to the existence of nucleation sites in the collagen network. Nucleation sites
such as –COOH groups interact with the Ca2+ ions in the SBF solution and support the formation
of hydroxyapatite [36–38]. This interaction can be also seen in the FTIR spectra (Figure 9), due to
the shifted peak of amide I and the disappearance of amide II and III peaks after immersion in SBF.
Characteristic peaks, indicating the formation of HA on the surface, are developed in the wavenumber
region between 1100 and 1000 cm−1 and the small shoulder at 960 cm−1, and at 875, 800, 600, and
570 cm−1, as explained above. It should be mentioned that the amount of HA formed on the different
scaffold types (shown in Figures 6 and 8) was not quantified in this study, so the results remain
qualitative. Nevertheless, summarizing the results, it can be stated that the bioactive behavior of 45S5
bioactive glass-based scaffolds is not compromised by the presence of collagen, but it is even enhanced
due to the presence of nucleation sites in the collagen structure.

Figure 8. SEM images of collagen (Coll)-coated 45S5 BG-based scaffolds (cl) after immersion in SBF
for 1, 3, 7, and 10 days (at different magnifications). The formation of a mineralized collagen layer can
be observed.
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2.5. Release Behavior

To investigate the stability of the collagen coating on the surface of the bioactive glass-based
scaffolds and to evaluate the delivery capability, release studies were carried out in different media.
An overview of the investigated samples is given in Table 2. Collagen release was determined
depending on the cleaning and functionalization process.

Table 2. Selected scaffolds. Collagen release was determined depending on the cleaning and
functionalization process (- not applied, + applied).

Sample Cleaning Functionalization Collagen Crosslinking

(A) - - + -
◆ (B) + - + -
∎ (C) - + + -
▲ (D) + + + -

In relation to the scaffolds listed in Table 2, Figure 10 shows the cumulative amount of released
collagen in phosphate buffered saline (PBS) up to 28 days. All curves show an initial burst release
followed by a plateau. During the process of collagen coating, a collagen mesh of single collagen
fibers is wrapped around the struts of the 45S5 bioactive glass-based scaffold (Figure 2). In the case of
nonfunctionalized samples (A and B), the collagen is only physically adsorbed on the surface due to
missing binding sites. Because of missing crosslinks, water molecules penetrate the collagen mesh very
fast, leading to swelling of the fibrous structure. Macromolecules are released over time and diffuse,
which is shown by a high release rate of around 90% in the first 24 h. After 28 days, less than 10% of
collagen is left on the surface of the scaffolds. By introducing a silanized surface (C and D), collagen
can bind covalently to the bioactive glass surface, which results in a reduced release rate. Similar
results were also reported before [21]. In addition, results show that the amount of covalently bonded
collagen could be increased by introducing an initial cleaning step, due to more reactive –OH groups
on the surface. However, initial burst release up to 50% can be observed as the functionalization
process only affects collagen close to the surface. Collagen molecules, which are not covalently bonded
to the surface, still diffuse and are released very fast.

Figure 11 shows the cumulative collagen release in SBF for up to 28 days. The collagen release
kinetics is similar to that in PBS, although the overall amount is remarkably lower. Even without
surface functionalization, max 60% of the initial collagen is released. As the collagen is mineralized due
to the immersion in SBF (Figure 8), nodules of hydroxyapatite are embedded in the collagen matrix,
which could explain the reduced release rate of the protein.
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Figure 10. Cumulative collagen release from different types of 45S5 BG-based scaffolds in PBS.
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Figure 11. Cumulative collagen release from different types of 45S5 BG-based scaffolds in SBF.

By the crosslinking process, the cumulative release rate of collagen can be further decreased, as
visible in Figure 12. The amount of released collagen could be further reduced from 54% to 36% in PBS
and from 32% to 26% in SBF, respectively. In addition to covalently bonded collagen molecules on the
bioactive glass-based surface, the crosslinked network of collagen exhibits a lower release rate during
the 28 days of immersion. In conclusion, the collagen release from 45S5 bioactive glass-based scaffolds
can be adapted introducing a silanized surface and by varying the degree of crosslinks, depending on
the application, thus providing a very versatile system.

Figure 12. Collagen release kinetics of collagen-coated 45S5 BG-based scaffolds in PBS (left) and SBF
(right) before and after crosslinking.

2.6. Mechanical Characterization

In order to investigate the potential of collagen-coated bioactive glass-based scaffolds for
application in bone tissue engineering, the compressive strength (σ) of uncoated and collagen-coated
samples was determined. Figure 13 shows exemplary stress-displacement curves for uncoated and
collagen-coated samples, which can be divided into three different regions [20]. The compressive stress
increases constantly in region I until a maximum stress is reached and the scaffolds’ struts fail. As a
result, the curve shows a negative slope in region II. Due to progressive compression in region III, the
broken struts are densified and the compressive stress increases. As the struts exhibit a hollow nature,
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uncoated bioactive glass-based scaffolds show low compressive strength values (0.04 ± 0.02 MPa).
The shape of the stress-displacement curve and such jagged characteristics are common in this type of
scaffolds tested in compression [10,20–22]. Moreover, the compressive strength values for uncoated
bioactive glass-based scaffolds are comparable with results found in the literature [39–41] and are
typical for scaffolds produced by the foam replica technique. However, Bellucci et al. [42] describe
compressive strength values of up to 0.8 MPa for similar bioactive scaffolds (based on a modified
replication method), which can be attributed to the reduced porosity of the samples.

Due to the collagen coating, microcracks present on the surface of the scaffolds are filled by
collagen, resulting in enhanced mechanical strength. The effect of polymer infiltration and the
associated reinforcement is well-known and has been described elsewhere [10]. Similar values of
compressive strength of 0.21 ± 0.03 MPa and 0.18 ± 0.03 MPa were achieved for uncrosslinked and
crosslinked collagen-coated scaffolds, respectively. In order to simulate the environment in vitro,
samples were additionally soaked in PBS. After 1 h, stress-displacement curves were recorded and
compared with those of dry samples. It was observed that due to the rehydration of the coating,
collagen transforms into a hydrogel, which results in a drop of the compressive strength (to values
of <0.1 MPa). However, even if the compressive strength is reduced after the scaffold comes into
contact with an aqueous medium, the biomedical application of collagen-coated BG-based scaffolds
in vivo is not compromised, since due to the collagen coating, the scaffolds can be safely handled
and processed.
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Figure 13. Exemplary stress-displacement curves for 45S5 BG-based scaffolds with and without
collagen coating.

2.7. Cell Studies

2.7.1. Cell Viability and Relative Proliferation

The biocompatibility of scaffolds was evaluated by investigating their interaction with
osteoblast-like cells (MG-63). Uncoated and collagen-coated samples (with and without crosslinks)
were seeded with MG-63 cells and cultivated in static conditions for 7, 14, and 21 days. Figure 14 shows
the viability of seeded MG-63 cells. After 21 days, uncrosslinked collagen-coated samples exhibit
significant lower cell viability (105%) compared to as-fabricated scaffolds without coating (130%).
Because uncrosslinked collagen is released very fast (see Section 2.5), a high cell number is lost at the
beginning of cultivation as cells directly attach to the collagen matrix. This is already visible after seven
days, where a noticeable difference in the cell viability of samples coated with uncrosslinked collagen
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can be seen compared to the uncoated reference. Therefore, higher cell viability can be detected for
crosslinked samples.

Because a relatively high cell number is lost in uncrosslinked collagen-coated samples, a reduced
proliferation rate can also be detected in this case (Figure 15). After seven days, samples showed
a relative proliferation below 75%. A significant difference can be seen after 14 days comparing
uncrosslinked and crosslinked collagen-coated scaffolds. However, remaining cells were found to be
able to recover, which results in a similar proliferation rate compared to pure 45S5 bioactive glass-based
scaffolds after 21 days of incubation.
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Figure 14. Cell viability of MG-63 cells of different scaffold types (absorbance at 450 nm) after 7, 14,
and 21 days. Significance levels: * p < 0.05, ** p < 0.01 (Bonferroni’s post-hoc test was used).
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Figure 15. Relative proliferation of MG-63 cells on different scaffold types (absorbance at 450 nm) after
7, 14, and 21 days. Significance level: *** p < 0.001 (Bonferroni’s post-hoc test was used).

2.7.2. Cell Morphology

After the cultivation of scaffolds with MG-63 cells, the morphology of cells was observed by SEM,
as shown in Figure 16. SEM images show the cell morphology after different time points and confirm
the results which were achieved by the evaluation of cell viability and relative proliferation. Cells with
their typical spindle-shaped morphology can be found on the surface of every sample, indicating the
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high biocompatibility of the applied collagen coating. After 21 days of incubation, even multilayer
growth of MG-63 cells can be observed. Due to the homogenous distribution of cells, it is assumed
that scaffolds exhibit suitable pore size and porosity, which enables the infiltration of cells. However,
a denser layer of cells can be found on the outer layer of the scaffolds, attributed to the gradient of
nutrient and oxygen supply related to the static cultivation system.

 

45S5 BG - 7 d 45S5 BG - 14 d 45S5 BG - 21 d 

45S5 BG + Coll (uc) - 7 d 45S5 BG + Coll (uc) - 14 d 45S5 BG + Coll (uc) - 21 d 

45S5 BG + Coll (cl) - 7 45S5 BG + Coll (cl) - 14 d 45S5 BG + Coll (cl) - 21 d 

Figure 16. SEM images of seeded MG-63 cells on different types of scaffolds for 7, 14, and 21 days
(at different magnifications).

3. Discussion

Due to its highly bioactive character, 45S5 bioactive glass shows great potential to be used as
bone-substitute material. However, scaffolds produced from this material are highly brittle and the
relative low fracture strength of 45S5 bioactive glass-based scaffolds is a significant drawback for
their application in bone tissue engineering, particularly in load-bearing sites. Even the handling of
such highly brittle scaffolds is very challenging. On the other hand, polymers are in general flexible
and provide chemical versatility, thus the formation of bioactive glass–polymer composites is being
explored to provide bioactive and mechanically sound scaffolds [2].

For the reinforcement of highly porous glass or ceramic structures and to overcome their
lack of mechanical stability, scaffolds can be toughened by a polymer coating, as reviewed by
Philippart et al. [10] and Yunos et al. [2]. The related reinforcement can be attributed to the filling
and bridging of microcracks present on the scaffold surface by a polymeric phase. The literature
mainly describes synthetic polymers, for example, polycaprolactone (PCL) [43,44] or poly (D,L-lactic
acid) (PDLLA) [45,46], as the coating material. For example, to improve the compressive strength of
bioactive glass-based scaffolds fabricated by the foam replica technique, Chen and Boccaccini [45] used
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PDLLA as the coating material. By dip-coating, the mechanical performance of the brittle samples
could be considerably increased.

Natural polymers are an attractive alternative to synthetic polymers and are drawing attention
as coating materials for scaffolds, taking into account that synthetic polymers can comprise negative
byproducts when degrading. Natural polymers such as gelatin, silk, or collagen are often used as
biomaterials and offer a wide range of properties, for example, biocompatibility, degradability, and
nontoxicity. In addition, special sequences of amino acids (RGD) present in such biopolymers can
improve cell attachment. For example, Metze et al. [41] used gelatin, a close relative of collagen, as
a coating for 45S5 bioactive glass-based scaffolds to improve the compressive strength. Li et al. [47]
showed increased mechanical performance as well as enhanced osteogenic differentiation behavior
when coating ceramic scaffolds with silk.

In the present study, collagen was the polymer of choice due to its high biocompatibility and
bioactivity. The collagen coating was applied by a combined process of surface functionalization and
collagen immersion, leading to homogenous and thick collagen layers on the surface of BG-based
scaffolds, while the overall porosity was not significantly hampered. By filling and bridging
microcracks on the surface of the struts, which are caused by the sintering process during scaffold
fabrication, the compressive strength of the scaffolds increased from 0.04 ± 0.02 MPa to 0.18 ± 0.02 MPa
for uncoated and collagen-coated scaffolds, respectively. These values are at the lower boundary of the
compressive strength of natural bone, which is reported to be between 0.2 and 4 MPa [20], and thus
the collagen-coated scaffolds become attractive for application in bone tissue engineering. In addition,
it is assumed that ingrowth of tissue in vivo will provide additional mechanical support, as reported
in the literature [48].

Even though collagen transforms into a hydrogel in wet conditions, which could imply a loss
of mechanical strength in vivo, the biomedical application of collagen-coated BG-based scaffolds is
not negatively affected, as the in situ degradation of the collagen coating will occur in conjunction
with the formation of hydroxyapatite on the surface of the scaffolds, due to the high bioactivity
of the bioactive glass, providing local support to the structure. Indeed, when using scaffolds as
bone-substituting materials, one important requirement is to ensure a safe handling of the alloplastic
graft before implantation, for which the presence of the collagen coating is required. Due to the collagen
coating, the otherwise brittle bioactive glass-based scaffolds can be safely handled and processed, and
such a tough and stable matrix is suitable to fill bone defects during operation. The degradation of
the collagen coating and the bioactive glass matrix starts immediately after implantation. Release
products of collagen should enhance tissue regeneration and angiogenesis [49–51], while the ionic
dissolution products of bioactive glass will further stimulate osteogenesis and angiogenesis by the
enhanced expression of genes in cells, leading to bone formation and vascularization [52]. In addition,
collagen offers many nucleation sites for the formation of hydroxyapatite, which is an important
parameter for the interaction of a material with bone tissue, enhancing the intrinsic bioactivity of the
bioactive glass scaffold. Thus, composite scaffolds that result from combining 45S5 bioactive glass
and collagen offer high biocompatibility and bioactivity coupled with adequate structural integrity
for safe handling of the scaffolds. In addition, collagen as a coating material not only influences cell
attachment and proliferation, but it also offers a platform for the incorporation of biomolecules and
drugs. By introducing a functionalized surface, combined with a crosslinked network of collagen
molecules, the release rate of collagen (and incorporated drugs) can be easily controlled and applied as
a drug delivery vehicle.

Overall, this study has introduced an alternative approach for the future development of
composite scaffolds based on collagen and bioactive glasses. Even if significant challenges remain
to enable the translation of the present scaffolds to clinical practice, the present results provide a
well-founded basis for considering the newly developed scaffolds as a valid alternative for further
investigations in this field.
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4. Materials and Methods

4.1. Scaffolds

4.1.1. Scaffold Production

Cylindrical and highly porous scaffolds (diameter = 0.75 mm, height = 0.4 mm) were produced
by the foam replica process, originally described by Chen et al. [20]. Briefly summarized, sacrificial
polyurethane (PU) foams (45 pores per inch (ppi), PL Bulpren S28133, Eurofoam Deutschland GmbH,
Germany) were dip-coated in a BG-based slurry. For the preparation of the slurry, 0.3 wt % of binder
(polyvinyl alcohol (PVA), fully hydrolyzed, Mw ~30,000, Merck Millipore, Darmstadt, Germany) was
dissolved at 80 ○C in ultrapure water (UPW) under stirring conditions. After cooling down to room
temperature (RT), 2 wt % of disperser (KV 9062, Zschimmer & Schwarz GmbH & Co. KG, Lahnstein,
Germany) and 50 wt % of BG powder were added. For the production of scaffolds, a commercially
available melt-derived bioactive glass powder of the 45S5 composition (45S5 BG, in wt %: 45 SiO2,
24.5 CaO, 24.5 Na2O, and 6 P2O5) with particle size of ~2 μm was used (Vitryxx®, Schott, Mainz,
Germany). After mixing the slurry homogenously, precut PU foams were immersed into the slurry,
retrieved after 5 min, and squeezed to remove excess slurry. After drying at 60 ○C for 2 h, the coating
procedure was repeated. The samples were dried again at 60 ○C and the received green bodies were
finally sintered at 1050 ○C to densify the structure.

4.1.2. Surface Functionalization

As already mentioned, cells attach to material surfaces in contact with proteins. Proteins reveal
chemical complexity and a fragile nature and can change their native conformation considerably [21,53]
due to electrostatic and hydrophobic interactions. To prevent the alteration of the biological
functionality, proteins (in this case, collagen) can be grafted to the scaffold surface by chemical
bonding. In this study, the surface of the bioactive glass-based scaffolds was functionalized using
(3-aminopropyl)triethoxysilane (APTS), which is one of the most studied coupling agents and has
been used in several studies before [21,54,55]. The following scheme (Figure 17) describes the surface
functionalization of 45S5 BG-based scaffolds using APTS. The silanization process can be divided
into four stages, namely: (I) hydrolysis, (II) condensation reaction, (III) hydrogen bonding, and (IV)
bond formation.
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Figure 17. Surface functionalization of 45S5 bioactive glass-based scaffolds with APTS divided into
(I) hydrolysis, (II) condensation reaction, (III) hydrogen bonding, and (IV) bond formation [50,54–56].
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To start the process of hydrolysis, adsorbed moisture on the surface is sufficient. Water molecules
attack the ester bonds in the ethoxy groups (Si–OEt), which are hydrolyzed and replaced by hydroxyl
groups (–OH) to form reactive silanol groups (Si–OH). Through a self-condensation process, silanol
groups react with each other in step (II) to form stable siloxane bonds (Si–O–Si). The final condensed
product can now react with –OH groups located on the BG surface. By hydrogen bonding, a network
of siloxanes assembles on the surface of 45S5 BG-based scaffolds. As these bonds are not very stable,
water is removed by a heat treatment and hydrogen bonds are replaced by covalent bonds in step
(IV). To ensure a uniform deposition of reactive amino groups on the surface of bioactive glass-based
scaffolds, an initial cleaning step was performed to remove contaminations and to activate reactive
hydroxyl groups on the surface [56]. Based on previous work [56], an initial cleaning step was
introduced before the surface of the samples was functionalized. Therefore, bioactive glass-based
scaffolds were gently swiveled in acetone for 5 min, followed by rinsing in UPW. This process was
repeated three times. Afterwards, samples were dried at 60 ○C.

For surface functionalization, cleaned samples were immersed in a solution with 2 vol % APTS
(99%, Sigma-Aldrich, Schnelldorf, Germany) in acetone (Acetone Technical, VWR Chemicals, Ismaning,
Germany). After 1 h, scaffolds were removed, rinsed two times in UPW, and heat-treated at 100 ○C
for 2 h.

4.1.3. Collagen Coating

Surface-functionalized bioactive glass-based scaffolds were coated with collagen using the
following protocol. Solution A was prepared by mixing 1 M NaOH (sodium hydroxide, Merck
Millipore, Darmstadt, Germany), 1 M HEPES buffer (4-(2-Hydroxyethyl)piperazine-1-ethanesulfonic
acid dissolved in UPW, Sigma-Aldrich, Schnelldorf, Germany), and 10× DMEM (10× concentrated
Dulbecco’s Modified Eagle’s Medium, Biochrom, Berlin, Germany) at a ratio of 1:1:2. Solution A was
mixed with four parts of 0.5% collagen solution (Collagen G1 from bovine calf skin, Matrix BioScience,
Mörlenbach, Germany) to obtain solution B. To avoid early gelation of the neutralized collagen solution,
all chemicals were refrigerated (4–8 ○C). The surface-functionalized scaffolds were placed in a 48-well
plate, dripped by the collagen solution, and incubated over night at 37 ○C to initiate and complete the
collagen fibrillogenesis. After gelation, samples were completely dried under the hood.

4.1.4. Crosslinking

For further stabilization of the collagen coating, samples were additionally crosslinked (cl).
According to Powell et al. [57], a 50 mM MES (4-Morpholineethanesulfonic) acid solution in
40 vol % ethanol (Ethanol EMSURE®, Merck Millipore, Darmstadt, Germany) was prepared using
MES hydrate (Sigma-Aldrich, Schnelldorf, Germany). 60 mM EDC (N-3-Dimethylaminopropyl)-
N′ethylcarbodiimide, Sigma-Aldrich, Schnelldorf, Germany) and 60 mM NHS (N-Hydroxysuccinimide,
Sigma-Aldrich, Schnelldorf, Germany) were dissolved in the MES buffer solution. Collagen-coated
bioactive glass-based scaffolds were immersed in the crosslinking solution for 4 h at RT. Afterwards,
samples were removed and washed in 0.1 M Na2HPO4 (disodium hydrogen phosphate, Sigma-Aldrich,
Schnelldorf, Germany) for 2 h to hydrolyze remaining O-acylisourea of the carbodiimide [58,59].
Subsequently, scaffolds were washed in UPW and left to dry in air. Uncrosslinked samples are labeled
as “uc”.

4.2. Evaluation of Bioactivity

For the assessment of acellular bioactivity in vitro, uncoated and collagen-coated samples were
immersed in simulated body fluid (SBF), applying the well-known protocol introduced by Kokubo and
Takadama [60]. Samples were put in closable containers of polypropylene, immersed in 50 mL of SBF,
and placed in an orbital shaker (90 rpm, 37 ○C). After different time points, samples were removed,
washed in UPW, and left for drying. The formation of hydroxyapatite on the surface of the scaffolds, as
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a marker of bioactivity, was evaluated by scanning electron microscopy (SEM) and Fourier transform
infrared spectroscopy (FTIR).

4.3. Release Behavior

The release behavior of collagen-coated BG-based scaffolds with and without crosslinks was
evaluated in different media. Samples were immersed in 5 mL of PBS or SBF, respectively, and placed
in an orbital shaker at 37 ○C and 90 rpm. After different time points, the solution was completely
removed and refilled by fresh solution. The released collagen was determined colorimetrically based on
a modification of Lowry’s method [61,62]. For this analysis, 250 μL of protein solution was incubated
with 250 μL of Lowry reagent solution (Sigma-Aldrich, Schnelldorf, Germany) for 20 min at RT.
Afterwards, 125 μL of 0.3 N Folin & Ciocalteu’s phenol reagent (Sigma-Aldrich, Schnelldorf, Germany)
was added and incubated for an additional 30 min to allow the color to develop. The solution was
irradiated by visible light at 595 nm using a single beam spectrometer (Specord 40, Analytik Jena, Jena,
Germany) and absorbance values were recorded. The collagen concentration was determined from a
standard calibration curve.

4.4. Cell Studies

4.4.1. Cell Culture and Seeding

For static cell culture experiments, a human osteosarcoma cell line (MG-63, Sigma-Aldrich,
Schnelldorf, Germany) was used. MG-63 are adherent cells received from a malignant bone tumor and
are commonly used as osteoblastic model cells [63]. Cells were cultured in low glucose Dulbecco’s
Modified Eagle Medium (DMEM, Thermo Fisher Scientific, Schwerte, Germany) supplemented
with 10 vol % of fetal bovine serum (FBS, Sigma-Aldrich, Schnelldorf, Germany) and 1 vol % of
penicillin–streptomycin (PenStrep, Thermo Fisher Scientific, Schwerte, Germany) in an incubator at
37 ○C with 5% of CO2 and 95% humidity. Cells were collected by trypsinization at confluency between
80% and 100%. Scaffolds were seeded with 600,000 cells/mL. The medium was changed twice a week.

4.4.2. Cell Viability and Relative Proliferation

Cell viability was measured after 7, 14, and 21 days as an indirect measurement of the viable cell
number using a cell counting kit (Cell Counting Kit-8, Sigma-Aldrich). Samples were washed with
PBS and incubated with 1 vol % WST-8 in DMEM. After 4 h of incubation, absorbance was measured
at 450 nm (PHOmo, Autobio Labtec Instruments, Zhengzhou, China).

The relative proliferation was determined by an enzyme-linked immunosorbent assay (ELISA)
using a cell proliferation kit (Cell Proliferation ELISA, Bromodeoxyuridine (BrdU), Roche, Mannheim,
Germany). Shortly summarized, samples were incubated with a BrdU labeling solution for 2 h at
37 ○C. During incubation, BrdU is incorporated into the DNA of proliferating cells. Afterwards, cells
were fixed and incubated with an antibody. As the antibody was detected immunohistochemically,
the reaction was stopped by addition of 1 M H2SO4 (Sulfuric acid, EMSURE® ISO, Merck Millipore,
Darmstadt, Germany) and absorbance was measured at 450 nm.

4.4.3. Cell Morphology

The morphology of seeded MG-63 cells on top of uncoated and collagen-coated bioactive
glass-based scaffolds was investigated by SEM. After incubation, samples were washed in PBS and
fixed with fixative I and II (Table 3) for 1 h, respectively. After fixation, samples were dehydrated in
a graded ethanol series (30, 50, 70, 80, 90, 95, and 99.8 vol %) and dried in a critical point dryer (EM
EPD300, Leica, Germany).
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Table 3. Composition of fixative I and II.

Reactant Fixative I Fixative II

Sodium cacodylate trihydrate (Sigma-Aldrich, Germany) 0.2 M 0.2 M
Glutaraldehyde (AppliChem, Germany) 0.1 wt % 0.3 wt %

Paraformaldehyde (Sigma-Aldrich, Germany) 2 wt % 3 wt %
Sucrose (Sigma-Aldrich, Germany) 5 wt % -

4.5. Methods

4.5.1. Scanning Electron Microscopy (SEM)

For the observation by SEM, an Ultra plus scanning electron microscope (Auriga, Zeiss, Jena,
Germany) was used. Samples were fixed with conductive silver, sputtered with gold (Quorum Q150T S,
Quorum Technology, Darmstadt, Germany), and examined with 2 kV at a working distance of ~5 mm.

4.5.2. X-ray Photoelectron Spectroscopy (XPS)

To confirm the presence of APTS molecules on the bioactive glass surface, X-ray photoelectron
spectroscopy (XPS) was applied. The measurement was carried out by a multi-technique XPS (Phi-5600,
Al-Kα radiation).

4.5.3. Fourier Transform Infrared Spectroscopy (FTIR)

For chemical analysis, FTIR was used. 1 wt % of the sample to be analyzed was mixed with KBr
(potassium bromide for IR spectroscopy Uvasol®, Merck Millipore, Darmstadt, Germany) and pressed
into a pellet. The spectra were recorded in absorbance mode (Nicolet 6700 FTIR spectrometer, Thermo
Scientific, Waltham, MA, USA) and collected between 4000 and 400 cm−1. Pure KBr was used to correct
the background noise.

4.5.4. Thermogravimetric Analysis (TGA)

In order to quantify the amount of collagen on the surface of coated scaffolds, thermogravimetric
analysis was carried out. Heating was performed in air with a heating rate of 5 K/min (TGA, STA 449
F3 Jupiter, Netzsch, Selb, Germany).

4.5.5. Mechanical Characterization

The compressive strength of uncoated and collagen-coated scaffolds (with and without crosslinks)
was evaluated by uniaxial compression tests. Samples were compressed with a crosshead velocity of
1 mm/min, a preload of 0.1 N, and a maximum applied force of 50 N (Z050, Zwick, Ulm, Germany).

4.6. Statistical Analysis

Statistic evaluation of the results of cell studies was performed by one-way ANOVA (Analysis of
Variance, Origin 8.6) with significance levels at p < 0.05, ** p < 0.01, and *** p < 0.001, using Bonferroni’s
post-hoc test.

5. Conclusions

It can be concluded that collagen is an advantageous coating material for bioactive glass-based
scaffolds. Relatively thick collagen layers (of a few micrometers) were applied on scaffolds without
affecting the scaffold macroporosity. The compressive strength of BG-based scaffolds was increased
by the presence of collagen, in particular by a factor of five for crosslinked collagen-coated scaffolds.
Cell culture studies (MG-63 cells) demonstrated cell viability and suitable cell attachment and
proliferation. Comparative studies considering alternative natural biopolymers as coatings of BG
scaffolds are required to fully assess the relative advantages of collagen in this application. The results
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of this study provide a well-founded basis for future investigations in this field, in particular for further
in vivo characterization of the produced composite scaffolds.
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Abstract: Articular cartilage is a structure lack of vascular distribution. Once the cartilage is injured
or diseased, it is unable to regenerate by itself. Surgical treatments do not effectively heal defects in
articular cartilage. Tissue engineering is the most potential solution to this problem. In this study,
methoxy poly(ethylene glycol)-block-poly(ε-caprolactone) (mPEG-PCL) and hydroxyapatite at a weight
ratio of 2:1 were mixed via fused deposition modeling (FDM) layer by layer to form a solid scaffold.
The scaffolds were further infiltrated with glycidyl methacrylate hyaluronic acid loading with 10 ng/mL
of Transforming Growth Factor-β1 and photo cross-linked on top of the scaffolds. An in vivo test was
performed on the knees of Lanyu miniature pigs for a period of 12 months. The healing process of the
osteochondral defects was followed by computer tomography (CT). The defect was fully covered with
regenerated tissues in the control pig, while different tissues were grown in the defect of knee of the
experimental pig. In the gross anatomy of the cross section, the scaffold remained in the subchondral
location, while surface cartilage was regenerated. The cross section of the knees of both the control and
experimental pigs were subjected to hematoxylin and eosin staining. The cartilage of the knee in the
experimental pig was partially matured, e.g., few chondrocyte cells were enclosed in the lacunae. In the
knee of the control pig, the defect was fully grown with fibrocartilage. In another in vivo experiment in
a rabbit and a pig, the composite of the TGF-β1-loaded hydrogel and scaffolds was found to regenerate
hyaline cartilage. However, scaffolds that remain in the subchondral lesion potentially delay the healing
process. Therefore, the structural design of the scaffold should be reconsidered to match the regeneration
process of both cartilage and subchondral bone.

Keywords: cartilage; biomimetic; fused deposition modeling; poly(ε-caprolactone); hyaluronic acid;
large animal models
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1. Introduction

Articular cartilage is structurally deficient in vascular distribution and cannot regenerate once
the cartilage is injured [1]. The uneven articular surface will gradually develop into arthritis over
time, and this process is irreversible. Thus, treating blemishes of joint surfaces has been a major
challenge for orthopedic surgeons. Current surgical approaches have been developed and range from
arthroscopic ablation, osteotomy, and arthroplasty to cartilage restoration such as microfracture surgery,
osteochondral autografts (mosaicplasty), autologous chondrocyte implantation (ACI), and fresh
osteochondral allograft. However, these treatments do not fully heal the bone and cartilage tissue,
and the regenerated cartilage is of inferior quality [2].

Microfracture surgery is a marrow stimulation technique that involves the migration of
mesenchymal stem cells (MSCs) from the bone marrow to the defective site. This technique results
in fibrocartilage regeneration and the mechanical property is inferior to native hyaline cartilage [3].
Mosaicplasty is a surgical procedure involving transplantation of cylindrical osteochondral grafts
from a non-weight bearing region of the knee to the defects. The limitation of this technique is
considered the scarce donor tissue source and donor site morbidity [4]. ACI is a cell-based approach
for treating cartilage lesions, where autologous chondrocytes are implanted into the cartilage defect
region. However, it has been reported that full restoration of the functional knee cannot be achieved [5].
In cartilage injury or osteoarthritis of joints, subchondral bone changes are a distinctive feature and
can consist in, for example, sclerosis, cyst formation, bone attrition, bone marrow lesions, osteophytes,
and subchondral bone remodeling [6]. Therefore, subchondral bone should be taken into consideration
in the treatment of cartilage defects.

The application of tissue engineering to the repair of defects in cartilage and subchondral bone
may serve as a solution to the above-mentioned inadequacies in treatment [7]. Tissue engineering to
promote cartilage regeneration must take on three elements: scaffolds, cells, and growth agents [8–10].
Scaffolds can provide cell adhesion and proliferation. The scaffold material selection, mechanical
properties, and pore architecture of the scaffold can affect the cell growth following implantation. Rapid
prototyping (RP) can be used for scaffold fabrication, with various geometrical structures, controllable
pore size and porosity, connectivity, and other advantages [11,12]. With RP, scaffolds that closely match
defect shapes can be constructed. Poly(ε-caprolactone) (PCL) has good biocompatibility and has been
employed in the fused deposition modeling (a type of RP) of porous scaffolds [13,14]. However, because
of the synthetic nature of PCL, the cells are not prone to adhere to and grow on the surface of PCL
scaffolds. It has been found that Arginylglycylaspartic acid (RGD) peptide can enhance cell adhesion
by binding the integrin αvβ3 in cell membranes. The use of RGD peptide grafted to the surface
of PCL material promotes cells adhesion [15,16]. To enhance osteointegration and mimic the bony
environment, hydroxyapatite (HAp) is typically added to the scaffold [17]. To mimic the cartilaginous
environment, hyaluronic acid (HA) combined with transforming growth factor β1 (TGF-β1) can induce
the differentiation of bone marrow mesenchymal stem cells to hyaline cartilage [18,19]. In consideration
of both scaffold design and anatomical structure, glycidyl methacrylate was grafted to hyaluronic
acid (GMHA), making a photo-curable hydrogel to carry growth factors [20]. In the present study,
a solution containing TGF-β1 was photo-crosslinked to form a hydrogel layer fixed on the upper side
of an RP scaffold. With the biphasic-composite-designed scaffold, both the injured articular cartilage
and subchondral bone were repaired and regrown.

Before bringing out such treatments into clinical practice, in vivo animal studies are required to
close the gap between in vitro experiments and human clinical studies. In animal studies, the size of
the joint and cartilage thickness are essential for simulating human disease. The animal size roughly
corresponds to the size of the joint and cartilage thickness. In general, human cartilage lesions requiring
treatment are at least 10 mm in diameter. The knee joints of New Zealand White rabbits are large
enough to create defects of only about 3–4 mm, and the cartilage is relatively thin. Minipigs have
larger knee joints such that 10 mm defects can be induced, and they have limited capability for the
endogenous repair of chondral and osteochondral defects, which is similar to humans [21–23].
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2. Results

The minipigs were sacrificed one year after scaffold implantation. Histological sections of the
experimental group showed good regeneration of cartilage and subchondral bone in the defect area.
The sections of the newly formed cartilage stained with hematoxylin and eosin presented a loose
arrangement chondrocytes located in the lacunae surrounded by an extracellular matrix, which is
a feature of hyaline cartilage. Beneath the cartilage layer, a good regeneration of the subchondral bone
was noted. Undegraded scaffold in the deep part of the femur condyle as well as bone tissue growth in
the pores of the scaffold was observed. In the control group, the defect region was observed to be filled
with hypertrophic cartilage with invasion to the subchondral bone area, and the tissue’s histology and
morphology showed that the newly formed cartilage was fibrocartilage instead of hyaline cartilage.

2.1. Live Magnetic Resoance Imaging (MRI) Monitoring of Articular Cartilage Repair in Minipigs

Under general anesthesia, the magnetic resonance imaging (MRI) of the minipigs was performed
six months after scaffold implantation. In the experimental knee joint, the bone defect was fully filled
without free fluid. The scaffold could still be identified and maintained its structure. In the control,
the bone defect region was filled with joint fluid, and partial bony ingrowth was noted (Figure 1).

Figure 1. T2 weighted coronal plane MRI. The red circle was the operation area. (A) In the scaffold
implantation group, the bone defect was fully filled by the scaffolds and tissue ingrowth. (B) In the
control group, the bone defect region was filled with joint fluid, and partial bony ingrowth was noted.

2.2. Macroscopic Observation

Macroscopic observation provided a direct assessment of the cartilage defect repair. One year
after engraftment, the minipigs were sacrificed, and their knees were harvested and analyzed. In the
experimental group, near full-thickness defects were repaired with glossy white tissue (Figure 2A).
The defects in the control group remained largely unfilled (Figure 2B). The International Cartilage
Repair Society (ICRS) macroscopic score for the scaffold implantation group in terms of defect filling
(3), integration to surrounding host cartilage (3), and macroscopic appearance (3) were all higher than
those of the control group (3,1,1). The overall repair assessment of the experimental group was near
normal (9, grade II), and the control group was abnormal (5, grade III).
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Figure 2. Gross observation of the repair of swine knees implanted with biphasic scaffolds of
Poly(ε-caprolactone)/Hydroxyapatite and glycidyl-methacrylate-modified hyaluronic acid or without
implants as the control group one year after surgery. The red circle was the operation area. (A) The scaffold
implantation group showed successful regeneration of the previously removed cartilage. (B) The control
group without implants showed soft tissue hypertrophy and cartilage defect.

To observe the repair tissue at the defect region beneath the surface of the regenerated cartilage,
each condyle was sectioned along the sagittal and frontal plane. In the experimental group, the cartilage
layer and subchondral bone were successfully regenerated, and undegraded scaffold in the deep part
of the femur condyle was noted (Figure 3A). In the control group, the defect site was observed to be
filled with hypertrophic cartilage-like tissue with invasion to the subchondral area (Figure 3B).

Figure 3. Cross-sectional view of the knee joint of the experimental group with scaffold implantation and
the control group without implants. The operation area was between the red arrows. (A) With scaffold
implantation, the defect of the surface was fully filled with hyaline cartilage, and subchondral bone
regeneration was noted. Undegraded scaffold was noted in the deep layer. (B) Without implants, the defect
region was filled with hypertrophic cartilage-like soft tissue with invasion to the subchondral bone area.

2.3. Histological Analysis

To identify the quality of the regenerated tissue, the experimental group and the control group
were histologically evaluated. One year after implantation, the cartilage of the scaffold implantation
group was successfully regeneration. Alcian blue staining was used to detect the presence of
glycosaminoglycans, which parallels the degree of cartilage formation. The Alcian blue staining
of the experimental group displayed an even concentrated blue color, the thickness was close to that
of the surrounding normal cartilage, and the surface was smooth and uniform. The control group
presented discontinuous and hypertrophic cartilage surface, with invasion to the subchondral bone
area (Figure 4).
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Figure 4. Alcian blue staining of the minipig knee joints one year after operation. The operation area
was between the arrows. (A) The experimental group showed a smooth surface and an even thickness of
the regenerated cartilage. (B) The control group presented a discontinuous and hypertrophic cartilage
surface, and the subchondral bone area was replaced by cartilage-like soft tissue.

The second staining method, hematoxylin and eosin (H & E) staining, was used to show
the distribution of the nucleus and cytoplasmic inclusions. The experimental group was shown
in Figure 5A. Along the upper panel, cartilage successfully regenerated, and the displayed tissue
morphology was resembled normal hyaline cartilage. The regenerated cartilage, compared to that of
the control group, showed better columnar organization and integrated well with the surrounding
cartilage. Good growth of the subchondral bone was also observed. However, the lower panel
of the defect was filled with undegraded scaffold, with a partial ingrowth of bone tissue into the
scaffold porous. In contrast, untreated defects in the control group (Figure 5B) were filled mostly
with disorganized fibrocartilage that did not restore a continuous articular surface with adjacent host
cartilage. The subchondral bone region was filled with fibrocartilage. These results suggest that an
mPEG-PCL porous scaffold combined with GMHA hydrogel loading with TGF-β1 can help cartilage
and subchondral bone formation and prevent fibrous tissue invagination.

Figure 5. (A) Hematoxylin & Eosin staining of the biphasic scaffold implantation group (reorganized
picture, original magnification ×5). The histology showed successfully cartilage regeneration
over defect creating region (between two arrows). The repaired cartilage integrated well with the
surrounding cartilage. Good growth of the subchondral bone was observed. The defect in the lower
panel was filled with undegraded scaffold, and partial bony ingrowth in the scaffold porous was noted.
(B) H & E staining of the untreated control group. Untreated defects in the control group were filled
mostly with disorganized fibrocartilage that did not restore a smooth articular surface with adjacent
host cartilage. The subchondral bone region was replaced by fibrocartilage.
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To identify the regenerated tissue type, the cell morphology and matrix structure were analyzed.
H & E staining of the normal minipig knee cartilage, the experimental group cartilage, and the control
group cartilage were analyzed. The normal minipig knee cartilage showed native hyaline cartilage cell
morphology with round chondrocytes in the lacunae surrounded by the matrix. A tidemark between
cartilage and subchondral bone was observed (Figure 6A). Chondrocytes in the tissue regenerated
from the biphasic scaffold implantation group were round, clustered, and surrounded by a matrix that
is similar to those found in the surrounding hyaline cartilage. However, there were more chondrocytes
in the lacunae than that of native hyaline cartilage, suggesting that the regenerated cartilage was
hyaline cartilage albeit not completely differentiated (Figure 6B). In the defect-only control group,
an abundance of spindle-shaped, fibroblast-like cells within the defect site was observed, suggesting
that only fibrous or fibrocartilaginous tissues were formed (Figure 6C). Moreover, the tidemark between
calcified and uncalcified cartilage was clear in the experimental group, but that in the control group
could not be well distinguished.

Figure 6. H & E staining (original magnification ×100) of (A) The normal minipig knee cartilage
showed native hyaline cartilage cell morphology with round chondrocytes in the lacunae surrounding
by the matrix. The tidemark is indicated by blue arrows. (B) The cell morphology of the regenerated
cartilage from the biphasic scaffold implantation group was similar to the native hyaline cartilage with
round chondrocytes in lacunae. The tidemark presented well. (C) The control group showed only
spindle-shaped, fibroblast-like cells within the regenerated cartilage. The tidemark between calcified
and uncalcified cartilage could not be well distinguished.

The regenerated bone tissue was also analyzed. With H & E staining, the normal minipig knee
cancellous bone tissue showing the characteristic structure of cancellous bone with trabecular structure
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and numerous spaces containing bone marrow (Figure 7A). In the biphasic scaffold implantation
group, the lower panel of the defect was filled with undegraded scaffolds. The scaffold porous was
filled with mixed bone tissue and fibrotic tissue (Figure 7B). In the control group, the regenerated bone
tissue showed a loose trabecular structure (Figure 7C).

Figure 7. H & E staining (original magnification ×40) of (A) The normal minipig knee cancellous bone
tissue showing the characteristic structure of cancellous bone with trabecular structure and numerous
spaces containing bone marrow. (B) The experimental group showed undegraded scaffold (blue arrow)
one year after implantation. The scaffold porous was filled with mixed bone tissue and fibrotic tissue.
(C) The regenerated bone tissue of control group showed loose trabecular structure.

An ICRS Visual Histological Assessment was used to quantitatively compare the regenerative
cartilage from the experimental group with that from the control group. For surface smoothness,
the experimental group scored 2.5 and the control group scored 0.5, suggesting that the experimental
group had a smoother and integrated cartilage surface. For matrix types, the experimental group scored
2 and the control group scored 0.5, indicating greater hyaline cartilage formation in the experimental
group. In terms of cell distribution, the experimental group presented in a columnar/clustery
arrangement with a score of 2, and the control group was more disorganized and presented with the
score of 0.5. For cell viability, all two groups scored 2. For subchondral bone evaluation, the repair in
the experimental group scored 2.5 and the no-implant group scored 1 due to fibrotic tissue invagination.
Finally, for cartilage mineralization, no pathological mineralization was observed in either group,
both had a score of 3 (Table 1). Based on the ICRS Visual Histological Assessment, we found that the
experimental group can obtain better cartilage and subchondral bone regeneration compared with the
control group.

Table 1. The result of ICRS Visual Histological Assessment Scale.

Feature Score of Experimental Group Score of Control Group

Surface 2.5 0.5
Matrix 2 0.5

Cell distribution 2 0.5
Cell viability 2 2

Subchondral bone 2.5 1
Cartilage mineralization (calcification) 3 3

2.4. Computed Tomography (CT) Scan Evaluation

The CT scan of the experimental group illustrated that the articular side of the scaffold was
successfully degraded, subchondral bone regenerated, and the deep area of the created defect was
filled with undegraded materials (Figure 8A). In the control group, there was more new bone formation
in the defect site, but still some defect without bony growth was noted (Figure 8B).
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Figure 8. Sagittal, horizontal, and coronal view of the CT scan. (A) Experimental group showed an
undegraded scaffold in the femur condyle. The articular part of the scaffold degraded well and was
replaced by subchondral bone tissue. (B) The control group showed partial bony growth in the created
defect region.

3. Discussion

Impact and torsional joint loading can injure articular cartilage. If joint injuries are localized to
the upper layer of the avascular articular cartilage, no inflammation or effective healing can occur.
When the lesions are too deep, and the subchondral bone vascular region is injured, the granulation
tissue formed to fill the defect then changes to fibrocartilage [24]. Current treatments cannot replace
damaged cartilage with new tissue with the same biomechanical properties as normal hyaline
cartilage. Subchondral bone changes and remodeling have been observed in cartilage injury or
in the osteoarthritis of joints and should be considered in treatment strategies [25]. Several chondrocyte
implantation techniques have been used to treat cartilage injury, but mechanical stability cannot be
provided by these grafts, and various side effects lead to treatment failure [26,27]. Subchondral bone
remodeling and bone replaced by soft tissue and cartilage is another unresolved issue in chondrocyte
implantation [28]. The tidemark separating cartilage and subchondral bone cannot be identified well
in newly regenerated tissue. Wan-Ju Li et al. [29] noted that biodegradable poly(ε-caprolactone) (PCL)
nanofibrous scaffolds seeded with allogeneic chondrocytes or xenogeneic human mesenchymal stem
cells (MSCs), implanted to treat chondral defects, repaired the chondral defects, but the subchondral
bone was replaced by soft tissue and cartilage. Pulliainen et al. [28] used chondrocyte-seeded
poly-L,D-lactic acid scaffolds and found similar results. The phenomenon was similar to that observed
in our control group. Chiang et al. [30] reported that fibrous tissue replaced the subchondral bone
in a control, no-treatment, defect-created knees, suggesting that fibrous tissue formation is a natural
wound-healing process. The recent treatment trend of osteochondral injury is to replace the injured
osteochondral lesion by biomaterials, leading to in situ regeneration of not only cartilage but also
subchondral bone. Various innovative scaffolds have been designed and reported [31]. Biphasic
scaffolds with mimic structures of osteochondral tissues present an opportunity to close this chasm [32].
Frenkel et al. [33] developed biphasic scaffolds using poly(D,L-lactide) (PDLLA) mixed with HAp as
an osteogenic layer and polyelectrolytic complex (PEC) hydrogel of HA and chitosan or a collagen
type I scaffold as a cartilage layer. However, no growth factors consisted in the devices or the scaffold
architecture, and pore size was difficult to control. To solve the problem of scaffold architecture and
pore size design, a 3D printing technique was introduced. Sherwood et al. [34] designed 3D-printed
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scaffolds with an upper cartilage layer consisting of poly(D,L-lactide-co-glycolide) and poly(L-lactide)
with a porosity of 90% and a lower bone layer composed of poly(L-lactide-co-glycolide)/tricalcium
phosphate (TCP) with a porosity of 55%. Zhang et al. [35] also used a 3D printing technique to fabricate
a biphasic poly(ethylene glycol) (PEG)/β-TCP scaffold. The cartilage layer of a PEG hydrogel was
cured on a bone layer of β-TCP as a biphasic scaffold. With 3D printing techniques, architecture and
pore size have been designed and controlled, but these studies have not tested for growth factors.

In our study, we demonstrated the successful regeneration of not only articular cartilage but also
subchondral bone in an osteochondral defect of a minipig knee joint using biphasic mPEG-PCL porous
scaffolds combined with GMHA hydrogel loading with TGF-β1. A tidemark was present, and the
subchondral bone was not replaced by soft tissue macroscopically and histologically.

The velocity of degradation depends on the polymers and their molecular weights, as well as
other properties. There are four major degradation mechanisms for the biodegradable polymers:
hydrolysis, oxidation, enzymatic degradation, and physical degradation [36]. Degradation studies of
three-dimensional PCL and PCL-based composite scaffolds have been conducted in vitro (in phosphate
buffered saline), and in vivo (rabbit model) studies have revealed only about 7% scaffolds degraded
in vivo six months after implantation [37]. In our study, the joint surface side of the mPEG-PCL porous
scaffold was degraded and replaced by regenerated cartilage and subchondral bone successfully.
The degradation mechanism may be due to hydrolysis by the joint fluid. Histology analysis showed
that the scaffold in the deep bone layer was surrounded by regenerated fibrotic tissue and bone tissue.
The regenerated tissue may shield the hydrolysis and lead to delayed degradation. The undegraded
scaffolds that remain in bone potentially delay the healing process. Therefore, the structural design
of the scaffold should be reconsidered to match the regeneration process of both the cartilage and
subchondral bone [38].

4. Materials and Methods

4.1. Polymer Synthesis and Scaffold Fabrication

Raw materials used in the present study include biodegradable methoxy poly(ethylene
glycol)-poly(ε-caprolactone) (mPEG-PCL) and hydroxyapatite. The synthesis of mPEG-PCL has been
reported in our previous studies [13,39]. The physical and chemical properties and biological toxicity
have been analyzed and described in our previous studies and in Supplementary Materials. The
theoretical molecular weight of mPEG-PCL in those papers was 9450 Da. The diblock copolymer of
mPEG-PCL was synthesized via ring opening polymerization of ε-caprolactone (CL) in the presence of
mPEG as a macro-initiator and Sn(Oct)2 as a catalyst.

Hyaluronic acid (HA) was employed to carry growth factor (TGF-β1) for the induction
of hyaline cartilage in this study. To adhere TGF-β1-loaded HA to the top of the mPEG-PCL
scaffold, photo-curable methacrylate groups were attached to HA by a method described in our
previous studies. Briefly, 1 g of hyaluronic acid (molecular weight = 4.4 × 105) was dissolved in
100 mL phosphate buffered solution (PBS), and this mixture was stirred overnight. One hundred
milliliters of N,N-dimethylformamide (DMF), 18.04 mL of trimethylamine (TEA), and 35.11 mL of
glycidylmethacrylate (GM) were added to the HA solution and stirred for 10 days at room temperature.
The resultant solution was then precipitated in acetone at a 10-fold volume with respect to the HA
solution, then centrifuged to remove the acetone at 5000 rpm for 10 min. The precipitate was then
dissolved in deionized water and subjected to dialysis (molecular weight cut off = 8 kDa) for 24 h and
lyophilized to obtain photo-curable GMHA.

The scaffolds were fabricated with fused deposition modeling (FDM) by a custom-made
air-pressure-aided deposition system. To improve the cellular attachment properties, mPEG-PCL was
reacted with succinic anhydride, whereas the terminal group of the carboxylic acid group was attached
to the end group of PCL. It was further grafted with the RGD peptide by condensation.
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The carboxylic groups were introduced into the polymers. The scaffold surfaces were then
modified via RGD peptide grafting. The powders of the synthesized mPEG-PCL diblock copolymers
and HAp were mixed at a weight ratio of 60:40. FDM rapid prototyping technology was used
to fabricate the scaffold by a home-made air pressure-aided deposition system. The home-made
deposition system is composed of a stainless-steel sample container, a heating system, an air
compressor, motors for X, Y and Z axes, and self-developed software (NI LabView 8.5, National
Instruments Corporation, Austin, Texas, U.S). The mixed materials were melted by heating up to 60 ◦C.
Subsequently, a pressure of 15 psi was applied to extrude the molten sample from a 0.4 mm nozzle onto
a data processor-controlled X–Y–Z table. The construction of the scaffolds was computer-designed,
and the extruded filament was laid down layer by layer in orientations of 0◦/90◦. The printing speed
was hand-optimized to a feed rate of 4 mm/s. The average pore size measurements of the scaffolds
were 100~150 μm as our previous study. The RP fabricated scaffolds were immersed in a solution
of dimethylaminopropyl-3-ethylcarbodiimide hydrochloride (EDC, 0.2 M) + N-hydroxysuccinimide
(NHS, 0.1 M) in (2-(N-morpholino)-ethanesulfonic acid (MES buffer, 0.1 M in dd H2O) for 1 h to
activate the hydroxyl groups. Pure water was used to flush the scaffolds for 30 min. RGD peptides
grafting was achieved via a condensation reaction by immersing the mPEG-PCL-COOH scaffolds in
a solution of RGD peptides (10–3 M) and PBS for 24 h at 4 ◦C. Afterward, the scaffolds were rinsed
with dd H2O (100 mL) for 10 min to remove non-grafted peptides and freeze-dried to remove water.

The physical and chemical properties and biological toxicity have been analyzed and the
results was put in the Supplementary file. The analysis including Differential scanning calorimetry
(DSC), Fourier transform infrared spectroscopy (FTIR) (Supplementary Figure S1), Gel Permeation
Chromatography( GPC), nuclear magnetic resonance spectrophotometry (1H NMR) (Supplementary
Figures S2 and S3), Thermogravimetric Analysis (TGA), In Vitro degradation (Supplementary
Figure S4), and agar diffusion test for cytotoxicity analysis (Supplementary Figure S5).

4.2. Scaffold Implantation

The animal experimental protocol was approved by the Institutional Animal Experiment
Committee of Chung Yuan Christian University and the Pigmodel® Animal Technology Co., Ltd.
(Miaoli, Taiwan) (project identification code: PIG-105007, 15 April 2016). All animal surgeries were
performed in a certified operating room at the Pigmodel® Animal Technology Co., Ltd., under general
anesthesia using sterile techniques. Two male 2-year-old Lanyu miniature pigs weighing 25–28 kg
were used for the evaluation of cartilage and bone regeneration. The pigs were put under general
anesthesia, and their knees were shaved and disinfected with 2% chlorhexidine gluconate in 70%
isopropyl alcohol. Operations performed were identical. Arthrotomy was made through a longitudinal
medial parapatellar incision, and the femur condyle was exposed. A cylindrical osteochondral
defect was created in the center of each medial femur condyle using an osteochondral coring device
(OATS, Arthrex, Naples, FL, USA). A core 10 mm in diameter and 10 mm in depth was removed.
Then, the scaffold was implanted into the defect and infiltrated with light-curing gel containing
TGF-β1, cross-linking with 365 nm ultraviolet light for 10 min. In the control group, the defects were
created without scaffold implantation.

4.3. Magnetic Resonance Imaging (MRI) and Computed Tomography (CT)

To monitor the progress of regeneration in a non-invasive method, magnetic resonance imaging
(MRI) was performed 6 months after scaffold implantation under general anesthesia without any
contrast agent. The minipigs were sacrificed, and joints were harvested one year after implantation.
Computed tomography (CT) scans of the harvested knee joints were performed, and osteochondral
specimens were evaluated pathologically.
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4.4. Macroscopic Examination

One year after surgery, the animals were sacrificed for evaluation of the regeneration condition of the
femoral condyles. Macroscopically, cartilage surface condition of the repair sites was observed and recorded.
The repaired cartilage was scored using the ICRS scoring system for cartilage repair [40] (Table 2).

Table 2. International Cartilage Repair Society (ICRS) macroscopic evaluation of cartilage repair.

ICRS-Cartilage Repair Assessment System Points

Degree of defect repair (Mossaicplasty; OAT; osteochondral allografts; others)
100% survival of initially grafted surface 4
75% survival of initially grafted surface 3
50% survival of initially grafted surface 2
25% survival of initially grafted surface 1

0% (plugs are lost or broken) 0

Integration to border zone
Complete integration with surrounding cartilage 4

Demarcating border < 1 mm 3
3/4th of graft integrated, 1/4th with a notable border >1 mm width 2

1/2 of graft integrated with surrounding cartilage, 1/2 with a notable border >1 mm 1
From no contact to 1/4th of graft integrated with surrounding cartilage 0

Macroscopic appearance
Intact smooth surface 4

Fibrillated surface 3
Small, scattered fissures or cracs 2

Several, small or few but large fissures 1
Total degeneration of grafted area 0

Overall repair assessment
Grade I: normal 12

Grade II: nearly normal 11–8
Grade III: abnormal 7–4

Grade IV: severely abnormal 3–1

4.5. Histological Evaluation

Each condyle was sectioned along the sagittal and frontal plane to evaluate the regeneration
condition of the cartilage and subchondral bone. The specimens were fixed in 4% paraformaldehyde,
decalcified in 10% Ethylenediaminetetraacetic acid, dehydrated, embedded in paraffin, sectioned
to a 5 μm thickness, and stained with hematoxylin and eosin (H & E; Sigma, St. Louis, MO, USA),
and Alcian blue. The regenerated cartilage quality was evaluated according to the Visual Histological
Assessment Scale published by the ICRS [41]. The ICRS scale is based on the parameters of surface,
matrix, cellular distribution, cell population viability, subchondral bone, and cartilage mineralization.
High scores of the parameters indicate good-quality cartilage regeneration (Table 3).
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Table 3. ICRS Visual Histological Assessment Scale, modified from the scale described by Mainil-Varlet et al. [41].

Feature Score

Surface
Smooth/continuous 3

Discontinuous/irregular 0

Matrix
Hyaline cartilage 3

Hyaline cartilage/fibrocartilage 2
Fibrocartilage 1
Fibrous tissue 0

Cell distribution
Columnar 3

Columnar/clustery 2
Clustery 1

Individual cells/disorganized 0

Cell viability
Predominantly viable 3

Partially viable 1
Less than 10% viable 0

Subchondral bone
Normal 3

Increased remodeling 2
Bone necrosis/granulation tissue 1
Detached/fracture/callus at base 0

Cartilage mineralization (calcification)
Normal 3

Abnormal/inappropriate location 0

5. Conclusions

In our study, we obtained demonstrated in vivo healing of an osteochondral defect implanted
with biphasic scaffolds of poly(ε-caprolactone)/hydroxyapatite and glycidyl methacrylate-modified
hyaluronic acid in a minipig. One year after the scaffold was implanted into the Lanyu miniature pig’s
knee, the cartilage was regenerated successfully on the articular side of the scaffold and the morphology
was significantly closer to hyaline cartilage compared to the control group. Although the scaffold was
still not fully absorbed, bone tissue ingrowth to the pores of the scaffold was observed. Our study thus
proposes a new clinical option to be considered alongside current treatments of cartilage injury.

Supplementary Materials: Supplementary materials can be found at http://www.mdpi.com/1422-0067/19/4/
1125/s1.
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Abstract: The fibronectin type 10-peptide amphiphile (FNIII10-PA) was previously genetically
engineered and showed osteogenic differentiation activity on rat bone marrow stem cells (rBMSCs).
In this study, we investigated whether FNIII10-PA demonstrated cellular activity on polycaprolactone
(PCL) fibers. FNIII10-PA significantly increased protein production and cell adhesion activity on
PCL fibers in a dose-dependent manner. In cell proliferation results, there was no effect on cell
proliferation activity by FNIII10-PA; however, FNIII10-PA induced the osteogenic differentiation of
MC3T3-E1 cells via upregulation of bone sialoprotein (BSP), collagen type I (Col I), osteocalcin (OC),
osteopontin (OPN), and runt-related transcription factor 2 (Runx2) mitochondrial RNA (mRNA)
levels; it did not increase the alkaline phosphatase (ALP) mRNA level. These results indicate that
FNIII10-PA has potential as a new biomaterial for bone tissue engineering applications.

Keywords: FNIII10; peptide amphiphile; PCL fiber; osteogenic differentiation activity

1. Introduction

Recently, various attempts have been made to find new biomaterial for tissue engineering.
Among the attempts, research on the peptide amphiphile (PA) has been widely reported. PA has
hydrophilic and hydrophobic components and a self-assembly ability as a peptide-based molecule.
There is increased interest in the extracellular matrix (ECM) molecule mimetic PA because it can
promote certain cellular activities including adhesion, proliferation, and differentiation [1–5]. Based on
these characteristics, biomimetic PA is extensively utilized for tissue engineering as a new biomaterial.
For example, the Arg-Gly-Asp (RGD) peptide, composed of L-arginine, glycine, and L-aspartic acid,
participates in cellular attachment via integrin [6]. For this reason, numerous studies on PA-RGD
have been reported in the pharmaceutical field [7–9] as well as in the tissue engineering field [10–12].
For instance, the combination of hydroxyapatite (HA) and PA-RGD enhances the osteoinductive and
osteoconductive activities of the scaffold [13].

Moreover, studies on amphiphile containing fibronectin (FN) are commonly demonstrated and
reported. We also previously demonstrated that the engineered fibronectin type 10-peptide amphiphile
sequence (FNIII10-PA) potentiates utilization for bone tissue engineering by enhancing the adhesion,
proliferation, and differentiation of rat bone marrow stem cells (rBMSCs) [14]. In another study,
the tenascin-C mimetic PA (TN-C PA) showed self-assembly activity. Nanofiber gels containing TN-C
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PA were shown to promote neurite outgrowth, which could potentially be used for artificial matrix
therapy in neuronal regeneration [15].

Polycaprolactone (PCL) is a biomaterial that is used mostly for bone tissue engineering [16,17].
PCL is a biodegradable polyester with a low melting point (60 ◦C) and a low glass transition
temperature (−60 ◦C). Because of its biodegradation properties, PCL is regarded as a suitable
biomaterial for long-term implantable devices [18]. Above all, PCL has advantages in tissue engineering
applications for drug delivery devices, sutures, or adhesion barriers without safety problems for the
Food and Drug Administration (FDA) approval [19]. However, it is difficult for PCL to influence
cellular activity because it does not provide an ECM type structure for the cells [20]. Recently,
nanofibrous PCL has been the preferred choice for bone tissue engineering applications by improving
cellular activities and mechanical properties. PCL is indisputably the most used biomaterial in bone
tissue engineering research.

Previously, we revealed that genetically engineered FNIII10-PA promoted cell adhesion,
proliferation, and differentiation of rBMSCs. In the present study, we investigated whether or not
FNIII10-PA with PCL fiber promoted the MC3T3-E1’s cellular activities. FNIII10 was used as the
negative control in all experiments. Initially, the protein adhesion activity of FNIII10-PA was measured.
Then, the effects of FNIII10-PA with PCL fiber on MC3T3-E1 cells adhesion and proliferation were
investigated. Furthermore, the osteogenic differentiation activity of FNIII10-PA with PCL fibers on
MC3T3-E1 cells was investigated by measuring the osteogenic differentiation marker mRNA level.

2. Results and Discussion

2.1. Morphology of PCL Fibers

PCL has been commonly used as a biomaterial in the tissue engineering field because of its
non-toxic and biodegradable characteristics. On the other hand, PCL demonstrated a slow degradation
rate, poor mechanical properties, and low cell adhesion. Particularly, PCL shows low affinity and
stiffness in cells due to poor hydrophilicity, leading to the reduction in cell proliferation, migration,
differentiation, and regeneration [20]. However, nanofibrous PCL was reported to improve the cellular
activities in recent studies [21,22]. FNIII10 was connected to the PA sequence LLLLCCCGGDSDS
(L, leucine; C, cysteine; G, glycine; D, aspartic acid; S, serine) to create FNIII10-A sequence as illustrated
in Figure 1A. PCL fiber was fabricated by the electrospinning technique. Figure 1B shows that
the electrospun PCL fiber was uniform with straight fibers. Average diameter of PCL fibers was
approximately 1 μM (Figure 1C). Hence, PCL fiber was suitable to investigate the cell adhesion activity
of FNIII10 in combination with biomaterial in the present study.

Figure 1. Structure of fibronectin type 10-peptide amphiphile (FNIII10-PA) (A) and morphology of
polycaprolactone(PCL) fiber (B,C). Peptide amphiphile (PA) sequence, LLLLCCCGGDS (L, leucine; C,
cysteine; G, glycine; D, aspartic acid; S, serine) was connected with fibronectin type III10. Scale is 7 mM
in panel B, 50 μM in panel C (resolution 500×).
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2.2. Protein Adhesion Activity of FNIII10-PA on PCL Fibers

Previously, FNIII10-PA was shown to increase protein adhesion activity on tissue culture
plates as compared with FNIII10. As shown in Figure 2, the protein adhesion activity of
FNIII10-PA was significantly increased in a dose-dependent manner (*** p < 0.001). Particularly,
5 μg·mL−1 of FNIII10-PA increased protein adhesion 3-fold compared with that of FNIII10.
In many studies, PCL scaffold coated with FN remarkably enhanced cell adhesion, proliferation,
and differentiation [23–25]. Drevelle et al. found that the PCL film functionalized with RGD
peptide (Ac-CGGNGEPRGDTYRAY-NH2 derived from the bone sialoprotein) and easily adsorbed
the serum adhesive proteins FN and vitronectin (VN), leading to increased cell adhesion and
spreading by activating focal adhesion kinase (FAK) signaling [26]. In another study, FN-immobilized
nanobioactiveglass (nBG)/PCL (FN-nBG/PCL) scaffolds also increased cell differentiation as well as
cell proliferation [27]. In the present study, FNIII10-PA showed higher protein adhesion activity on
PCL fibers than that of FNIII10 alone.

Figure 2. Protein adhesion activity of FNIII10-PA on PCL fiber. PCL fibers were placed in 24-well
plates and coated with 0, 1, or 5 μg·mL−1 of FNIII10 or FNIII10-PA overnight at 4 ◦C. Protein adhesion
activities are expressed as means ± SD (n = 3). *** p < 0.001. OD = optical density.

2.3. Cell Adhesion Activity of FNIII10-PA on PCL Fibers

As mentioned above, cells are unable to perform many cellular activities on PCL fibers, because
PCL fibers do not provide a structure similar to the natural ECM. To evaluate whether or not FNIII10-PA
enhances cellular activity on PCL fibers, cell adhesion activity of FNIII10-PA was performed on PCL
fibers. In addition, MC3T3-E1 cell spreading on PCL fibers by FNIII10-PA was observed by scanning
electron microscopy (SEM). Figure 3A shows that 5 μg·mL−1 of FNIII10-PA significantly enhanced
cell adhesion activity on PCL fibers (Figure 3A, * p < 0.05). Hence, SEM analysis was performed
in 5 μg·mL−1 of FNIII10 or FNIII10-PA without a treatment group for comparison. In the SEM
image, 5 μg·mL−1 of FNIII10-PA induced more cell spreading and attachment on PCL fiber compared
to that of FNIII10 (Figure 3B). Generally, PCL in the nanofiber form is preferred in bone tissue
engineering studies, because PCL shows low cellular activities such as cell adhesion, proliferation,
and differentiation. For instance, Yun et al. reported that PCL nanofibers enhanced cellular activities by
providing a three-dimensional structure similar to the ECM [28]. In this study, FNIII10-PA enhanced
cell adhesion activity on PCL fibers, even though PCL was in the microfiber form. Based on these
results, FNIII10-PA may improve the cell interaction with PCL fiber.
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Figure 3. Cell adhesion activity (A) and cell spreading (B) of MC3T3-E1 on PCL fibers. PCL fibers
were placed in 24-well plates and coated with 0, 1, or 5 μg·mL−1 of FNIII10 or FNIII10-PA overnight
at 4 ◦C. MC3T3-E1 cells were cultured at a density of 1 × 105 cells and incubated for 30 min at 37 ◦C.
Cell adhesion activities are expressed as means ± SD (n = 3). * p < 0.05. For SEM analysis, 5 μg·mL−1

of FNIII10 and FNIII10-PA were used. Scale is 50 μM (resolution 500×).

2.4. Cell Proliferation Activity of FNIII10-PA on PCL Fiber

We previously revealed that FNIII10-PA was shown to promote rBMSCs proliferation activity.
However, MC3T3-El cell proliferation activity of FNIII10-PA on PCL fibers was not observed in the
present study. As shown in Figure 4, there were no differences in cell proliferative activity between
FNIII10 and FNIII10-PA. Cell proliferative activity of FNIII10-PA could be weak in MC3T3-E1 cells
compared to that in rBMSC cells. In the next study, application of FNIII10-PA needs to confirm the
rBMSC proliferative activity on PCL fiber. FN was shown to have a powerful effect on both cell
adhesion and differentiation of stem cells. For instance, Mohamadyar-Toupkanlou et al. reported
that nanofibrous PCL/HA scaffold coated with FN provided a suitable environment for proliferation
as well as attachment and differentiation in mouse MSCs (mMSCs) [23]. Shekaran et al. found that
ECM-coated PCL microcarriers promoted human early mesenchymal stem cell growth, leading to cell
expansion [24]. Similarly, Mousavi et al. revealed that three dimensional nanoscaffold coated with FN
induced the human cord blood hematopoietic stem cell expansion [25].
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Figure 4. Cell proliferation activity of FNIII10-PA on PCL fibers at 0 and 5 days. PCL fibers were placed
in 24-well plates and coated with 5 μg·mL−1 of FNIII10 or FNIII10-PA overnight at 4 ◦C. MC3T3-E1
cells were cultured at a density of 1 × 105 cells and incubated for 5 days at 37 ◦C. Cell proliferation
activity is expressed as mean ± SD (n = 3).

2.5. The Osteogenic Differentiation Activity of FNIII10-PA on PCL Fibers

To investigate the osteogenic differentiation activity of FNIII10-PA on PCL fibers, we measured
the mitochondrial RNA (mRNA) levels of alkaline phosphatase (ALP), bone sialoprotein (BSP),
collagen type I (Col I), osteocalcin (OC), osteopontin (OPN), and runt-related transcription factor
2 (Runx2) genes at 5 and 10 days. At both time points, the mRNA levels of BSP, Col I, OC, OPN,
and Runx2 were significantly upregulated by FNIII10-PA treatment (Figure 5, * p < 0.05, ** p < 0.005,
and *** p < 0.001). However, there was no alteration of ALP mRNA level at either 5 or 10 days.
Interestingly, relative mRNA level of Col I was slightly decreased at 10 days compared with that at
5 days. These results were possibly caused by an increase of detached cells. Generally, these markers
are expressed with early- or late-stage osteogenic differentiation as follows. ALP is a key marker that
is responsible for the mineralization of the ECM [29]. Col I is the dominant collagen and exists in
many tissues such as tendons and ligaments. ALP and Col I are commonly expressed in the early
stage of osteogenic differentiation [30] and are considered early differentiation markers. OPN is also
an early marker of osteogenic differentiation and is part of non-collagenous bone ECM proteins [31].
OC is associated with the late stage of osteogenic differentiation and is known as bone Gla protein
(BGP), although OC is also a non-collagenous bone ECM protein [32]. As another late differentiation
marker, Runx2 is a master switch for the osteogenic differentiation [33]. In our results, FNIII10-PA
significantly induced the osteogenic differentiation of MC3T3-E1 cells on PCL fibers by upregulation of
most marker’s mRNA levels at both 5 and 10 days. These results are similar to our previous results [14].
Taken together, we reconfirmed the osteogenic differentiation activity of FNIII10-PA on PCL fibers.
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Figure 5. The osteogenic differentiation activity of FNIII10-PA on PCL fibers at 5 days (A) and 10 days
(B). PCL fibers were placed in 24-well plates and coated with 5 μg·mL−1 of FNIII10 or FNIII10-PA
overnight at 4 ◦C. MC3T3-E1 cells were cultured at a density of 5 × 104 cells and incubated for 5
and 10 days at 37 ◦C. Quantitative real-time PCR results were analyzed. * p < 0.05, ** p < 0.005,
and *** p < 0.001. Genes: alkaline phosphatase (ALP), bone sialoprotein (BSP), collagen type I (Col I),
osteocalcin (OC), osteopontin (OPN), and runt-related transcription factor 2 (Runx2).

3. Materials and Methods

3.1. Protein Expression and Purification

After transformation into TOP10 Escherichia coli, cells were grown overnight at 37 ◦C in
Luria-Bertani (LB) medium containing ampicillin. Induction was initiated using 0.1% (w/v) L-arabinose
at A600 = 0.6 followed by incubation at 20 ◦C for 6 h. Bacteria were pelleted by centrifugation at
6000× g for 10 min and then lysed and sonicated. A soluble extract was prepared by centrifugation for
30 min at 14,000× g in a refrigerated centrifuge, and the supernatant obtained was purified using a
nickel-nitrilotriacetic acid resin (Invitrogen, Carlsbad, CA, USA).

3.2. Electrospinning of PCL Fibers

A PCL (MW = 80,000; Sigma-Aldrich, St. Louis, MO, USA) solution was prepared by dissolving
10% w/v PCL in dichloromethane (DCM) and ethanol (4:1 ratio). PCL solutions were ultrasonicated
and loaded into a 10 mL plastic syringe equipped with a 21-gauge needle made of stainless steel.
The needle was connected to a high-voltage power supply. The tip-to-collector distance was kept at
10 cm. The voltage and injection rate were 15 kV and 0.5 mL·h−1, respectively. PCL solution was
eletrospun to foil. After drying, PCL fiber (15 mm diameter) was cut from the foil using a punch.
All experiments were performed at room temperature (RT). In each experiment, PCL fibers coated
with FNIII10 or FNIII10-PA were used.
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3.3. Morphology of PCL Fibers and Cells on PCL Fibers

The structure of the PCL fibers was observed by SEM at an accelerating voltage of 15 kV after
fixing with glutaraldehyde (2.5%), dehydrating with a graded series of ethanol (75%, 90%, 95%,
and 100% (v/v) for 10 min each), treating with hexamethyldisilazane, and coating with platinum.

To observe the cell spreading and expansion on PCL fibers, PCL fibers were placed in 24-well
plates and were coated only once with FNIII10 or FNIII10-PA (5 μg·mL−1) overnight at 4 ◦C. Cells were
seeded with 1 × 105 cells, incubated for 30 min, washed with Dulbecco’s phosphate-buffered saline
(DPBS), the cells on the PCL fibers were fixed with a 3.7% (w/v) formalin solution for 15 min at
RT, dehydrated with a graded series of ethanol (75%, 90%, 95%, and 100% (v/v) for 10 min each),
treated with hexamethyldisilazane, and coated with platinum.

3.4. Protein Adhesion Assay

To evaluate the protein adhesion activity, PCL fibers were placed in 24-well plates and were coated
only once with FNIII10 or FNIII10-PA (0, 1, or 5 μg·mL−1) overnight at 4 ◦C. Each well was washed
with phosphate-buffered saline (PBS) and blocked with 1% (w/v) bovine serum albumin (BSA) solution
for 1 h at RT. After washing with PBS, a peroxidase conjugate of a monoclonal anti-polyhistidine
antibody was added and incubated for 1 h at RT. After washing with tris-buffered saline tween (TBS-T),
200 μL Turbo TMB-enzyme-linked immunoserological assay (ELISA) was added and incubated for
30 min at RT. H2SO4 (100 μL, 2 M) was added to stop the reaction, and the absorbance was read
at 450 nm. A protein adhesion assay was performed for the negative control group (un-treated),
the positive control group (FNIII10), and the experimental group (FNIII10-PA). The value of the
negative control was approximately equal to the value seen with FNIII10 and FNIII10-PA. Hence,
results were expressed as the comparison between FNIII10 and FNIII10-PA without negative control.

3.5. Cell Culture

MC3T3-E1 is a pre-osteoblastic cell line established from newborn mouse calvarias. We purchased
from the American Type Culture Collection (ATCC). Cells were cultured in α-minimum essential
media (α-MEM) containing 10% (v/v) heat-inactivated fetal bovine serum (FBS, WELGENE, Daegu,
Korea), 100 units·mL−1 penicillin G sodium, 10 μg·mL−1 streptomycin, and 25 μg·mL−1 amphotericin
B (WELGENE, Daegu, Korea) at 37 ◦C in a humidified atmosphere with 5% CO2.

3.6. Cell Adhesion Assay

Cell adhesion activity on PCL fibers was measured using the crystal violet assay. PCL fibers were
placed in 24-well plates and were coated with FNIII10 or FNIII10-PA (0, 1, or 5 μg·mL−1) overnight at
4 ◦C. Each well was washed with DPBS and blocked with 1% (w/v) BSA solution for 30 min. Cells were
cultured with 1 × 105 cells, incubated for 30 min, washed twice with DPBS, and fixed with 3.7%
(w/v) formalin solution for 15 min at RT. Cells were then stained with 0.25% (w/v) crystal violet
(Sigma, St. Louis, MO, USA) in 2% (v/v) ethanol/water for 1 h at 37 ◦C and gently washed three times
with DPBS. Cells were then lysed with 2% sodium dodecyl sulfate (SDS) solution and transferred to
96-well plates. Absorbance was read at 570 nm. Results were expressed as the comparison between
FNIII10 and FNIII10-PA.

3.7. Cell Proliferation Assay

Cell proliferation activity was evaluated using the 3-(4,5-dimethylthiazol-2-yl)-2,5-
diphenyltetrazolium bromide (MTT) assay, according to the manufacturer’s instructions
(Promega, Madison, WI, USA). FNIII10 and FNIII10-PA protein solutions were coated at 5 μg·mL−1

on 24-well plates; cells were cultured with 1 × 105 cells and incubated for 0 and 5 days at 37 ◦C.
Cells were then washed three times with DPBS, and 500 μL of MTT (5 mg·mL−1 in PBS) was added to
each well. After incubation for 4 h, media were removed, and formazan crystals were dissolved in
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200 μL dimethyl sulfoxide (DMSO). Absorbance was read at 540 nm. The cell proliferation assay was
performed in the negative control group (un-treated), the positive control group (FNIII10), and the
experimental group (FNIII10-PA). After identifying the effect of FNIII10 and FNIII10-PA as compared
with that of the negative control, the results were expressed as the comparison between FNIII10
and FNIII10-PA.

3.8. Quantitative Real-Time PCR Analysis

Initially, PCL fibers were placed in 24-well plates and were coated with FNIII10 or FNIII10-PA
(5 μg·mL−1) overnight at 4 ◦C. Cells were cultured at a density of 5 × 104 cells and incubated
for 5 and 10 days at 37 ◦C. Total RNA was extracted using the Easy-spin RNA Extraction kit
(iNtRON, Seoul, Korea), and circular (cDNA) was synthesized. The expression levels of the genes ALP,
BSP, Col I, OC, OPN, Runx2 were confirmed by quantitative real-time PCR. All real-time PCR analyses
were performed using the ABI Step One real-time PCR system. Each reaction was performed in a
20-μL reaction mixture containing 0.1 μM of each primer, 10 μL of 2× SYBR Green PCR master mix
(Applied Biosystems, including AmpliTaq Gold DNA polymerase in buffer, a dNTP mix, SYBR Green
I dye, Rox dye, and 10 mM MgCl2), and 1 μL of template cDNA. The Ct (cycle threshold) value for
each gene was determined using the automated threshold analysis function in the ABI instrument
and was normalized with respect to Ct(GAPDH) to obtain dCt (dCt = Ct(GAPDH) − Ct(specific gene)).
Finally, the Ct value of FNIII10-PA was normalized by the Ct value of FNIII10. The primers used
for quantitative real-time PCR are shown in Table 1. Quantitative real-time PCR results were also
expressed as a comparison between FNIII10 and FNIII10-PA.

Table 1. Sequences of primers used for quantitative real-time PCR.

Genes Forward Primer Reverse Primer

GAPDH TCCACTCACGGCAAATTCAAC AGCCCAAGATGCCCTTCAGT
ALP GGGCAATGAGGTCACATCC GTCACAATGCCCACGGACTT
BSP CAGAGGAGGCAAGCGTCACT CTGTCTGGGTGCCAACACTG
Col I GAGGCATAAAGGGTATCGTGG CATTAGGCGCAGGAAGGTCAGC
OC CATCACTGCCACCCAGAAGAC CAGTGGATGCAGGGATGATGT

OPN CCAATGAAAGCCATGACCAC CGACTGTAGGGACGATTGGA
Runx2 GGCCGGGAATGATGAGAACTA GGCCCACAAATCTCAGATCGT

3.9. Statistical Analysis

All experiments were conducted in triplicate. Experimental data are expressed as mean ± standard
deviation (SD). The Student’s t-test with paired data sets was used to determine the significances of
differences between FNIII10 and FNIII10-PA. Statistical significance was accepted for p values <0.05.

4. Conclusions

Previously, we revealed that FNIII10-PA has potential in the osteogenic differentiation activity
of rBMSCs. In present study, we also found FNIII10-PA enhanced cell adhesion and osteogenic
differentiation activities of MC3T3-E1 cells on PCL fibers. Although the PCL microfiber form had low
affinity to cells, the combination with FNIII10-PA significantly enhanced cellular activities including
adhesion and differentiation. Taken together, FNIII10-PA potentiates the appropriate utilization for
bone tissue engineering with biomaterials as well as working FNIII10-PA alone.
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13. Çakmak, S.; Çakmak, A.S.; Gümüşderelioğlu, M. RGD-bearing peptide-amphiphile-hydroxyapatite
nanocomposite bone scaffold: An in vitro study. Biomed. Mater. 2013, 8. [CrossRef] [PubMed]

14. Yun, Y.R.; Pham, L.B.H.; Yoo, Y.R.; Lee, S.; Kim, H.W.; Jang, J.H. Engineering of self-assembled fibronectin
matrix protein and its effects on mesenchymal stem cells. Int. J. Mol. Sci. 2015, 16, 19645–19656. [CrossRef]
[PubMed]

15. Berns, E.J.; Álvarez, Z.; Goldberger, J.E.; Boekhoven, J.; Kessler, J.A.; Kuhn, H.G.; Stupp, S.I.
A tenascin-C mimetic peptide amphiphile nanofiber gel promotes neurite outgrowth and cell migration of
neurosphere-derived cells. Acta Biomater. 2016, 37, 50–58. [CrossRef] [PubMed]

16. Gómez-Lizárraga, K.K.; Flores-Morales, C.; Del Prado-Audelo, M.L.; Álvarez-Pérez, M.A.; Piña-Barba, M.C.;
Escobedo, C. Polycaprolactone- and polycaprolactone/ceramic-based 3D-bioplotted porous scaffolds for
bone regeneration: A comparative study. Mater. Sci. Eng. C Mater. Biol. Appl. 2017, 79, 326–335. [CrossRef]
[PubMed]

17. Xu, T.; Miszuk, J.M.; Zhao, Y.; Sun, H.; Fong, H. Electrospun polycaprolactone 3D nanofibrous scaffold with
interconnected and hierarchically structured pores for bone tissue engineering. Adv. Healthc. Mater. 2015, 4,
2238–2246. [CrossRef] [PubMed]

240



Int. J. Mol. Sci. 2018, 19, 153

18. Dash, T.K.; Konkimalla, V.B. Poly-ε-caprolactone based formulations for drug delivery and tissue engineering:
A review. J. Control. Release 2012, 158, 15–33. [CrossRef] [PubMed]

19. Li, Z.; Tan, B.H. Towards the development of polycaprolactone based amphiphilic block copolymers:
Molecular design, self-assembly and biomedical applications. Mater. Sci. Eng. C Mater. Biol. Appl. 2014, 45,
620–634. [CrossRef] [PubMed]

20. Ghasemi-Mobarakeh, L.; Prabhakaran, M.P.; Morshed, M.; Nasr-Esfahani, M.H.; Ramakrishna, S. Electrospun
poly(ε-caprolactone)/gelatin nanofibrous scaffolds for nerve tissue engineering. Biomaterials 2008, 29,
4532–4539. [CrossRef] [PubMed]

21. Kim, M.; Kim, G. Electrospun PCL/phlorotannin nanofibres for tissue engineering: Physical properties and
cellular activities. Carbohydr. Polym. 2012, 90, 592–601. [CrossRef] [PubMed]

22. Chen, J.P.; Chang, Y.S. Preparation and characterization of composite nanofibers of polycaprolactone and
nanohydroxyapatite for osteogenic differentiation of mesenchymal stem cells. Colloids Surf. B Biointerfaces
2011, 86, 169–175. [CrossRef] [PubMed]

23. Mohamadyar-Toupkanlou, F.; Vasheghani-Farahani, E.; Hanaee-Ahvaz, H.; Soleimani, M.; Dodel, M.;
Havasi, P.; Ardeshirylajimi, A.; Taherzadeh, E.S. Osteogenic differentiation of MSCs on fibronectin-coated
and nHA-modified scaffolds. ASAIO J. 2017, 63, 684–691. [CrossRef] [PubMed]

24. Shekaran, A.; Lam, A.; Sim, E.; Jialing, L.; Jian, L.; Wen, J.T.; Chan, J.K.; Choolani, M.; Reuveny, S.;
Birch, W.; et al. Biodegradable ECM-coated PCL microcarriers support scalable human early MSC expansion
and in vivo bone formation. Cytotherapy 2016, 18, 1332–1344. [CrossRef] [PubMed]

25. Mousavi, S.H.; Abroun, S.; Soleimani, M.; Mowla, S.J. Expansion of human cord blood hematopoietic
stem/progenitor cells in three-dimensional Nanoscaffold coated with Fibronectin. Int. J. Hematol. Oncol.
Stem Cell Res. 2015, 9, 72–79. [PubMed]

26. Drevelle, O.; Bergeron, E.; Senta, H.; Lauzon, M.A.; Roux, S.; Grenier, G.; Faucheux, N. Effect of functionalized
polycaprolactone on the behaviour of murine preosteoblasts. Biomaterials 2010, 31, 6468–6476. [CrossRef]
[PubMed]

27. Won, J.E.; Mateos-Timoneda, M.A.; Castano, O.; Planell, J.A.; Seo, S.J.; Lee, E.J.; Han, C.M.; Kim, H.W.
Fibronectin immobilization on to robotic-dispensed nanobioactive glass/polycaprolactone scaffolds for bone
tissue engineering. Biotechnol. Lett. 2015, 37, 935–942. [CrossRef] [PubMed]

28. Yun, Y.P.; Kim, S.J.; Lim, Y.M.; Park, K.; Kim, H.J.; Jeong, S.I.; Kim, S.E.; Song, H.R. The effect of
alendronate-loaded polycarprolactone nanofibrous scaffolds on osteogenic differentiation of adipose-derived
stem cells in bone tissue regeneration. J. Biomed. Nanotechnol. 2014, 10, 1080–1090. [CrossRef] [PubMed]

29. Marom, R.; Shur, I.; Solomon, R.; Benayahu, D. Characterization of adhesion and differentiation markers of
osteogenic marrow stromal cells. J. Cell. Physiol. 2005, 202, 41–48. [CrossRef] [PubMed]

30. Tsai, M.T.; Li, W.J.; Tuan, R.S.; Chang, W.H. Modulation of osteogenesis in human mesenchymal stem cells by
specific pulsed electromagnetic field stimulation. J. Orthop. Res. 2009, 27, 1169–1174. [CrossRef] [PubMed]

31. Zohar, R.; Cheifetz, S.; McCulloch, C.A.; Sodek, J. Analysis of intracellular osteopontin as a marker of
osteoblastic cell differentiation and mesenchymal cell migration. Eur. J. Oral Sci. 1998, 106 (Suppl. S1),
401–407. [CrossRef] [PubMed]

32. Candeliere, G.A.; Liu, F.; Aubin, J.E. Individual osteoblasts in the developing calvaria express different gene
repertoires. Bone 2001, 28, 351–361. [CrossRef]

33. Li, S.; Kong, H.; Yao, N.; Yu, Q.; Wang, P.; Lin, Y.; Wang, J.; Kuang, R.; Zhao, X.; Xu, J.; et al. The role
of runt-related transcription factor 2 (Runx2) in the late stage of odontoblast differentiation and dentin
formation. Biochem. Biophys. Res. Commun. 2011, 410, 698–704. [CrossRef] [PubMed]

© 2018 by the authors. Licensee MDPI, Basel, Switzerland. This article is an open access
article distributed under the terms and conditions of the Creative Commons Attribution
(CC BY) license (http://creativecommons.org/licenses/by/4.0/).

241



 International Journal of 

Molecular Sciences

Article

Human Mesenchymal Stem Cells Growth and
Osteogenic Differentiation on Piezoelectric
Poly(vinylidene fluoride) Microsphere Substrates

R. Sobreiro-Almeida 1,†, M. N. Tamaño-Machiavello 2,†, E. O. Carvalho 1, L. Cordón 3,4, S. Doria 2,

L. Senent 3,4,5, D. M. Correia 1,6, C. Ribeiro 1,7,*, S. Lanceros-Méndez 8,9, R. Sabater i Serra 2,10,

J. L. Gomez Ribelles 2,10 and A. Sempere 3,4,5

1 Centro/Departamento de Física, Universidade do Minho, 4710-057 Braga, Portugal;
rita.isaias.almeida@hotmail.com (R.S.-A.); estela.carvalhoo@hotmail.com (E.O.C.);
d.correia@fisica.uminho.pt (D.M.C.)

2 Centre for Biomaterials and Tissue Engineering, CBIT, Universitat Politècnica de València, 46022 Valencia,
Spain; noeltm@gmail.com (M.N.T.-M.); sergidobe@msn.com (S.D.); rsabater@die.upv.es (R.S.iS.);
jlgomez@ter.upv.es (J.L.G.R.)

3 Hematology Research Group, Instituto de Investigación Sanitaria La Fe, 46026 Valencia, Spain;
lou.cordon@gmail.com (L.C.); senent_leo@gva.es (L.S.); sempere_amp@gva.es (A.S.)

4 Centro de Investigación Biomédica en Red de Cáncer (CIBERONC), Instituto Carlos III, 28029 Madrid, Spain
5 Hematology Department, Hospital Universitario y Politécnico La Fe, 46026 Valencia, Spain
6 Centro/Departamento de Química, Universidade do Minho, Campus de Gualtar, 4710-057 Braga, Portugal
7 CEB—Centre of Biological Engineering, University of Minho, Campus de Gualtar, 4710-057 Braga, Portugal
8 BCMaterials, Parque Científico y Tecnológico de Bizkaia, 48160 Derio, Spain; lanceros@fisica.uminho.pt
9 IKERBASQUE, Basque Foundation for Science, 48013 Bilbao, Spain
10 Biomedical Research Networking Center on Bioengineering, Biomaterials and Nanomedicine (CIBER-BBN),

46022 Valencia, Spain
* Correspondence: cribeiro@fisica.uminho.pt; Tel.: +351-253-604-061
† These authors contributed equally to this work.

Received: 29 September 2017; Accepted: 9 November 2017; Published: 11 November 2017

Abstract: The aim of this work was to determine the influence of the biomaterial environment on
human mesenchymal stem cell (hMSC) fate when cultured in supports with varying topography.
Poly(vinylidene fluoride) (PVDF) culture supports were prepared with structures ranging between
2D and 3D, based on PVDF films on which PVDF microspheres were deposited with varying surface
density. Maintenance of multipotentiality when cultured in expansion medium was studied by
flow cytometry monitoring the expression of characteristic hMSCs markers, and revealed that cells
were losing their characteristic surface markers on these supports. Cell morphology was assessed by
scanning electron microscopy (SEM). Alkaline phosphatase activity was also assessed after seven days
of culture on expansion medium. On the other hand, osteoblastic differentiation was monitored while
culturing in osteogenic medium after cells reached confluence. Osteocalcin immunocytochemistry
and alizarin red assays were performed. We show that flow cytometry is a suitable technique for
the study of the differentiation of hMSC seeded onto biomaterials, giving a quantitative reliable
analysis of hMSC-associated markers. We also show that electrosprayed piezoelectric poly(vinylidene
fluoride) is a suitable support for tissue engineering purposes, as hMSCs can proliferate, be viable
and undergo osteogenic differentiation when chemically stimulated.
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1. Introduction

Tissue engineering combines specially designed biomaterials with cells to augment, replace
or reconstruct damaged or diseased tissues. Human Mesenchymal Stem Cells (hMSCs) have
attracted strong interest in the scientific community in the past few years due to their differentiation
potential towards cells belonging to musculoskeletal lineages, such as osteoblasts, adipocytes and
chondrocytes [1,2]. In order to induce hMSC differentiation to the desired lineage, extracellular stimuli
are required, including chemical and physical cues. In addition, biomaterial properties have been
demonstrated to modulate short-term cell functions, and in the last years they have evolved from basic
supporting materials to biofunctional materials [3]. It has been extensively proven that hMSCs can be
expanded in adherent culture flasks to high cell numbers while maintaining their multipotentiality,
i.e., their ability to differentiate to osteoblasts, adipocytes and chondrocytes in specific differentiation
media [4]. Nevertheless, the range of biomaterials used as supports in cell culture and as a vehicle
for cell transplant to the organism in tissue engineering therapies are very broad, including many
different chemical structures, surface topographies and 3D arrangements such as gels or scaffolds.
During culture, the influence of cell–material interaction on the fate of hMSCs is not well understood.
In particular, if cell culture into 3D supports compromises the cells towards one of the particular
lineages [5].

Synthetic polymers have been increasingly used as biomaterials to serve as a supports for cell
growth and differentiation due to their intrinsic attractive properties compared to inorganic materials;
they can be manufactured into complex shapes and their physicochemical properties can easily be
tailored [6]; as well as for their surface properties. It has been demonstrated that biomaterial design
and surface characteristics (including roughness, surface charge or chemistry and wettability) can
modulate the cell function [7,8]. In particular, biomaterial surface properties are linked to cell adhesion,
morphology, proliferation and differentiation [9].

Furthermore, new structures are being produced in order to offer adequate cell supports which
could mimic their natural niche in a more realistic way. In particular, polymer microspheres have been
increasingly used as supports for cell expansion and differentiation, holding and populating a higher
number of cells than the traditional 3D scaffolds [10,11].

Furthermore, the intrinsic properties of specific polymers (such as smart polymers) can be taken
to advantage of in order to influence the behavior and differentiation of cells. In particular, it has been
demonstrated that the use of piezoelectric polymers as substrates/scaffolds enhances cell response
since they have the ability to vary their surface charge when a mechanical load is applied, without the
need of a power source or wires [12,13]. This electrical response can also be induced in related
magnetic composites through the application of a magnetic field [14], allowing the tuning of cell
response. Among these polymers, poly(vinylidene fluoride) (PVDF) is the one with the largest piezo-,
pyro- and ferroelectric responses [15]. Also, this biocompatible polymer shows good osteoinductive
results, not only on dynamic, but also on static cultures, proving that it is suitable for stem cell culture
and differentiation into the osteogenic lineage [16–20].

However, it is important to have a precise and defined method to assess hMSC differentiation
when cultured on diverse biomaterials. There are various methods for the identification, verification
and characterization of hMSCs, such as immunofluorescence/immunocytochemistry, Western blot,
protein arrays and real-time polymerase chain reaction (RT-PCR) [21–23]. Cytometry has emerged
as a simple and more precise method to identify and evaluate hMSC differentiation as they change
the expression of their classical surface antigens—CD105, CD73 and CD90—after culture on the
biomaterial [24,25].

In this work, PVDF substrates have been produced that are somewhere in between 2D and
3D configurations; the cells can grow on flat surface and 3D spheres. In this way, the cells do not
find just a flat surface to attach to, but do not find a typical 3D scaffold with attachments points
all around the cells, either. They consist of a flat PVDF film on which PVDF microspheres have
been randomly distributed with varying surface density. It is important to mention that with lower
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quantity of microspheres deposited on the film, the structures are closer to 2D, while structures with a
higher quantity of microspheres deposited on the films are closer to 3D. Furthermore, by keeping the
processing parameters constant, including deposition time, structures with the same characteristics area
always obtained. The objective is to show if an increasing three-dimensional interactions between cells
and biomaterial surfaces influence cell fate either in expansion or in an osteoblastic culture medium.

2. Results

2.1. PVDF Samples Characterization

PVDF microspheres have been produced by electrospray from a 7% w/v solution in
N,N-dimethylformamide (DMF) and obtained according to [26] (Figure S1), with diameters between
0.81 ± 0.34 and 5.55 ± 2.34 μm, and an average diameter of 3.04 ± 1.70 μm.

The β-PVDF electroactive phase has shown superior results in MSC and MC3T3-E1 preosteoblasts
cell culturing [12,18]. Thus, Fourier transformed infrared (FTIR) measurements were carried out in
order to confirm the presence of this phase in the microspheres. The characteristic FTIR bands of
PVDF provide an accurate confirmation that the β-phase was obtained [15]. The relative fraction of
the β-phase of the microspheres was determined as explained in [26], showing an electroactive phase
content around 70%.

Complementary to FTIR measurements, differential scanning calorimetry (DSC) was performed
in order to identify and quantify the crystalline phase of PVDF microspheres following a procedure
similar to the one in [26] (data not shown). The obtained degree of crystallinity for the electrosprayed
microspheres is around 52%.

2.2. Characterization of the Mesenchymal Cells

The mesenchymal origin of the hMSCs was confirmed by the adherence of the cells to tissue culture
polystyrene plates (TCPS), and their surface marker expression was analyzed by multiparametric flow
cytometry (MFC).

The hMSCs are characterized by the expression of the monoclonal antibodies CD90, CD105
and CD73, and the lack of expression of CD14, CD19, CD34, CD45 and HLADR as proposed by
The International Society of Cellular Therapy (ISCT) [24]. We show in Figure 1 MFC analysis
of the hMSCs, performed after culture in TCPS at passage 4 when merging the data from the
unstained and stained cells with the negative or the positive markers employing FACSDiva version 8
software (Becton Dickinson, San Jose, CA, USA). The histograms show the percentage of each antigen
fluorochrome conjugated expressed by the hMSCs. The higher the value the higher the expression of
cell antigens.

The percentage of expression of cell surface proteins (TCPS, passage 4) is shown in Table 1.
Unstained hMSCs were employed as negative controls, showing no expression for the indicated
markers. Stained hMSCs were positive for CD90, CD105 and CD73 whereas they were negative for
hematopoietic markers. Notably, CD90 expression was lower than expected.

Table 1. Percentage of expression of unstained and stained hMSCs surface proteins and number of
events analyzed.

hMSCs CD90 (%) CD105 (%) CD73 (%) HLADR (%) CD19 (%) CD34 (%) CD45 (%) CD14 (%) Events

Unstained 0.1 0.1 0.2 0.1 0.1 0.1 0.2 0.1 11,637
Stained 77.7 98.6 99.7 2.4 0.2 0.2 0.1 0.1 12,217
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Figure 1. Flow cytometry histograms of merged samples of the hMSCs (passage 4) at day 0 of cell
culture. Unstained hMSCs (green); hMSCs stained with CD19/CD34/CD45/CD14 (blue); hMSCs
stained with CD90/CD105/HLADR/CD73 (red). Fluorescein isothiocyanate (FITC): CD19 and CD90;
phycoerythrin (PE): CD34 and CD105; peridinin chlorophyll protein-cyanine5.5 (PerCP-Cy5.5): CD45
and HLA-DR; allophycocyanin (APC): CD14 and CD73.

2.3. hMSCs Culture in Expansion Medium

2.3.1. Cell Morphology

Overall cell morphology of the hMSCs seeded on the PVDF samples was visualized after four
days of cell culture by scanning electron microscopy (SEM) (Figure 2). SEM images revealed that cells
cultured on the microsphere films seem to elongate their adhesion points in order to find a suitable
place to hold on to. In the film with high density of microspheres (HD-M), the cells became thinner
and their bodies became less flattened and more elongated, compared to the film with low density
of microspheres (LD-M). Figure 2c also shows that the cells were able to attach with their elongated
filopodia while showing adhesion within the cell body to the film and microspheres. As there is no
visible film in Figure 2d, the film with HD-M resembles a 3D environment, where the cells can only
attach to the agglomerates of microspheres, and because of that, hMSCs adopt a particular shape.
Contrarily, it is possible to verify that cells cultured in flat substrates (glass and β-PVDF film) showed
a more spread and flattened morphology (Figure 2a,b respectively).

Figure 2. Cont.
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Figure 2. Overall cell morphology of hMSCs analyzed by SEM after four days of cell culture on:
(a) glass; (b) β-PVDF film; (c) film with low density of PVDF microspheres; (d) film with high density
of PVDF microspheres.

2.3.2. Viability

The viability of the attached cells on PVDF samples after four days of culture was also studied
by 3-(4,5-dimethylthiazol-2-yl)-5-(3-carboxymethoxyphenyl)-2-(4-sulfophenyl)-2H-tetrazolium (MTS)
assays (Figure 3). The results showed that PVDF is a suitable biomaterial for hMSC growth and survival,
since the PVDF samples have an increase of ∼=400% in the measured absorbance compared to cells
seeded on glass covers. Furthermore, there are no significant statistical differences among the PVDF
samples. This result corroborates other cell studies performed with flat PVDF substrates [12,26,27].

Figure 3. Cell viability for cells seeded on the PVDF samples and on glass covers (positive control) after
four days of cell culture. Results are expressed as mean ± standard deviation with n = 3. ** p ≤ 0.01
vs. glass.

2.3.3. MFC Analysis

In order to evaluate the loss or maintenance of the hMSC antigens after four days of cell culture
on TCPS and PVDF samples, cells were submitted to MFC analysis (Figure 4).

To assess whether films with adsorbed microparticles induce changes in cell marker expression,
hMSCs were cultured for four days on different biomaterials: TCPS, low density, high density and
film-beta were compared to stained cell control at day 0 (Figure 4).

The percentage of expression of CD90, CD105 and CD73 antigens in hMSCs is shown in
Table 2. We observed that CD90 expression decreased significantly in hMSCs cultured on all samples,
being more significantly diminished in HD-M, LD-M and film-beta with respect to the control at day 0.
CD105 expression was lower in HD-M samples compared to the control at day 0. In the rest of the
samples the decrease of this expression was inferior. HD-M sample showed less expression of CD73
compared with the other samples, which maintained similar levels to control at day 0.
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Table 2. Percentage of expression of the hMSC specific markers cultured on different biomaterials
(TCPS, HD-M, LD-M and film-beta) compared with control at day 0 and number of events analyzed.

hMSCs CD90 (%) CD105 (%) CD73 (%) Events

Sample Control Sample Control Sample Control

TCPS 35.4

77.7

87.3

98.6

99.4

99.7

46,873

High Density 0.8 51.2 79.0 16,893

Low Density 3.9 81.1 97.9 7,156

Film beta 2.7 82.0 99.1 27,355

Figure 4. Flow cytometry histograms of merged samples of the unstained and stained hMSCs cultured
at day 4 on (a) tissue culture polystyrene (TCPS); (b) low density of microparticles (LD-M) film; (c) high
density of microparticles (HD-M) film; and (d) film-beta. Fluorescein isothiocyanate (FITC): CD90;
phycoerythrin (PE): CD105; allophycocyanin (APC): CD73.

2.3.4. Alkaline Phosphatase Activity

Alkaline phosphatase (ALP) is an enzyme that increases the local concentration of inorganic
phosphatase and has been shown to be important in hard tissue formation and mineralization [28].
Furthermore, ALP activity is higher in mature osteoblastic cells than in preosteoblastic and
mesenchymal cells [29]. Figure 5 shows ALP activity in hMSCs. The ALP activity on β-PVDF films
was significantly higher than that on HD-M film and on glass (p < 0.05), but there was no significant
difference among the other samples.
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Figure 5. Alkaline phosphatase (ALP) activity in hMSCs cultured on different substrates for seven days.
* The ALP activity of cells on β-PVDF film was significantly higher than that on high density (HD-M)
film and glass (p < 0.05). Data are expressed as the mean standard deviation with n = 3. * p ≤ 0.05 vs.
β-PVDF film and ** p ≤ 0.01 vs. β-PVDF film.

2.4. hMSCs Culture in Differentiation Medium

Expansion medium was changed by osteogenic medium when cells become confluent. Cell culture
that continued with expansion medium for the same number of days was used as control.

2.4.1. Osteocalcin Expression

Osteocalcin (OC) is a major bone protein and has an important function in the metabolism of
mineralized tissues [30]. Therefore, to corroborate the results obtained by MFC analysis, after 14 days
of osteogenic medium addition, an immunocytochemistry localization of osteocalcin was performed.
The staining in β-phase PVDF film or in the two PVDF microsphere samples are similar to each
other (Figure 6b shows the case of the (HD-M support) which is clearer than in the glass control
(Figure 6a). The elongated morphology after osteogenic induction can also be observed through actin
green staining. It is noteworthy that cells seeded on glass showed a much more organized morphology,
when compared to those cultured on PVDF samples, which seem to swirl. Also, in the HD-M film this
effect seemed to be enhanced, probably due to the fact that the cells are forced to elongate and grow
depending on the relative placement of the microspheres. Given that these films have higher amounts
of microspheres, cells do not have a flat surface to hold on and spread freely.

 

Figure 6. Confocal fluorescence microscopy images of cells after 14 days of culture (with differentiation
medium) in: (a) glass; (b) high density of microparticles (HD-M) film. The picture shows bone-specific
osteocalcin (red), the cells actin cytoskeleton (green) and the nucleus (blue). The scale bar (100 μm) is
valid for all images.
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2.4.2. Quantitative Analysis of Alizarin Red Staining

Figure 7 shows the alizarin red staining (ARS) acid extraction in hMSCs cultured in different
substrates with osteogenic supplements (differentiation medium) and without them (expansion
medium) after 14 days. The mineralization was detected in all materials and in both media.
Comparing the PVDF samples, higher ARS concentration was found in the HD-M samples in
differentiation medium.

Figure 7. Alizarin red staining (ARS) acid extraction in hMSCs cultured in different substrates with
osteogenic supplements (differentiation media) and without them (expansion media) after 14 days.
Data are expressed as the mean ± standard deviation with n = 3. * p ≤ 0.05, ** p < 0.01, *** p ≤ 0.001 vs.
Glass with differentiation media and **** p ≤ 0.0001 vs. glass with differentiation media.

3. Discussion

In this work, the effect of PVDF’s surface topography for tissue engineering purposes has been
studied. New quasi-3D substrates of microspheres were produced and hMSC osteogenic differentiation
was induced in order to observe the potential of each biomaterial.

The morphology adopted by the cells on different materials has already proven to be fundamental
for cell proliferation and fate [31]. The images have shown that different PVDF topographies were
successfully obtained and that cells adopt different morphologies regarding the substrate they are
cultured on (Figure 2). It has been demonstrated previously that disordered structures promote hMSCs
to undergo osteogenic differentiation and that mechanotransductive events between the cell and
the biomaterial are a key factor influencing cell fate [32]. In this context, it has been reported that
increased contractility of hMSCs leads preferentially to osteogenesis, while low contractility leads to
adipogenesis [33]. Throughout the years, a series of studies have been performed demonstrating that
cell culture conditions that increased cytoskeletal tension promote osteogenesis; other studies have
linked cytoskeletal tension to cell spreading. For instance, previous studies related matrix elasticity
to cell differentiation showing that stiffer matrices increase cytoskeleton tension, thereby promoting
osteogenesis, while softer matrices lead hMSCs to differentiate towards alternative lineages [34].
Furthermore, it has been proven that changes in cell shape can alone influence hMSC commitment
between osteogenic and adipogenic differentiation [35]. Although the assessment of cell morphology in
this study was done with few days of cell culture, it has been shown that cells cultured on flat supports
already have a more spread and flattened morphology than cells seeded on microsphere substrates.
Although the disordered nature of the microspheres do not induce any preferential orientation of the
cells, those that are grown on these substrates in a similar way find a place to elongate their filopodia
and start to spread between the microspheres. The differences between these two substrates rely on the
fact that on the LD-M film, cells still have film to adhere to and seem to be flattened when compared
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to the HD-M film, where cells find themselves on a niche full of microspheres. The tension provided
by the LD-M and the flat film on the cells can be larger and cells are able to spread more on these
substrates, making them suitable for osteogenic differentiation.

Complementary to these results, the MFC technique was applied to observe how the surface
markers evolved over time and on different substrates. It was previously shown that MFC can identify
cell differentiation into distinct cell lineages [25]. All cells cultured on the produced biomaterials were
analyzed compared to cells of the same passage and at the same day of culture.

The percentages of the expression of CD90, CD105 and CD73 antigens in hMSCs are shown in
Table 2. We observed that CD90 expression decreased significantly in hMSCs cultured on all samples,
while being more significantly diminished in HD-M, LD-M and film-beta with respect to the control at
day 0. The CD105 expression was lower in HD-M samples compared to the control at day 0. In the
rest of samples, the decrease of this expression was inferior. HD-M samples showed less expression of
CD73 compared with the other samples, which maintained similar levels to control at day 0.

The histograms of hMSCs cultured on TCPS, HD-M, LD-M and β-PVDF films (shown in Figure 4)
revealed a large loss of the CD90 surface marker expression when compared to cells cultured at day
0. Furthermore, the HD-M films even presented a subpopulation of cells that lost all of the markers
(CD105 and CD73) and had a larger loss of CD90 expression (Figure 4b). The loss of these three hMSC
markers together was already reported to be related with their differentiation [22,25]. This leads to the
conclusion that both substrate and irregular topography induce the cells to differentiate more than
when cultured on flatter surfaces. In Figure 4, it can be observed that there is a larger loss of expression
of CD90 and CD105 when compared to CD73 in all the samples, and these differences might be relevant.
The loss of CD105 expression is related to multi-lineage differentiation of stem cells [25]. On the other
hand, it has been reported that hMSCs lose CD90 expression as cells mature towards osteoblastic-like
cells [36]. Low down-regulation of CD73 could be explained by its adenosine production that promotes
osteoblast differentiation and by being expressed in mature osteoblasts [37,38]. Thus, its expression
may vary, as seen in [25], but not as much as the other positive markers, possibly because more time is
still needed for these cells to become totally differentiated, or even because cells could be differentiating
into another lineage. Overall, we can conclude that microsphere films, and particularly the HD-M
films represent appropriate topography to induce cell differentiation. The diverse topography of
biomaterials induces different cell shapes, and these shapes have been shown to indirectly regulate
differentiation into the osteoblast phenotype [35]. Therefore, these substrates can be providing the
cells with a specific tension that directly stimulates their differentiation, even without addition of
supplements or even without reaching confluence, only in the first four days of culture.

To investigate if the osteogenic loss observed with the MFC analysis indicates differentiation
towards the osteogenic lineage, the activity of ALP enzyme was examined. This evaluation was
performed at day 7, when cells were not yet supplemented with differentiation medium. Furthermore,
the results obtained concerning the HD-M films suggest that the adopted cell morphology on these
substrates does not favor osteogenic differentiation, and that the loss of mesenchymal stem cell markers
observed on the MFC analysis should indicate cell differentiation into another lineage. Also, the LD-M
films corroborate this theory, mainly because (as seen in Figure 2) cells still have some gaps of flat
film where they can spread further, which is a substrate stiffer than the microspheres (on HD-M
films). Stiffer substrates have already been proven to favor osteogenic differentiation [34], which is in
agreement with the results for the flat β-phase films. Therefore, the results shown for ALP activity
are in agreement with the morphology adopted by the cells and microspheres seem to be inductive of
other differentiation pathways.

Finally, after 14 days of osteogenic induction with supplemented medium, osteocalcin localization
by immunocytochemistry methods and the quantification of mineralization by alizarin red assay
were performed. Regarding the osteocalcin staining (Figure 6), osteogenic differentiation can be
confirmed. Also, the microsphere substrates are expressing this major bone protein even more than
the glass control. This proves that the support itself has the appropriate features to induce this
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differentiation state. However, without chemical stimulus, these supports do not directly induce
this kind of differentiation. These results are confirmed by the alizarin red results, in which we can
confirm that without addition of osteogenic medium, the stiffer or flattened substrates have more
calcific deposition. However, it can be seen that, when induced, all of the supports were able to
demonstrate calcific deposition, characteristic of osteogenic lineage cells. These results show the
capacity of β-PVDF films to enhance hMSC differentiation in early phase (Figure 5) without osteogenic
medium. However, based on the alizarin red results, the HD-M film shows higher mineralization
(Figure 7). In this way, it is possible to deduce that the β-PVDF films have higher effect at the beginning
of differentiation whereas as differentiation progresses, cells grown on HD-M films have an enhanced
higher differentiation.

In conclusion, it is possible to say that MFC is a valuable technique for the study of the
differentiation of hMSCs. Also, when the topography of the substrate approaches three-dimensionality,
the expression of characteristic osteogenic markers of hMSCs decrease. In this way, this study shows
the viability of the use of electrosprayed piezoelectric poly(vinylidene fluoride) for tissue engineering
applications, which can be used in future in other systems, such as injectable hydrogels.

4. Materials and Methods

4.1. Processing of Films Adsorbed with Microspheres

PVDF, Solef 1010, was acquired from Solvay and DMF was purchased from Merk. PVDF was
dissolved in DMF with a concentration of 7% (w/v) under magnetic stirring at 60 ◦C, according the
previous work of Correia et al. [26]. An α-phase PVDF film from Measurement Specialties was then
subjected to PVDF electrospray, with the previously prepared solution with the same conditions
indicated in a former study [26]. Briefly, the polymer solution was placed in a plastic syringe fitted
with a steel needle with an inner diameter of 0.25 mm. A syringe pump (NE-1000, Syringepump) fed
the polymer solution into the tip at a rate of 2 mL·h−1. The distance between the tip of the needle and
the collector was 20 cm, the needle being in horizontal position and the collector in vertical position.
The experiment was conducted by applying a voltage of 20 kV with a high-voltage power supply
(Glassman FC Series 120 W). Two different densities of microparticles adsorbed on film were produced:
low (LD-M) and high (HD-M) density. The low density was obtained after 15 min of electrodeposition
and the high density after 45 min. “Poled –” β-phase PVDF films (cells cultured on the negatively
charged side of the material) from Measurement Specialties were used as control.

The films were cut in 8 mm diameter circles and placed on 48-well non-treated tissue culture
polystyrene plates (TCPS, VRW).

4.2. Samples Characterization

Electrosprayed samples were coated with a gold layer using a sputter coating (EM MED020, Leica,
Wetzlar, Germany) and their morphology was observed by SEM (JSM6300, JEOL, Peabody, MA, USA),
with an accelerating voltage of 10 kV. Then, the average diameter of approximately 550 microspheres
was measured with the ImageJ Software using the SEM images (https://imagej.nih.gov/ij/).

FTIR was performed at room temperature in a Thermo Nicolet Nexus apparatus in Attenuated
Total Reflectance (ATR) mode (GMI, Ramsey, MN, USA). The spectrum was obtained from 4000 to
400 cm−1, using 128 scans at a resolution of 8 cm−1.

DSC measurements were performed in a PerkinElmer DSC 8000 (PerkinElmer, Villepinte, France)
apparatus using a heating rate of 20 ◦C/min under nitrogen purge.

4.3. Materials Sterilization

For sterilization purposes, all the samples were subjected to ultra violet (UV) light overnight and
then washed three times for 10 min with Dulbecco's Phosphate-Buffered Saline (DPBS) (Thermo Fisher,
Waltham, MA, USA).
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4.4. Fibronectin Adsorption

Fibronectin (FN) from human plasma (Sigma-Aldrich, St. Louis, MO, USA) was adsorbed onto
the PVDF samples. The biomaterials were immersed in a FN solution of 20 μg/mL for 1 h under
constant shaking. After protein adsorption, the samples were rinsed in saline solution to eliminate the
non-adsorbed protein.

4.5. Extraction of Human Mesenchymal Stem Cells

Bone marrow (BM) from patients without hematological malignancies and normal
cytomorphological study was collected at the Hematology Department of the Hospital Universitario
y Politécnico La Fe of Valencia. This procedure was performed according to established protocols
after informed approval of the Local Ethics Committee of the Hospital. The isolation of mononuclear
cells (MNC’s) of BM samples was performed by ficoll density gradient centrifugation. Briefly, the BM
samples were diluted in Dulbecco’s Modified Eagle’s Medium (DMEM, Thermo Fisher, Waltham, MA,
USA) in a proportion 1:2. After, 3 mL of Histopaque®-1077 (Sigma-Aldrich) were added to the sample
and the mixture was centrifuged at 1000× g for 25 min at RT. MNCs at the interphase were collected
and washed twice in DMEM at 400× g for 10 min. Finally, the MNCs were diluted on DMEM with
10% fetal bovine serum (FBS, Biowest, Labclinic, Nuaillé, France) and counted. Cells were then seeded
on T25 cm2 flasks (Becton Dickinson, San Jose, CA, USA) with DMEM culture medium composed with
10% FBS, 100 U/mL penicillin-streptomycin (P/S, Invitrogen) and 2.5 mg/L amphotericin B (Sigma
Aldrich, St. Louis, MO, USA) at 37 ◦C in a 95% humidified air containing 5% CO2.

After 48 h, the medium was changed and non-adherent cells were discarded. The isolation of
hMSCs from the MNCs relies on their ability to adhere on plastic between 24–48 h [39]. The medium
changes were performed every 4 days.

4.6. Primary Cell Culture and Cell Characterization by Flow Cytometry

When 90% of confluence was reached, cells were trypsinized (trypsin-EDTA 0.25%, Thermo Fisher,
Waltham, MA, USA). Then it was centrifuged at 400× g for 10 min. After discarding the supernatant,
the cells were diluted in low-glucose DMEM supplemented with 10% of FBS. Cells were counted and
cultured at a density of 100,000 cells/flask.

The mesenchymal origin of the cells was confirmed by their adherence to tissue culture
polystyrene (TCPS) and by surface markers expression using MFC. Freshly obtained and expanded
hMSCs (day 0) were characterized by MFC in a FACSCanto-II (Becton Dickinson, San Jose, CA, USA).
For this purpose, FcR Blocking Reagent (Miltenyi Biotec, Auburn, CA, USA) was added to the cells
in order to block unspecific binding and hMSCs were stained using monoclonal antibodies (MoAbs)
fluorochrome conjugated (30 min, 2–8 ◦C in dark) (Table 1).

A minimum of 50,000 cells were acquired and data were subsequently analyzed using FACSDiva
software (Becton Dickinson, San Jose, CA, USA).

4.7. Cell Culture

The isolated hMSCs were maintained and expanded in maintenance medium (DMEM containing
1 g/L glucose supplemented with 0.5% amphotericin B, 1% P/S and 10% FBS) at 37 ◦C in a 95%
humidified air containing 5% CO2. The medium was changed every 3 days.

The experiments were performed at passages 4–6. A density of 1 × 104 cells/cm2 was seeded
onto each one of the films (“poled –” β-PVDF films and PVDF films with high and low density of
microspheres). Cells were kept under expansion medium until confluence was reached.

The cells that were not used immediately in experiments were placed in cryovials (Thermo
Scientific, Waltham, MA, USA) and frozen in liquid nitrogen with FBS supplemented with 10%
dimethyl sulfoxide (DMSO) after trypsinization and centrifugation at 400× g for 5 min.
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Additionally, a differentiation culture medium (osteogenic medium) was added after the hMSCs
reached 100% confluence on the biomaterials. The osteogenic medium was composed of DMEM
medium containing 1 g/L glucose supplemented with 0.5% amphotericin B, 1% P/S, 10% FBS, 8 mM
of β-Glycerophosphate disodium salt hydrate (Sigma Aldrich), 10 nM of dexamethasone-water soluble
(Sigma Aldrich, St. Louis, MO, USA) and 50 μg/L of L-Ascorbic acid 2-phosphate sesquimagnesium
salt hydrate (Sigma Aldrich, St. Louis, MO, USA). The cell culture medium was replaced every 3 days
during 14 days.

4.8. Cell Viability

For quantification of viable cells in proliferation, after 4 days of cell seeding on the supports,
MTS assay was carried out. To do so, cells were incubated with a 5:1 proportion of MTS (Promega,
Madison, WI, USA) to DMEM without phenol red (Thermo Fisher, Waltham, MA, USA) for 3 h at 37 ◦C
in the dark. Then, the supernatant was used to determine the absorbance at 490 nm. For this study,
the solution of MTS + DMEM without phenol red was used as reference (blank) and the supernatant
of cells cultured in 12 mm glass coverslips were considered to be the positive control.

All the quantitative results will be presented as mean ± standard deviation (SD) of triplicate
samples. Statistical differences were determined by ANOVA using Tukey test for the evaluation of
different groups (Graphpad Prism 5.0, GraphPad Software). p values < 0.05 were considered to be
statistically significant.

4.9. Cell Morphology

At the fourth day of culture, the morphology of the cells on the different produced PVDF supports
was analyzed. First, the samples were fixed with formalin (Sigma Aldrich) at 4 ◦C for 1 h. The samples
were then washed in phosphate buffer (PB) (ThermoFisher, Waltham, MA, USA) before incubation
with 1% osmium tetraoxide (Aname) in PB for 45 min in the dark. Then, the biomaterials were again
washed to assure total removal of osmium tetraoxide, before being dehydrated through a graded series
of alcohol (50%, 60%, 70%, 80%, 96% and 100%) and submitted to critical-point drying (E3000, Polaron,
Quorum Technologies, East Sussex, UK). The dried samples were coated with a gold layer using a
sputter coating (EM MED020, Leica, Wetzlar, Germany) and their morphology was observed by SEM
(JSM6300, JEOL) with an accelerating voltage of 10 kV.

4.10. Assessment of Osteogenic Differentiation

4.10.1. Flow Cytometry Study

To analyze the hMSC differentiation, aliquots of cells cultured onto the biomaterials were
studied by MFC at day 4 (when approximately 90% of confluence was reached). At this time point,
cells do not have osteogenic supplements nor mechanical stress or cell-cell interactions. Therefore,
the differentiation produced on cells was due to the PVDF nature and topography.

In order to have a suitable number of cells to perform MFC analysis, biomaterials were cut to
a diameter of 3.4 cm and placed in the 6-well non-treated TCPS. Cells were cultured with the same
density mentioned previously and, at the day of analysis, they were treated with 1 mL of trypsin for
5 min. Each one of the biomaterial-cultured cells were divided in three aliquots and stained with the
antibodies combinations according to Table 3. The following protocol was the same as described above
for cells before seeding (day 0).

253



Int. J. Mol. Sci. 2017, 18, 2391

Table 3. MoAbs fluorochrome conjugated employed for surface staining to characterize hMSCs:
fluorescein isothiocyanate (FITC); phycoerythrin (PE); peridinin chlorophyll protein-cyanine5.5
(PerCP-Cy5.5); allophycocyanin (APC).

Tube FITC PE PerCP-Cy5.5 APC

1 CD90 1 CD105 1 HLA-DR 2 CD73 1

2 CD19 2 CD34 2 CD45 2 CD14 2

Unstained NA NA NA NA
1 Miltenyi Biotec; 2 Becton Dickinson; NA: no antibody.

4.10.2. Study of Alkaline Phosphatase Activity

After 7 days of cell culture (in expansion medium), the cells were lysed and collected. The level
of ALP present in the cells was analyzed using a SensoLyte® pNPP Alkaline Phosphatase Assay Kit
(ANASPEC) and the total protein of the lysate on each sample was determined using a Micro BCA™
Protein Assay Kit (Thermo Scientific, Waltham, MA, USA). The alkaline phosphatase was expressed as
per microgram of total protein for each sample.

4.10.3. Osteocalcin Immunocytochemistry

After 14 days of culture in osteogenic differentiation medium, the content of bone-specific OC
was measured by immunocytochemistry methods. First, the cells were washed in DPBS and fixed
with formalin as described before. After, hMSCs were washed 3 times with DPBS++ (+calcium,
+magnesium, Sigma Aldrich, St. Louis, MO, USA ) and permeabilized with 0.5% Triton X-100 (Sigma
Aldrich, St. Louis, MO, USA) in DPBS during 5 min at RT. After washing the samples with DBPS++,
a protein solution with 5% of bovine serum albumin (BSA, Sigma Aldrich, St. Louis, MO, USA) and
0.1% Triton X-100 in DPBS was added. After 30 min at 37 ◦C, the solution was removed and the
samples were incubated with anti-osteocalcin antibody (Abcam, Cambridge, UK) at a 1:200 dilution in
a solution of 5% BSA and 0.1% Triton X-100 in DPBS for 1 h at 37 ◦C. Then, the primary antibody was
removed and the samples were washed with 0.1% Triton X-100 in DPBS++. At this point, the samples
were incubated with the secondary goat antibody anti-rabbit Alexa 488® (Invitrogen, Waltham, MA,
USA), at a 1:200 dilution in the previously termed BSA solution for 1 h at 37 ◦C. Finally, the solution
was removed and the samples were once again washed in 0.1% Triton X-100 in DPBS++ before being
mounted in a microscope slide with aqueous mounting medium containing DAPI (Vector Laboratories,
Peterborough, UK). For this study, cells cultured in 12 mm glass coverslips were used as a reference.
Cells relative content of OC was studied using a confocal microscope (DMi8, Leica, Wetzlar, Germany)
and ImageJ, Photoshop and Leica Application Suite X software were used for treatment and analysis
of the obtained images.

4.10.4. Quantitative Analysis of Alizarin Red Staining

A quantitative analysis of ARS (Sigma-Aldrich, St. Louis, MO, USA) was performed after
14 days of the addition of differentiation medium (expansion, differentiation). For quantification
of mineralization, the protocol described in Gregory et al. was followed [40]. This assay is
based on alizarin red S staining of the mineral followed by the extraction with 10% acetic acid
(Panreac). The acidified ARS is then neutralized by the addition of ammonium hydroxide (Sigma
Aldrich, St. Louis, MO, USA). Also, alizarin red standards were prepared with known solution
concentrations for the standard curve elaboration. Finally, 50 μL of the sample/standard was added to
an opaque-walled, transparent bottom 96-well plate and the absorbance was spectrophotometrically
measured at 405 nm. Quantitative analysis was calculated from the standard curve.
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4.11. Statistical Analysis

All quantitative data were analyzed using GraphPad Prism (v6.00, La Jolla, CA, USA). The results
were analyzed statistically using the one way ANOVA test for the cell viability and ALP assays and
two-way ANOVA test for the alizarin red assays followed by Tukey’s test. Differences were considered
to be significant when p < 0.05.

5. Conclusions

MFC has proven to be a powerful and valuable technique for the study of hMSC differentiation
in cells cultured on biomaterials, giving a quantitative reliable analysis of hMSC-associated markers
and the loss, gain or maintenance of marker expression. It has been shown that the decrease of
the expression of characteristic markers of multipotentiality in hMSCs is more apparent when the
topography of the substrate approaches three-dimensionality. Since these cells lose their specific
markers, we can conclude that the supports are naturally inducing cells to differentiate into other
lineages. It has been shown that electrosprayed piezoelectric poly(vinylidene fluoride) are valuable for
tissue engineering purposes, as hMSCs can proliferate, be viable and undergo osteogenic differentiation
when chemically stimulated.

Supplementary Materials: Supplementary materials can be found at www.mdpi.com/1422-0067/18/11/2391/s1.
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Abbreviations

ALP Alkaline phosphatase
APC Allophycocyanin
ARS Alizarin red staining
ATR Attenuated Total Reflectance
BM Bone marrow
DMEM Dulbecco’s Modified Eagle’s Medium
DMF N,N-dimethylformamide
DPBS Dulbecco’s Phosphate-Buffered Saline
DSC Differential scanning calorimetry
FBS Fetal bovine serum
FITC Fluorescein isothiocyanate
FN Fibronectin
FTIR Fourier transformed infrared
HD-M High density of microparticles
HMSCs Human mesenchymal stem cells
LD-M Low density of microparticles
MNC’s Mononuclear cells
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MTS 3-(4,5-dimethylthiazol-2-yl)-5-(3-carboxymethoxyphenyl)-2-(4-sulfophenyl)-2H-tetrazolium
P/S Penicillin-streptomycin
PE Phycoerythrin
PerCP-cY5.5 Peridinin chlorophyll protein-cyanine5.5
PVDF Poly(vinylidene fluoride)
RT-PCR Real-time polymerase chain reaction
SEM Scanning electron microscope
TCPS Tissue culture polystyrene plates
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Abstract: We designed, fabricated and optimized 3D biomimetic magnetic structures that stimulate
the osteogenesis in static magnetic fields. The structures were fabricated by direct laser writing via
two-photon polymerization of IP-L780 photopolymer and were based on ellipsoidal, hexagonal units
organized in a multilayered architecture. The magnetic activity of the structures was assured by
coating with a thin layer of collagen-chitosan-hydroxyapatite-magnetic nanoparticles composite.
In vitro experiments using MG-63 osteoblast-like cells for 3D structures with gradients of pore size
helped us to find an optimum pore size between 20–40 μm. Starting from optimized 3D structures,
we evaluated both qualitatively and quantitatively the effects of static magnetic fields of up to 250 mT
on cell proliferation and differentiation, by ALP (alkaline phosphatase) production, Alizarin Red
and osteocalcin secretion measurements. We demonstrated that the synergic effect of 3D structure
optimization and static magnetic stimulation enhances the bone regeneration by a factor greater than
2 as compared with the same structure in the absence of a magnetic field.

Keywords: static magnetic field stimulation; 3D biomimetic structures; bone cell growth
and differentiation

1. Introduction

Nowadays, the term tissue engineering is frequently used in order to address the solutions for
tissue replacement following an accident, surgical excision or organ loss of function. The concept refers
to the “development of biological substitutes that restore, maintain or improve the tissue function” [1].
Starting from this concept, the strategy of developing 3D biomimetic structures that simulate the
architecture of the natural tissue has evolved into implementing specific properties to the structures
for stimulating the cells growth, development and differentiation into functional tissue.

Bone tissue engineering has been one of the hot topics in biomaterials science, due to the increased
need of tissue replacement in traumas, tumor excision, skeletal abnormalities or resection. A successful
regeneration of this tissue depends on the interface interactions that take place between the osteoblasts
and the 3D structure, on the ability of cells penetration, growth and development inside the construct,
as well as on their access to growth factors and nutrients.
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Engineered materials for bone implants make use of different physical external stimuli,
such as magnetic, electric or mechanic, in order to accelerate the repair and regeneration in the
affected tissue [2]. In particular, magnetic field stimulation has been proved to promote the integration
of the implant, to determine an increased bone density of the newly developed tissue, by increasing
the calcium content, thus promoting a more rapid and better healing of the affected bone [2,3].
Static magnetic fields were found to accelerate the proliferation, migration, orientation or differentiation
of osteoblast-like cells [4–9], and to induce the osteogenic differentiation in bone marrow-derived
mesenchymal stem cells [10–12]. These effects can be correlated to the fact that the cell membrane
has diamagnetic properties and the membrane flux can be modified by exposure to static magnetic
field [13–15]. In addition, the extracellular matrix proteins have diamagnetic properties, their structure
and orientation being also affected by static magnetic fields [16]. Weak static magnetic or pulsed
electromagnetic fields are also effective stimuli for bone fracture healing, spinal fusion, bone ingrowths
into ceramics in animal models. Strong static magnetic fields of 5–10 T were also found to regulate the
orientation of matrix proteins and cells in vitro and in vivo [12,13,16].

Researchers have previously studied the effects of static magnetic fields on cells cultured on
different non-magnetic substrates [5], but implantable structures incorporating superparamagnetic
nanoparticles have gained significantly more interest [2,17–19]. Owing to their intrinsic magnetic
properties, they have the ability to improve the adhesion and growth of cells, even in the absence
of an external magnetic field [20–24]. In particular, composites containing magnetic nanoparticles
(MNPs) integrated in various matrices showed significant potentials as bone substitutes. Ceramic
composites containing super-paramagnetic nanoparticles, hydroxyapatite and tricalcium phosphate
had good biocompatibility with the bone cells, and the presence of the nanoparticles did not affect the
function of the bone morphological protein binding to the composites [25]. Magnetic, biodegradable
Fe3O4/chitosan/poly (vinyl alcohol) nanofibrous films fabricated by electrospinning, with average
fiber diameters ranging from 230 to 380 nm and porosity of 83.9–85.1%, facilitated the osteogenesis
in MG-63 human osteoblast-like cells [26]. Magnetic hydroxyapatite coatings with oriented nanorod
arrays using magnetic bioglass coatings as sacrificial templates were also fabricated and used as
substrates for bone growth. To date, the magnetic implantable structures have been fabricated either
by dip-coating conventional structures in aqueous ferrofluids containing iron oxide nanoparticles
coated with various biopolymers or by direct nucleation of biomimetic phase and super-paramagnetic
nanoparticles on self-assembling collagen fibers [27].

The major goal of this work is to accelerate the osteogenesis via the synergic effect of magnetic
3D structures in response to weak static magnetic fields. For this, we designed and fabricated novel
complex 3D structures with unitary elements that mimic the shape of native osteoblast-like cells,
using laser direct writing via two photons polymerization (LDW via TPP) method. For large-scale use
of these structures, as, for example, future in vivo studies with envisaged outcome to be translated into
clinics, an important point is that the material designs need to be reproduced with exactly the same
dimensions for every application. LDW via TPP is a method with great advantages in manufacturing
arbitrary three dimensional (3D) micro/nanostructures of polymers, hybrid materials, organically
modified ceramics (Ormocer), and metals with high reproducibility and sub diffraction-limit resolution
down to 100 nm [28]. The high reproducibility of the 3D structures is mostly provided by the fact
that LDW via TPP uses three-dimensional computer aided design. LDW via TPP is a layer-by-layer
method where every layer is stacked up by voxels. The two-photon solidified small volume elements
called voxels are quite reproducible, their size fluctuating within less than 8% (from the actual
sizes down to 1 μm depending on the multicomponent optical objective used for laser focusing).
The micro/nanostructures are formed by the stack of the voxels, so the resolution and spatial
arrangement of the voxels play an important role in fabricating high precise structures. The high
accuracy and reproducibility of the 3D structures implies the use of small voxels and tight arrangement.
Owing to these characteristics, LDW via TPP is generally recognized as having high reproducibility and
fidelity in obtaining 3D structures with complex architectures [28]. After fabrication, we identified the
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3D structures that provided the best micro-environmental conditions for cell attachment and growth
and favored the cells interconnections in complex 3D architectures, similar with those encountered
in vivo. Then, we provided the structures with the function of responding to applied static magnetic
fields, by coating them with collagen (Col)-chitosan (Chi)-hydroxyapatite (HA)-magnetic nanoparticles
(MNPs) composite. Thus, we obtained new biomimetic magnetically responsive structures aiming to
accelerate the osteogenic response in vitro in osteoblast-like cells, when exposed to static magnetic
fields. We stimulated the cell-seeded structures using a range of weak magnetic fields intensities
(between 100–250 mT) that was not investigated in previous studies and we provide evidence of their
osteogenic effect.

2. Results and Discussion

2.1. Structures Optimization

The fabricated structures closely followed the design, yet not perfectly, as there are some geometry
variations determined by intrinsic material properties and development methodology (Figure 1).
Voxel height accounts for stronger overlap on the Z axis. This results in better structural integrity,
albeit along with lowering porosity and potentially hindering cell migration due to smaller transfer
windows throughout the structure.

Variations at the edge of the structure were determined by both material properties and
development methodology. During irradiation, a series of chemical reactions result in the formation of
polymeric chains. The density of the resulting polymer is slightly higher compared to non-irradiated
material. As such, there is mechanical tension of various strengths throughout the irradiated volume.
Moreover, until the sample is developed and dried, the polymer possesses higher flexibility, adherence
and surface charges. This results in the welding of neighboring structures which, in combination
with other effects of the irradiation (mechanical tension and surface charges), induces small variations
of geometry at every contact point. After development, during the drying phase of the sample,
surface tension of the evaporating developer can also induce deformation of the still-flexible polymer.
This can be observed in Figure 1a. Apart from edge effects, the structure presents high stability and
integrity due to the high number of contact points. Negligible differences from the design can still
be observed at contact points, yet these are not considered variations as they are well reproduced
throughout the whole structure.

The exponential overlap is designed for the Y-axis. The structure is designed to have 4 rows with
respect to this axis. As such, on the Y-axis, there are 3 contact points with different overlaps. This results
in rows with different spatial parameters (such as porosity) in the same structure. Its purpose is to
determine the optimal overlap for cell growth throughout the entire volume of the structure.

Figure 2 shows the morphology of the cells during the first days of culture on the ellipsoidal and
hexagonal multilayered 3D structures. The aspect is heterogeneous, depending on the movement of the
cells and their affinity for the area in which they have settled (morphology is given by the number and
position of the attachment points on the structure). In the detailed pictures (Figure 2b,c) it is evidenced
the tendency of the cells to migrate into the interior of the structure, to climb onto the lateral walls
and to travel through the inner part of the structure, where the specific surface is higher and thus the
higher the number of attachment points. We can also observe a tendency of the osteoblast-like cells
surface density to increase with higher overlap. For medium and low overlaps of the ellipsoidal and
hexagonal elements, the cells seem to have better migrated through whole volume of the scaffold.
While this distribution is found for both the elliptic and the hexagonal structures, we observe a higher
density for the elliptic version. This is determined by the shape of the edges, as the cells seem to attach
better on rounded edges rather than straight ones.
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Figure 1. SEM micrographs of ellipsoidal (upper panel) and hexagonal (lower panel) multilayered 3D
structures produced by LDW (laser direct writing) via TPP (two photon polymerization) of IP-L780
photopolymer. (a,d) Side overviews; (b,e) Tiled overviews; (c,f) Closer, tilted views of the structures.

Figure 2. SEM (scanning electron microscopy) micrographs of MG-63 osteoblast like cells seeded
for two days on ellipsoidal (upper panel) and hexagonal (lower panel) multilayered 3D structures.
(a,d) Overviews of cells attachment on the structures; (b,e) Cells penetrating inside the structures;
(c,f) Cells growing on the lateral walls of the structures.

SEM (scanning electron microscopy) images for MG-63 cells cultured during 7 days showed the
high potential of the structures to support the cells growth. It can be clearly seen that the cells invaded
both the ellipsoidal and hexagonal structures, on the outside as well as on the lateral walls (Figure 3b).
In case of the ellipsoidal structure, the cells have a circular shape, given by the growth support, forming
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a continuous layer on the top surface of the scaffold (Figure 3a). The lateral walls show few cells
attached to the exterior of the ellipsoidal elements, the attachment points for the osteoblast-like cells
being mostly at their intersection. It seems as though the top cell layer continues until the bottom of
the glass support, covering the 3D structure. In case of the hexagonal multilayered scaffold, the cells
have a more fragmented morphology, star-shaped, guided by the morphology of the unit structures.
Here, the lateral walls are fully invaded (Figure 3b), the cells display a 3D arrangement, but not
necessary a methodical one. The fracture into the thick layer of cells covering the scaffold shows a 3D
biomimetic displacement of the cells.

Figure 3. SEM (scanning electron microscopy) micrographs of MG-63 osteoblast like cells growing
on ellipsoidal (upper panel) and hexagonal (lower panel) multilayered 3D structures with optimum
horizontal arrangement, after 7 days in culture. (a,c) Overviews; (b,d) Cells growing on the lateral
walls of the structures.

The above experimental studies were used to determine the optimal geometry in the XY plane for
the cell growth. It is clear that the spacing between neighboring layers should be increased with respect
to Z-axis, in order to enhance the cell migration throughout the volume of the structure. This was
achieved by separating consecutive layers using appropriately placed cylindrical pillars. Each layer
was designed to be 10 μm tall (~14 μm when accounting for voxel height), while pillars were designed
to be 20 μm tall. The optimum overlap of consecutive rows in the XY plane was determined from
previous parametrization. Pillars were placed in overlap regions for enhanced stability. Resulting
structures are presented in Figure 4, for both ellipsoidal and hexagonal variants.
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Figure 4. SEM (scanning electron microscopy) micrographs of ellipsoidal (upper panel) and hexagonal
(lower panel) multilayered 3D structures having the layers spatially separated by cylindrical pillars.
(a,d) Tilted overviews; (b,e) Top views; (c,f) Closer, tilted side views.

To test the efficiency of this design, the structures were seeded with osteoblast-like cells and
observed by SEM. It can be seen that the larger space created by the pillars between the stories of
the structures allowed the cells to penetrate the interior of it. Figure 5b,d shows the 3D displacement
of the cells, inside both ellipsoidal and hexagonal structures, forming a tissue-like morphology.
However, the density of cells inside the structure was higher in case of the hexagonal one, as it provides
more attachment points for the cells. In case of the ellipsoidal structures, the cells have a fragmented
appearance, with a star-shaped morphology, for both the inside and outside of the structure. On the top
wall of the structure, the cells form a fragmented layer, because the unit cylinders have a larger inner
diameter, thus the cells need to stretch to have enough attachment points. In the case of the hexagonal
structure, the cells on the lateral walls and inside the structure have a star-shaped morphology, but the
ones on the top layer are hexagonally shaped, forming a more compact layer covering the structure.
These findings are rather intriguing, considering the previous statements related to better adhesion
to the elliptical shaped walls. It is highly likely that a larger top surface area in the case of elliptical
shaped structure induced the collapse of the top cellular layer.

In order to find a suitable architecture for bone tissue engineering, one must take into consideration
a series of factors, starting from the biocompatibility of the materials, porosity, mechanical properties
and osteointegration. Considering the porosity of the structure, this not only refers to the density of
pores and their dimension, which are important to allow the penetration of cells into the scaffold,
as well as nutrient perfusion inside, but it can also refer to the general displacement of these pores and
their ability to guide the attachment and growth of the bone cells, so that the resulting new tissue can
mimic the architecture of the natural bone.
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Figure 5. SEM (scanning electron microscopy) micrographs of MG-63 osteoblast-like cells growing on
ellipsoidal (upper panel) and hexagonal (lower panel) multilayered 3D structures having the layers
spatially separated by cylindrical pillars, after 7 days in cell culture. (a,c) Overviews; (b,d) Closer,
tilted side view, showing cells penetration inside the structure.

Loh et al. [29] discussed how the displacement and morphology of the pores can affect the
properties and architecture of the extracellular matrix in the resulting tissue. Thus, low porosity
materials initially can exhibit high proliferation rates, but compared to high porosity structures they
do not allow cell differentiation [30]. However, Mandal et al. [31] proved that the proliferation of
fibroblasts on porous scaffolds is facilitated not only when the dimension of the pores is higher
(around 200–250 μm), but also when the dimension of pores is lower (100–150 μm) accompanied
by a higher pore density. Loh et al. [29] reported data on scaffolds with various pore sizes, while
the optimal dimension of pore size and density is far from being established. 3D columnar layered
structures were obtained by Mata et al. [32] using microfabrication and soft lithography approaches.
The structures were seeded with adult human stem cells and connective tissue progenitor cells, which
showed an osteoblastic phenotype at 9 days of culturing. The cells were able to invade the interior of
the structure and form colonies. Mohanti et al. [33] used a 3D printing technique to obtain layered
woodpile-like structures, made of spaced polymer filaments. The porosity was varied from 20–80%
and channel distances from 78–1482 μm. Also, they designed the scaffolds to exhibit both elliptical and
hexagonal architecture of the pore structures. High porosity enabled a high specific surface area and
thus improved the ligand density for cell attachment and spreading, as showed by the group. In our
case, both elliptical and hexagonal 3D structures with optimum pore size allowed good cell attachment
and proliferation with a small difference in cell density related to the top layer. Mohanti et al. [33]
stated that the improved cell viability and proliferation are linked to the layered architecture of the
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scaffold, i.e., the network of periodic channels allowing the perfusion and mass transport inside
the scaffold.

2.2. Structure Functionalization

The structures with optimized architectures were coated with Col-HA-MNPs:Chit-HA-MNPs
(Collagen-Hydroxyapatite-Magnetic nanoparticles: Chitosan-Hydroxyapatite-Magnetic nanoparticles)
(Figure 6). A conformal coating was relatively well achieved. Morphological investigations reveal
that the coated/functionalized structure allowed the cells to attach to the inner and outer parts of the
structures, in a similar fashion as for the non-coated samples.

Figure 6. SEM (scanning electron microscopy) micrographs of: (a) 3D structures coated with
Col-Chit-HA-MNPs (Collagen-Chitosan-Hydroxyapatite-Magnetic nanoparticles); (b) MG-63 cells
growing on the magnetic structures.

2.3. Static Magnetic Field Stimulation

Previous studies on SMF simulation of the osteogenesis have mainly focused on magnetic fields
above 250 M or below 50 mT. For example, Yamamoto et al. [4] reported that weak SMF between
280 and 340 mT applied to osteoblast cultures stimulated bone formation by promoting osteoblastic
differentiation and/or activation. On the other hand, Cunha et al. [8] showed that increasing the
magnetic field intensity up to 320 mT resulted in detrimental effects on cell proliferation and osteocalcin
secretion. On the opposite, Feng et al. [6] reported that MG63 cells seeded on a PLLA discs and exposed
to SMF of 400 mT showed a more differentiated phenotype. Much lower SMFs, from 50 mT down
to even 3 mT, were used as biophysical stimulators of proliferation and osteoblastic differentiation
of human bone marrow-derived mesenchymal stem cells [10]. Within this framework, in the present
study, we cover a range of magnetic fields (100–250 mT) in between of those previously reported.
In this way, we aim to explore new possibilities to optimize the cell osteogenic differentiation and to
gain more insight into the roles of SMF for the stimulation of the osteogenesis.

2.4. Biological Assessments

Based on the above findings, the optimum design for the 3D structures was the one with ellipsoidal
elements and having the layers spatially separated by cylindrical pillars (Figure 4a–c, upper panel).
These structures were seeded with MG-63 osteoblast-like cells. External static magnetic fields were
applied by positioning permanent magnets in the vicinity of the samples. The osteogenic effect of
the magnetic structures synergizing with the static magnetic field was investigated within 30 days,
by morphological evaluation, viability tests, differentiation and mineralization assays. We found
evidence that the super-paramagnetic structures accelerate bone tissue formation under the external
magnetic field in reference to the ones without external magnetic field.
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Viability assay showed a reduced proliferation rate for the stimulated samples compared to
non-stimulated ones (Figure 7). The proliferation rate was reduced with increasing magnetic field,
in relation to the control i.e., unstimulated samples.

A question to be raised is why some previous studies showed stimulation of proliferation yet ours
did not. Cooper [34] stated that there are three types of differentiated cells: the terminally differentiated
cells that do not have any precursor left (e.g., heart cells), the cells arrested in G0, that replace death cells
when needed (e.g., skin fibroblasts, smooth muscle cells, endothelial cells in blood vessels, epithelial
cells in organs) and the rest of differentiated cells in organs that exhibit their function, which are
not differentiating, but are replaced by stem cells undergoing differentiation (if needed). Noda [35]
stated that, during the first steps of bone cell differentiation, the proliferation gene expression is
supported, then the down-regulation of proliferation happens. Zhang et al. [36] used hyperoside,
a flavonoid compound to study its effects on U2OS and MG63 cell lines. The group proved that the
compound induces differentiation of the cells which is accompanied by cell cycle arrest in G0/G1.
Whang et al. [37] showed similar results for cinnamic acid, after 7 days of culture.

In our experiments, we evaluated the proliferative activity of the MG63 cells at 4 weeks of
culture, the inhibition of proliferation being associated with an advanced stage of cell differentiation.
Considering the papers that we have cited, Panseri et al. [38] has evaluated the proliferation and
differentiation of human osteoblast-like cells on magnetic hydroxyapatite-based scaffolds at 7, 14,
and 21 days of culturing and magnetic stimulation. However, by comparing the graphs for cell
proliferation measurements and ALP (Alkaline Phosphatase) measurements (differentiation), we can
see that cells exhibiting higher ALP content were not undergoing proliferation anymore (this can
be especially observed at day 10 and day 20). Li et al. [39] evaluated the proliferation of the cells in
magnetic scaffolds just until 7 days of culturing, so these are quite early time points associated with
the first steps in the differentiation process. Similar results were reported by Zheng et al. [40].

Figure 7. MTS viability of MG-63 osteoblast-like cells growing on ellipsoidal multilayered 3D structures
having the layers spatially separated by cylindrical pillars, as a function of the applied static magnetic
fields. Results for unstimulated samples (controls) are shown for comparison. Each bar represents the
mean ± STD. Statistical significance was determined by Student’s t-test (* p ≤ 0.05, ** p ≤ 0.001).

ALP (Alkaline Phosphatase) is one of the substances in the ECM (extracellular matrix) that
indicates if the osteoblast cells have entered the period of ECM development and maturation.
Over the whole investigation period, the cells growing on magnetically stimulated structures produced
significantly more ALP than those growing on the non-stimulated samples (Figure 8). Moreover,
the ALP activity increased with increasing strength of the applied magnetic field. At 10 days of culture,
the difference in ALP production for the different groups of samples did not exceed 0.3 fold, regardless
the intensity of the applied static magnetic field. The difference between each group of samples became
significant starting from 20 days of cells stimulation. The stimulated cells showed more than a twofold
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increase of ALP production compared to the control (unstimulated samples). Moreover, the ALP
production increased with the intensity of the static magnetic field i.e., up to almost 3 fold for the
group of samples stimulated at 250 mT. The proportion between the ALP productions for each group
of samples was maintained after 30 days of magnetic stimulation, the values increasing as compared
to 20 days.
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Figure 8. ALP (Alkaline Phosphatase) activity normalized to protein content for MG-63 osteoblast-like
cells growing on ellipsoidal multilayered 3D structures having the layers spatially separated by
cylindrical pillars, as a function of the applied static magnetic fields. Results for unstimulated samples
(controls) are shown for comparison. Each bar represents the mean ± STD. Statistical significance was
determined by Student’s t-test (* p ≤ 0.05, ** p ≤ 0.001).

Alizarin Red staining was used to examine mineral deposition in the newly developed
extracellular matrix. The samples exposed to magnetic fields exhibited more mineral content that the
unstimulated ones (Figure 9). After 10 days of static magnetic stimulation, for the highest intensity of
the magnetic field the cells exhibited an increased Alizarin Red coloring up to 0.7 fold. Similar to ALP
activity measurements, the Alizarin Red dye attached more to the stimulated samples beginning with
20 days groups (almost a 2.7-fold increase in the case of the 250 mT group). The increase of Alizarin
Red absorbance with stimulation time and intensity of magnetic field was more evident for the 30-day
groups. These results indicate a higher number of osteoblast cells differentiating when exposed to
static magnetic fields, leading to more new bone tissue formation on day 30.
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Figure 9. Absorbance measurements for Alizarin Red marking of the mineral deposits in MG-63
osteoblast-like cells growing on ellipsoidal multilayered 3D structures having the layers spatially
separated by cylindrical pillars, as a function of the applied static magnetic fields. Results for
unstimulated samples (controls) are shown for comparison. Each bar represents the mean ± STD.
Statistical significance was determined by Student’s t-test (* p ≤ 0.05, ** p ≤ 0.001).
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For further confirmation, the level of osteocalcin was measured using immunohistochemically
staining. Osteocalcin is a bone-specific extracellular matrix protein produced by the osteoblast cells
during the process of the new bone formation. At each testing time point, the samples exposed to
magnetic fields exhibited higher osteocalcin formation than the unstimulated samples (Figure 10).
The samples showed the highest level of osteocalcin production on the day 30 (almost a 0.7-fold
increase compared to controls). The level of osteocalcin secretion increased with increasing intensity of
the applied magnetic field.
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Figure 10. Absorbance measurements for the Osteocalcin secretion from MG-63 osteoblast-like cells
growing on ellipsoidal multilayered 3D structures having the layers spatially separated by cylindrical
pillars, as a function of the applied static magnetic fields. Results for unstimulated samples (controls)
are shown for comparison. Each bar represents the mean ± STD. Statistical significance was determined
by Student’s t-test (* p ≤ 0.05, ** p ≤ 0.001).

All evaluated responses (cell viability, ALP, Alizarin Red staining and Osteocalcin secretion)
with respect to magnetic field stimulation were statistically significant as compared with the controls
(unstimulated) samples.

Our study followed the effects of static magnetic stimulation of osteoblast-like cells cultured on
3D biomimetic structures during 30 days of stimulation and incubation under standard conditions of
humidity and temperature. The results showed a decreased cell proliferation in stimulated samples
compared to non-stimulated samples, as measured by MTT tetrazolium salt viability assay at 30 days.
This can be explained by the fact that the cells undergoing differentiation do not proliferate anymore
and thus have a reduced metabolic activity [41,42]. The other results showed a more than 2-fold
increase of ALP production and Alizarin Red coloring of the mineral depositions in the 250 mT sample
group. These results were supported by the Osteocalcin level measurements, suggesting that the cells
underwent differentiation, the degree and advancement being directly influenced by the intensity of
the static magnetic field. All these results indicate that the innovative magnetic structure accelerated
new bone tissue formation via the synergic action of the magnetic 3D biomimetic architecture and
the applied static magnetic field, emerging as a promising approach for guiding and enhancing the
process of bone growth and regeneration.

Our results are consistent with previously reported studies on static magnetic field stimulated
bone tissue regeneration. Previous in vitro studies on magnetic responsive scaffolds showed
the stimulating effect of the static magnetic field to the proliferation and differentiation of cells.
Tampieri et al. reported on porous ceramic composite made of HA and magnetite, with enhanced
in vitro cell proliferation at early stage under the external magnetic field [38]. Zhou’s group fabricated
a nanofibrous scaffold composed of PLA and iron oxide nanoparticles, with good biocompatibility
and guided cells orientation along the fibers under the external magnetic field [39]. A weak magnetic
force with intensity of 10–50 mT was reported to accelerate osteoblast differentiation, the effect being
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assigned to the increased phosphorylation. Porous hydroxyapatite scaffolds containing magnetic
nanoparticles enhanced the in vitro osteoblast cells growth when a magnetic field was applied [39,40].
A composite of a polyester matrix magnetically functionalized with iron oxide nanoparticles showed
good ability to support and enhance the osteogenic differentiation of mesenchymal stem cells [23].

Despite these positive results, the mechanism of bone cell stimulation in magnetically responsive
structures is not yet understood. It was hypothesized that the MNPs generate the microdeformation
of the structure under the magnetic field, providing strain stimulation to the seeded cells. The strain
stimulation would activate the cells to proliferate and differentiate and form new bone tissue.
The synergy effect of magnetically responsive biomimetic structures in response to the external applied
magnetic field to fasten the osteogenesis may be further amplified by combining it with chemical
signaling provided by growth factors and osteogenic drugs. Moreover, the magnetism of the structures
can be tailored by controlling the MNPs content in the composite.

3. Materials and Methods

3.1. Structures Design

The 3D structures were aimed to mimic the shape of a typical osteoblast cell. To this end,
we designed repetitive ellipsoidal and hexagonal units, organized in a multilayered architecture.
We used Python (SciPy pack, Python Software Foundation, Beaverton, OR, USA) for structure
generation. After all parameters were calculated, the Python script wrote .gwl files, which are specific
to the equipment used for fabrication. From a computing point of view, both geometries represent
ellipses. Hexagonal structures were derived from elliptic structures, as we used only 6 points on each
elliptic cell to define the hexagonal element. We employed different geometries, for different purposes,
in an iterative fashion. The complete structure is composed of elements of specific geometry and
position, which are repeated on each axis independently. Elements on the X-axis are positioned with
a constant distance between the centers of neighboring elements, 30 μm. In order to determine the
optimal geometry, the distanced between neighboring elements on the Y axis is varied according to
the following equation:

CY−axis = i · incx · 2(
i

10 ) + const (1)

where CY−axis represents the center of the specified element, i is the row number, incx is the distance
between the centers of the first two rows of elements, and const is an arbitrary constant used for
positioning the whole structure with respect to the 0 position. This results in an exponential variation
of the distance between the centers of neighboring elements. In other words, the overlap of elements
varies exponentially with respect to the Y-axis. The 2(i/10) term is used to adjust the exponential
overlap to the overall size of the structure. Element diameters were 40 μm on X-axis and 80 μm on
the Y-axis, respectively. The height of each layer was designed to be 20 μm (~24 μm when accounting
for the voxel height). Neighboring layers intertwine for higher structural resistance. The overlap
is ~8 μm depth-wise for two consecutive layers. Moreover, the layers are dislocated to the left and
right, consecutively, by half the diameter of a cell on the X-axis. In order to compensate for this
dislocation, even-numbered layers are comprised of 6 cells on the X-axis, while odd-numbered layers
are comprised of 5 cells on the X-axis. After determining the optimal distance between centers of
neighboring cells on each axis, we fabricated structures with fixed overlap in the X and Y directions.
Height optimization is done after experimental results for optimized XY geometry.

3.2. Structure Fabrication and Characterization

Structure fabrication was achieved using the Photonic Professional 3D Lithography system from
Nanoscribe GmbH (Eggenstein-Leopoldshafen, Germany). This installation relies on two-photon
polymerization to create 3D structures by laser direct writing (LDW by TPP). We used IP-780 as the
material of choice for the structures. This material is a liquid photoresist that results in a biocompatible
polymer after TPP-induced chain reaction and development. This formulation is optimized for high
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sensitivity in the case of rapid 3D structuring. Laser irradiation was achieved with 150 fs pulses with
an 80 MHz repetition rate and centered on λ = 780 nm. The light was focused with a 63× microscope
objective. The positioning was made using a hybrid system comprised of motorized and piezoelectric
stages. Coarse positioning was achieved with the motorized stages, while the laser writing was done
using the piezoelectric stages. Each sample was prepared by drop-casting the photoresist on a 170 μm
thick glass substrate, previously cleaned by ultrasonication for 30 min in ethanol. It was then inserted
into the positioning system and the laser was focused on the surface. The structure was written in
the polymer drop while maintaining contact points to the substrate for adherence. The polymer was
formed rapidly after irradiation without the need for additional processing. After the laser writing,
the sample was taken out and immersed in Propylene Glycol Mono-methyl Ether Acetate (PGMEA)
solvent for up to 15 min in order to remove the non-photopolymerized material. After removing the
samples from the solvent, they were allowed to dry, in air, at room temperature.

Bare iron oxide nanoparticles (MNPs) with physical dimension of 4–20 nm have been obtained
using a modified chemical co-precipitation as described in [43]. It has been proved that iron
oxide nanoparticles express super-paramagnetic behavior that is preserved when incorporated in
nanocomposite materials [19]. Collagen (Col), chitosan (Chit) and hydroxyapatite (HA) were acquired
from Sigma Aldrich, St. Louis, MO, USA. The 3D structures were coated by spin coating at 6000 rpm
with solutions containing 2 wt % chitosan, 2 wt % collagen, 2 wt % HA, and 4 wt % MNPs. Preliminary
studies highlighted the differences in cell viability, density and morphology as a function of the
Col:Chit ratio in the mixture. Specifically, the cell viability and density were higher for higher Col
concentration, decreasing progressively with increasing Chit content. Also, in the case of compounds
with a higher concentration of Col, the cells retained their native morphology, while on structures
with higher Chit content, cell morphology was altered, showing specific signs of apoptosis. Based on
these preliminary biological assessments, the optimal composition of the Col:Chit nanocomposite was
established to be 80:20.

SEM

The structures were investigated by Scanning Electron Microscopy (SEM, FEI InspectS model,
Hillsboro, OR, USA). Prior to SEM examination, the samples were coated with ~10 nm gold. After the
cell-seeding, the samples were fixed and dehydrated using the protocol described in the next section.

3.3. Biological Assessments

3.3.1. Cell Cultures

MG-63 osteoblast-like cells, were purchased from the European Collection of Cell Cultures
(ECACC, Salisbury, United Kingdom). The cells were cultured in MEM growth medium (Biochrom,
Berlin, Germany), supplemented with 10% fetal bovine serum (FBS, Biochrom), 2 mML-glutamine
(Biochrom), 1% (v/v) non-essential amino-acids and 100 IU/mL of penicillin/streptomycin (Biochrom)
under standard conditions of temperature and humidity (37 ◦C, 5% CO2). When confluent, the cells
were detached with 1% Trypsin and seeded onto the UV-sterilized structures (5000 cells/structure) and
cultured under standard conditions for 4 weeks. Before preparation for MTS assay, ALP production
measurement, Alizarin Red staining and Human Osteocalcin Immunoassay, the samples were checked
under an Axio Imager 2, Zeiss microscope with AxioCam MRm camera and the cells surrounding the
structures were removed using a cell scraper (TPP, Trasadingen, Switzerland).

3.3.2. Cells Morphological Investigations by SEM

After being cultured for 7 days under standard conditions on the 3D structures and
controls, the cells were gently washed with PBS and fixed with 2.5% glutaraldehyde in PBS,
during 1 h, at room temperature. After this, the cells were washed again and proceeded to the
dehydration procedure. First, the samples were dehydrated in ethanol (EtOH) solutions with
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the indicated concentrations (2 times, during 15 min wash with Et OH 70%, 90%, respectively
100%). Then, the samples were immersed in EtOH-HMDS solutions (50%:50%; 25%:75%, respectively
0%:100% ratios, 2 times, during 3 min). Finally, the samples were let to dry prior to SEM analysis.

3.3.3. MTS

5000 cells/ sample were cultured in complete MEM for 4 weeks under standard conditions
of temperature and humidity. After this time, the culture medium was replaced with 16.67% MTS
(Cell Titer 96® Aqueous One Solution Cell Proliferation Assay, Promega, Madison, WI, USA) and
83.33% MEM (5% FBS). After 2–3 h of incubation, the supernatant was collected and 100 μL from
each sample was distributed in a 96-well plate. The absorbance was measured at 490 nm, using the
Mitras LB 940 (Berthold Technologies, Bad Wildbad, Germany) spectrophotometer. The viability was
calculated as percent from controls (non-stimulated samples i.e., 0 mT).

3.3.4. ALP

Alkaline Phosphatase production was spectrophotometrically measured at 405 nm, using the
Alkaline Phosphatase Assay Kit (Colorimetric) (ab83369) (Abcam, Cambridge, UK), which uses
p-Nitrophenyl Phosphate Liquid Substrate (pNPP) for cell lysate. For this, the cells were cultured
similarly as for MTS. The Assay standards were prepared as following: 40 μL pNPP 5mM liquid
standard solution were mixed with 160 μL Assay Buffer and serial dilution were further prepared (0, 4,
8, 12, 16, 20 nmol/well of pNPP). For the sample preparation, the cells were harvested by trypsinisation,
gently washed for several times with cold PBS and resuspended in 100 μL Assay Buffer and were
then centrifuged at 7000 rpm, for 15 min, to remove the insoluble components. The supernatant
was transferred into 96 well-plates (100 μL/well) and completed with 50 μL of 5mM pNPP solution;
10 μL of ALP enzyme solution was only added into the standard wells. All standards and samples
were incubated in the dark, at room temperature, for 60 min. Next, 20 μL of Stop Solution was added
into each well, standards and samples and the absorbance was measured at 405 nm using the Mithras
(Berthold Technologies) spectrophotometer. The results were expressed as units per milligram of
protein in cell lysate, where the protein was assayed by the Bradford (B6916, Sigma Aldrich) method,
using serum bovine albumin as standard.

3.3.5. Osteocalcin

In order to measure the Human Osteocalcin protein, the cells were seeded similarly as
for SE; the samples were prepared using Quantikine®ELISA Human Osteocalcin Immunoassay
(Catalog Number DSTCN0 (R&D SYSTEMS, Minneapolis, MN, USA)), according to the producer’s
specifications. The standard Osteocalcin solution in the kit was used in order to obtain a standard curve
for Osteocalcin calibration. A total of 50 μL from the supernatant of each sample was added to a 96-well
plate, together with 100 μL of Assay Diluent. The samples were incubated while shaking during 2 h;
after this time, they were washed 3 times using the washing buffer; 200 μL from the conjugate were
added in each well. After another 2 h of shaking at room temperature, the samples were washed
4 times using the washing buffer; 200 μL from the Substrate solution was added to each well and then
allowed to incubate for 30 min, in the dark. At the end of this period, the reaction was finished using
50 μL of the Stop solution. The osteocalcin protein secretion was measured spectrophotometrically at
450 nm with a correction at 570 nm, using the Mitras LB 940 (Berthold Technologies).

3.3.6. Alizarin Red (ARS) Assay

For mineral distribution evaluation, the cells were seeded similarly as for SEM. After 4 weeks
of incubation, the samples were washed twice with double-distilled water; after this 1 mL of 40 mM
ARS (pH 4.1) was added to each well. Following this, the samples were incubated for 20 min,
at room temperature and then washed several times with double-distilled water while shaking for
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5 min. The quantification of mineralization was done by extracting the calcified mineral at low pH,
followed by neutralization with ammonium hydroxide and absorbance measurement at 405 nm.

3.3.7. Statistical Analysis

The values were presented as mean ± STD (standard deviation) of 3 measurements. The data
were analyzed statistically using a two-tailed Student’s test, where p values ≤ 0.05 were accepted as
statistically significant. Each data point in the relative cell viability, ALP, Alizarin and Osteocalcin
estimations was calculated as the mean of 3 different measurements performed in 3 different
experiments. The standard deviation was shown as an error bar. The calculated probability that
resulted in significant differences from the control samples was calculated based on the t-statistic of
the variance of differences between individual observations as related to control. We defined * p < 0.05
and ** p < 0.001.

3.3.8. Static Magnetic Fields Stimulation

The samples were positioned in the vicinity of gold-plated cubic Neodymium magnets (5 mm).
The strengths of the magnetic fields were measured using a Phywe digital teslameter with tangential
and axial Hall probes. For obtaining strengths of the magnetic field between 100 and 250 mT,
we employed 1 to 3 magnets positioned in particular configurations. The Petri dishes containing the
cell-seeded structures were placed on top of the magnets.

4. Conclusions

We demonstrated the synergistic effect of 3D magnetic structures on enhancing cell differentiation
in response to static magnetic fields. We fabricated innovative, complex 3D structures of ellipsoidal
and hexagonal repetitive units that mimic the native shape of osteoblast-like cells, by LDW via
TPP of IP-L780 photoresist. This is the first report in the literature of the use of this technique in
obtaining biomimetic 3D structures for bone tissue engineering, with this specific architectural design.
The structures were coated with a magnetic composite made of collagen, chitosan, HA and MNPs.
The nanoparticles provided the structures with magnetization ability suitable for cell guiding in the
vicinity and inside the structure, as well as for cells differentiation and mineralization. The static
magnetic field applied to the 3D structures accelerated the cell differentiation in vitro, in relation to the
structures without stimulation using a magnetic field. Moreover, the cells exposed to the most intense
magnetic field reached the end of proliferation period and started their differentiation faster than those
in the other samples. Thus, we have succeeded in obtaining novel 3D biomimetic structures with
potential for bone tissue engineering that are specifically designed to offer the best architectural features
that enable the support and growth of osteoblast cells. Moreover, adding magnetic properties to the
structures via the nanocomposite biocompatible coating made of collagen, chitosan, hydroxiapatite
and MNPs, accelerated cell differentiation, with the potential to promote earlier development of new
bone. These results provide encouraging perspectives for pre-clinical applications and set the basis for
further research in developing clinically available smart engineered materials for the management of
bone injures.
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Abstract: Chinese herbal medicine (CHM) evolved through thousands of years of practice and was popular
not only among the Chinese population, but also most countries in the world. Blumea balsamifera (L.)
DC. as a traditional treatment for wound healing in Li Nationality Medicine has a long history of nearly
2000 years. This study was to evaluate the effects of total flavonoids from Blumea balsamifera (L.) DC. on skin
excisional wound on the back of Sprague-Dawley rats, reveal its chemical constitution, and postulate its
action mechanism. The rats were divided into five groups and the model groups were treated with 30%
glycerol, the positive control groups with Jing Wan Hong (JWH) ointment, and three treatment groups
with high dose (2.52 g·kg−1), medium dose (1.26 g·kg−1), and low dose (0.63 g·kg−1) of total flavonoids
from B. balsamifera. During 10 consecutive days of treatment, the therapeutic effects of rates were evaluated.
On day 1, day 3, day 5, day 7, and day 10 after treatment, skin samples were taken from all the rats for further
study. Significant increases of granulation tissue, fibroblast, and capillary vessel proliferation were observed
at day 7 in the high dose and positive control groups, compared with the model group, with the method
of 4% paraformaldehyde for histopathological examination and immunofluorescence staining. To reveal
the action mechanisms of total flavonoids on wound healing, the levels of CD68, vascular endothelial
growth factor (VEGF), transforming growth factor-β1 (TGF-β1), and hydroxyproline were measured at
different days. Results showed that total flavonoids had significant effects on rat skin excisional wound
healing compared with controls, especially high dose ones (p < 0.05). Furthermore, the total flavonoid
extract was investigated phytochemically, and twenty-seven compounds were identified from the total
flavonoid sample by ultra-high-performance liquid chromatography coupled with quadrupole time-of-flight
mass spectrometry/diode array detector (UPLC-Q-TOF-MS/DAD), including 16 flavonoid aglucons, five
flavonoid glycosides (main peaks in chromatogram), five chlorogenic acid analogs, and 1 coumarin. Reports
show that flavonoid glycoside possesses therapeutic effects of curing wounds by inducing neovascularization,
and chlorogenic acid also has anti-inflammatory and wound healing activities; we postulated that all the
ingredients in total flavonoids sample maybe exert a synergetic effect on wound curing. Accompanied with
detection of four growth factors, the upregulation of these key growth factors may be the mechanism of
therapeutic activities of total flavonoids. The present study confirmed undoubtedly that flavonoids were the
main active constituents that contribute to excisional wound healing, and suggested its action mechanism of
improving expression levels of growth factors at different healing phases.

Keywords: Blumea balsamifera (L.) DC.; total flavonoids; skin wound; VEGF; TGF-β1
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1. Introduction

Acute wound healing proceeds through four stages: inflammation response, migration,
proliferation, and tissue remodeling [1]. When the skin is injured, the normal healing response begins.
During inflammation and initial stages of wound healing, the process of repair is largely mediated
by cytokines or growth factors such as tumor necrosis factor alpha (TNF-α), transforming growth
factor-beta (TGF-β) [2,3], platelet derived growth factor (PDGF), and vascular endothelial growth
factor (VEGF) that orchestrate the manifold cellular activities [4–6]. Simultaneously, specialized
cells move to the wound site. In the inflammatory phase, polymorphonuclear neutrophilic
leukocytes and macrophages appear around the wounds. Macrophages, as the principal phagocytic
cells in wound repair, provide an effective local barrier against bacterial invasion and wound
debridement. Macrophages can also induce production of TNF-α, TGF-β, CD68, and other factors [7–9].
The proliferative phase is characterized by angiogenesis, collagen deposition, epithelialization,
and wound contraction [10]. In this phase, fibroblasts act as the principal cells responsible for collagen
deposition to form a new, provisional extracellular matrix [11]. Collagen is the most abundant protein,
accounting for 30% of the total protein in the human body [12]. Collagen contains substantial amounts
of hydroxyproline, which is used as a biochemical marker for tissue collagen [13]. The aforementioned
contents resulted in our selection of four growth factors of TGF-β, VEGF, CD68, and hydroxyproline at
different stages as biomarkers to elucidate the wound healing mechanism.

Blumea balsamifera (L.) DC., belongs to Blumea, Compositae, widely distributed in Hainan,
Guizhou, Yunnan, Guangdong, and Taiwan provinces in China [14,15]. Its leaves, twigs, and roots
were widely used for many diseases, for instance, rheumatism, dermatitis, beriberi, and lumbago,
and especially for treatment of snake bites and bruises in some ancient Chinese minorities such as
Li, Miao, and Zhuang [16]. Recent pharmacological studies have showed that B. balsamifera possesses
a broad spectrum of pharmacological activities such as coagulation [17], antibacterial, free radical
scavenging [18], antioxidant [19], and anticancer [20,21], while few studies have investigated and
reported on the injure curing effects of this plant. Phytochemical analysis revealed that B. balsamifera
leaves contained considerable amounts of flavonoids [22], and related literature studies also show that
many flavonoids possess direct or indirect wound healing effects, such as soy isoflavone on scalded
mice [23], and corylin on human fibroblast cells in an in vitro model of wound healing [24].

However, flavonoids, once discarded in residue after L-borneol was distilled, were proved to
be the main ingredients in B. balsamifera, and may contribute to many traditional usages of this herb.
As part of our ongoing search for skin recovery candidates, we investigated the chemical constituents
of total flavonoids from B. balsamifera using UPLC-Q-TOF-MS/DAD, evaluated the its wound curing
effects, and elucidated the underlying mechanisms of total flavonoids in the process of wound healing.

2. Results

2.1. Content and Identification of Total Flavonoids

The typical calibration plot conducted with rutin as standard resulted in the regression equation:
y = 5.1907x − 0.0098, and accordingly, the content of total flavonoids was deduced to be 81.1%
(Figures S1 and S2). From literature reported [22], B. balsamifera is rich in flavonoids, and nearly forty
flavonoid analogs were isolated and identified from this plant, including structure types of flavonoid
glycoside and aglucon.

Investigation of the chemical constitution of total flavonoids recorded with UPLC-Q-TOF-
MS/DAD led to the identification of 27 compounds (two unidentified of 29 peaks) (Figure 1). The base
peak intensity (BPI) and ultra-high-performance liquid chromatography (UPLC) chromatogram at
254 nm of total flavonoids of Blumea balsamifera (L.) DC. with positive ion electrospray ionization
(ESI) and negative ESI were recorded (as shown in Figure S3). The measured MS data exhibited high
consistency with theoretical values, with deviation limited within 5 ppm, which provide valuable
information for the determination of constituents. Twenty-seven compounds, including 21 flavonoids,
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were tentatively confirmed on the basis of their retention behaviors (Figure S4), accurate molecular
weight, and MSE fragment data, and comparison with closely related substances reported in literature
(chemical structures are shown in Figure S5, corresponding quasi-molecular ions are listed in Table S1).

The peaks of 3, 4, 5, 6, and 7, ascribed to the chromatogram, accounted for a large proportion and
were identified to be the same structure type of flavonoid glycoside (Figure S5), which indicated flavonoid
glycosides may be the main effective ingredients of total flavonoids based on related literature [25].

2.2. Effects of Different Doses of Total Flavonoids on Wound Healing Rates in Rats

Treatments were carried out after surgery, and photos of wounds were taken on indicated days.
All rats lost weight on the first day after excision, while two days later, their weights steadily increased,
and the wound tissues were ruddy and edema disappeared (Figure 2). There was no significant
difference between all groups. On day 4, there were no wound infections except the model control,
and all rats in the different groups developed granulation tissue growth and significantly reduced
wound area. However, the groups with high and medium doses of total flavonoids demonstrated
accelerated re-epithelization compared with the model groups. The black crusts were residue resulting
from the absorption of total flavonoids. On day 6, the black crusts exfoliated in some rats of the
high dose and Jing Wan Hong (JWH) groups. On day 8, the high and medium dose groups showed
significantly accelerated wound contraction and closures compared with the model groups. On day 10,
the percentage of wound contraction was nearly 100% in the high dose groups, and wound contraction
in the other groups were also fully completed, but surprisingly, rats with total flavonoids showed
better effects on the wound area and epithelization than the other groups.

As shown in Figure 3 (Table S2), on day 4 and 6, the high dose and JWH groups showed
significantly better effects of wound healing than the model groups (p < 0.01). On day 8, wound
healing was obviously better in high dose groups (p = 0.011) and JWH groups (p = 0.032) than the
model groups. Until day 10, the wound healing rates of high dose and JWH groups were approximately
95.0%, while the rate of model groups was lower than 85.0%, which indicated the potent efficiency of
total flavonoids, especially at high doses. The rates in the medium dose and low dose groups were
also higher than the model group, but not statistically significant.

2.3. Effects of Different Doses of Total Flavonoids on CD68 Levels on Rats

CD68 is a special antigen expressed by macrophages and cells of myeloid/mononuclear lineage [9].
As shown in Figure 4 (Table S3), in each of the total flavonoids groups, the increased CD68 expression
in skin wounds indicated that total flavonoids contributed much to the increasing numbers of
macrophages. On day 3, the average integral optical density (IOD) of CD68 in high dose groups
were higher than that of control groups (p < 0.05). On day 5, CD68 levels of all total flavonoids groups
reached a peak (p = 0.005, 0.009, and 0.036, respectively). On day 7, the average IOD values of CD68
in high and medium dose groups were still higher than control (p = 0.003 and 0.015, respectively).
However, on day 10, there were no significant differences between all groups. The changing tendency
of CD68 levels indicated that macrophages were very active in the inflammatory stage of high dose
treatments before day 5, and downregulated in the following days.
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Figure 2. Recovery of wounds at different times. JWH, Jing Wan Hong.

Figure 3. Effects of total flavonoids from B. balsamifera on wound healing rate of rats. Values are
expressed as mean ± SD (n = 6) as compared to the control group, * p < 0.05, Δ p < 0.01.

Figure 4. Effects of total flavonoids from B. balsamifera on CD68 levels in wound tissues of rats. Values
are expressed as mean ± SD (n = 6) as compared to control group, * p < 0.05, Δ p < 0.01.

281



Int. J. Mol. Sci. 2017, 18, 2766

2.4. Effects of Total Flavonoids on VEGF and TGF-β1 of the Wound Tissues on Rats

The expression of VEGF was able to drive the proliferation of endothelial cells and formation of
new vessels. As shown in Figure 5 (Table S4), VEGF expression of total flavonoid groups increased
in a dose-dependent manner (p < 0.05) compared to controls. Their tendencies were in an obviously
descending order: high dose > medium dose > low dose. VEGF expression reached a peak in high
dose, medium dose, and JWH groups on day 5. However, the peaks converted to low dose and control
groups after day 7. These results also revealed that VEGF is very active in the crucial curing related
stage of day 3 to 7. The peak appearance of high and medium doses ahead of time indicated their
acceleration of wound curing.

Figure 5. Effects of total flavonoids from B. balsamifera on vascular endothelial growth factor (VEGF)
levels in wound tissues of rats. Values are expressed as mean ± SD (n = 6) as compared to the control
group, * p < 0.05.

TGF-β1 could induce gathering of inflammatory cells to cuts, which is important to the curing
process [26]. On day 1, there was no significant difference in TGF-β1 levels in wound tissues between
each group. On day 3 and 5, total flavonoids of low dose were able to mildly stimulate the expression
of TGF-β1, but its effect was obvious as compared to the model control (p > 0.05) (Figure 6 and Table S5).
The results indicated the enrichment and proliferation of macrophages and fibroblasts in this stage.
On day 7, total flavonoids still were able to promote TGF-β1 levels at all concentrations tested as
compared to model control groups (p < 0.05 or p < 0.01), but the TGF-β1 levels of all groups began to
drop. On day 10, TGF-β1 expression induced by wounding was markedly decreased to normal level.

Figure 6. Effects of total flavonoids from B. balsamifera on TGF-β1 levels in wound tissues of rats. Values
are expressed as mean ± SD (n = 6) as compared to the control group, * p < 0.05.

282



Int. J. Mol. Sci. 2017, 18, 2766

2.5. Effects of Total Flavonoids on Hydroxyproline Level in Wound Tissues of Rats

Hydroxyproline content is a stable parameter of collagen, which correlated with the growth of
granulation tissue. On day 3 after the wound was treated, the high dose and JWH groups began to show
statistically significant differences in hydroxyproline contents compared to the model control (p < 0.05)
(Figure 7 and Table S6). Hydroxyproline expression peaked on day 10. On day 5 and 7, hydroxyproline
content maintained an ascending tendency. Leading up to day 10, hydroxyproline contents in the
granulation tissue of high dose and JWH groups reached a peak and were approximately 0.80 mg/g,
while the contents in model groups were less than 0.65 mg/g. The contents in the medium dose and
low dose groups were also higher than the model groups, but there were no significant differences in
wound tissues between groups. These results revealed that the total flavonoids of B. balsamifera were
able to promote synthesis of collagen and accelerate formation of granulation tissue in the middle and
late period of wound recovery.

Figure 7. Effects of total flavonoids from B. balsamifera on hydroxyproline level in wound tissues of
rats. Values are expressed as mean ± SD (n = 6) as compared to the control group, * p < 0.05, Δ p < 0.01.

3. Discussion

Skin trauma is very prevalent in the world, research studies showed that more than one million
people each year in America may acquire skin injuries, so a search for effective drugs with low side
effects is desperately needed. Nowadays, Traditional Chinese Medicine (TCM) is widely used in
treatments of many diseases due to its safety and minimum side effects. Within considering both the
traditional uses of B. balsamifera for treatments of traumatic injury [16] as well as the main ingredients
of flavonoids it contains, these aforementioned factors indicated the potential therapeutic effects of
total flavonoids in wound healing, which led to our present ongoing study. Chemical investigation,
wound healing effects, and the pharmacological mechanism of the total flavonoids were studied. In the
present study, our data revealed that total flavonoids could significantly promote wound healing,
improve wound contraction, and accelerate epithelialization.

Analysis of the total flavonoids extract sample with UPLC-Q-TOF-MS/DAD resulted in the
identification of 27 compounds (2 unidentified of 29 peaks), including 16 flavonoid aglucons,
five flavonoid glycosides, five chlorogenic acid (CQA) derivatives, and one coumarin, which indicated
flavonoid derivatives as the main effective constituents. Considering the reported activity of flavonoid
glycoside on wound healing [27] and the efficiency of chlorogenic acid on anti-inflammatory and
wound healing [28,29], it is suggested that 16 flavonoid aglucons, five flavonoid glycosides, and five
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chlorogenic acid analogs may possess some joint synergetic effects in the wound curing process.
This also provides a novel insight into the therapeutic effects of total flavonoids.

Wound healing was a coordinated effort of several growth factors, cytokines, and chemokines.
The TGF-β family and VEGF family played significant roles in this process, and proper wound healing
was guided by stringent regulation of these agents as well as a wound environment that favors
their activity [26]. Reports show that vaccarin, a flavonoid glycoside, can induce neovascularization
and accelerate wound healing by promoting the expression of CD31 levels and enhanced protein
expression of p-Akt and p-Erk [27], which indicates that the flavonoid glycosides (accounting for
a large proportion of chromatogram in this study) may be the main active ingredients for wound
healing; together with other flavonoids and chlorogenic acids, they may contribute to joint therapeutic
effects by prompting growth factors, accelerating neovascularization, and inducing tissue formation
in different stages. Our data demonstrated that total flavonoids of B. balsamifera can promote the
expression of TGF-β1 compared to control groups, while TGF-β1 plays a key role in the recruitment of
additional inflammatory cells, enhancing tissue debridement of macrophages, and promoting collagen
and granulation tissue formation [30–32]. Increased expression of TGF-β1 in B. balsamifera groups
may be due to stimulation of the macrophages induced by total flavonoids in wounds, because earlier
studies suggested that macrophages can enhance the contents of TGF-β1 [33]. CD68 antigen, as a
pan-macrophage marker, can be used as an essential indicator to evaluate quantities of macrophages,
and macrophages contribute greatly to inflammatory reaction of wound. Our data showed an increased
expression of CD68, which suggested an increasing number of macrophages and was in accordance
with the increased expression of TGF-β1.

The granulation tissue of wounds is primarily composed of fibroblasts, collagen, and new small
blood vessels. Hydroxyproline, the major component of collagen, has been used as a biochemical
marker for tissue collagen [34]. Our results showed that hydroxyproline content was significantly
different to control. TGF-β1 is known for promoting fibroblast proliferation [35,36], therefore, it is
likely that high expression of TGF-β1 resulted in an increase in hydroxyproline. VEGF can promote
angiogenesis and increase vascular permeability. It gathers macrophages, fibroblasts, and some other
cells around the wound site [37,38]. VEGF expression increased in total flavonoids groups compared
to controls, which indicated that the total flavonoids could significantly promote wound healing
not only due to increased collagen synthesis, but also due to its inducing expression of cytokines.
Flavonoids in B. balsamifera are well known for their astringent, free radical-scavenging activity
and antimicrobial properties [21,39,40]. Our present investigations further enlarged total flavonoids’
activities, and elucidated the pharmacological mechanisms in wound contraction and promotion
of epithelialization.

Collectively, these results suggested that total flavonoids of B. balsamifera possess significant
therapeutic effects on skin injuries. A phytochemical investigation uncovered the composition of total
flavonoids, including twenty-one flavonoids, five chlorogenic acids, and one coumarin. We postulated
their joint synergistic therapeutic mechanism as a whole agent based on measurement and analysis of
several representative biomarkers, accompanied with related literature studies, which will be helpful
for understanding action mechanisms of TCM and selecting candidates for clinical therapy for skin
injuries in the future.

4. Materials and Methods

4.1. Plant Collection and Total Flavonoids Preparation

Leaves of Blumea balsamifera (L.) DC. were collected from Danzhou, Hainan, China and authenticated
by Dr. Yuxin Pang, professor of the Tropical Crops Genetic Resources Institute, Chinese Academy of
Tropical Agricultural Sciences. Jing Wan Hong cream was produced by Tianjin Darentang Jingwanhong
Pharmaceutical Co., Ltd. (Tianjin, China). The air dried Blumea balsamifera (L.) DC. leaves (400 g) were
extracted with 95% methanol reflux (2X3L, each for two hours). The organic solvent was evaporated in
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vacuo to afford a dark residue, the residue was then suspended in water and fractionated with petroleum
ether three times, the water part was evaporated until there were no organic solvent odors, and then
subjected to polyamide macroporous resin column chromatography, eluting with a MeOH/H2O gradient
(0/100, 80/20, 100/0) to afford three fractions (F1–F3). The F2, eluted with 80% methanol, was evaluated for
total flavonoids content of 81.1% with the method of UV-Vis spectrophotometry [41,42].

4.2. Establishment of Rutin Standard Curve

The total flavonoids sample was prepared (100 mg) by dissolving with 2 mL 75% methanol and
100 μL was transferred from pipette to 25 mL volumetric flask, to which a series of solvents, including
75% methanol 10 mL, 5% NaNO2 1 mL, 10% Al(NO3)3 1 mL, 4% NaOH 10 mL, and then 75% methanol,
were added into the measuring flask accurately in turns.

The standard rutin (18 mg) was dissolved with 75% methanol and transferred accurately to
a 10-mL measuring flask, with different volumes of rutin solution: 0.25 mL, 0.5 mL, 1 mL, 2 mL, 2.5 mL,
and 3.35 mL were transferred to 10-mL measuring flasks respectively with solvents added the same
as the total flavonoids to form different concentrations of standard rutin samples. All the different
solutions of rutin had their absorbance recorded via UV-Vis spectrophotometer at the maximum
absorbance wavelength of 500 nm (Figure S1), and a standard curve was formed with concentrations
listed on the X-axis, and absorbance listed on the Y-axis (Figure S2).

4.3. Qualitative Characteristics of Chemical Constituents of Total Flavonoids Extract

Identification of chemical constituents in the total flavonoids extract was performed by
UPLC-Q-TOF/MS/DAD analysis and the UPLC-MS spectra of samples were acquired in positive and
negative modes. The optimized UPLC-MS condition is shown in the Supplementary Materials.

4.4. Animals

A total of 150 healthy Sprague-Dawley (SD) rats of specific pathogen-free (SPF) grade, weighing
200–240 g, were supplied by Changsha Tianqin Biotech Ltd. (Certificate of quality No. SCXK (xiang)
2014-0011, date: 4 September 2014 to 4 September 2019), Changsha, China. All rats were maintained
under 24 ◦C, with 55–65% humidity and a 12-h light/dark cycle in the Laboratory of Tropical Medicinal
Plants Resources, Tropical Crops Genetic Resources Institute, Chinese Academy of Tropical Agricultural
Sciences, Danzhou, China before use. The handling and care of the rats abided by the National Institutes
of Health (NIH) guidelines for animal research, and all experimental protocols were approved by
the National Research Institute for Child Health and Development Animal Care and Use Committee
(Permit Number: S24018). All animal experiments were performed according to these guidelines.
Many efforts were made to minimize the suffering of the rats.

4.5. Animal Modeling and Drug Treatments

Full-thickness skin excision wounds of 1 cm diameter were created by removing the whole dorsal
skin layer on both sides of the backbone of rats. All rats were randomly divided into five groups,
with 30 rats per group, and treated with the random number table method: the model group treated
with 30% glycerol solution, the positive control treated with JWH cream, and three total flavonoids
treatments, including high dose (2.52 g·kg−1), medium dose (1.26 g·kg−1), and low dose (0.63 g·kg−1).
All the flavonoids extracts were dissolved in 30% glycerol. These treatments were sustained for
10 consecutive days.

4.6. Measurements of Wound Healing

To measure (horizontal) wound progression, the skin wound healing rates (WHRs) of each group
were measured on day 2, 4, 6, 8, and 10. The wound was covered with transparent film and labeled
along the wound edge. Then, the required area was excised and weighed.
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WHR = [(WO − Wu)/WO] × 100

WO: on day 2, wound area weight; Wu: Unhealed wound area weight.

4.7. Immunohistochemistry

On day 1, 3, 5, 7, and 10, the full-thickness of wound skin and surrounding normal skin was
removed from different treated rats. One part of the tissue samples was fixed in 4% paraformaldehyde
and placed in paraffin blocks for sectioning and 4-μm sections were sliced to evaluate macrophage
contents. The wound tissue sections were stained with anti-mouse CD68 antibody (Boster Biological
Technology Co., Ltd., Wuhan, China), followed with biotinylated anti-rabbit IgG-HRP antibody (Boster
Biological Technology Co., Ltd., Wuhan, China). Four random views of each slice were observed under
a microscope (×40). Then, the integral optical density (IOD) of each view was assessed using the
Image-Pro plus 6 software to determinate the CD68 content.

4.8. Clinical Chemistry

The frozen full-thickness samples were subsequently homogenized, centrifuged, and the
supernatant was isolated for analysis of VEGF, TGF-β1, and hydroxyproline levels using the VEGF
ELISA kit (Nanjing Jiancheng Bioengineering Institute, Nanjing, China), the TGF-β1 ELISA kit (Nanjing
Jiancheng Bioengineering Institute, Nanjing, China), and the hydroxyproline acid hydrolysis kit
(Suzhou Comin Biotechnology Co., Ltd., Suzhou, China), respectively.

4.9. Statistical Analysis

Results were expressed as means ± standard deviation (SD). Comparisons between the groups
were performed using one-way ANOVA followed by least significant difference (LSD) post hoc test
with SPSS 22.0; p < 0.05 was considered to be statistically significant.

5. Conclusions

The present work elucidated that the total flavonoids from B. balsamifera could promote wound
healing on rats significantly. Twenty-seven compounds were identified from the twenty-nine peaks
of total flavonoids of Blumea balsamifera (L.) DC., including twenty-one flavonoid analogs, five CQA
derivatives and one coumarin. The mechanisms of therapeutic effects were attributed to wound
contraction, capillary regeneration, collagen deposition, and re-epithelialization. On day 10, the healing
rate of the high dose group was a bit better than the JWH group, and both of them reached nearly
95%. The CD68 levels of all total flavonoids groups reached a peak at day 5 after treatment, suggesting
that macrophages were active in the inflammatory stage. This study suggested that total flavonoids
of Blumea balsamifera (L.) DC. represented an appropriate candidate for skin injuries, and this study
also indicated that the flavonoid analogs and CQA derivatives may exert joint synergistic therapeutic
effects on skin wound healing rates. Nowadays, with increasing global demands for medicines of
botanical origin medicine, this work has opened a window for further exploration of ethnomedicine.

Supplementary Materials: Supplementary materials can be found at www.mdpi.com/1422-0067/18/12/2766/s1.
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Abstract: Despite their important contribution to the cure of both oncological and benign diseases,
gonadotoxic therapies present the risk of a severe impairment of fertility. Sperm cryopreservation is
not an option to preserve prepubertal boys’ reproductive potential, as their seminiferous tubules only
contain spermatogonial stem cells (as diploid precursors of spermatozoa). Cryobanking of human
immature testicular tissue (ITT) prior to gonadotoxic therapies is an accepted practice. Evaluation
of cryopreserved ITT using xenotransplantation in nude mice showed the survival of a limited
proportion of spermatogonia and their ability to proliferate and initiate differentiation. However,
complete spermatogenesis could not be achieved in the mouse model. Loss of germ cells after
ITT grafting points to the need to optimize the transplantation technique. Tissue engineering,
a new branch of science that aims at improving cellular environment using scaffolds and molecules
administration, might be an approach for further progress. In this review, after summarizing
the lessons learned from human prepubertal testicular germ cells or tissue xenotransplantation
experiments, we will focus on the benefits that might be gathered using bioengineering techniques to
enhance transplantation outcomes by optimizing early tissue graft revascularization, protecting cells
from toxic insults linked to ischemic injury and exploring strategies to promote cellular differentiation.

Keywords: prepubertal; male fertility; fertility preservation; fertility after cancer; spermatogenesis;
testicular tissue; spermatogonial stem cells; transplantation; tissue engineering; nanoparticles

1. Introduction

While oncological treatments can cure more than 80% of pediatric cancers in Europe [1],
chemotherapeutic agents and radiotherapy have deleterious effects on the gonads of prepubertal
boys [2,3]. Moreover, the risk of permanent infertility is also high when preconditioning therapies are
applied before bone marrow transplantation to cure benign conditions such as hemoglobinopathies [4].

Loss of fertility significantly compromises quality of life [5], and surveys performed in cancer
survivors have shown that 80% of these patients are considering parenthood, although only 10% of
them would use donor sperm or choose adoption [6,7]. Between 2005 and 2013 in our institution,

Int. J. Mol. Sci. 2018, 19, 286; doi:10.3390/ijms19010286 www.mdpi.com/journal/ijms289



Int. J. Mol. Sci. 2018, 19, 286

the acceptance rates of the fertility preservation procedure justified by an oncological diagnosis were
74% for boys under 12 years and 78.6% for boys aged 12 to 18 years [7]. Similar rates were reported in
USA centers [8] and are expected to be alike in Europe based on a questionnaire offered to child cancer
survivors’ parents [9]. This illustrates the significant importance of fertility for minor patients and their
parents and fully justifies the development of fertility preservation strategies in pediatric populations.

If, for post-pubertal patients, sperm cryopreservation is the gold standard for fertility preservation,
for young patients who do not yet produce mature gametes, cryopreservation of immature testicular
tissue (ITT) (containing spermatogonial stem cells (SSCs), which are spermatozoa precursors [10]) or
germ cells suspension can be offered before gonadotoxic therapies to preserve their fertility [3].

A controlled slow freezing procedure using dimethyl sulfoxide as the main cryoprotectant is
commonly applied to cryopreserve small ITT fragments (2–4 mm3) taken from one testis, with sampling
limited to less than 5% of the testicular volume [11–14]. Using a xenotransplantation assay in nude
mice to evaluate the cryopreservation procedure, the integrity of the SSC niche that regulates stem cell
self-renewal and differentiation [15] appeared to be well preserved [16].

Restoring patient’s compromised fertility by obtaining mature gametes production from stored
cells or tissue might be achieved through auto-transplantation or in vitro maturation once the cytotoxic
treatment is completed (Figure 1).

 

Fertility preservation indication Patient unable to provide ejaculated mature gametes Cryopreservation of SZ for ICSI or  
round spermatids with a view of IVM

Natural fertility, IUI or ART

ITT cryopreservation Germ cell suspension 
cryopreservation

TESE in order to obtain SZ

Autotransplantation of ITT

Benign diagnosis or no
cancer contamination risk

Cell injection to 
the rete testis

Cancer contamination risk

ICSI using SZ

Seeding on a scaffold, 
constitution of an organoid 
(artificial testicle)

FU
TU

RE PERSPECTIVES
EXPERIM

EN
TAL  

CLIN
ICAL PRACTICE

Effective technique for 
segregation of malignant 
cells from germ cells

Testicular 
biopsy

Cell dissociation to obtain 
a germ cell suspension

ITT fragment Germ cell suspension

Cancer contamination risk

Transplantation

IVM (Tissue 
fragment) IVM (cell 

suspension)

ICSI using SZ

Benign diagnosis or no
cancer contamination risk

Figure 1. Fertility preservation for peri- and pre-pubertal male patients: experimental clinical
practice and future perspectives. SZ: Spermatozoa; ICSI: Intra-Cytoplasmic Sperm Injection; ART:
Assisted Reproductive Technology; IVM: In Vitro Maturation; TESE: TEsticular Sperm Extraction; IUI:
Intra-Uterine Insemination.

The choice between different options must be made considering the disease of the patient. Since
intratesticular contamination by malignant cells was described in approximately 21% of boys with
leukemia [17] and xenotransplantation in nude mice of rat testicular cells contaminated by leukemia
cells brought tumor transmission in the host [18], auto-transplantation of frozen-thawed gonadal
tissue fragments may only be considered for fertility restoration purposes when there is no risk
of retransmission of cancer cells to the cured patient. Such risk must also be evaluated for other
blood malignancies and for metastasizing cancers. Selection of SSCs before transplantation may
therefore be an alternative for these patients if proof can be made that the cell sorting technique using
post-purification examination of the prepared samples is safe [19].
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Otherwise, in vitro maturation (IVM) of human prepubertal spermatogonia [20], which is
currently under investigation, will be the only option; however, it will not be addressed in this review.

2. Results and Discussion

2.1. Lessons Learned from Transplantation of Immature Testicular Tissue Fragments

While fertility restoration with transplantation of cryopreserved human ITT is still at a preclinical
stage, autotransplantation of frozen-thawed ovarian cortex [21] in the context of fertility preservation
has already proven clinically efficient [22]. Over 100 live births have been reported worldwide
whether using adult [23] or prepubertal tissue [24]. However, further progress is still awaited
considering the important loss of ovarian follicles following transplantation assays in mice due
to hypoxia/reoxygenation injuries [25] and to a massive primordial follicle activation [26]. Different
strategies, based on tissue engineering approaches, have been tested to limit these phenomena, like
follicle encapsulation in fibrin hydrogel and vascular growth factor administration [23].

With regard to transplantation of cryopreserved testicular tissue, grafting of human ITT has been
so far exclusively performed in host nude mice [12,16,27–31]. A summary of human prepubertal and
postpubertal testicular tissue grafting experiments is provided in Table 1.

Poor graft survival [32] and massive germ cells loss [27] were observed especially after mature
testicular tissue ectopic xenotransplantation. After orthotopic ITT xenotransplantation using the same
nude mouse model, there seemed to be a worsening of spermatogonial survival rates over time (61% at
5 days, 14.5% at 3 weeks, and 3.7% at 6 months [12,16,31]). Such reduction in germ cell numbers might
likely be the result of tissue degeneration caused by the hypoxia that occurs before the generation
of an early blood supply, as was observed in ovarian transplantation experiments [25]. Moreover,
further germ cell loss continues with the highest proportion of the loss happening within the first three
weeks, suggesting the importance of a stable vascularization for an efficient grafting technique [33].
Interestingly, as spermatogonial recovery rates decrease, seminiferous tubules’ structures partially
recover over time (18–21% at 5 days, 82.2 ± 16.5% at three weeks, 89.7 ± 17.9% at 6 months), although
presenting more niches that do not contain spermatogonia [12,16,30,31]. As qualitative analysis of
Leydig cells showed a good preservation at the protein and ultrastructural levels with maintenance
of their steroidogenic potential [16], and as Sertoli cells proliferation was found to be superior to
spermatogonial proliferative activity three weeks after xenografting [12,31], it seems that the germ
cell population is mainly affected. It has thus been postulated that the transplantation procedure
and the recipient environment could be responsible for an increased recruitment of SSCs entering the
differentiation process, thus reducing the number of SSCs capable of auto-renewal [31].
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Furthermore, while the survival of proliferating spermatogonia was observed, their differentiation
potential was limited to the primary pachytene spermatocyte stage, although spermatid-like and
spermatozoon-like structures were described using standard and transmission electron microscopy [16].
The phylogenetic distance between species was suggested to be responsible for the abnormal
differentiation, but this should be further confirmed after the development of a validated model
able to assess tissue and cell functionality including its maturation (see Section 2.11).

Moreover, the pachytene spermatocyte stage was reached within 6 months after orthotopic
xenotransplantation in castrated nude mice of tissue obtained from boys under the age of 10 years [16,30].
However, the endocrine exposure needed for the physiological pubertal transition period and onset of
spermatogenesis in boys may last between two and four years [36], which may also be a factor that
could influence the maturation stage achieved after 6 months xenotransplantation.

By contrast, in other species, complete spermatogenesis was reported after both autologous
transplantation [37–39] and xenotransplantation [37,39–43] and even led to offspring in some species
(including non-human primates) after prepubertal testicular tissue autotransplantation [39,44] and
xenotransplantation [39,45–47]; for a complete review, see [48].

Besides the phylogenetic distance between species and the length of the pubertal transition
period, a number of other parameters such as the avascular grafting procedure, the grafting site [12],
the maturational stage of donor’s tissue [16,49], and other donors’ characteristics [50] may have an
impact on graft development and functionality.

2.1.1. Transplantation Technique

In 2002, Honaramooz et al. grafted on the back skin of nude mice fresh small ITT biopsies
retrieved form prepubertal mice, pigs, and goats obtaining a complete spermatogenesis with all three
species’ tissue. According to the report, ITT fragments were simply fixated subcutaneously without the
constitution of an artificial vascular anastomosis [37]. A vascular connection between the grafted tissue
and the host was then spontaneously established, with vessels outgrowing from the transplanted
fragment and then connecting to the host’s vascular system [51]. As the cell-to-capillary distance
is limited to 200 μm, survival of any tissue exceeding this dimension requires a mature and stable
vascularization [52]. Therefore, even very small testicular tissue biopsies (±1 mm3) are exposed to a
period without blood supply characterized by hypoxia, followed by a phenomenon of reoxygenation
as already demonstrated for ovarian tissue grafting [25].

2.1.2. Transplantation Site

Transplantation of rodent testicular tissue has been performed in several sites, such as the anterior
chamber of the eye [53], the back skin [37], the testis [39], and the ear tip [54], with results in terms of
germ cells differentiation that suggested a negative impact of higher temperatures on grafts, hence
pointing out orthotopic grafting as the best option [12].

Marmoset ITT autologous ectopic transplantation encountered a differentiation blockade at
the spermatocyte stage [55], although interestingly, complete spermatogenesis was detected after
autologous orthotopic transplantation in prepubertal castrated host [56].

Intra-testicular grafting has also been performed, and according to the authors of these reports,
removing testicular parenchyma could create rupture of seminiferous tubules continuity, facilitating
recolonization by SSCs from the donor. Therefore, intra-testicular graft (though technically more
complicated) has been proposed as a useful alternative option for intra-scrotal ITT grafting [57].

2.1.3. Maturational Stage of Donor Tissue

The possible impact of the age of the donor on testicular tissue graft outcome has been postulated
in many reports on animal experiments [49,58,59]. In agreement with these observations, a higher
degree of maturity of human prepubertal tissue also appeared to play a role, as reported by Wyns
et al. in 2008. The authors observed a very low recovery rate in the two 14-year-old patients, where
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focal spermatogenesis was already present in fresh tissue, compared to the better results obtained with
younger (12 and 7 years old) donor tissue after xenografting [16].

2.1.4. The Host Environment

In addition to all these non-modifiable characteristics, the nude mouse model itself might be
responsible for the germ cell maturation arrest encountered after ITT xenotransplantation. Experiments
with non-human primate tissue provided useful and challenging information. Rhesus monkeys’ ITT
led to complete spermatogenesis after autologous transplantation [38] but not after xenotransplantation
in nude mice [60], proving host environment to be critical for spermatogenic differentiation.

These results suggest that differences in gonadotrophins structure and the endocrine environment
could be involved in graft’s germ cell differentiation.

Several strategies have been proposed to reach further progress using available study models,
such as acting on the endocrine environment or sheltering spermatogonia from hypoxic insults either
by reducing the ischemic period before revascularization or by using protective molecules. These
reports not only pioneered in ways to improve the transplantation techniques, but they also provided
insight and information on the physiology of (xeno)-transplanted testicular tissue.

2.2. Acting on the Endocrine Environment

The hypothalamic–pituitary–testis axis manages the induction and maintenance of
spermatogenesis [36], as well as the endocrine function of the testicle.

Spermatogonia lie in the seminiferous tubule in strict contact with surrounding cells, in a
functional unit called the stem cell niche, and it is the relationship between soluble molecules,
cells cohesion within the niche, endocrine feedback, and paracrine environment that modulates
spermatogenesis and spermatogonial self-renewal (for review see Potter et al., 2017) [61]. Better results
for mouse ITT intra-testicular grafting compared to SSCs rete testis injection were ascribed to the
preservation of the spermatogonial paracrine microenvironment, which allows spermatogenesis to be
supported by the original Sertoli cells [12].

During xenografting experiments castrated hosts have frequently been used. After bilateral
orchiectomy, the absence of testosterone production causes an interruption of the relationship between
the testicle and the pituitary gland, leading to increased gonadotrophin levels above those present
at physiological pubertal onset [62]. This affects testicular maturation and might contribute to the
acceleration of the differentiation process of the immature tissue previously reported in non-human
primates and human tissue [28,63].

The restoration of a functional endocrine feedback between the grafted tissue and the host
hypothalamic-pituitary-gonadal axis has been proven. Indeed, 4 weeks after allotransplantation of
prepubertal mouse tissue in castrated mice, a decrease of FSH levels to precastration values was
observed [62], and grafted ITT supplied normal to elevated levels of androgens to the castrated
donors [37]. This was further corroborated by increased weights of seminal vesicles in grafted
hosts [37]. However, mouse hormonal hyper-gonadotropic environment after bilateral orchiectomy
has been exonerated from the responsibility of the spermatogenic blockade, as similar results were
obtained after human ITT xenografting in non-castrated mice (when intra-testicular transplantation
was performed) [29].

Questions have been raised about the actual benefit that external intervention on the endocrine
environment might add to the grafting procedure. Indeed, hamster ITT xenografts were proven to be
mainly regulated by intrinsic mechanisms, as they grew to an analogous size when grafted to nude
mice with different degrees of castration (hemi or complete) [64].

In addition, co-grafting in nude mice of ITT from two species, Hamster and Marmoset, where
opposite results after xenografting were obtained (the prior going through complete spermatogenesis
and the latter who did not and did not even achieve androgens release) [49] showed that the increase in
testosterone supplied by the Hamster tissue was not able to overcome the limitations of xenografting of
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Marmoset ITT [65]. Furthermore, exogenous hCG also remained inefficacious to achieve spermatogenic
differentiation [65].

On the contrary, administration of exogenous gonadotropins to recipient castrated nude mice led
to complete spermatogenesis using infant rhesus monkeys ITT xenografts [66,67], and it improved
tissue maturation and differentiation after xenografting of ITT from prebubertal horses [68].

Thyroid hormones play a well-known role in spermatogenesis and hemato-testicular-barrier
function [69], and interaction between grafted testicular tissue and the recipients’ thyroid was
established. Indeed, administration of propylthiouracile, a disruptor of thyroid axis function, reduced
graft efficiency and germ cells differentiation in bovine ITT xenografts in nude mice [70].

As far as it concerns human ITT, two reports attempted to artificially modify the recipient
mouse endocrine environment to assess its influence on the xenografts. In a first experiment,
subcutaneous administration of exogenous recombinant human follicle stimulating hormone (FSH) was
performed after human ITT intratesticular xenografting in nude mice [29], and in a second experiment,
ITT xenografting in the scrotal bursa of nude mice was followed by intraperitoneal testosterone
supplementation with a fixed dose of intramuscular human FSH in order to counterbalance the negative
feedback on gonadotropins secretion [31]. None of the graft hormone supplementations promoted
spermatogonial differentiation nor restored spermatogenesis, although combined administration
of FSH and testosterone improved intra-tubular cellular proliferation of both spermatogonia and
Sertoli cells.

The way hormones were administered might have been unsuitable to elicit any desired effect but
other molecular mechanisms might be implicated, such as a disrupted cellular response caused by the
grafting procedure, or an interaction with the host’s own gonadotropins or with its thyroid-gonadal
axis [70].

2.3. Reducing Ischemia Due to the Avascular Transplantation Procedure

As germ cells, and more specifically differentiating spermatogonia, are highly vulnerable to the
hypoxia insult [71], reducing the ischemic period through enhanced vascularization using vascular
growth factors might have beneficial effects on SSC survival.

Vessels formation occurs by a complex dynamic process governed by several pro and
anti-angiogenic molecules [72], and several growth factors such as vascular endothelial growth factor
(VEGF), platelet derived growth factor (PDGF), and fibroblast derived growth factor (FGF) have been
tested for distinct therapeutic applications including tissue regeneration and neovascularization of
ischemic tissues, although clinical trials results were mainly disappointing [73,74].

Beyond its role in angiogenesis, VEGF is also involved in the support of germ cell survival and
self-renewal [75] through receptors whose expression has been demonstrated on spermatogonia, and
Sertoli and Leydig cells [76]. This makes VEGF an excellent candidate for supplementation during
ITT grafting for both its role as a vascularization enhancer and spermatogenesis regulator [77]. VEGF
administration, either with subcutaneous injection directly to bovine testicular tissue grafting site [78]
or during in vitro culture prior to germ cells transplantation [79], increased the number of seminiferous
tubules containing elongating spermatids and germ cells survival, respectively. Moreover, in vitro
culture of mouse SSCs with VEGF improved seminiferous tubules and vascularization reconstitution
after ectopic allotransplantation of SSCs on the back skin of nude mice [77].

These encouraging results endorsed the use of nanoparticles containing VEGF as described below
(see Section 2.10).

2.4. Using Protective Molecules to Reduce Ischemic Injury

Another strategy to limit damages to the testicular cells consists in actively protecting them from
external insults during experimental manipulation. Hypoxic injury is associated with generation of
reactive oxygen species, and different treatments have been tested trying to reduce oxidative stress.
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N-acetylcysteine acts as an antioxidant regenerating the pool of intracellular glutathione,
it protects the cell from oxidative stress caused by reactive oxygen species and reduces cell membrane
lipid peroxidation [80]. Systemic administration of N-acetylcysteine has proven useful for germ cells
protection during testicular torsion [81,82], and media supplementation with acetylcysteine during
in vitro culture reduced germ cells apoptosis [83]. However, immersion for 5 minutes of a 1 mm3

fragment of frozen-thawed human ITT in a solution containing N-acetylcysteine before xenografting in
nude mice associated with intraperitoneal administration of the same drug during the 5 days had no
impact on spermatogonial survival, nor on seminiferous tubules cellular proliferation or apoptosis [31].

The impact of melatonin supplementation on the improvement of murine spermatogonial survival
resulted in different outcomes. This drug has antioxidant and antiapoptotic properties that rely on the
radical scavenger effect delivered by its indole derivate [84]. While melatonin appeared to be beneficial
in SSC transplantation experiments [85,86], addition of melatonin to the vitrification-warming medium
did not reduce expression of apoptotic genes in frozen/thawed murine ITT [87].

Further studies are therefore needed to investigate the impact of antioxidants molecules delivery
on ITT, focusing on new molecules or on the way these drugs are administered.

Sustained and localized delivery systems might be useful to further improve the effects of already
tested molecules (see Section 2.9).

2.5. Challenges to Achieve a Successful Transplantation of Human Immature Testicular Tissue

Because of an existing risk of zoonosis and epigenetic modification of genetic heritage, under no
circumstances is xenotransplantation supposed to be considered as an option to produce sperm for
future clinical use [88].

With regards to autotransplantation of cryoconserved ITT and before translation to clinical
practice, the grafting technique needs to be improved with the objectives of increasing spermatogonial
survival and achieving germ cells differentiation up to the haploid stage.

The main challenge lies in the absence of a useful model to study tissue transplantation, since the
host environment of the mouse precludes proper interpretation of the outcomes.

However, efforts to mimic the physiologic endocrine environment of the peripubertal transition
period and development of methods to accelerate angiogenesis and stabilization of the vascular
connection between host and graft will probably represent the main challenges to explore.

The use of vascular growth factors in vivo is confronted with major hurdles, like their short
half-life, the effects of distant distribution such as increased vascular permeability with risk of edema
and hypotension [89,90], and the enhancement of tumor neo-angiogenesis [91,92]. These issues could
be overcome by controlled release of biologically active substances confined to the site of interest [93]
using encapsulation matrices and tailored nanoparticles. The latter approach also offers further options
for testing local growth factors that act on the regulation of the transplanted spermatogonial niche.

2.6. Lessons Learned from Transplantation of Spermatogonial Stem Cells (SSCs)

An alternative option for fertility preservation and restoration is to produce and transplant
functional germ stem cells into the patient once his cancer has been cured or gonadotoxic treatment
has been completed.

Suspensions of isolated SSCs have been obtained from both animal [94] and human [95] tissue,
offering the possibility of germ cell cryopreservation [96], as well as the perspective of fertility
restoration through cell propagation and transplantation. According to the technique described
by Brinster and Zimmerman, mouse ITT samples were incubated with collagenase and trypsin
to digest the extracellular matrix, and the cell suspension subsequently isolated (at a cellular
concentration ranging from 106 to 107 SSCs/mL) was micro-injected directly in the recipient mice
seminiferous tubules [94]. The injection site has been the object of further investigations that pointed to
ultrasound-guided injection in the rete testis as the best technique for SSCs transplantation to testicles
of a size bigger than rodents’, like humans’ [97,98].
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Mouse SSCs proved to be able to colonize the testicle stem cell niche after infusion into
the seminiferous tubules of allogenic mice sterilized by means of busulfan exposure, further
allowing spermatogenesis and progeny conception through natural mating [94]. Interestingly,
xenotransplantation in nude mice testicles of rat [99] and hamster [100] testicular suspensions produced
mature spermatozoa, although with structural abnormalities [101]. On the contrary, human adult [102]
and prepubertal [103,104] testicular suspensions could only colonize the seminiferous tubules.

The overall encouraging results of SSC transplantation in animals endorsed an experimental
setting involving human adult testicular tissue. Testicular cell suspensions of patients affected by
non-Hodgkin lymphoma were obtained before chemotherapy, cryopreserved and retransplanted after
cancer treatment, but unfortunately no follow-up information on the outcomes of this clinical trial has
been reported [105,106].

2.7. Challenges to Achieve a Successful Transplantation of Human Immature SSCs

Several issues such as the isolation of a sufficient SSC number in the suspension, the lack of a
complete knowledge of gonadotoxic treatment effects on the endocrine and paracrine environment
of the patient’s SSC niche, and the possible cancer cell contamination of the cell suspension are still
under investigation.

For the procedure to be efficient in colonizing the recipient seminiferous tubules, cell suspension
should have a sufficient concentration of SSC. While SSCs represent only a small proportion of
testicular cells [107], less than 10% of mice transplanted spermatogonial stem cells can form colonies
in the recipient seminiferous tubules [108], and this percentage is presumed to also be low in human
testis [109].

Using mouse testicular-derived cell suspension, increased cell concentrations from 106 up to 107

and 108 cells/mL led to an increase in the colonization efficiency after transplantation to sterilized
mice [108], while studies using human adult testicular derived cell suspensions met slightly different
results. Suspensions obtained from human adult testicular tissue with different cells concentrations
were compared between each other in two experiments. Cells concentrations of 49.7 × 106 cells/mL
and 51.5 × 106 cells/mL, when compared respectively to 23.7 × 106 cells/mL and 27.4 × 106 cells/mL,
did not improve the outcome of SSCs xenotransplantation to nude mice sterilized by Busulfan
exposure [102,110]. Interestingly, in the second experiment, increasing the cell concentration from
10.3 × 106 to 27.4 × 106 cells/mL improved colonization of seminiferous tubules [110]. Therefore, SSC
expansion would probably be necessary for clinical application, as the cellular concentration of the
transplanted suspension influences the colonization efficiency.

Indeed, in vitro culture of SSC retrieved from cell suspensions could be used to obtain a sufficient
spermatogonial number for a clinical application of SSC transplantation [104].

Enrichment of cell suspensions in SSCs is also possible using several methods, such as cell sorting
followed by in vitro expansion [111] or differential plating [112]. However, these techniques still need
to be refined because of partial results in terms of cell purity [113] and viability.

Besides germ cells depletion, testicular somatic cells may also be affected by gonadotoxic therapies.
Indeed, direct damage of Sertoli cells has been demonstrated [114], and post-chemotherapy increased
LH levels with reduced testosterone blood concentrations observed after cytotoxic therapies have been
ascribed to Leydig cells’ impairments [115].

The possibility of cancer cells contamination of the cellular suspension would forbid any attempt
of transplantation. To overcome this issue, both cell sorting and in vitro culture techniques have
been developed. While encouraging results were obtained using cell sorting for animal testicular
tissue [116], previous attempts using multi-parameter cell sorting strategies for human SSCs were only
partially successful [117–119].

An overview of previous studies attempting to separate cancer cells from SSC suspension is
provided in Table 2.
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Table 2. Segregation of cancerous cells from human and animal testicular tissue.

Reference Species Technique

Outcome (Residual Contamination/
Contamination of Samples or
Contamination of Mice after

Transplantation)

Fujita et al., 2005; [116] Mouse FACS No contamination of recipient mice

Fujita et al., 2006; [117] Human FACS Malignant cells in 1/8 in vitro cultures

Geens et al., 2007; [118]
Mouse MACS + FACS

Malignant cells in 1/32 in vitro
cultures 43% of mice contaminated
after transplantation

Human FACS 10/11 contaminated cultures

Dovey et al., 2013; [119] Human FACS

Post FACS Purity check was
only 98.8–99.9%
No tumour formation after
xenotransplantation of sorted cell
suspension to 55 nude mice (but
tumour formation after contaminated
cell transplantation was only 23–55%)

Hou et al., 2007; [120] Rat FACS

Germ cells selection or leukaemia cells
isolation: contamination of 2/3 and
2/2 recipient rats
Germ cell selection and leukaemia cells
isolation: survival of all recipient rats

Hermann et al., 2011; [121] Non-human primates FACS No tumour after nude mouse
transplantation in 3 of 4 cell colonies

Sadri-Aderkani et al., 2014; [122] Human In vitro culture Acute lymphoblastic leukaemia cells
undetectable after 26 d

FACS: fluorescence activated cell sorting; MACS: magnetic activated cell sorting; d: days.

Hence these techniques need to be improved, although there exist some limiting factors. Indeed,
on one hand, a potential similarity between antigens expressed on the membrane of human SSCs
and leukemia cells might interfere with the sorting techniques, and on the other hand, no phenotypic
marker for SSCs can differentiate them from other spermatogonial cell populations [3]. Laborious
immune-phenotyping analysis of the malignant cells would therefore be necessary to define individual
surface markers suitable for negative selection [117].

Another strategy proposed by Sadri-Ardekani et al. involved the use of a specific culture system
that was able to successfully eliminate contaminating leukemic cells when co-cultured together with
male germ cells. However, cells from different types of tumours could behave in different manners
once exposed to specific culture conditions; hence, the same technique might not be applicable in
every circumstance [122]. Furthermore, dissimilar cellular behaviors between the co-culture model
and the scenario where a tissue invaded by malignant cells is dissociated might be expected. Another
important concern is the potential epigenetic modification of cultured germ cells. While long term
cell culture did not appear to affect the genetic heritage of mouse SSCs [123], human SSCs presented
modifications in DNA-methylation after 50 days of in vitro culture [124]. Further studies are thus
needed to explore the procedure and its consequences.

2.8. Lessons Learned from Reports on Cellular and Tissue Encapsulation and Perspectives Using Scaffolds

The limitations and flaws of ITT and SSC transplantation techniques that we itemized in the first
part of this paper could be overcome by interventions on cellular support and on integration of donor
grafts to the host. Such objectives have been explored in several domains besides the field of fertility
preservation and belong to bioengineering.

Tissue engineering is an interdisciplinary field that combines principles from chemistry, materials
engineering, and life sciences [125]. It is based on the association of a scaffold, cells, and bioactive
molecules [126]. It aims to support cell viability and functionality, and at the same time it provides
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controlled and sustained delivery of single or multiple biological active molecules, such as growth
factors and therapeutic drugs [127]. Bioactive cues can be either incorporated in the construct as free
molecules, as nanomedicines, or both, depending on the desired release profiles and, ultimately, on the
expected effects. Such composites can reestablish, maintain, or improve the condition of tissues or cells
by reproducing the architecture and biochemical characteristics of the original organ or tissue [128].
Tissue engineering could lead to multiple strategies to improve ITT and SSC transplantation, to develop
a proper study model or to elaborate a transplantable artificial testis.

2.8.1. Cells or Tissues Encapsulation

Cells and tissue encapsulation in a three-dimensional environment using synthetic or
biologically-derived matrices mainly aims to provide an environment that mimics the extracellular
matrix (ECM) [129,130]. ECM is the non-cellular component that participates in the constitution of
tissues and organs. It provides essential physical support for cells [131], allows cells communication
and migration [132], and facilitates diffusion of cell nutrients and released products [133], and is thus
required for tissue homeostasis. Testicular ECM plays a pivotal role in spermatogenesis through
proteins like laminin and collagens that rule cellular interactions and thus differentiation of germ
cells [134]. Modifications of this peculiar structure have indeed been observed when the normal
function of the testis is compromised as in several pathologies associated with infertility [135].

Choosing the most appropriate material as an encapsulation matrix is essential for the outcome of
tissue engineering constructs, and the designated components must satisfy many requirements, i.e.,
biocompatibility, biodegradability, and mechanical properties similar to those of the native tissue [131].
To be biocompatible, biomaterials must coexist and interact with the biological environment of the
recipient without eliciting an excessive immune reaction [136] and eventually allowing a successful host
integration [137]. Scaffold degradation products should also be non-toxic and should be eliminated
from the body without interference with other organs [126,138].

Characteristics like stiffness and elasticity are influenced by the procedures used for matrix
production, like the concentration of a given biomaterial, the degree of humidity, and temperature
during preparation [139], or by the conditions to which the scaffold is subjected once implanted. For
instance, an increase of temperature and hydration can reduce compressive modulus and compressive
strength of poly(lactic-co-glycolic acid) (PLGA) scaffolds [140]. Furthermore, the material is supposed
to allow artificial modifications of its physico-chemical characteristics in order to enhance specific cell
behaviors and favor easy surgical manipulation of the graft [141]. An overview of characteristics to
consider when a material is chosen and processed to be used for encapsulation is provided in Table 3.

Table 3. Matrix mechanical characteristics that impact cell or tissue function.

Matrix Mechanical Characteristics that Impact Cell or Tissue Function

• Pore size and morphology (Chan et al., 2008); [142]
• Elasticity (Janson et al., 2015); [131]
• Stiffness (Xia et al., 2017); [143]
• Hydration degree (Wu et al., 2006); [140]

2.8.2. Use of Scaffolds

Tissue engineering provides an option for the reproduction of the structure of a tissue or organ.
It consists in using a synthetic composite that could eventually be seeded and repopulated with
isolated cells, providing an effective scaffold [48].

An alternative option to provide a scaffold for cellular support relies on the decellularization of
tissues in order to obtain acellular matrices. It is a strategy that could be summarized in removing cells
while preserving biological activity, biochemical composition, and three-dimensional structure of the
ECM [144].
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2.9. Bioactive Molecules Supplementation Using Nanoparticles

Entrapment of active molecules in nanoparticles is an approach used to circumvent unsuitable
bioavailability, inadequate stability, and secondary effects at distant sites that may be observed with
conventional systemic administration systems like tablets, capsules, and solutions. Nanomedicines
incorporation in scaffolds would provide sustained drug delivery directly to the target site, and
the molecule bio-distribution would no longer be related only to the drug itself, but also to carrier
physicochemical properties [145].

Nanoparticles are solid colloidal particles with a diameter below 1 μm, in which the drug is either
confined within a cavity enveloped by a membrane composed of a polymer, or it is dissolved within
the polymer matrix [146].

The strategies that are employed to enhance the binding between a drug and the polymer
composing the nanoparticle are both physical (charge interaction) and chemical (covalent binding) and
depend on both the molecule to deliver and the carrier [147]. For instance, Huang et al. developed an
encapsulation method for VEGF that relies on its ability to bind heparin. VEGF interacts with dextran
sulfate via its heparin binding site and the polyelectrolyte complexes are stabilized by coacervation
with chitosan [148].

Different molecules can be encapsulated or co-encapsulated in nanoparticles that can be combined
in an implant, providing simultaneous [149] or sequential [150] drug administration according to the
pharmacokinetic characteristics required for the specific therapeutic purpose.

Enhancing angiogenesis through vascular growth factor delivery is one the most frequent
application of nanomedicine, and the possibility of obtaining a sequential delivery of multiple growth
factors might help the reproduction of the process of angiogenesis.

Simultaneous release of VEGF and PDGF incorporated into fibrin scaffolds boosted angiogenesis
in pancreatic islets grafts [151]. Nanoparticles of PLGA and poly(L-lactide) (PLLA) allowed simultaneous
release of VEGF and FGF and sequential release of PDGF. This system has effectively enhanced
vascularization in the rat aortic ring assay [150].

Drug release rates can be orchestrated, as material degradation can be programmed using either
different molecular weights of the same polymer, different polymer formulation, or multiple drugs
encapsulation within the same matrix but with different interaction mechanisms between the drug
and the material [152].

2.10. Tissue-Engineering Applications for Testicular Tissue Transplantation

Encapsulation and local drug delivery systems have been the object of several reports concerning
the testicle [129,141,153–155].

In a study addressing support matrices to optimize orthotopic avascular ITT auto-grafting in
mice, Poels et al. evaluated two different hydrogels, one made of 1% alginate and another made of
fibrin (30 mg/mL fibrinogen/30 IU/mL thrombin). Results showed a two-fold improvement in the
survival of the subpopulation of spermatogonia not committed to differentiation (including the SSCs)
with the use of the alginate matrix compared to fibrin gel (p < 0.05) [141]. This could be explained
by differences in the structure of the materials that may influence the diffusion of nutrients and the
invasion of vascular cells [156]. Indeed, the alginate hydrogel used presented a honeycomb structure
with pores of 200 μm diameter, while the fibrin hydrogel had a nano-fibrous network with 1 μm
pores [141]. Another reason for the increase in spermatogonial cell survival could be the intrinsic
antioxidant properties of the oligo- and polysaccharides originating from algae such as alginate [157].
In the only previous experiment concerning human testicular tissue, encapsulation with alginate of
testicular cells dissociated from seminiferous tubules of adult azoospermic patients with maturation
arrest led to maturation of differentiated haploid germ cells during in vitro culture [153].

Alginate hydrogel displayed low cytotoxicity in 3D culture of mice prepubertal male germ
cells [155]. Moreover, when used for encapsulation of bull germ cells during in vitro culture, it allowed
differentiation up to the stage of haploid cells [129].
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Such results suggest that alginate is an ideal candidate for tissue engineering of the testicle.
The effects of VEGF-loaded nanoparticles have been explored in an experiment involving

orthotopic auto-graft of fresh mouse ITT. Use of dextran/chitosan nanoparticles delivering VEGF led
to an increased graft vascular density at 5 days. However, this result was not maintained at 21 days
post-implantation, suggesting a lack of stabilization of the neovascularization [141].

Any action aimed at increasing, accelerating the formation, and stabilizing newly formed vessels
might promote graft survival and function. It is thus an important target to further improve ITT
transplantation technique using tissue engineering approaches.

2.11. Future Directions for Fertility Restoration in Boys Using Transplantation of Prepubertal Cells or Tissues

The many differences in the previous experimental settings, such as different xenografting sites,
hormone environment of the host mice, and donors’ characteristics like age, preexisting medical
condition, concomitant gonadotoxic treatments, and donors’ unknown fertility potential, make the
results of these reports somehow difficult to compare. In addition, a major limitation of studies on
fertility preservation in prepubertal patients is the limited availability of human ITT.

However, the development of models, relying on the use of nanotechnology, on bioengineering,
and on organoïds, provides further perspectives to the field.

New drug delivery strategies also open a vast window of opportunities, like the evaluation of
new molecules for vascularization enhancement, the prevention of oxidative stress, and hormonal
environment modulation, which would directly improve ITT and SSCs transplantation outcome.

Other ways to support gonadal cells or tissue in vivo might also be taken into consideration, like
cell therapy. For example, locally injected allogenic mesenchymal stem cells were shown to improve
spermatogonial survival after testicular torsion-induced hypoxia-reoxygenation in the rat [158].

The heterogeneous behavior of the different testicular cells populations when exposed to stress
in vivo and in experimental conditions produces different responses and is yet to be fully investigated.
In rats injected with ethanol in order to reproduce a model of stress, germ cells apoptosis was found to
be enhanced, while Sertoli cells could activate pathways such as autophagy and mitophagy [159,160].
These pro-survival mechanisms might have implications that should be considered in situations when
germ cells are exposed to important stress (such as during transplantation).

Germ cells could be seeded after in vitro and in vivo maturation [20] in testicular tissue
decellularized matrix [161,162] to produce organoids, relying on the ability of mammalian cells
to reproduce multi-cellular structures outside the body [163]. The knowledge resulting from these
studies will certainly play a major role in the studies focalizing on the physiology of the testicle and
could offer alternative models to the cell xenografting assay.

The creation of an artificial testicle would involve isolating human male germ cells from cryostored
ITT or testicular cell suspensions, manipulating them safely and effectively in vitro and incorporating
them in scaffolds possibly loaded with specific bioactive molecules. An eventual transplantation
of this construct directly to the cancer cured infertile patient would be an ultimate goal of tissue
engineering application to prepubertal male fertility preservation. A key issue in this process would
be the repopulation of the scaffold, a process that could be enhanced by use of encapsulation with
materials like alginate or collagen. Collagen already proved itself useful, as testicular cells isolated
from juvenile rats and cultured in vitro in collagen sponges could form clusters composed of Sertoli
cells, peritubular cells, and undifferentiated spermatogonia [154]. Scaffold obtained from cadaveric
adult human testicles showed an effective decellularization and a preserved 3-D structure [161].
However, such tissue availability is limited, and its supply is rather complicated. Therefore, using
animal-derived tissue would probably be a better option. With a view to restore the fertility of young
boys exposed to cytotoxic treatments, the differences in physical and 3D properties between prepubertal
and mature testicular tissue should be kept in mind. The perspective of using decellularized scaffold
obtained from multi-transgenic swine-derived testicle might be an option that would help circumvent
complications linked to the transplantation of scaffolds from animal origin. Tissues derived from
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such animals have already been authorized for clinical trials (e.g., for swine-derived pancreatic islets
transplantation to diabetic human patients) [164], or have even entered clinical practice (e.g., for cardiac
valve replacement) [165], and both the safety and feasibility of this procedures have been proven.

Further perspectives using the cell transplantation assay may involve the use of suspensions
containing germ cells obtained from pluripotent stem cells, a cellular population that can be induced
through a dedifferentiation process of somatic adult cells [166]. Mouse pluripotent stem cells could
successfully differentiate up to the stage of spermatogonial-like cells and colonize seminiferous tubules
once injected into adult testicles. Albeit with alterations of DNA methylation, this cellular population
led to spermatogenesis and generation of fertile progeny [167]. Similar encouraging results have been
obtained when mice primordial germ cells (retrieved from mice embryos) [168], and primordial germ
cell-like cells (obtained from in vitro culture of induced pluripotent stem cells) [169] were transplanted
to neonatal testicles. Human pluripotent stem cells successfully differentiated in vitro to primordial
germ cell-like cells [170], although the potential of these cells for generation of more mature germ
line cells is yet to be explored. So far, the most relevant benefit of this approach lies in its use as a
disease model to study fertility restoration possibilities in cases of genetic abnormalites responsible for
infertility [171].

3. Materials and Methods

We conducted a search on PubMed database (PubMED, National Center for Biotechnology
Information, US National Institutes of Health, Bethesda, MD, USA) for the terms “Testicular Tissue
transplantation” and “Spermatogonial stem cells transplantation”, representing the primary topic.

The studies linked to the principal subject of interest, published in English or French between
1984 and 15 December 2017 were referenced in this review. The bibliography of the cited study has
been likewise reviewed and used as source for reports cited in the discussion.

In Figure 2, a flow chart describes the article selection process.

 

Records identified 
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(n=936)
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(n=241)

Studies included for 
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Studies included for their 
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topic (Tissue engineering) 

or for the discussion  
(n=119) 

 
Studies reviewed 

(n=171) 
 

Figure 2. Flow chart that describes the articles selection process for inclusion in the review.
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4. Conclusions

The many perspectives we itemized could offer, alone or combined with each other, several hints
for male prepubertal fertility restoration. Efforts have been made in the last decade for cryobanking of
ITT, but a shift from an experimental to a clinical practice of these procedures needs further reassurance
that one technique can become effective to restore a patient’s fertility. Insights in the processes that
rule spermatogenesis would help to clarify the reproductive potential of spermatogonia that survive
after prepubertal tissue cryopreservation. Distinction between different populations of germ cells is
mandatory to understand whether the germ cells precursors present in cryostored tissues can lead
to fertility restoration. Indeed, in experimental conditions, a differentiation blockade at the diploid
cell stage has always been encountered so far, while for the procedure to be considered effective,
a differentiation up to the stage of haploid cells is necessary. Further studies are thus needed to explore
the biology of spermatogenesis and to find out if the techniques that have already been effective
with animal tissue could also be successful with human tissue. Cells sustainment and molecule
supplementation could be options to explore.

In conclusion, tissue engineering might represent not only a progress in fertility restoration, but it
could also offer a model to study prepubertal testicle physiology.
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Abbreviations

SSC Spermatogonial stem cells
ITT Immature testicular tissue
SG Spermatogonia
ST Seminiferous tubules
F/T Frozen/Thawed
FSH Follicle stimulating Hormone
LH Luteinizing Hormone
HcG Human chorionic Gonadotropin
VEGF Vascular Endothelial Growth Factor
PDGF Platelet Derived Growth Factor
FGF Fibroblast Growth Factor
MACS Magnetic Activated Cell Sorting
FACS Fluorescence Activated Cell Sorting
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Abstract: Achieving surface design and control of biomaterial scaffolds with nanometer- or
micrometer-scaled functional films is critical to mimic the unique features of native extracellular
matrices, which has significant technological implications for tissue engineering including cell-seeded
scaffolds, microbioreactors, cell assembly, tissue regeneration, etc. Compared with other techniques
available for surface design, layer-by-layer (LbL) self-assembly technology has attracted extensive
attention because of its integrated features of simplicity, versatility, and nanoscale control. Here
we present a brief overview of current state-of-the-art research related to the LbL self-assembly
technique and its assembled biomaterials as scaffolds for tissue engineering. An overview of the LbL
self-assembly technique, with a focus on issues associated with distinct routes and driving forces
of self-assembly, is described briefly. Then, we highlight the controllable fabrication, properties,
and applications of LbL self-assembly biomaterials in the forms of multilayer nanofilms, scaffold
nanocoatings, and three-dimensional scaffolds to systematically demonstrate advances in LbL
self-assembly in the field of tissue engineering. LbL self-assembly not only provides advances
for molecular deposition but also opens avenues for the design and development of innovative
biomaterials for tissue engineering.

Keywords: layer-by-layer; self-assembly; polyelectrolyte; multilayer; nanofilm; nanocoating; biomaterial;
scaffold; tissue engineering

1. Introduction

Tissue engineering, an interdisciplinary area that evolved from biomaterials and engineering
development, aims to assemble scaffolds, cells, and functional molecules into tissues to create biological
alternatives for damaged tissues or organs [1–5]. To obtain the desired outcomes, biomaterial scaffolds
that act as templates for tissue regeneration should induce appropriate cellular responses, guide the
growth of new functional tissues, and support organ systems. To mimic the extracellular matrix
(ECM) of native tissues, the ideal scaffolds must meet some specific requirements, involving structural,
physical, chemical, and biological properties and functions [6–8]. Among these requirements, the
surface properties of the scaffolds have long been recognized as being of utmost importance due to the
direct interface between materials and cells as well as tissues [9–11]. Therefore, one major challenge in
tissue engineering is to control the surface properties of biomaterials (especially at the molecular level),
to modify the behavior of cells, and to tune the formation of new tissues.
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Up to now, considerable efforts have been devoted to functionalizing biomaterial surfaces
for tissue engineering. Due to the ability to regulate the assembly of coating at the nanometer- or
micrometer-scale, self-assembled monolayer assembly and Langmuir-Blodgett deposition have shown
remarkable capability in modifying material surfaces for tissue engineering applications [12–16].
However, several intrinsic limitations of these two techniques, including a long fabrication period,
limited raw material types, low formation efficiency, limited stability, and expensive instrumentation,
have restricted their practical applications. In contrast, layer-by-layer (LbL) assembly is a highly
versatile and simple multilayer self-assembly technique; it has the capability to fabricate multilayer
coatings with controlled architectures and compositions from extensive choices of usable materials for
various biomedical applications (as shown in Figure 1a) [17–23].

Benefiting from different driving forces and assembly technologies of LbL self-assembly,
various LbL assembly biomaterials have been prepared from different material species, including
polyelectrolytes, biomolecules, colloids, particles, etc., and have shown remarkable physical, chemical,
and biological properties/functions in the field of tissue engineering [20,24,25]. In this review,
we attempt to present a brief overview of recent advances in designing and fabricating LbL
self-assembly biomaterial scaffolds for tissue engineering applications. The advanced LbL assembly
technique is introduced, ranging from origin, technology, and mechanisms to biomedical applications.
Furthermore, we highlight recent advances in controllable fabrication, properties, and performance
of LbL assembly in the forms of multilayer nanofilms, nanocoatings, and three-dimensional (3D)
scaffolds for tissue engineering. Finally, we discuss the perspectives of further research directions in
the development of LbL assembly for tissue engineering.

2. LbL Self-Assembly Technology

2.1. Origin and Definition

LbL assembly is an alternative to self-assembled monolayer assembly and Langmuir-Blodgett
deposition, which are two dominant techniques for obtaining solid films at the molecular level. LbL
assembly was first proposed by Iler in 1966 and achieved substantial development after the pioneering
work of Decher et al. in the 1990s [18,20,26]. Since then, LbL assembly technique has become an efficient,
facile, flexible, and versatile strategy to coat substrates with multilayers of controlled structures,
properties, and functions for various applications [26]. The process of LbL assembly is simple and
can be accurately controlled to create finely tailored structures [27,28]. Typically, the LbL assembly
process includes the sequential adsorption of complementary molecules on a substrate surface, driven
by multiple interactions involving electrostatic and/or nonelectrostatic interactions. Between the
adsorption steps for each layer deposition, steps of washing and drying are usually introduced to avoid
contamination of the next solution due to liquid adhering on substrates from the former solution, and to
elute the loose molecules and stabilize them in the formed layers. These deposition and wash steps can
be repeated to achieve the desired number of deposition layers. Moreover, fine control of composition,
thickness, and topography can be achieved by adjusting the assembly parameters involving solution
properties, like concentration, ionic strength, and pH, and process parameters, such as temperature,
time, and drying conditions [18,29–34]. Various building blocks used for LbL assembly include, but
are not limited to, natural polymers, synthetic polymers, peptides, clays, metal oxides, polymer gels,
and complexes of such materials [20,29,35–37]. Compared to other methods for fabricating nanofilms,
there are three prominent advantages of the LbL assembly technique, these include precise control
of the composition and structure of nanofilms, large-scale fabrication capacity on various types of
substrates regardless of size and shape, and mild and confined formation environments.

2.2. Technology Categories and Mechanisms

The widespread use of LbL assembly for various applications with different processing
requirements and tools has led to the design and development of a variety of deposition technologies,
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for instance, dipping, centrifugation, roll-to-roll, calculated saturation, creaming, immobilization,
atomization, spinning, spraying, magnetic assembly, high gravity, electrodeposition, electrocoupling,
filtration, fluidics, and fluidized beds [17,38–43]. These technologies can be divided into five main
categories, including (i) immersion; (ii) spin; (iii) spray; (iv) electromagnetic driven; and (v) fluidic
assembly, as shown in Figure 1b. Taking into account the diversity of process properties and resulted
nanofilm properties due to the assembly technologies, the proper choice of assembly technology
is crucial for controllable fabrication and successful application of the assembled nanostructured
materials. Different assembly methods usually result in different structures and properties of the
assembled materials.

Figure 1. (a) Schematic overview of LbL assembly technique with fabrication capacity on any type of
substrates and from an extensive choice of materials; (b) schematics showing the five main technology
categories for LbL assembly; (c) a typical comparison of different films using immersive and spin
assembly. Reprinted from [17] with permission from American Association for the Advancement
of Science.

Immersive LbL assembly, also called dip assembly, including different techniques like dewetting,
roll-to-roll, centrifugation, creaming, and so on, is the most widely used method and can form
interpenetrated layered structures [17,44]. Immersive assembly allows for nanofilms on substrates of
almost any shape or size. The challenge of this technique is to achieve reduced assembly times and
to create automated systems with less manual intervention, which has attracted much attention and
research. LbL spin assembly employs the common coating technology of spinning surface to construct
nanostructured materials [17]. It usually results in humongous nanofilms with a short assembly
process; however, it is limited to coating small planar substrates, as shown in Figure 1c. LbL assembly
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using spray coating can form films based on aerosolizing solutions and facilely spraying aerosols
onto planar materials and particulates [45]. There are two main forces governing spray assembly:
Bulk movement in the spray and random movement in the liquid film. Due to the unique manner,
spray assembly can fabricate films on industrial-scale substrates with any surface topography and the
resultant films usually show distinct layered structures. Electromagnetic assembly is a relatively new
method based on applied electric or magnetic field to form layered structures, showing a substantially
different driving force, like current-induced pH change and redox-reactions [43,46]. Although this
technology usually requires special equipment and expertise, it does provide a new strategy for
multilayer film assembly. By coating channel walls or substrates placed in channels, fluidic assembly
technique is proposed to perform complicated assembly on designed 3D structures and surfaces that
are not easily accessible to other technologies, providing a novel strategy for region-specific patterning
and low reagent consumption [5,47]. The general method involves using vacuum or pressure to
move polymer and washing solutions through the channels, like capillaries, tubing, microfluidic
networks, etc. Especially, besides planar substrates, 3D aerogels and small particles (<5 μm) can also
be coated using fluidic assembly, which can function as a valuable tool to coat-sensitive particulate
substrates. In despite of the required special equipment and operation, fluidic assembly greatly
increases the industrial capacity of multilayer assemblies by using various substrates along with
reduced reagent consumption.

Conventionally, electrostatic interaction is the primary and most widely used driving force for
the formation of nanostructured multilayer films, as presented in Figure 2a. Besides electrostatic
interaction, LbL assembly can be driven by multiple other interactions, including hydrogen bonds,
halogen bonds, charge-transfer interactions, covalent bonds, host-guest interactions, coordination
chemistry interactions, biologically specific interactions, stereo complexation, surface sol-gel process,
etc. [18]. Each of these intermolecular interactions has advantages and disadvantages. The driving
forces and combinations among them can be utilized to significantly enrich the fabrication and
application of LbL assembly materials for tissue engineering and biomedicine, bioelectronics, drug
delivery, environment, energy, and information storage [48–50].

2.3. Biomedical Applications

The LbL self-assembly technique has been widely used for various biomedical applications
including tissue engineering, medical implants, regenerative medicines, drug delivery, biosensors,
bioreactors, and so on (Figure 2b) [35,51–55]. The capacity to manipulate the chemical, physical, and
topographical properties of nanostructured architectures by facilely adjusting solution properties
and assembly parameters, not only allows LbL self-assembly to be suitable to investigate the
effects of external stimuli on cellular responsiveness but also provides a new strategy for creating
two/three-dimensional (2/3D) nanostructured architectures and coatings for individual cells or
scaffolds for tissue engineering (Figure 2c) [56–59]. The uses of LbL self-assembly biomaterials
include nanostructured coating or materials to either promote or prevent cell adhesion, to maintain
and direct cellular phenotypes, and to provide 3D scaffolds for cell culture or co-culture. Since the other
biomedical applications of LbL assembled materials have been extensively discussed and reviewed,
this review will focus on the modulation of structures and functions, and applications of LbL assembly
in the field of tissue engineering.
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Figure 2. (a) Molecular interactions driving the LbL self-assembly of materials; (b) schematic showing
the main biomedical application fields for LbL self-assembly technique; (c) schematic of multiscale
assembly strategies for engineering tissue constructs. Reprinted from [18,56] with permissions from
American Chemical Society and Elsevier.

3. LbL Self-Assembly of 2D Multilayer Nanofilms for Tissue Engineering

3.1. LbL Multilayer Nanofilms Directing Cellular Phenotypes

In biology, ECM is a collection of extracellular molecules secreted by cells that provide structural
and biochemical support to the surrounding cells [60]. Taking into account the key role of ECM, various
ECM molecules like collagen, polysaccharide, etc. have been used to fabricate multilayer nanofilms
for tissue engineering using the LbL self-assembly technique [61–65]. Among these ECM molecules,
collagen is most widely used in combination with other natural polyelectrolytes. The structures and
properties involving surface morphology, thickness, zeta potential, surface roughness, and cellular
phenotype like cell adhesion, cell growth, and cell differentiation have been investigated to demonstrate
the feasibility of designing functional biomaterials by means of LbL assembly. For instance,
Wittmer et al. fabricated various multilayer nanofilms composed of polysaccharides, polypeptides,
and synthetic polymers, and investigated the adhesion and function of various hepatic cells in terms of
terminal layer, film composition, charge, rigidity, and presence of biofunctional species [65]. This study
offered the key variables in promoting attachment and function of hepatic cells and provided a
promising candidate for in vivo human liver tissue engineering applications.

Single-walled carbon nanotubes (SWNTs) can not only exhibit a series of unique mechanical and
electrical properties, but also demonstrate fascinating cell effect due to their electrical stimulation
for neurological- or brain-related tissue engineering. Gheith et al. prepared SWNT multilayer
films using charged nanotubes coated with designed copolymers, which exhibited high electrical
conductivity to electrically stimulate excitable neuronal cells [66]. The resultant assembly films
showed a clear demonstration of electrical excitation of neurons when a current was passed through
the LbL films, revealing the capacity to adjust the biological activity of films and their interaction
with cells. SWNT/polyelectrolyte multilayer films were also fabricated by Jan et al., on which
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environment-sensitive embryonic neural stem cells from the cortex were successfully differentiated
into neurons, astrocytes, and oligodendrocytes, as shown in Figure 3a,b [24].

Up to now, considerable efforts have been devoted to optimizing the surface properties of LbL
assembly films, such as rigidity, roughness, hydrophilicity, etc. [67–70]. Among them, cross-linking
of layer components is the most widely used strategy. Hillberg et al. studied the effect of genipin
cross-linking on the cellular adhesion properties of LbL polyelectrolyte films, and found that the
cross-linking resulted in an increased cell adhesion and spreading on polymeric films [71]. They mainly
focused on the investigation of film rigidity and cell adhesion of nanofilms with and without
crossing-linking, providing an effective strategy for improving cell adhesion on nanofilms. However,
no further detailed studies on surface chemistry of films and its effect on cell proliferation were carried
out. By employing chitosan with/without cross-linking and/or coating with alginate, Silva et al.
proposed a strategy to adjust the cell adhesion of LbL assembly films, as demonstrated in Figure 3c.
The significant changes observed in cell adhesion, spreading, and proliferation can be attributed to the
change of surface chemistry and mechanical properties due to cross-linking of multilayer films [72].

To further enhance the function of LbL assembly nanofilms, various functional fillers including
nanoparticles, growth factors, and antibacterial agents, have been introduced to construct multilayer
films as layer component and loading drugs [73–79]. For example, Hu and co-authors reported
a strategy to construct hybrid chitosan/gelatin multilayers embedded with mesoporous silica
nanoparticles on a titanium implant to regulate biological behavior of osteoblasts/osteoclasts in vitro,
as presented in Figure 3d [77]. In addition, the free-standing multilayer nanofilms composed of chitosan
and dopamine-modified hyaluronic acid were prepared by Sousa et al., and exhibited enhanced cell
adhesion, viability, and proliferation for bone tissue engineering by optimizing their morphology,
chemistry, and mechanical properties (Figure 3e,f) [80].

Figure 3. Cont.
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Figure 3. (a) Confocal microscopy images of differentiated neurospheres on day 7; (b) average
percentages of differentiated cell phenotypes after 7 days in culture; (c) schematic showing LbL
assembly of polyelectrolytes based on electrostatic interactions for tuning cell adhesive properties
using cross-linking; (d) schematic illustration of the fabrication and cell uptake of LbL assembly
multilayers embedded with β-estradiol-silica nanoparticles onto substrates; (e) mixed element map of
the cross-section and upper surface of different catechol-based freestanding membranes; (f) Osteopontin
immunofluorescence images of cells after 14 days cultured on different catechol-based freestanding
membranes. Reprinted from [24,72,77] with permissions from American Chemical Society, Elsevier,
and Wiley-VCH.

3.2. LbL Multilayer Nanofilms Encapsulating Cells and Tissues

Encapsulation of live cells and tissue offers an effective strategy to modulate cells or tune
the response to their environment, especially for attenuating deleterious host responses toward
transplanted cells [70,81]. Because of its ability to generate films of nanometer thickness on chemically
and geometrically diverse substrates under mild formation environments, LbL assembly has emerged
as an ideal technique compared to other methods, and can greatly minimize transplant volume for
cell/tissue encapsulation in the field of tissue engineering. Wilson et al. reported the successful
intraportal islet transplantation by LbL self-assembly of poly(L-lysine)-g-poly(ethylene glycol) (biotin)
and streptavidin, and the resulted nanothin; PEG-rich conformal coatings can be tuned to coat
inlets without loss of their viability and function, revealing a unique approach to modify the
biochemical surfaces of living cells and tissues for various tissue engineering applications, as shown in
Figure 4a,b [82]. Single living cell encapsulation in nano-organized polyelectrolyte shells were reported
and the resultant shells could effectively protect cell integrity and preserve cell metabolic activities
(Figure 4c,d) [83,84]. Recently, Mansouri et al. prepared nonimmunogenic polyelectrolyte multilayer
films composed with alginate, chitosan-graft-phosphorylcholine and poly-L-lysine-graft-polyethylene
glycol using LbL assembly; they investigated these nanofilms on fully functional human red blood
cells in suspension for attenuated immune response, as exhibited in Figure 4e [85]. The resultant
nonimmunogenic films not only create an advanced nanomaterial for production of universal red blood
cells, but also provide an effective strategy for the design and development of functional multilayers
for cell and tissue encapsulation.
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Figure 4. (a) Schematic illustration of the fabrication of PEG-rich, nanothin conformal islet nanofilms
via LbL assembly; (b) Poly(L-lysine)-g-poly(ethylene glycol)(biotin)/streptavidin multilayer films
assembled on individual pancreatic islets; (c) confocal images of freshly coated living cells and
(d) transmission image of cells during their duplicating process; (e) transmission electron microscope
images of coated and uncoated red blood cells with LbL assembly films. Reprinted from [82,84,85]
with permissions from American Chemical Society.

4. LbL Self-Assembly of Scaffold Nanocoatings for Tissue Engineering

4.1. LbL Scaffold Coating Directing Cellular Phenotypes

To engineer tissues in vitro, cells are usually cultured on 3D scaffolds that provide the bioactive
cues to guide their growth and differentiation into tissues. Designing the physical and chemical
properties of scaffold surfaces has become a crucial aspect for tissue engineering as it can directly
tune the cell responses to 3D scaffolds. Among various methods for modifying scaffold surfaces,
LbL assembly is highly attractive due to its capability to conformally coat complicated geometries
and its tunability of incorporation. Due to their good biocompatibility, ECM components including
collagen, chitosan, and gelatin have been widely used to construct scaffold nanocoating using LbL
assembly [86–91]. For example, the poly(styrene sulfonate)/chitosan multilayer films were prepared to
modify poly(L-lactic acid) scaffold surfaces toward improving the scaffold cytocompatibility to human
endothelial cells [86]. Various nanocoatings composed with positively charged macromolecules and
negatively charged gelatin have been prepared to improve the surface biocompatibility of different
tissue scaffolds, like titanium films, poly(D,L-lactide) films, poly(L-lactic acid) fibrous scaffolds,
etc., and to promote cell adhesion, growth, and differentiation by modifying the structural and
chemical properties of scaffolds [87–89]. For cartilage tissue engineering applications, collagen and
chondroitin sulfate were deposited alternately on 3D scaffolds to optimize the cell-material interaction
for enhancing chondrogenesis [90,91].

Besides the ECM components, biocompatible inorganic materials, such as clay, calcium phosphate,
and hydroxyapatite have been used as building blocks to modify 3D scaffold surfaces using LbL
assembly. Lee and co-workers prepared new LbL assembly of clay/poly(diallyldimethylammonium
chloride) multilayers on inverted colloidal crystal scaffolds, and examined their effect on cell adhesion
and differentiation from both experimental and modeling aspects (Figure 5a) [92]. This study not
only created new nanofilm-coated materials as 3D microenvironments for cellular co-cultures, but
also provided a strategy to efficiently simulate differentiation niches for the different components of
hematopoietic systems. An electrospun fiber scaffold coated with LbL assembly of gelatin and calcium
phosphate films was prepared by Li et al. for bone tissue engineering [93]. This modified scaffold
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could effectively mimic the structure, composition, and biological function of the bone extracellular
matrix, resulting in a significantly higher cell proliferation rate due to the mineralized nanocoating.
Hydroxyapatite-based LbL assembly nanocoatings were also developed and used to enhance the
osteogenic capacity of human mesenchymal stem cells (hMSCs) by providing additional bioactive
agents, as shown in Figure 5b,c [94].

Figure 5. (a) Confocal images of inverted colloidal crystal scaffolds cultured with thymic epithelial
cells and monocyte cells; (b) illustration of LbL multilayer nanocomposite coating with hydroxyapatite
and collagen on substrates, and the AFM images of multilayers with different numbers of bilayers;
(c) hMSCs adhesion and their quantification of DNA amounts to bare and coated scaffolds, and alkaline
phosphatase activity and relative mRNA expression during the culture of hMSCs on various substrates;
(d) steps and mechanism for developing the hierarchical and hybrid 3D scaffolds and (e) representative
images of the structures of these scaffolds. Reprinted from [49,92,94] with permissions from Wiley-VCH
and Royal Society of Chemistry.
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Recently, many non-conventional LbL self-assembly techniques and hierarchical structures
incorporated with multi-functions have been proposed to design and develop novel scaffold
nanocoatings for tissue engineering. Oliveira et al. reported a new approach to develop inner structures
inside 3D scaffolds for tissue engineering [49]. By combining the non-conventional LbL assembly
having incomplete washing steps with ice crystal growth, hierarchical and fibrillar structures could be
created in the interior of 3D scaffolds, which could effectively enhance the surface area available for cell
growth and mimic the natural environment of fibrillar extracellular matrix, as shown in Figure 5d,e.
Spray-assisted LbL assembly was also proposed to fabricate hyaluronic acid and poly-L-lysine
multilayers on porous hyaluronic acid scaffold for the development of a single epidermal-dermal
scaffold to treat full-thickness skin defects [95]. In addition, various growth factors and antibacterial
agents were also immobilized on 3D scaffolds to form mirco/nano-hierarchical structures using the LbL
assembly technique [23,29,79,96]. The effective combination of hierarchical structures and incorporated
fillers may result in multi-functions for various tissue engineering, especially for bone regeneration
and anti-infection.

4.2. LbL Scaffold Coating for Cell Co-Culture

The cell co-culture technique is of great importance in proof-of-principle studies, cell-cell
interaction evaluation, and clinical transformation for various tissue engineering applications [97,98].
To achieve the complexity and organization of the in vivo cellular microenvironment, cell co-culture
scaffolds with patterned coating and designed anisotropic properties are greatly needed, which can be
effectively created using the LbL assembly technique due to its capacity of nanometer-scale engineering
of hierarchical surfaces. Khademhosseini et al. reported an effective approach to prepare LbL
assembly multilayers of hyaluronic acid and poly-L-lysine for patterned cell co-cultures, as presented
in Figure 6a–c [99]. Based on the ionic adsorption of poly-L-lysine to hyaluronic patterns, the scaffold
surface could be switched from cell repulsive to adherent, facilitating the adhesion of other type of
cells. Furthermore, they examined the utility of this approach for co-culture patterns using different
cell systems of hepatocytes or embryonic stem cells with fibroblasts. Micropatterned cell co-cultures
using LbL deposition of ECM components were proposed by Fukuda et al. for creating effective tools
for cell-cell interaction studies and tissue-engineering applications (Figure 6d,e) [100]. The co-culture
scaffolds were coated with LbL assembly of ECM components (i.e., hyaluronic acid, fibronectin, and
collagen) in which fibronectin was used to create cell-adhesive islands and the collagen was used to
change the non-adherent hyaluronic acid pattern to cell adherent for the other cell type, respectively.

To achieve selective cell targeting, Zhou et al. prepared chitosan/alginate multilayer coatings
on poly(lactide-co-glycolide) nanoparticles for antifouling protection and folic acid binding by LbL
self-assembly (Figure 6f) [101]. They carried out cellular uptake measurements by co-culturing different
cells, revealing a facile way to sequentially tailor nanoparticle surfaces to reduce unspecific interactions
and to attach other molecules for successive cell selective adhesion. In this study, the nanoparticles
were employed as substrates and endowed with selective targeting properties, fully indicating a
promising design capability of nanodrugs using this strategy for targeted cell therapy. In addition,
Kidambi et al. reported the fabrication of patterned cell co-cultures using LbL assembly of synthetic
polymers without the aid of adhesive proteins/ligands [102]. As an alternative approach for co-culture
scaffold fabrication, this strategy provides flexibility in design and development of cell-specific surfaces
for tissue engineering.
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Figure 6. (a) Schematic diagram showing the layering approach to pattern cell co-cultures; (b) patterned
hyaluronic acid surfaces attached with poly-L-lysine and immobilized cells; (c) patterned co-cultures
of hepatocytes with fibroblasts; (d) schematic diagram of the fabrication of the co-culture system
using LbL assembly technique; (e) patterned cell culture and co-culture on hyaluronic acid/collagen
surface; (f) confocal laser scanning microscopy images of hepatocytes after co-culture on different
chitosan/alginate LbL assembly films with nanoparticles. Reprinted from [99–101] with permissions
from Elsevier.

5. LbL Self-Assembly of 3D Scaffolds for Tissue Engineering

5.1. 3D Scaffolds of ECM Films

The design of ECM multilayered scaffolds that resemble the hierarchical, lattice-like structure
of tissues poses a big challenge for tissue engineering. Such ECM multilayer scaffolds can effectively
regulate the interactions between different cells and function as natural tissues. Rajagopalan et al.
described an effective approach to fabricate 3D scaffolds that mimic the micro-environment surrounding
cells in vivo [103]. By using this strategy, different constructs composed of alternating layers of
cells and biocompatible ECM scaffolds were fabricated, involving hepatocyte-scaffold-hepatocyte,
hepatocyte-scaffold-endothelial cell, and hepatocyte-scaffold-fibroblast constructs, fully indicating the
potential to generate constructs of various tissue types. Kim et al. developed the design of in vitro
liver sinusoid mimics using LbL assembly scaffolds of chitosan and hyaluronic acid [104]. Silva et al.
prepared nanostructured 3D constructs based on chitosan and chondroitin sulphate multilayers by
combining LbL technology and template leaching for cartilage tissue engineering [50]. The obtained 3D
scaffolds retrieved after paraffin leaching showed a high porosity and water uptake capacity of ~300%,
and could maintain the chondrogenic phenotype and chondrogenic differentiation of multipotent bone
marrow derived stromal cells, revealing the potential for clinical application in the field of cartilage
tissue engineering. Although many studies have been carried out on 3D scaffolds of ECM films for
tissue engineering, these studies were mainly focused on the material property investigation and
in vitro studies; more detailed in vivo studies on 3D scaffolds of ECM films are still a big challenge and
need to be carried out in the future.
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5.2. 3D Scaffolds with Cell Composition Layers

To achieve the ideal spatial distribution of cultured cells with the ECM micro-environment, various
cells have been used as building blocks to construct 3D scaffolds for tissue engineering using LbL
assembly. Compared to other LbL assembly methods, microfluidic LbL patterning is widely used due
to its region-specific capacity. By using microfluidic LbL patterning of 3D biopolymer matrices, Tan et
al. created biologically relevant cellular arrangements on scaffold surfaces, revealing a robust strategy
to enhance cellular pattern integrity and effectively control cellular microenvironment, as shown in
Figure 7a,b [7,47]. They investigated the effects of channel size, cell type, and matrix composition on
pattern integrity. During their subsequent studies, the hierarchical biomimetic multilayer constructs
with layers of cells and biopolymers in micro-channels were created for blood vessel engineering,
indicating the controllable patterning of cells and ECM environments in 3D [105]. Besides biopolymers,
carbon-based materials like graphene oxide were also used to combine with cells to form 3D tissue
scaffolds. Shin et al. proposed an effective strategy to mimic the structure and function of native ECM
materials using LbL assembly of cells separated with graphene oxide [106]. The resultant graphene
oxide-based structures were used as adhesive sheets for cells and allowed the formation of multilayer
cell constructs, showing great potential in engineering 3D tissues with enhanced organization and
mechanical integrity, as displayed in Figure 7c.

Furthermore, certain structural designs and new LbL assembly techniques have been proposed to
mimic the native and complex 3D cellular architecture for tissue engineering. Feng et al. described
LbL seeding of smooth muscle cells in deep micro-channels to create aligned multilayers for vascular
engineering [107]. Different from most other methods, Choi and co-workers proposed a new strategy
to fabricate microfluidic structures within 3D cell-seeded scaffolds [5]. This approach could control the
chemical environment on a micrometer scale within a macroscopic scaffold, as shown in Figure 7d.
The resultant microfluidic channels allowed efficient distribution control and exchange of soluble
chemicals, indicating a new format for the design and development for tissue engineering.

Figure 7. Cont.
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Figure 7. (a) Schematic illustration of the microfluidic LbL approach used to create 3D hierarchical
systems with matrices and cells; (b) 3D images reconstituted from stacks demonstrate a two- or
three-layer structure; (c) confocal cross-sectional images of the control group (top) and the 3 layer
tissue constructs (bottom) after 2 days of culture. Hematoxylin and eosin stain images of 3 layer
fibroblasts. Schematic illustration of the cross-section of the 2 layer construct. SEM images showing the
cross-section and the thickness of 1, 2 and 3 layer constructs fabricated with various concentrations of
poly-L-lysine-coated graphene oxide as interlayer films; (d) fabrication of cellular microfluidic scaffolds
including the fabrication process and its resultant microstructures. Reprinted from [5,7,106] with
permissions from Nature Publishing Group, Elsevier, and Wiley-VCH.

5.3. 3D Scaffolds with ECM Film Encapsulated Cells

To create ideal 3D cell-polymer material composites for tissue engineering, the methodology
to construct 3D multilayers composed of various cells with a nanometer-sized ECM layer is highly
desired [108–110]. The principle of this design is that the formation of a nanometer-sized ECM layer
on the cell surface first provides a cell-adhesive surface for the second type of cells. Due to the unique
biocompatibility, ECM components of fibronectin and gelatin have been widely selected as building
blocks to create nanometer-sized ECM films on different cell surfaces. Matsusaki et al. described the
fabrication of well-organized cellular multilayers by constructing fibronectin-gelatin nanocoatings
with designed thickness on cell surfaces using LbL assembly [111]. Furthermore, xenogeneic cellular
multilayers such as blood vessels were constructed. By constructing fibronectin-gelatin coating
nanofilms on a single cell, Nishiguchi et al. developed a cell-accumulation-based LbL assembly
technique to rapidly construct 3D multilayered tissues with endothelial tube networks, as shown in
Figure 8a,b [112]. Especially, the layer number, cell type, and location could be controlled by adjusting
the seeding cell number and order using this technique. Recently, Sasaki et al. successfully constructed
homogenous, dense, and vascularized liver tissue thereby presenting the functional ability of using
the LbL cell coating technique (Figure 8c) [113]. This approach allowed loading of cells sterically
onto other cells coated with LbL assembly of fibronectin and gelatin, and led to improved cellular
function in terms of human albumin production and cytochrome P450 activity in vitro. Besides the
conventional methods, a new filtration LbL assembly technique was introduced by Amano et al. to
develop vascularized pluripotent stem cell-derived 3D-cardiomyocyte tissues for pharmaceutical
assays, as shown in Figure 8d [114]. Benefiting from the integrated capacity of high yield and low
damage, the constructed vascularized tissues could be a promising tool for tissue regeneration and
drug development.

325



Int. J. Mol. Sci. 2018, 19, 1641

Figure 8. (a) Rapid construction of 3D multilayered tissues with endothelial tube networks
by the cell-accumulation technique and the phase/fluorescent microscopic images, cell viability,
and hematoxylin and eosin staining images of the resultant tissues; (b) schematic illustration,
cross-section image, and reconstructed fluorescent image of 3D multilayered tissues; (c) the
construction of vascularized liver tissue using LbL cell coating technique; (d) schematic illustrations
of centrifugation-LbL and filtration-LbL for nanofilm coating on cell surfaces, and construction of
vascularized 3D tissues by the cell accumulation technique. Reprinted from [112–114] with permissions
from Wiley-VCH and Elsevier.

6. Concluding Remarks and Perspectives

LBL assembly, as a molecular-assembly technique, has been extensively used for the design
and fabrication of biomaterial scaffolds for tissue engineering. The LbL assembly technique based
on various driving forces and in the form of different technical strategies has been developed for a
variety of biomedical applications, in particular, tissue engineering. To impart cell adhesive properties
and biocompatibility to an existing substrate, to reassemble cells into specific tissues, or to function
alone as tissue scaffolds, LbL assembly in the forms of multilayer nanofilms, scaffold nanocoatings,
and 3D scaffolds have been created and served as new biomimetic matrices for tissue engineering.
Yet important issues regarding LbL technologies, formation mechanisms, and applications, such as
driving forces, regulation strategies, and biological functions still need further investigation. Here, we
have reviewed the utilization of LbL assembly to design and create nanofilms, nanocoatings, and 3D
scaffolds for tissue engineering.

In spite of remarkable progress in the development of LbL assembly biomaterials and related
tissue engineering applications, some challenges still remain which may restrict their practical use.
The challenges in the field of LbL assembly technique include the design and optimization of the
technology parameters to obtain fast and stable coatings to enable long-term storage of multilayer
systems. Moreover, the “black box” of LbL assembly techniques, focused on what materials are used
(the input) for assembling the desired functional films (the output), has not yet been unpacked for
specific tissue engineering applications. The current applications of LbL assembly in the field of
tissue engineering are mainly focused on cell cultures in vitro, while the construction of complicated
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and functional tissues or organs and their practical applications in vivo still remain a great challenge.
In addition, combinations between the LbL self-assembly technique and other multidisciplinary
approaches should be explored to develop new LbL assembly biomaterials with multi-functions for
tissue engineering. The potential for manufacture and application of LbL assembly biomaterials in the
tissue engineering field is apparently unlimited, and we expect that continuous efforts in developing
functional biomaterials using LbL assembly will address the current challenges and contribute to
further advances in tissue engineering.
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Abstract: Tracheal resection has limited applicability. Although various tracheal replacement strategies
were performed using artificial prosthesis, synthetic stents and tissue transplantation, the best method
in tracheal reconstruction remains to be identified. Recent advances in tissue engineering enabled 3D
bioprinting using various biocompatible materials including living cells, thereby making the product
clinically applicable. Moreover, clinical interest in mesenchymal stem cell has dramatically increased.
Here, rabbit bone marrow-derived mesenchymal stem cells (bMSC) and rabbit respiratory epithelial
cells were cultured. The chondrogenic differentiation level of bMSC cultured in regular media (MSC)
and that in chondrogenic media (d-MSC) were compared. Dual cell-containing artificial trachea were
manufactured using a 3D bioprinting method with epithelial cells and undifferentiated bMSC (MSC
group, n = 6) or with epithelial cells and chondrogenic-differentiated bMSC (d-MSC group, n = 6).
d-MSC showed a relatively higher level of glycosaminoglycan (GAG) accumulation and chondrogenic
marker gene expression than MSC in vitro. Neo-epithelialization and neo-vascularization were
observed in all groups in vivo but neo-cartilage formation was only noted in d-MSC. The epithelial
cells in the 3D bioprinted artificial trachea were effective in respiratory epithelium regeneration.
Chondrogenic-differentiated bMSC had more neo-cartilage formation potential in a short period.
Nevertheless, the cartilage formation was observed only in a localized area.

Keywords: bone marrow-derived mesenchymal stem cell; chondrogenic differentiation; three-
dimensional bioprinting; artificial trachea; tissue engineering

1. Introduction

The trachea is a hollow cylindrical organ composed of 15–20 C-shaped cartilages with fibroelastic
ligaments [1]. Permanent damage, stenosis and tumor in the trachea require surgical intervention
with tracheal resection [2] and in such cases, circumferential resection and end-to-end anastomosis are
generally considered the optimal surgical methods. However, these procedures are applicable only in
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particular conditions. For instance, when a lesion exceeds half of the trachea in adults, or one third in
children, tracheal replacement is recommended rather than tracheal resection. Nevertheless, with the
developments in tissue engineering, tracheal replacement strategies were diversified from the use of
prostheses and synthetic stents to tissue transplantation [3].

The first case of allogenic tracheal transplantation in humans was published by Rose et al.
in 1979 [4]. A cadaveric tracheal graft was heterotopically transplanted for 3 weeks to provide
revascularization and subsequently orthotopically repositioned. Wurtz et al. reported on tracheal
replacement with an aortic homograft combined with an intraluminal stent to support the
structural integrity [5]. Macroscopically, the aortic graft was surrounded by a thick wall including
recognizable cartilage rings; however, progressive ischemia of the cartilage was observed pathologically.
Moreover, artificial prostheses have also been used for tracheal replacement; however, they have been
associated with material migration, rupture, infection and disintegration [6]. Hence, no satisfying
methods in the aspect of multilayered structure and its function in tracheal reconstruction have been
identified [7–9].

Three-dimensional (3D) bioprinting serves as an additional manufacturing method that uses a
3D bioprinter and enables three-dimensional stacking of certain biomaterials layer by layer according
to the intended design. Recent advances in tissue engineering enabled 3D bioprinting using various
biocompatible materials including living cells, thereby making the product clinically applicable [10].
Additionally, mesenchymal stem cells (MSC), originally isolated from the bone marrow, are a promising
cell type for tissue engineering applications because of their proliferation ability and their potential to
differentiate in vitro and in vivo into multiple functional tissue-specific cell types, such as adipocytes,
chondrocytes, osteoblasts and skeletal myocytes [11,12].

In this study, we compared the glycosaminoglycan (GAG) synthesis and chondrogenic
differentiation level between two different culture methods: bMSC cultured in general medium
(MSC group) and chondrogenic-differentiated bMSC cultured in chondrogenic medium (d-MSC group).
Using a 3D bioprinter, we developed a novel biocompatible artificial trachea with epithelial cells +
bMSC (MSC group) and with epithelial cells + chondrogenic-differentiated bMSC (d-MSC group).
The structure of the artificial trachea was considered to be similar to that of the normal trachea.
We evaluated the results obtained from the animal study according to the chondrogenic differentiation
level of bMSC.

2. Results

2.1. Relative Quantification of Glycosaminoglycan (GAG) in bMSC and Chondrogenic-Differentiated bMSC

Relative quantification of GAG between bMSC and chondrogenic-differentiated bMSC on days 14
and 28 was compared. The relative values of chondrogenic-differentiated bMSC on days 14 and 28 were,
respectively, 1.67 ± 0.10 and 2.62 ± 0.11 times higher than those of bMSC (Figure 1).

2.2. Chondrogenic Gene Expression

Gene expression levels were normalized to glyceraldehyde-3-phosphate dehydrogenase
(GAPDH) and calculated as the expression relative to that of rabbit ear cartilage cell as control.
Quantitative real-time PCR (qRT-PCR) analysis demonstrated that the expression levels of all
chondrogenic genes (ACAN, Col1α1, Col2α1 and SOX9) in d-MSC were higher than those in MSC.
The expression level of Col2α1 significantly increased 22.54 fold ± 4.24 in d-MSC. Aggrecan (ACAN),
Col1α1 and SOX9 gene expression levels were also increased (7.71 ± 0.75, 5.93 ± 1.38 and 3.10 fold ± 0.41,
respectively) in d-MSC compared with those in MSC (Figure 1).

2.3. Structure of the 3D Bioprinted Artificial Trachea

The 3D bioprinted artificial trachea was well manufactured (Figure 2). The SEM image revealed
micropores in the innermost and outermost PCL layers and showed that the middle non-pore PCL
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layer separates the two alginate hydrogel layers (Figure 2). Observation of the artificial trachea stained
with the CellTracker™ (Thermo Fisher Scientific, Waltham, MA, USA) under a light microscope with
optical filters showed a complete separation of inner layer epithelial cells (stained red) and outer layer
bMSC (stained green) (Figure 3). All cells were evenly scattered in the alginate hydrogel.

Figure 1. Relative GAG accumulation and chondrogenic marker gene expression level of MSC and
d-MSC. (A) Alcian blue-stained dissolvents in a 96-well assay plate; the d-MSC group showed a
deeper blue color than the MSC group; (B,C) Alcian blue absorbance on days 14 and 28. The d-MSC
group showed 1.67 ± 0.10 (day 14) and 2.62 ± 0.11 (day 28) times higher values than the MSC group;
The relative gene expression levels of SOX9 (D); aggrecan (E); collagen type 1 (F) and collagen type 2
(G) were increased in d-MSC. CON = expression level of chondrocyte as positive control. ** p < 0.01,
*** p < 0.001.

Figure 2. 3D bioprinted artificial trachea. (A) Longitudinal view, 15 mm in length. (B) Vertical view,
five-layered structure with a 5-mm inner diameter and 10-mm outer diameter. (C) Magnified structure
of the scaffold (SEM image); (a,c,e) layers are composed of PCL; (b) is alginate layer with MSC or
d-MSC and (d) is alginate layer with epithelial cells. The innermost (e) and outermost (a) layers showed
a microporous feature. The non-porous third layer (c) separates the epithelial cell layer (d) and the
MSC or d-MSC layer (b). The scale bar indicates 200 μm.
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Figure 3. Cell distribution in alginate hydrogel with CellTracker™. (A) Epithelial cell in the second
alginate hydrogel layer (red); (B) MSC in fourth alginate hydrogel layer (green); (C) A and B (merged).
Each cell was well-printed layer by layer and separated completely.

2.4. Application of the 3D Bioprinted Artificial Trachea

All rabbits that underwent surgery showed no signs of respiratory distress, graft failure,
or infection until sacrifice at 12 weeks postoperatively. Plain thoracic radiographs of the MSC and
d-MSC groups demonstrated properly sustained tracheal contour without obstruction or stenosis and
the 3D-reconstructed CT images indicated good luminal contour of the trachea and no signs of stenosis
(Figure 4). The bronchoscopic examination revealed that the tracheal defect was fully re-covered with
epithelial mucosa during the experimental period (Figure 5).

Figure 4. Radiographic findings. Plain lateral thoracic view of the MSC (A) and d-MSC (B) groups and
3D reconstructed CT image of the MSC (C) and d-MSC (D) groups at 12 weeks after 3D bioprinted
artificial trachea transplantation. Well-sustained tracheal contour was observed with no signs of
stenosis or obstruction.
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Figure 5. Bronchoscopic findings. Bronchoscopic images of MSC group (A) and d-MSC group (B) were
obtained 12 weeks after the surgery. Tracheal lumen fully covered with epithelial mucosa was observed.
Remaining suture materials indicate the implant fixation site.

2.5. In Vivo Epithelialization and Neo-Cartilage Formation

On histopathologic analysis, newly formed respiratory epithelium at the implant regions was
observed in all groups. Hematoxylin and eosin (H&E) staining showed that the newly formed
epithelium appeared a little rough compared with the normal respiratory epithelium; nevertheless,
it has a quite organized structure with cilia (Figure 6). Abundant neovascularization was also found
around the implants in all groups. However, neo-cartilage formation was limited to d-MSC group only.
On safranin-O/fast green staining, the newly formed cartilage had higher density in cellularity and
lighter proteoglycan staining than the normal mature cartilage. The newly formed cartilage was not
lining the whole contour of the trachea and was thus limited to a localized area (Figure 7).

Figure 6. Cont.

337



Int. J. Mol. Sci. 2018, 19, 1624

Figure 6. Histopathologic findings. Microscopic images of MSC group (A) and d-MSC group
(B) showed newly formed respiratory epithelium in both groups. Regenerated epithelium in A and
B had a rough cell arrangement compared with that of the normal trachea (C) but ciliated columnar
epithelium was confirmed (Hematoxylin and eosin staining; all scale bars indicate 50 μm).

Figure 7. Neo-cartilage formation and neo-vascularization. Neo-vascularization and neo-cartilage
formation was observed in the d-MSC group (A,B); However, in the MSC group, neo-vascularization
was seen but no cartilaginous islet was observed (C); Newly formed immature cartilage islet
(yellow arrows) had higher cellular density and lighter proteoglycan staining compared with the cartilage
of the normal trachea (D). A, C and D = hematoxylin and eosin staining; B = safranin O staining.
Asterisks (*) indicate fifth polycaprolactone (PCL) layer and all scale bars indicates 50 μm).

3. Discussion

In this study, we cultured rabbit bMSC in a chondrogenic medium and their chondrocyte-like
characteristics were identified by modified alcian blue absorbance test and qRT-PCR. Epithelialization and
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neo-cartilage formation were observed in the animal transplant experiment using a 3D bioprinted
artificial trachea, which has autologous epithelial cells and chondrogenic-differentiated bMSC.

Aggrecan, Col2α1 and SOX-9 are known as chondrogenic differentiation markers; SOX-9 is
pre-chondrogenic marker [13]. Lefebvre et al. identified that SOX-9 activate aggrecan and Col2α1
genes in cultured cells; hence, it plays an essential role in chondrogenic differentiation [14]. In our
study, SOX-9, aggrecan, Col1α1 and Col2α1 gene expressions were upregulated in the d-MSC group
compared with those in the MSC group. This result is similar to that reported in Bo Wei et al.’s
in vitro study of bone marrow MSC-derived extracellular matrix. They revealed that a greater increase
in cartilage-like gene expression was observed in the group cultured with transforming growth
factor (TGF)-β [15]. Moreover, the qRT-PCR gene expression results indicate that d-bMSC have a
greater possibility to give rise to chondrogenic tissue formation than bMSC, which is supported by
Barry et al. who demonstrated that TGF could induce chondrogenic differentiation in mesenchymal
stem cells [16]. Kojima et al. also demonstrated neo-cartilage formation with supplemental TGF-β in
bMSC polymer tissue-engineered trachea and its GAG content levels were also similar to those of a
normal cartilage [17]. In our study, the relative accumulation of GAG, assessed by modified alcian blue
staining, in cultured cells also supports the qRT-PCR result that chondrogenic-differentiated bMSC
have more potency in synthesizing GAG contents than bMSC.

Various materials, that is, from synthetic products to biological tissues, were used for tracheal
tissue reconstruction; however, previous reports with sufficiently successful outcomes are limited.
Behrend et al. reported in a study of homogenic tracheal transplantation in sheep that the grafts were
completely absorbed and replaced by inflammatory scar tissue; thus, the stability of the trachea could
not be secured [18]. A study of tissue-engineered allograft, using fibrin-hyaluronan composite gel and
chondrocyte, by Kim et al. showed partial success, with fine luminal contour of the regenerated site but
insufficient neo-cartilage formation [19]. For a successful tracheal tissue transplantation, the following
requirements for the grafts are inevitable: appropriate mechanical properties, adequate blood supply
to maintain the characteristic structure and lining with ciliated epithelium [6,7,20]. Several studies
showed that bMSC promotes neo-angiogenesis. Han et al. demonstrated that bMSC may enhance
neo-vascularization in cryopreserved trachea allograft by upregulating vascular endothelial growth
factor expression [21]. Hence, in our study, the abundant neo-vascularization was associated with the
angiogenic potential of bMSC.

Patrício et al. demonstrated that PCL/PLA (poly lactic acid) scaffolds produced by solvent
casting showed a better result in reduced pore size, mechanical properties and cell adhesion than
PCL/PLA scaffolds produced by melt blending [22]. In another recent study, PCL/HA (hydroxyapatite)
scaffolds produced using an extrusion-based system revealed successful composite scaffold with fully
interconnected pores [23]. Biodegradable materials such as polyglycolic acid (PGA), polylactic acid
(PLA), poly(lactic-co-glycolic) acid (PLGA) and polycaprolactone (PCL) used for 3D printing have
strength corresponding to the tracheal cartilage and therefore various attempts are being made to
apply 3D bioprinting technology to tracheal transplant research [1]. Moreover, recent advances in 3D
bioprinting techniques resulted in hybridization of scaffolds with various cells, including mesenchymal
stem cells. Zopf et al. reported the use of a customized 3D-printed, biodegradable tracheal prosthesis
made with PCL in a patient with tracheobronchomalacia [24]. PCL is a synthetic bioresorbable polymer
with potential applications in tissue engineering and thus can be used in a 3D bioprinter without
deleterious solvents. It also has excellent mechanical properties and slow degradation in vivo via
enzymatic hydrolysis [9]. Moreover, Son et al. demonstrated that a PCL/poly(methyl methacrylate)
scaffold is appropriate for neo-bone formation in vivo and cell growth in vitro [25]. Costantini et al.
showed that 3D bioprinted scaffolds with bone marrow-derived human mesenchymal stem cells
in alginate, as a templating agent for stability during 3D printing, exhibit enhanced chondrogenic
differentiation of bMSC in a chondrogenic medium. Additionally, mixing cells with alginate enabled
the formulation of biomimetic inks for 3D printing, which in turn could be used in cartilage tissue
engineering [26].
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In an animal experiment by Go et al., decellularized matrix tracheal tissue transplantation was
performed in pigs [27]. They reported that the experimental group, which was transplanted with
autologous cells (inner autologous epithelial cells and outer autologous bMSC-derived chondrocytes),
had a significantly higher survival rate with no signs of airway collapse or ischemia than the
other groups. Furthermore, biological tissues are composed of more than two types of cells.
Hence, if scaffolds contain two or more cells, they become more similar to biological tissues and
could be more effective in vivo. Currently, having multiple cells in one scaffold is challenging and
several investigators have been attempting to overcome this limitation. The advancement in 3D
bioprinting techniques with hydrogels is considered an extremely effective solution for various kinds
of cells to be applied to a scaffold [28].

As previously mentioned, the trachea is a hollow cylindrical organ with outer C-shaped cartilages
covered with respiratory epithelium inside. For tracheal reconstruction, the scaffold should be a
favorable environment for respiratory epithelium and neo-angiogenesis and its shape and strength
must be appropriate [1]. The artificial trachea used in this study was cylindrical in shape, which is
similar to the normal trachea, with five multilayers composed of biocompatible materials (i.e., PCL and
alginate hydrogel). The three major aspects in tissue regeneration using tissue engineering include the
scaffold, injection of cells and cells seeded or within the scaffold [29] and the last item was involved in
our study. We believe that the artificial trachea we manufactured is novel; it contains two different
types of cell in the alginate hydrogel separated by middle non-porous PCL layer for mechanical
strength and has micropores in the innermost and outermost PCL layer for a smooth communication
between cells and adjacent tissues. Furthermore, in our study, we observed newly formed respiratory
epithelium in all groups; however, neo-cartilage formation was detected only in the d-MSC group and
was limited in a localized area. During tracheal regeneration, cartilage formation is vital as well as
epithelialization to maintain mechanical strength and function of the airway. Based on our experiment,
chondrogenic differentiation of bMSC was more effective for tracheal cartilage regeneration than
non-differentiated bMSC. Nonetheless, further study with a long-term observation and different cell
application appears necessary in the near future. Moreover, mechanical test of the tracheal scaffold
and dynamic air flow analysis throughout the respiratory system should be conducted prior to clinical
application of tissue engineered tracheal replacement.

4. Materials and Methods

This animal study was approved by the Institutional Animal Care and Use Committee of Yonsei
University Health System (publication no. 2015-0361, 2015). This study was performed according to
the ARRIVE guidelines and the National Institutes of Health Guide for the Care and Use of Laboratory
Animals. Approval date: 4 December 2015.

4.1. Primary Cell Culture

4.1.1. Isolation and Culture of Autologous bMSC

Bone marrow-derived mesenchymal stem cells (bMSC) were isolated from each rabbit (New Zealand
White rabbits, male, 3 months old; n = 6). Briefly, premedication with 5 mg/kg xylazine and 10 mg/kg
Zoletil® (Virbac Korea, Seoul, Korea) were administered intramuscularly and anesthesia was maintained
by isoflurane inhalation. Bone marrow was harvested from the femur using a 13 G bone biopsy needle
and stored in a 50-mL pre-heparinized conical tube (SPL Life Sciences, Gyeonggi-do, Korea). The bone
marrow was filtered through a 40-μm cell strainer (Life Sciences, New York, NY, USA) and mixed with
phosphate-buffered saline (PBS) of up to 8 mL. The mixture was centrifuged at 1500 rpm for 5 min,
the supernatant was discarded and the remaining precipitate was suspended with 8 mL serum-free
Dulbecco’s Modified Eagle’s Medium (low glucose) (Welgene, Daegu, Korea). Subsequently, the
mixture was transferred to a 15-mL conical tube (SPL Life Sciences) containing 6 mL of Ficoll-Paque®

(Sigma-Aldrich, St. Louis, MO, USA) and centrifuged at 1840 rpm for 30 min. After centrifugation,
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the interphase was harvested and mixed to the medium (up to 10 mL) in a 15-mL conical tube and
centrifuged at 1500 rpm for 5 min and the supernatant was removed. The cell pellet was mixed with
the medium supplemented with 10% fetal bovine serum (FBS) (GE Healthcare Life Sciences, Pittsburgh,
PA, USA) and 1% penicillin-streptomycin (Thermo Fisher Scientific, Waltham, MA, USA). The culture
medium was carefully changed after 3 days and every 2 days thereafter. The culture was maintained
at 37 ◦C in a 5% CO2 incubator. The bMSC were passaged twice before the experiments.

4.1.2. Isolation and Chondrogenic Differentiation of Autologous bMSC (d-MSC)

The isolation procedure of bMSC was the same as that described above (New Zealand White
rabbits, male, 3 months old; n = 6). For chondrogenic differentiation, 100 nM dexamethasone,
10% insulin-transferrin-selenium (ITS-premix), 1 μg/mL ascorbic acid, 1% sodium pyruvate, 10 ng/mL
human transforming growth factor-β1 were added in the medium [12]. The culture medium was
carefully changed after 3 days and every 2 days thereafter. The culture was maintained at 37 ◦C in a
5% CO2 incubator. The bMSC were passaged twice before the experiments.

4.1.3. Isolation and Culture of Autologous Epithelial Cells

Epithelial cells were isolated from the rabbits described previously (New Zealand White
rabbits, male, 3 months old; n = 12). A 4-mm skin biopsy punch was performed under general
anesthesia and medial nasal mucosa was harvested from the nostril and stored in PBS containing 1%
penicillin-streptomycin for 30 min. Subsequently, submucosal tissue was manually eliminated as much
as possible on a sterilized petri dish. Remaining tissue explant was harvested, incubated with 0.2%
(w/v) collagenase type II (Thermo Fisher Scientific) in Ham’s F-12 medium for 24 h, filtered through
a 100-μm nylon cell strainer (BD Biosciences, Franklin Lakes, NJ, USA) and centrifuged at
1500 rpm for 5 min. After the supernatant was discarded, the cells were seeded on a 100-mm cell
culture dish (SPL Life Sciences) with Ham’s F-12 medium (Welgene) supplemented with 10% FBS
(GE Healthcare, Salt Lake City, UT, USA), 1% penicillin-streptomycin (Thermo Fisher Scientific),
10 μg/mL amphotericin B (Enzo Life Sciences, Farmingdale, NY, USA), 50 μg/mL gentamicin
(Daesung Microbiological Labs, Gyeonggi-do, Korea), 0.5 μg/mL hydrocortisol (Sigma-Aldrich),
5 ng/mL epidermal growth factor (ProSpec, East Brunswick, NJ, USA), 1.5 μg/mL bovine serum
albumin (MP Biomedicals, Santa Ana, CA, USA) and 1×ITS+3 solution (Sigma-Aldrich). Non-adherent
cells were removed by washing in PBS and the culture medium was changed every 3 days. The culture
was maintained at 37 ◦C in a 5% CO2 incubator. The epithelial cells were passaged twice before
the experiments.

4.2. In Vitro Study

4.2.1. Modified Alcian Blue Absorbance Test

The relative quantity of GAG contents was determined using modified alcian blue absorbance
test. bMSC and chondrogenic-differentiated bMSC were prepared at 5 × 104 cells/mL in a 6-well
cell culture plate. Non-adherent cells were removed by washing in PBS and the culture medium was
changed every 3 days. The plates were maintained at 37 ◦C in a 5% CO2 incubator. On days 14 and
28, each well was washed with PBS twice and 20 μL of alcian blue solution was added into each well.
After 15 min, the solutions were discarded and each well was washed with distilled water (DW) thrice.
Subsequently, 350 μL of dimethyl sulfoxide (DMSO) was added into each well and the plates were
placed on a cell culture rocker system for 10 min. Thereafter, 100 μL of the solution in each well was
transferred to a 96-well assay plate (SPL Life Sciences). The absorbance at 610 nm was measured using
a VersaMax ELISA Microplate Reader (Molecular Devices, San Jose, CA, USA) [13].
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4.2.2. RNA Extraction and Quantitative Reverse Transcription Polymerase Chain Reaction (qRT-PCR)

After 14 days of culture, total RNA of MSC and d-MSC was extracted using the MiniBest™
Universal RNA Extraction kit (TaKaRa Biomedicals, Otsu, Japan) according to the manufacturer’s protocol.
The quantity and purity of the RNA from each sample were determined by the ratio of the optical density
at 260 nm to that at 280 nm using Nanodrop™ (Thermo Fisher Scientific). Using PrimeScript™ RT
reagent kit (TaKaRa Biomedicals), we prepared 1 μL of cDNA according to the manufacturer’s protocol.
The PCR primers for aggrecan (ACAN), collagen type 1 (Col1α1), collagen type 2 (Col2α1) and SOX-9
(SOX9) gene are described in Table 1. qRT-PCR was performed to detect quantitative real-time PCR
products from cDNA using SYBR Premix Ex Taq™ (TaKaRa Biomedicals). The qRT-PCR conditions were
as follows: 35 cycles of denaturation at 95 ◦C for 30 s, annealing at 60 ◦C for 1 min and extension at 72 ◦C
for 1 min in a qRT-PCR detection system (Thermo Fisher Scientific).

Table 1. Primer sequences used in qRT-PCR.

Gene Primer Nucleotide Sequence

ACAN Forward: 5-TCGAGGACAGCGAGGCC-3
Reverse: 3-AGAGATGTGCGATGTGGGAGCT-5

Col1α1 Forward: 5-GCGGTGGTTACGACTTTGGTT-3
Reverse: 3-AGTGAGGAGGGTCTCAATCTG-5

Col2α1 Forward: 5-GGCAATAGCAGGTTCACGTACA-3
Reverse: 3-TTCACCCCGTTCTGACAATAGC-5

SOX9 Forward: 5-CACACAGCTCACTCGACCTTG-3
Reverse: 3-GCTCTACTAGGATTTTATTGGCTT-5

GAPDH Forward: 5-ATGGGGAAGGTGAAGGTCG-3
Reverse: 3-CCAGTGGTCCCGACGAAAAT-5

The threshold cycle (Ct) values were normalized using a Ct value derived from the following:
ΔCt = Cttarget − CtGAPDH; the expression of each RNA in the d-MSC group relative to that in the MSC
group (fold change) was described using the following: 2−ΔΔCt, where ΔΔCt = ΔCtd-MSC − ΔCtMSC.

4.3. In Vivo Study

4.3.1. Manufacturing Artificial Trachea Using a 3D Bioprinter

The artificial trachea was cylindrical in shape and had five layers, an inner and outer diameter of 5
and 10 mm, respectively and a length of 15 mm. Polycaprolactone (PCL; MW = 45,000) (Sigma-Aldrich)
was used as the supporting layer in the first, third and fifth layers and sodium alginate (Sigma-Aldrich)
was used as the middle viscosity layer in the second and fourth layers from the inside. The PCL in the
first and fifth layers were fabricated in diagonal grid patterns with micropores for ease of exchange of
growth factors between cells and adjacent tissues, while the PCL in the third layer was fabricated in a
helical form without pores to separate different cells in the second and fourth viscosity layers. PCL was
placed in a 3D bioprinter (KIMM & Protek Korea, Daejeon, Korea) and dispensed through a 300 μm
nozzle at a temperature of around 100 ◦C and a pneumatic pressure of 400 kPa. Moreover, the middle
viscosity layer was fabricated in a helical form (epithelial cells in the second layer and MSC or d-MSC
in the fourth layer). 1% calcium chloride solution was added to achieve the appropriate viscosity
of sodium alginate hydrogel. Each hydrogel contained 1 × 107 cells/10 mL. The cells encapsulated
with alginate hydrogel was loaded into a disposable syringe of the same 3D bioprinter and dispensed
through a 400 μm nozzle with a pneumatic pressure of 100 kPa at room temperature. The printing
speed of all layer were 200 mm/min. The resulting artificial trachea was soaked in 5% calcium
chloride solution for 30 min for gelation of bioprinted sodium alginate hydrogel and was subsequently
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transferred to a medium for cell preservation. All artificial tracheas were manufactured a day prior to
surgical transplantation.

4.3.2. Cell Distribution in the 3D Bioprinted Artificial Trachea

Cell distribution in alginate hydrogel was identified using CellTracker™ Fluorescent Probes
(Thermo Fisher Scientific) according to the manufacturer’s protocol. Briefly, the dye vial was thawed at
room temperature before opening and the dye product was dissolved in DMSO to a final concentration
of 10 mM. Serum-free medium was added to the dissolved dye vial and the solution was warmed to
37 ◦C. The prepared cells were harvested by centrifugation and aspiration of the supernatant. The cells
were re-suspended in a pre-warmed solution (epithelial cells in the red-dye vial and bMSC in the
green-dye vial) and incubated for 30 min at 37 ◦C in a 5% CO2 incubator. Thereafter, centrifugation
and removal of the supernatant were performed again and the cells obtained were used in the 3D
bioprinting as previously described. The manufactured artificial tracheas were observed under a light
microscope with appropriate optical filters according to the color of the dye.

4.3.3. Scanning Electron Microscope (SEM)

The manufactured 3D bioprinted artificial trachea was imaged using a field emission scanning
electron microscope with a backscattered electron image detector and an environmental secondary
electron detector (JEOL. Ltd., Tokyo, Japan).

4.3.4. Surgical Procedures for Tracheal Replacement Using 3D Bioprinted Artificial Trachea and Post
Experimental Observation

After the administration of 5 mg/kg xylazine and 10 mg/kg Zoletil® intramuscularly as
pre-medications, 3.0 Fr tracheal tube intubation was performed and general anesthesia was maintained
by isoflurane inhalation. The rabbits (n = 12) were placed in dorsal recumbent position with the neck
slightly extended. The surgical region was shaved and disinfected. A vertical midline skin incision
was made and the underlying trachea was carefully dissected from the cervical muscles. After cervical
trachea exposure, a half-pipe-shaped partial tracheal resection (approximately 10 × 10 mm-size) was
performed with a no. 15 scalpel. The defect was gently replaced with the pre-manufactured 3D
bioprinted artificial trachea, which contains autologous epithelial cells and bMSC (n = 6, MSC group)
or epithelial cells and chondrogenic-differentiated bMSC (n = 6, d-MSC group) (Figure 8). The artificial
trachea was 15 mm in length (longitudinally sectioned and half-pipe-shaped to match the resected
defect) and securely sutured with 5–0 Vicryl (Ethicon, Somerville, NJ, USA). Standard closure of the skin
was performed and postoperative antibiotics were administered subcutaneously once a day for the first
week. The animals were placed in cages at 20–24 ◦C and 40–60% humidity with a 12-h light/dark cycle
and were fed standard laboratory rabbit food and water ad libitum. To evaluate the diameter of the
airway, plain thoracic radiographs were obtained at after extubation, 4 and 12 weeks postoperatively
with VXR-9M radiography system (DRGEM, Gwangmyeong-si, Korea). Bronchoscopic examinations
with CV-260SL (Olympus, Tokyo, Japan) and computed tomography (CT) with Brivo 385 CT scanner
system (GE Healthcare, Little Chalfont, UK) were performed at postoperative 12 weeks before sacrifice.

4.3.5. Histopathology

All rabbits were euthanized at 12 weeks after transplantation. Tracheal segments including
5 mm of healthy tracheal tissue, both proximal and distal to the transplants, were harvested and
fixed in 10% formalin. After fixation, the samples were embedded in paraffin blocks and cut
(7-μm thick). All sections were obtained from the middlemost part of the samples including the
transplants. The sections were deparaffinized, rehydrated and stained with hematoxylin and eosin
(H&E) and safranin-O/fast green. Thereafter, the slides were observed under a light microscope.
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Figure 8. Application of 3D bioprinted artificial trachea. (A) Approximately 10 × 10-mm half-pipe-shaped
tracheal defect on the ventral part of the trachea; (B) The defect was replaced with 3D bioprinted artificial
trachea and sutured with 5–0 absorbable suture material.

4.4. Statistical Analysis

All data are expressed as mean ± standard deviation. Statistical analyses were performed
using GraphPad Prism 5.0 software (GraphPad Software Inc., San Diego, CA, USA). Normal data
distribution was determined using the Shapiro-Wilk test. A two-tailed Student’s unpaired t-test
was used to compare the mean values of all study parameters. A p value < 0.05 was considered
statistically significant.

5. Conclusions

In this study, we cultured and differentiated rabbit autologous bone marrow-derived
mesenchymal stem cells into chondrocyte-like cells and confirmed its chondrogenic features by
modified alcian blue absorbance test and qRT-PCR. The relative GAG accumulation level was increased
as time goes by in chondrogenic differentiated mesenchymal stem cells. Also, chondrogenic-differentiation
marker genes such as SOX-9, aggrecan, Col1α1 and Col2α1 expressions were upregulated in the d-MSC
group compared with those in the MSC group.

Moreover, we developed artificial trachea in a novel design by a 3d bioprinting technique,
which contains two different kinds of cells (respiratory epithelial cells and chondrogenic-differentiated
bone marrow-derived stem cells) in one scaffold. In our animal experiment on tracheal replacement,
neo-cartilage formation was observed in a quite short period in d-MSC group, neo-epithelialization and
neo-vascularization was identified as well. According to our study, differentiation of the bone-marrow
derived mesenchymal stem cells considered to have more potential for tracheal cartilage regeneration.
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Abstract: Specific orientations of regenerated ligaments are crucially required for mechanoresponsive
properties and various biomechanical adaptations, which are the key interplay to support mineralized
tissues. Although various 2D platforms or 3D printing systems can guide cellular activities or
aligned organizations, it remains a challenge to develop ligament-guided, 3D architectures with
the angular controllability for parallel, oblique or perpendicular orientations of cells required for
biomechanical support of organs. Here, we show the use of scaffold design by additive manufacturing
for specific topographies or angulated microgroove patterns to control cell orientations such as parallel
(0◦), oblique (45◦) and perpendicular (90◦) angulations. These results demonstrate that ligament
cells displayed highly predictable and controllable orientations along microgroove patterns on 3D
biopolymeric scaffolds. Our findings demonstrate that 3D printed topographical approaches can
regulate spatiotemporal cell organizations that offer strong potential for adaptation to complex tissue
defects to regenerate ligament-bone complexes.

Keywords: 3D printing; ligament; microgroove patterns; biopolymer; tissue engineering

1. Introduction

Fibrous connective tissues in musculoskeletal systems require highly specialized spatiotemporal
organizations with physical integration and mineralized tissues for physiological responsiveness under
biomechanical stimulations [1]. Specific orientations of fibrous tissues on highly organized collagenous
constructs have crucial roles in optimizing various biomechanical and biophysical responses like
absorption, transmission or the generation of forces [1,2]. However, diseases or traumatic injuries
of the musculoskeletal systems could induce instabilities in multiple tissue interfaces or the loss of
their skeletal-supportive functions [1]. In the cases of craniofacial and dental complexes, multiple
tissue integrities with coordinated ligaments, the periodontal complex (bone-periodontal ligament
(PDL)-cementum), facilitate the optimization of various systematic functional responses to support
and position the teeth [3–6]. In particular, angulated PDLs with spatiotemporal organizations between
the teeth and the alveolar bone significantly contribute to masticatory/occlusal stress absorptions and
distributions [3,7], as well as the optimization of mineralized tissue remodeling for tooth-periodontium
complexes [8]. Therefore, perpendicular/oblique PDL orientations to the tooth-root surfaces add to
the functionalization and revitalization of tooth-supportive biofunctional structures.
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Various state-of-the-art approaches with micro-/nano-topographical characteristics on 2D
substrates have been developed to generate various cell-material interactions [9–11] and to regulate
cell behaviors, such as cell adhesion, migration, proliferation, differentiation or specific cell
organizations [12–14]. Beyond 2D perspectives for biomedical applications, additive manufacturing
or 3D printing techniques permit spatial designs of specific geometries [15], and many efforts have
contributed to manufacturing 3D scaffolding systems for preclinical and clinical scenarios [16–19].
In our example, fiber-guiding scaffolds particularly promoted periodontal regeneration with tissue
compartmentalization and limited PDL organizations to the tooth root surface [20]. In addition to
preclinical studies, our first human case study using a patient-specific scaffold manufactured by
3D printing attempted to treat a large periodontal defect and to regenerate periodontal complexes
(bone-PDL-cementum) [21]. However, there remain challenging limitations for the spatiotemporally
control of perpendicular/oblique angulations of ligamentous bundles for physiological functioning
restorations in the ligament-bone complexes.

Herein, we investigated a simple, but precisely controllable method to create 3D printed
architectures with cell-responsive, micro-topographies with angulated patterns on spatial scaffolds
(Figures 1 and 2). The additive manufacturing system creates micron-scaled, layer-by-layer artifacts,
which are generally removed for smooth surface qualities. In this study, the angular-controllable
microgrooves (known as artifacts) were actively considered for specific surface patterns, which can be
programmed in the digital slicing step of the additive manufacturing procedure (Figures 1B and 2A).
The manufacturing strategy for biomimetic microenvironments can enable integrated angulated
microgroove patterns on ligament-guiding scaffolds to promote spatiotemporally-directional and
anisotropic cellular consolidations.

Figure 1. 3D designs of engineered ligament scaffolds. (A) After designing 3D scaffolds with three-layered
ligament-guiding architectures; (B) different angles were set for the additive manufacturing. The yellow
part was the quarter of the scaffold to show the designed internal architecture. Green and red dash-lined
boxes presented the side and the front views of the scaffold with the design parameters.
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Figure 2. Fabrication of engineered ligament scaffolds. (A) The digital slicing procedure created
angulated microgroove patterns on ligament architectures; (B–D) the additive 3D printing system
produced dual wax constructs and 25% PCL (poly-ε-caprolactone) was casted after removing blue wax
parts; (E) PCL scaffolds were shown with similar external architectures.

2. Results

Scanning electron microscope (SEM) showed each angulated ligament-guiding, microgroove
patterns on the PCL scaffolds at a low magnification and rough surfaces on the microgroove wall-sides
at a high magnification (Figure 3A–C). In particular, the surface roughness can be generated by
the freeze-casting method with various concentrations of PCL in 1,4-dioxane, and different surface
properties of the scaffolds can be significantly characterized for the biological responses of the
cells. At this point, due to the difficulty of quantitative measurements of roughness on spatial
structures of microscopic topographies, the surface roughness was analyzed using the freeze-casted
PCL constructs on flat wax molds (Figure S1). Among the different PCL solutions, the surface roughness
by the 20% and 25% PCL solutions showed statistical similarities (Ra (20%) = 2.237 ± 0.727 μm;
Ra (25%) = 2.00 ± 0.700 μm; Figure S1), and the 25% PCL solution was significantly considered for
the scaffolds to enhance cell attachment and viability [22]. In addition to indirect characterizations
of scaffold topographies (Figure S1), noisy section-profiles of microgroove patterns on scaffolds can
qualitatively show the surface roughness (Figure 3D–F). Based on geometric assessments, the precise
additive manufacturing resulted in high reliability and reproducibility to generate microgroove
patterns with angulated slicing procedures. From the micro-CT (micro-computed tomography) results,
the microgroove patterns on the referential ligament structures were spatially qualitative in the 3D
reconstruction, and the microgroove depths of all of the groups were measured with 2D segmented
scaffold images (Figure 4). Based on various structural characterizations of the 3D ligament scaffolds
(∠Ligament = 0◦, 45◦ and 90◦), the additive manufacturing system created highly reproducible and
adjustable microgroove structures by the angular slicing procedures. Furthermore, the freeze-casting
method of the biopolymeric solution (25% PCL solution in 1,4-dioxane) facilitated roughness to
enhance cellular attachments to the biomaterial surface.
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Figure 3. Image analyses of microgroove patterns on ligament architectures of scaffolds. (A–C)
Scanning electron microscope (SEM) qualitatively demonstrated surface morphologies, roughness and
angulated microgroove patterns on ligament scaffolds with the distance between microgroove patterns
by the digital slicing procedure (25.40 μm); (D–F) the confocal microscope facilitated topographical
investigations for different angulated microgroove patterns to the reference direction. In the red boxes
of D–F, surface topographies and roughness of three different groups (∠Ligament = 0◦, 45◦ and 90◦)
were characterized and profiled using crossed red-lines on the scaffolds. Based on the surface profiles,
intervals of microgrooves can be determined with approximately 25.40 μm.
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Figure 4. Micro-computed tomographic (micro-CT) images for 3D reconstructed and 2D sliced image
analyses. (A–C) 3D reconstructed spatial patterns were qualitatively analyzed on scaffold surfaces
and (D–F) 2D sliced images demonstrated microgroove directionalities after fabrication of engineered
ligament scaffolds. The scale bars in D–F: 1 mm. The scale bars in the red-dash boxes in D–F: 250 μm.

Prior to the investigations of directional cell orientations, the interactions between the microgroove
patterns and cell shapes (or nuclear deformations) were required for simple identification of different
microgroove patterns, which the 3D printing system can create with a parallel topography to the
reference direction (∠Ligament = 0◦; Figure S2). Slicing thicknesses of 12.70 μm and 25.40 μm were
programmed to manufacture wax molds, and identical patterns were found on the spatially-designed
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PDL architectures after the PCL casting (Figure S2). After hPDL cell culturing with 1.0 × 103 cells
per scaffold at 7 days, 12.70-μm microgroove patterns exhibited random organizations of cells with
their nuclei; however, the 25.40-μm microgrooves had significantly oriented cell collectivities with
typical nuclear angles (frequency of nuclear angle (0–10◦) = 73.26 ± 14.85%; Figure S2). In addition,
the NAR (nuclear aspect ratio), which is calculated with the long-to-short axis ratio and characterized
as one (NAR = 1) for the same long and short axes [23,24], can provide statistical identification of cell
shapes and associations with cellular orientations. Based on NSI (nuclear shape index) and NAR,
two typical microgroove patterns can markedly guide different morphological characteristics on the
same microgroove directionalities. Quantification analyses of the nuclear shapes demonstrated that
highly organized cell collectivities on the 25-μm microgrooves had a statistically lower circularity
(NSI (12.70 μm) = 0.82 ± 0.039 and NSI (25.40 μm) = 0.65 ± 0.037), which indicates between zero
for linear and one for circular shapes (Figure S2). The organization of developed F-actin bundles on
spatial structures possessing microgroove patterns was qualitatively observed, and actin cytoskeleton
orientations were clearly identified (Figure 5A–C) following the angulated patterns (∠Ligament = 0◦,
45◦ and 90◦). In addition, the orientations of hPDL cell collectivities were statistically analyzed with
the angulations of the anisotropic hPDL nuclei, which strongly corresponded to the microgroove
topographies (Figure 5D,E). Approximately 70% or more of the cells were highly aligned on the
microgroove patterns on the created topographical-guiding platforms (∠Ligament = 0◦, 45◦ and 90◦)
in the 7- and 21-day cultures (Figure 5A–C and Figure S3). 3D printed microgroove patterns enabled
a significant promotion of cell proliferation, as well as directional organization along three different
guidable topographies (Figure S3). Based on the results of the increased hPDL populations after the
21-day cultures, the microgroove topographies with rough surfaces by the freeze-casting method
facilitated the promotion of cell attachments and proliferation, as well as angulations (Figure 5).

In addition to nuclear angulations, cell shapes consistently correlated with nuclear morphologies,
which characterized the microgroove patterns using the analysis methods, NAR and NSI [23,24].
Angulated nuclei were distinctly identified on individual microgroove patterns; however, the NARs
and NSIs (or circularities) of ∠Ligament of 0◦, 45◦ and 90◦ had no statistical differences in the 7- and
21-day cultures (p > 0.05; Figure 6). As shown in Figures 3 and 4, the nuclei were highly elongated
(NAR ~2.34 at 7 days and 2.41 at 21 days) and deformed (NSI ~0.64 at 7 days and 0.59 at 21 days) when
the hPDL cells were cultured on angulated microgrooves (Figure 6).
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Figure 5. Fluorescence staining method to qualitatively and quantitatively analyze cell and
nuclear orientations along microgroove patterns. (A) Nuclear angulations were analyzed against
the reference direction by 4′,6-diamidino-2-phenylindole (DAPI) staining; (B,C) the orientations
of cellular bundles can be determined by phalloidin-stained actin filaments at 7- and 21-day
cultures. Individual microgroove patterns facilitated to angularly organize cells as the in vitro
culture period went by ∠Ligament = 0◦, 45◦ and 90◦ with (D,E) statistical significances of the nuclear
angulations. White dash-lines represent the ligament architecture border lines with a 250-μm distance.
Nuclei #: the number of analyzed nuclei. Scale bars: 200 μm.
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Figure 6. Quantification assessments of nuclear deformations using the nuclear aspect ratio and the
nuclear shape index (circularity). (A) Nuclei were quantitatively assessed for nuclear deformation using
NAR, and (B,C) three different groups (∠Ligament = 0◦, 45◦ and 90◦) had no statistically significant
differences; (D) the NSI can be quantitatively determined for the cell nuclear elongation based on
the perimeters of nucleus, and (E,F) all groups for circularity assessments had statistical similarity
(p-value > 0.05).

3. Discussion

Considering the spatial or dimensional limitations to create scaffolds for large tissue
regeneration [25], our investigation could be a possible strategy for manufacturing spatiotemporal
architectures with a multitude of microgroove patterns and for creating surface roughness for cell
attachments on engineered scaffold surfaces using the freeze-casting method. The appropriate
surface properties of 3D structures could improve cell attachment and viability without biochemical
modifications given that the surface roughness can regulate cellular activities [26,27]. The roughness
on microgroove walls could be acquired by the solvent exchange method with ethanol (Tf = −114 ◦C)
and 1,4-dioxane (Tf = 11.8 ◦C) at −20 ◦C and controlled by using the appropriate concentration
of PCL solution (Figure S1). In the quantitative analysis, the 20% and 25% PCL scaffolds had
topographical similarities to a typical surface roughness, which Faia-Torres et al. demonstrated to
facilitate enhancement of fibroblastic cell attachments and viability without biochemical modifications
of the PCL surface [22].

Moreover, the patterned microarchitectures by angulated 3D printing techniques (Figures 3 and 4)
can be a key moderator to significantly control cell organizations and tissue morphologies (Figure 5)
even though three different types of scaffolds had structural similarities macroscopically (Figure 2E).
To evaluate the orientations of scaffold-seeded cell collectivities, significant efforts have contributed to
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measuring the spatial orientations of a single cell using the cytoskeletal polarity, alignments of actin
filaments or deformed nuclear shapes on specifically characterized substrates [23,28,29]. Recently,
Versaevel et al. showed an orchestrated correlation between fibroblastic cell orientations and nuclear
shapes by the nuclear shape index (NSI; circularity) and the cell shape index on micro-patterned
substrates under various mechanistic-regulating microenvironments [24].

Although our model did not apply mechanistic stimulations [24], microgroove patterns can
regulate cell orientations by programmed slices and fully-guided nuclear elongations and anisotropic
deformations, which are associated with cell orientations [24]. Therefore, the 25-μm microgrooved
topography can precisely control cellular orientations as optimal patterns for orientations of cell
collectivities. The localized cell adhesion and nuclear elongation/deformation are specifically
correlated with F-actin developments in physical-characterized microenvironments, which can also
regulate cytoskeleton architectures for cell behaviors [30,31]. In our static condition study, NSI and
the nuclear aspect ratio (NAR) were used to measure nuclear orientations corresponding to cell
alignments for statistical quantification assessments (Figure 6). Interestingly, the collective cell
orientations with high populations were predictably and precisely controlled by the microgroove
patterns on the 3D directional ligament scaffolds in the 21-day cultures. At this point, various
nano-topographical approaches have demonstrated cell orientations [9,32] or regulations of stem
cell responses by anisotropic morphologies or by re-arrangements of cytoskeletal components [33,34].
However, most studies have mainly evaluated individual cell morphologies prior to the increases in
cell populations or the formations of strong cell-cell interactions like tissues [32,33].

Based on a simple, but predictable investigation, the technique in this study has strong potential to
manufacture spatiotemporal fiber-guiding platforms for 3D fibrous connective tissue formations with
specific orientations, which are responsible for functioning restorations in multiple tissue complexes.
As examples of the versatilities of 3D printing microgroove patterns, spatial architectures with
customized, defect-adapted geometries can be designed for the neogenesis of multiple tissue complexes,
which have mineralized structures and fibrous connective tissues in various dimensional interfaces
(Figure S4). Based on 3D reconstructed CT-image datasets (Figure S4A), fiber-guiding structures were
designed to encompass the tooth-root surfaces for PDL interface regeneration in vivo in the one-wall
periodontal osseous defect model (Figure S4B–E). The micro-CT displayed that the customized scaffolds
had high adaptability to the created defect geometry (88.30 ± 14.89%; Figure S5), and the SEM showed
highly organized and angulated microgroove patterns on the 3D scaffold surfaces (Figure S6).

In general, layer-by-layer artifacts, which are defined as stair stepping errors in the programmed
slicing procedure, are commonly removed to increase the surface finish quality and to decrease
the critical geometric tolerance for manufacturing accuracy. Recently, 3D printing techniques for
biomedical applications have mainly considered cell viability in manufacturing cell-laden spatial
constructs with single or multiple cell types [15,35,36]. However, spatiotemporal tissue re-organizations
or fibrous re-orientations in engineered microenvironments are the major challenge and are significantly
required to restore functionalities in tissue complexes along with cell viabilities [1,5,10]. Our strategy
utilized artifactual topographies by the additive manufacturing technique to optimize spatiotemporal
cell organizations along engineered directionalities of 3D scaffolds. Microgroove patterns by
programmed slicing procedures on the scaffold surface enabled the formation of structural similarities
to natural fibrous tissue bundles and fibrous connective tissue orientations with high predictability.
In addition, the slice thickness by the additive manufacturing system significantly affected cell
organization, and the positional directions to digitally slice designed models were critically influential
to create angulated microgroove patterns and to orient cell collectivities with anisotropic nuclear
morphologies. Moreover, micron-intervals between the microgrooves that were programmed during
the design slices can be significantly correlated to the nuclear deformability regardless of the
angulated patterns (Figures S2 and 6). From the perspective of additive manufacturing and 3D
printing, spatiotemporal microgroove patterns on 3D printed scaffolds are a promising platform to

355



Int. J. Mol. Sci. 2017, 18, 1927

form hierarchical and functional structures of fibrous connective tissues for tissue engineering and
regenerative medicine applications.

4. Materials and Methods

4.1. Computer Design and Polymeric Fabrication of PDL Scaffolds

For the referential direction of PDL, cylindrical structures (0.5-mm diameter and 3.0-mm length)
were designed in a scaffold to comprise multi-layered PDL architectures, opened pores on both
sides of a scaffold and two cell-seeding inlets on top (Figure 1) in the CAD (computer-aided design)
program, Solidworks 2013 software (Dassault Systems SOLIDWORKS Corp., Waltham, MA, USA).
The layer thickness of designed molds was set to 25.40 μm during the digital slicing process, and
the designed molds were positioned with three different angles (0◦, 45◦ and 90◦) to print wax molds
(Figure 2). The additive manufacturing procedure created microgroove patterns with consistent
thickness (25.40 μm), which was determined in digital slicing steps (Figure S1). Twenty five percent
poly-ε-caprolactone (PCL) solution in 1,4-dioxane was freeze-casted into wax molds, and the solvent
was extracted by 99% ethanol and double distilled water at −20 ◦C for 2 days and 4 ◦C for 3 days,
respectively. Then, wax molds were removed using 35–37 ◦C cyclohexane for 1 day and, after the
PCL scaffolds were cooled down at room temperature, 99% ethanol removed cyclohexane. The PCL
scaffolds were stored in 70% ethanol at 4 ◦C until cell seeding.

4.2. Morphological and Topographical Characterizations of Microgroove Patterns on 3D
Ligament Architectures

For the qualitative analyses of angulated microgrooves and surface roughness, microgroove
patterns on longitudinal architectures in the PCL scaffold were morphologically characterized using
the SEM (Figure 2) at 15 kV (S-4700 FE-SEM, Hitachi, Japan). The spatial topographical evaluations
were performed for measurements of groove distance (25.40 μm; Figure 3D–F) and angular patterns
against the reference direction, which was designed by the CAD for ligament architectures using
the topography analysis of the confocal laser scanning microscope (CLSM; Carl Zeiss MicroImaging
GmbH, Jena, Germany). The PCL-casted ligament scaffolds were volumetrically and cross-sectionally
characterized using micro-CT (SkyScan 1172, Bruker-microCT, Knotich, Belgium), which provide 3D
reconstructive and digitally-sectioned images and set to scan with an 11.55 μm3 voxel size under
a 40 kV source voltage and a 200 μA source current.

4.3. In Vitro Cell Culture and Fluorescence Staining for Cell Orientation Analyses

For evaluations of cellular orientations or angulations, human PDL cells (hPDLs) were cultivated
in Passages 4–5 with minimum essential medium alpha (α-MEM) including 10% fetal bovine serum
(FBS) and antibiotics (100 units/mL penicillin). After seeding 1 × 103 cells into a scaffold containing
approximately 30.0 mm3, cell-loadable void volume, hPDL-seeded PCL scaffolds were incubated
for 7 and 21 days. For nucleus angulation analyses for three different orientations (∠Ligament = 0◦,
45◦ and 90◦), immunofluorescence was performed with cell nucleus staining with DAPI in blue
(4′,6-diamidino-2-phenylindole, Life Technologies (Thermo Fischer Scientific, Waltham, MA, USA) and
F-actin staining with phalloidin in red (Alexa Fluoro® 546 Phalloidin, Life Technologies, Carlsbad, CA,
USA) after fixing cultured cells at different time points. Using ImageJ software (National Institutes of
Health (NIH), Bethesda, MD, USA), angulations of DAPI-stained cell nucleus were measured against
the reference direction, which was defined by the designed architecture (Figure 5A–C).

4.4. Nuclear Shape and Deformation Analyses

To quantitatively analyze nuclear deformations by microgroove patterns and microgroove
angulations, projected DAPI-stained images were utilized to calculate nuclear aspect ratio (NAR),
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which was calculated with measured long and short axes of each nucleus and circularity (nuclear
shape index (NSI)), which was analyzed with perimeters and area by the ImageJ software.

4.5. 3D Customized Scaffold Developments with Geometric Adaptation to the 1-Wall Periodontal Defect

After scanning the dissected cadaveric mandible by micro-CT (SkyScan 1172, Bruker microCT,
Kontich, Belgium), we digitally created the 1-wall periodontal defect. The Solidworks 2013 software
was utilized to design fiber-guiding scaffolds with PDL and bone architectures. The Magics 19 software
(Materialise Inc., Leuven, Belgium) was utilized to generate defect-fit geometries of scaffolds by
booleaning two-image data, which were the 3D reconstructed 1-wall defect and a computer-designed
scaffold. 3D printed wax molds having designed scaffold architectures had the freeze-casting procedure
using 25% PCL in 1,4-dioxane. Ninety nine percent ethanol and double-distilled water-extracted frozen
1,4-dioxane solvent at −20 ◦C for 2 days and 4 ◦C for 2 days, respectively, were used. After removing
wax molds by cyclohexane at 35–37 ◦C, 99% ethanol was used to remove residual cyclohexane in PCL
scaffolds at room temperature, and scaffolds were stored in 70% ethanol at 4 ◦C. For SEM scanning,
the solvent was changed to double-distilled water, and the PCL scaffolds were freeze-dried.

4.6. Statistical Analysis

All data were analyzed using the mean ± standard deviation (SD). For comparisons of the
nuclear aspect ratio (NAR) and circularity (nuclear shape index (NSI) with three different groups
(∠Ligament = 0◦, 45◦ and 90◦), the one-way analysis of variance (one-way ANOVA) test with Bonferroni
correction was utilized with the α-value set at the 0.05 level of significance.

5. Conclusions

3D printing technologies have been rapidly developed to create various cell-viable hierarchical
architectures for tissue engineering, but it is still challenging to spatiotemporally control the
orientations of ligamentous bundles for physiological functioning restorations in musculoskeletal
complexes. We demonstrate that the different angulated microgroove patterns on 3D printed scaffolds
can control the orientation of ligamentous cell bundles with high manufacturing reproducibility.
This simple strategy provides the topographical platform to precisely form functional architectures
for 3D organizations of fibrous connective tissues. The ligament-guiding architectures can integrate
designed bone compartments to create ligament-bone constructs, and the multi-compartmentalized
constructs can lead to tissue-functioning restoration with multiple tissue neogenesis in in vivo
biomedical applications.

Supplementary Materials: Supplementary materials can be found at www.mdpi.com/1422-0067/18/9/1927/s1.
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Abbreviations

hPDL Human periodontal ligament
CAD Computer-aided design
PCL Poly-ε-caprolactone
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SEM Scanning electron microscopy
Micro-CT Micro-computed tomography
CLSM Confocal laser scanning microscopy
DAPI 4′,6-Diamidino-2-phenylindole
Ra Arithmetic roughness average
Tf Freezing temperature
NSI Nuclear shape index
NAR Nuclear aspect ratio
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Abstract: Although a lot of research has been performed, large segmental bone defects caused
by trauma, infection, bone tumors or revision surgeries still represent big challenges for trauma
surgeons. New and innovative bone substitutes are needed. Three-dimensional (3D) printing is a
novel procedure to create 3D porous scaffolds that can be used for bone tissue engineering. In the
present study, solid discs as well as porous cage-like 3D prints made of polylactide (PLA) are coated
or filled with collagen, respectively, and tested for biocompatibility and endotoxin contamination.
Microscopic analyses as well as proliferation assays were performed using various cell types on PLA
discs. Stromal-derived factor (SDF-1) release from cages filled with collagen was analyzed and the
effect on endothelial cells tested. This study confirms the biocompatibility of PLA and demonstrates
an endotoxin contamination clearly below the FDA (Food and Drug Administration) limit. Cells of
various cell types (osteoblasts, osteoblast-like cells, fibroblasts and endothelial cells) grow, spread
and proliferate on PLA-printed discs. PLA cages loaded with SDF-1 collagen display a steady SDF-1
release, support cell growth of endothelial cells and induce neo-vessel formation. These results
demonstrate the potential for PLA scaffolds printed with an inexpensive desktop printer in medical
applications, for example, in bone tissue engineering.

Keywords: 3D-printing; polylactide; collagen; biocompatibility; osteogenesis; angiogenesis

1. Introduction

During the last decade, much knowledge has been acquired in trauma management.
However, large segmental bone defects caused by trauma, infection, bone tumors or revision surgeries
still represent a challenge for trauma surgeons all over the world [1,2]. Until now, the gold standard
for treatment of large bone defects is autologous bone grafting, which, unfortunately, is associated
with severe problems; one or several additional interventions are needed and the transplant material is
limited [3]. Although several materials and various implant options have been developed, the perfect
solution for filling up critical size defects still remains to be found [4].

New and innovative bone substitutes, which should be non-toxic, endotoxin-free, biocompatible
and optimally biodegradable as well as osteoinductive, are needed. One problem concerning bone
substitutes is the fact, that they need high mechanical stability and should simultaneously express a
porous structure for ingrowth of bone, tissue and cells. Moreover, bone substitutes should stimulate
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osseointegration. This could be achieved by modifications of the material with active compounds
displaying the requested features. One possible solution are materials consisting of a mechanical stable
structure (e.g., hydroxyapatite) [5] filled, coated or modified with polymers representing soft part,
e.g., hydrogels [6], which can be altered with cells or bioactive molecules [7]. Many studies in the
last years demonstrated that the critical point for bone tissue engineering is not the induction of bone
growth but the supply of the implant with nutrients and oxygen, showing that vascularization of the
implant and its surroundings is the main requirement [8,9]. Therefore, new bone substitutes should
also elicit angiogenic effects. One option to create the requested effects together with osteogenesis
is the immobilization of bioactive molecules, for example incorporation of SDF-1 (stromal-derived
factor), which is known to act chemotactically on endothelial (progenitor) cells and thereby to induce
angiogenesis [10,11].

Three-dimensional (3D) printing is a simple procedure to create 3D porous scaffolds used for bone
tissue engineering [12]. A promising material is polylactide, a polymer which is known to be degraded
by hydrolysis to harmless and non-toxic monomers [13]. Moreover, it displays mechanical stability,
which is why it has been studied and employed in various medical studies and applications [14,15].

One soft material being used together with mechanically stable materials is collagen. Collagens are
extracellular matrix (ECM) molecules and are widely employed as biomaterials due to their excellent
behaviour [16], even in bone tissue engineering [17]. It is inexpensive, well-tolerated and easy to
handle and modify. Moreover it is degraded in the body by collagenases, releasing non-toxic and
non-immunogenic peptides [18]. Collagens from various sources exist [19], but rat tail or bovine
sources are the most commonly used. Collagen has been used for tissue engineering [20,21] and
delivery of various bioactive molecules [22] for decades, emphasizing its potential as a biomaterial
for various medical applications. Besides bone tissue engineering studies, collagen-based (hydro)gels
or scaffolds, have been suggested, inter alia, for use in cartilage repair [23], wound-infection [24],
tendon tissue engineering [25], neurodegenerative diseases [26] and nucleus pulposus regeneration [27].
Moreover, Bersini et al. combined computational tools with an experimental approach including
hydrogels consisting of fibrin and collagen to engineer vascularized bone-mimicking tissues [28].

In the present study, solid discs as well as porous cage-like 3D structures made of PLA were coated
and filled with collagen. These materials were employed for biocompatibility evaluation and testing of
endotoxin contamination. The effects on various cell types were tested in vitro and interpreted with
regard to their potential usefulness in medical applications.

2. Results and Discussion

2.1. Scaffold Characterization

PLA scaffolds were fabricated using a 3D-printer, Ultimaker 2+, with a 0.25 mm nozzle.
Images taken by scanning electron microscopy shown in Figure 1 demonstrate the rough and inherent
surface of the printed 3D models due to the limited resolution of the 3D-printer. The three-dimensional
reconstruction of the cage-like model as well as the inside views taken by a microcomputed tomography
technique demonstrate a scaffold structure with pores large enough for cells to invade from the top as
well as from side walls. The comparison of the designed 3D model and the printed results demonstrates
some structural imperfections due to the limiting factors of the 3D print technology. Threads and
loose particles as well as geometric deviations caused by the fabrication process are estimated as
non-relevant and consciously accepted. The hole in the center of the scaffold was designed to facilitate
gel injection into the scaffold.

Polylactide is a promising starting material for scaffolds used for biomedical application.
However, not many studies utilized low-cost and “easy-to-handle” desktop printers, which can
be afforded and handled by everyone [29,30]. The structure of the printed scaffolds hints to positive
properties for cell growth as well as modification options; both facts being prerequisites for a material
usable in bone tissue engineering.

361



Int. J. Mol. Sci. 2017, 18, 2569

 

(A) (B)
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Figure 1. (A) Scanning electron microscope (SEM) image gallery of the PLA scaffolds. Single Images
(100×) are stacked together manually; (B) μCT 3D volume rendering of polylactide (PLA) cage and
μCT-slices as multiplanar reconstruction (MPR) images from the top and bottom site of the PLA cage.

2.2. Endotoxin Contamination

Endotoxins are lipopolysaccharides (LPS), located on the outer cell membrane of Gram-negative
bacteria. Ubiquitously present, they can enter the blood stream of humans and induce immunological
responses resulting in inflammation and infection, possibly leading to multiple organ failure and
eventually to death [31,32]. Once contaminated, removal of endotoxins from infected materials is
almost impossible as they are resistant to high temperature and even acidic solutions. Only extreme
high temperatures or extreme acidic solutions can destroy endotoxins—conditions that would destroy
most biomaterials. Therefore, avoiding endotoxin contamination during syntheses processes is highly
recommended [33]. To our knowledge, no studies have been performed to determine endotoxin
contamination in PLA scaffolds after 3D printing.

In order to ensure, that polylactide scaffolds do not contain endotoxins after printing,
we performed limulus amebocyte lysate-assays (LAL-assays) to determine endotoxin contamination
before and after printing in the supernatant of PLA incubated in PBS (phosphate buffered saline,
Figure 2). PLA was used directly after taking it out of the package (red circle 5) as well as
after being in the air for a few days (red circle 6) and analyzed for endotoxin contamination;
LAL-assay demonstrates an endotoxin contamination well above the FDA-limit (0.5 EU/mL).
In contrast, LAL-assay demonstrated an endotoxin contamination of our PLA printed scaffolds from
0.1–0.25 EU/mL (Figure 2, green circles), which is clearly below the FDA-limit (0.5 EU/mL).

Most likely the high temperatures (up to 240 ◦C) during printing processes are sufficiently high
to destroy any present endotoxins. Similar findings were reported by Neches et al. who describe the
intrinsic sterility of 3D printing due to, among other factors, the high fusion modeling temperatures [34].
After printing, the PLA disks or -scaffolds are transferred directly to ethanol-containing solutions and
handled under sterile conditions to minimize further endotoxin contaminations.

2.3. Biocompatibility

In order to ensure biocompatibility of our PLA scaffolds, printed cages were incubated in medium
for 12, 24 and 48 h. The supernatants were used for incubation of L929 cells seeded in 96 wells
for 24 h and viability was tested with a MTT assay. This protocol is in accordance to ISO-10993-5:
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Biological evaluation of medical devices. Figure 3 demonstrates the viability of cells for all three
time points. Cell viability of 100% corresponds to cells growing on tissue-culture-treated polystyrene
substrates (medium control). According to ISO 10993-5, cell viabilities > 70% indicate no cytotoxic
effects, whereas cell viability between 0% and 40% represents high cytotoxicity as seen in the positive
controls A and B (ZDEC and ZDBC: polyurethane matrices stabilized with organic zinc) with values
below 25% viability.
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Figure 2. Determination of endotoxin concentration in PLA disks. Endotoxin concentration was
determined in supernatants of PLA strings before printing directly after unpacking (red circle 5) and
after a few days at the air (red circle 6) and in PLA disks after printing incubated for 24 h (1 + 2) or
48 h (3 + 4): green circles. The trendline corresponds to standards with 0.1, 0.25, 0.5 and 1.0 EU/mL
(black quarders). The diagram shows that endotoxin concentrations are well below the FDA limit of
0.5 EU/mL.
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Figure 3. Confirmation of biocompatibility of PLA disks. MTT-tests were performed analogue to
ISO 10993-5 and confirmed the biocompatibility of PLA disks as demonstrated by viability of cells
after incubation for 12, 24 and 48 h in PLA medium, respectively, compared to standard cell medium.
Medium control: standard cultivation medium; positive controls: ZDEC and ZDBC: polyurethane
matrices stabilized with organic zinc.
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2.4. Microscopic Analyses

Different cell types stably expressing eGFP (human primary osteoblasts: hOB, osteosarcoma
cells: SaOS-2) or mCherry (human umbilical vein endothelial cells: HUVEC, normal human dermal
fibroblasts: NHDF) were seeded on collagen-coated PLA discs to analyze cell growth. Figure 4 shows
an equal distribution of all tested cells seeded on PLA discs.

 

400μm 
400μm 

400μm 
400μm 

Figure 4. Microscopic analysis of different cell types seeded on PLA discs. (A) hOB (human primary
osteoblasts; (B) normal human dermal fibroblasts: NHDF; (C) human umbilical vein endothelial cells:
HUVEC; and (D) osteosarcoma cells: SaOS-2. Scale bars represent 400 μm.

2.5. Proliferation

For proliferation tests, we seeded cells on PLA scaffolds coated with or without collagen solutions.
The results demonstrated statistically significant better proliferation of various cell types on PLA
discs coated with rat tail or bovine collagen (Figure 5B,C), compared to non-coated discs (Figure 5A,
p ≤ 0.05). The shape of these growth curves is similar, and, except for hOB cells the overall proliferation
of the cells is slightly better on discs coated with bovine collagen, however, these differences are not
statistically significant (p > 0.05).

It has been demonstrated that PLA is a biocompatible and biodegradable material [13,35,36].
However, only few in vitro studies have been performed concerning 3D-printed scaffolds employing
PLA. One study was performed with murine MC3T3 cells, confirming the biocompatibility of
PLA scaffolds. This study used different coatings (hyaluron and pullulan) and found different
effects of the coatings on cells [30]. Rosenzweig et al. tested chondrocytes and nucleus pulposus
cells on PLA scaffolds and demonstrated their increase in proliferation [37]. Yang et al. combined
polylactide-co-glycolide (PGLA) with hydroxyapatite and found an osteoinductive effect with human
bone marrow derived stem cells (hBMSCs) [38]. A similar study was performed by Senatov [39].
Wurm et al. manufactured PLA samples by fused deposition modeling and tested their biocompatibility
with human fetal osteoblasts (hFOB) [40]. They demonstrated that their PLA samples showed no
cytotoxicity, however, hFOB demonstrated reduced cell growth compared to polystyrene control,
probably due to differences in surface roughness. These effects might be masked in our approach
by collagen coating. Rodina tested migration and proliferation of murine mesenchymal stem cells
on electrospun PLA scaffolds coated with collagen [41,42]—completely different to our scaffolds,
but their study demonstrates possible combination of PLA and collagen. Concerning biocompatibility
of PLA, our study is in accordance with the described literature, however, it is the first study
analyzing 3D-printed PLA discs coated with collagen with different human cells in vitro. We could
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demonstrate that the cells adhere to collagen-coated PLA discs and exhibit their typical morphology.
Moreover, all cell types proliferate on the discs over a period of ten days. This is especially interesting
with regards to endothelial cells as these cells represent an angiogenic cell type and many studies
showed that angiogenesis is the critical point of tissue regeneration in almost every tissue. Until now,
only few groups demonstrated a positive effect on angiogenic factors of human stem cells in
combination with polylactide [43–45].

Figure 5. Proliferation assays on PLA discs with different cell types. (A) without collagen; (B) PLA discs
coated with rat tail collagen; (C) PLA discs coated with bovine collagen. Blue: HUVEC, red: NHDF,
green: hOB and lilac: SaOS-2.

2.6. SDF-1 Immobilization and Release

In order to construct a material which can be applied as bone substitute, a cage-like structure was
printed with pores large enough for cells, vessels and/or bone to grow inside. To construct a material
that enhances angiogenesis in the first place, we immobilized SDF-1 in the PLA collagen cage and
measured the release kinetics of this factor from the cage.

For release kinetics, 500 ng SDF-1 were immobilized in collagen gel in PLA cages and its release
was measured over 48 h. Interestingly, we could not observe a high initial burst release, but a relative
steady release. After 48 h, 50% of the initially immobilized SDF-1 is still in the cage (Figure 6).

In former studies, we could demonstrated that SDF-1 bound to collagen or hydrogels keeps
its functional bioactivity, induces angiogenetic effects and, as a consequence, supports bone tissue
regeneration [46–48]. In these studies, we observed a high initial release of immobilized SDF-1,
which was sufficient to induce angiogenetic effects; however, a steady release over a longer time period
as observed in the present study with the PLA collagen cages seems to be preferable [11,49,50].
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Figure 6. SDF-1 release from PLA collagen cages. SDF-1 is released from collagen inside the 3D-printed
cages in a steady manner and after 48 h approximately 50% are still inside the cage.

2.7. Angiogenic Potential

mCherry-expressing HUVECs were seeded on PLA cages loaded with SDF-1 immobilized in
bovine collagen (Figure 7). The cells adhere to the cage and start to grow inside it. Thereby they start
to form neo-vessel-like structures comparable to cells grown in Matrigel [51].

 
2000 μm 

Figure 7. HUVECs seeded on PLA collagen–SDF-1 scaffolds. The cells adhere to the cage and seem to
grow from the outside of the cage into the collagen gel (A). Thereby they start to form neo-vessel-like
structures comparable to cells grown in Matrigel (B). Scale bar represents 2000 μm.

These results are promising concerning the application of mechanically stable PLA collagen–SDF-1
constructs as bone substitutes. The produced scaffolds are biocompatible, demonstrate a steady
release of the immobilized factors and induce neo-vessel formation in endothelial cells. Until now,
no such approach has been tested. Pinese et al. combined PLA polymers as knitted patches
with collagen/chondroitin sulfate for ligament regeneration [52]. Heo et al. combined PLA with
gelatin hydrogels and showed that human adipose-derived stem cells can be drifted to osteogenic
differentiation and suggest this material for bone tissue engineering [53]. Yin used 3D-printed cages
for cervical diseases [54] and Kao et al. coated PLA with poly(dopamine) for bone tissue engineering.
They demonstrated a higher expression of ALP and osteocalcin in adipose-derived stem cells after
seeding on these constructs. Moreover, they could show that some proteins associated with angiogenic
differentiation were upregulated [43]. Concerning angiogenesis, Sekula et al. reported a positive
effect of PLA on human umbilical cord-derived mesenchymal stem cells on gene expression of
endothelial markers; however they did not analyze vessel formation in an angiogenesis assay [45].
Using an approach comparable to Kao [43], Yeh et al. demonstrated an upregulation of osteogenic and
angiogenic markers of bone marrow stem cells on 3D-printed PLA scaffolds after immobilization of
poly-dopamine [44]. To our knowledge, the present work is the only study testing angiogenic associated
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aspects with PLA scaffolds printed on a simple desktop 3D-printer coated or filled with collagen I
employing inter alia endothelial cells and performing proliferation as well as angiogenesis assays.

Concerning in vivo evaluation of PLA constructs, Chou et al. used a PLA cage as a carrier for
bone chips that induced bone regeneration in a rabbit model [13]. They demonstrated that morselized
corticocancellous bone chips were converted into a structured cortical bone graft and that the PLA cage
was already completely degraded 12 weeks after implantation. This demonstrates that the transfer of
our in vitro results to in vivo studies is generally possible.

Our approach displays an inexpensive, easily constructed scaffold with the necessary mechanical
stability and a soft material inside that can be modified with various cytokines or even cells to induce
angiogenesis, and as a consequence bone regeneration. Proof of concept in a rat in vivo model is part
of the follow-up-study. Before analyzing the potential of our scaffold to enhance bone regeneration in
an in vivo femur defect model in the rat, further tests to characterize the mechanical stability of our
3D-prints loaded with collagen I will be performed. Mechanical tests as well as in vivo experiments
will clarify the potential of our approach for bone tissue engineering.

3. Materials and Methods

3.1. 3D-Printing

For 3D-printing we used commercially available PLA filament (Ultimaker silver metallic PLA,
iGo3D, Hannover, Germany) with a diameter of 2.85 ± 0.10 mm. Mechanical, thermal and other
properties are listed in the technical data sheet from Ultimaker. Sanchez et al. give a good overview
about material characterization methods for PLA filaments in 3D printing [55]. All PLA discs and
cages were designed with a 3D modeling software (Autodesk® Inventor Professional 2013, Autodesk,
San Rafael, CA, USA) so that they fit to the 24 well of an ultra-low attachment plate (Corning,
Wiesbaden, Germany). The 3D model file generated by the Autodesk Inventor software was exported
to a convenient file format (STL).

For the 3D print pre-processing this file was imported into the CURA 2.5 software (Ultimaker B.V.,
Geldermasen, The Netherlands), previewed, scaled and adjusted as necessary. Cura slices the model
ready for print with the 3D-printer Ultimaker 2+ (Ultimaker B.V., Geldermasen, The Netherlands)
employing the smallest available nozzle size (0.25 mm). A slightly modified high quality profile in
Cura 2.5 with a layer height of 0.06 mm, 100% infill, 200 ◦C nozzle temperature and 60 ◦C build plate
temperature has shown the best results.

Figure 8 demonstrates the difference between the designed 3D model and the 3D printed objects.

 

Figure 8. Left side: Technical sketches with dimensions in [mm] for both the PLA disc and the
PLA cage; Right side: light microscopic pictures of the original 3D-printed objects (A) PLA disc;
(B) PLA cage.
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3.2. Quality Control

For quality control purposes, all the printed objects underwent detailed examination by means of
stereo light microcopy (Leica MZ 16A) as mentioned above, scanning electron microscopy (FEI Quanta
200FEG) and micro computational tomography (Scanco μCT40). SEM investigation was done under
low vacuum condition to avoid disturbing artefacts due to the electrical isolating characteristic of the
PLA material. The SEM investigation under low vacuum condition is recommended especially for
non-conductive samples with undergoing cavities were the available sputter coating techniques fails
to cover the whole sample surfaces.

Parts of the PLA cage surfaces are shown in Figure 9 to demonstrate the limits of precision of the
applied 3D printing technique. To make sure that a high degree of connectivity was achieved for the
printed material the PLA cages were scanned with a micro-CT system. Micro-CT reconstructions as
shown in Figure 10 demonstrate the internal designed structures with a sufficient porosity.

 

5 mm 5 mm

Figure 9. SEM quality control. Magnification: 100×.

 
1 mm 1 mm

Figure 10. μCT quality control. (Left): surface rendered images (view from both sides); (Right): MPR
image with volume rendering from the internal site of the PLA cage.
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3.3. Biocompatibility

In vitro cytotoxicity was analyzed employing the MTT ([3-(4,5-dimethylthiazol-2-yl)-2,5-
diphenyltetrazoliumbromid)]) assay analogous to ISO 10993-5. Mouse L929 cells (20.000 cells/well)
were seeded in a 96-well tissue culture polystyrene (TCPS) plate for 24 h. Directly after printing
PLA constructs were incubated in 500 μL cell media for 24 h. 100 μL of this extract were given
to L929 cells in the 96 well plate. After an incubation time of 24 h the MTT assay was performed
according to ISO 10993-5. The colorimetric readout was performed at a wavelength of 570 nm (reference
wavelength 650 nm). Polyurethane membranes stabilized with organic zinc derivatives ZDEC (zinc
diethyl dithiocarbamate) and ZDBC (zinc dibutyl dithiocarbamate) (Food and Drug Safety Center,
Hatano Research Institute, Hadano, Japan), were used as positive controls. These controls induce a
reproducible cytotoxic reaction.

3.4. Endotoxin Contamination

Prior to the cell experiments, the 3D-printed PLA constructs were tested for endotoxin
contamination employing the endpoint chromogenic LAL (limulus amebocyte lysate) assay (Lonza,
Basel, Switzerland). The assay was performed according to the manufacturer’s recommendations.
For preparation of the endotoxin analyte solution, PLA discs and cages were incubated in 1 mL water
directly after printing without preceding washing-steps for 24 h at 37 ◦C (conditions were transferred
from ISO 10993-5: 2009; Biological evaluation of medical devices) in order to extract any potential
endotoxin from the PLA matrix. the supernatant (50 μL) was employed in the LAL test. Parallel to
sampling of the analyte solutions, a standard curve was established and the analysis results compared
to positive controls (provided by the manufacturer (Lonza, Basel, Switzerland) within the LAL kit)
and negative control (pure endotoxin free water).

3.5. Coating/Filling of Discs/Cages with Collagen I

Solid PLA discs were coated with bovine (Viscofan, Weinheim, Germany) or rat tail collagen
(Invitrogen, Karlsruhe, Germany). Collagens were diluted 1:100 with PBS and discs were incubated
for one hour to assure even coating.

3D cages were filled with a collagen gel solution following an established protocol [56,57].
Briefly, collagen type I (3 mg/mL bovine, Viscofan, Weinheim, Germany), aqua dest, M199 (10×),
NaHCO3 and NaOH and SDF-1 (500 ng, Miltenyi, Bergisch Gladbach, Germany) were combined within
an ice bath to prevent polymerization of the solution. Next, 300 μL of the liquid collagen solution
was pipetted into a PLA cage sitting in a 24-well ultra-low attachment plate (Corning, Wiesbaden,
Germany) and allowed to polymerize.

3.6. Cells

Four cell types were used to analyze cell growth and viability on 3D-printed PLA discs coated with
bovine or rat tail collagen. Normal human dermal fibroblasts (NHDF, Promega, Karlsruhe, Germany),
human primary osteoblasts (hOB [48,58]), osteoblast-like cells (SaOS, ATCC, Manassas, VA, USA) and
endothelial cells (HUVEC, Promega, Karlsruhe, Germany) were seeded onto discs, into or onto cages,
respectively, sitting in a 24-well ultra-low attachment plate. Cells (100,000) were seeded in all cases.

3.7. Viability

Proliferation was measured over a 10-day period with alamarBlue-assay (Invitrogen,
Karlsruhe, Germany) according to the manufacturer’s protocol.

To allow analysis by fluorescent microscopy cells were transduced with lentiviral vectors
encoding mCherry or enhanced green fluorescent protein. Vector supernatants were collected and
concentrated from transfected 293T producer cells as previously described [59]. For gene transfer,
15.000 human osteoblasts (hOB) or HUVEC were seeded into 24-well tissue culture plates (Greiner,
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Frickenhausen, Germany) in 500 μL media supplemented with 5 μg/mL protamine sulfate. Two rounds
of transduction on day 1 and 3 were performed at a cumulative multiplicity of infection (MOI) of
~100 to achieve >98% gene marking. Transduction efficiency was confirmed by fluorescence microscopy
(Wilovert AFL30, Hundt, Wetzlar, Germany) and flow cytometry FACSCalibur (BD Biosciences,
San Jose, CA, USA) using the CellQuestPro Software (BD Biosciences, San Jose, CA, USA). The different
cell types were seeded as monocultures on PLA discs or on the cages and the spreading, morphology
and distribution of the cells analyzed microscopically with a fluorescent microscope.

3.8. SDF-1 Release Assay

Three-dimensional cages were filled with bovine or rat tail collagen immobilized with
fluorescein-linked SDF-1. Release kinetics of SDF-1-FITC from the PLA collagen–cages were measured via
fluorescence reading in the supernatant (Glomax-Multidetection System, Promega, Karlsruhe, Germany).

3.9. Statistical Analysis

Statistical analysis was performed using SPSS 22.0 software (SPSS Inc., Chicago, IL, USA).
Results are presented as means ± standard deviation. At least triplicate measurements for each
time point and experimental condition were performed. Differences corresponding to p < 0.05 were
considered statistically significant.

4. Conclusions

Polylactide is an interesting material for 3D-printing in biomaterial research. This study confirms
its biocompatibility and demonstrates an endotoxin contamination clearly below the FDA limit.
Cells of various cell types (osteoblasts, fibroblasts and endothelial cells) grow, spread and proliferate
on PLA-printed discs. PLA cages loaded with SDF-1–collagen support cell growth of endothelial cells
and induce neo-vessel formation. These results demonstrate the potential for PLA scaffolds in medical
applications, for example, in bone tissue engineering. Tests of mechanical stability as well as in vivo
tests employing a femur defect model in the rat will define the potential to induce angiogenesis and
bone regeneration of the described scaffolds.
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Abstract: Electrospinning has been used for the fabrication of extracellular matrix (ECM)-mimicking
fibrous scaffolds for several decades. Electrospun fibrous scaffolds provide nanoscale/microscale
fibrous structures with interconnecting pores, resembling natural ECM in tissues, and showing a
high potential to facilitate the formation of artificial functional tissues. In this review, we summarize
the fundamental principles of electrospinning processes for generating complex fibrous scaffold
geometries that are similar in structural complexity to the ECM of living tissues. Moreover, several
approaches for the formation of three-dimensional fibrous scaffolds arranged in hierarchical structures
for tissue engineering are also presented.
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1. Introduction

Tissue engineering is an emerging multidisciplinary field that aims to regenerate damaged
or lost tissues/organs of living organisms using a combination of cells and scaffolds [1,2]. These
engineering techniques start with scaffolds, providing environments for cells/tissues to grow in an
orderly manner, and become functionalized into new tissues/organs [3]. Given the importance of
intercellular interactions between scaffolds and implanted surrounding cells/tissues, considerable
efforts have been made to design an artificial extracellular matrix (ECM) composed of complex
fibrous structures, including glycosaminoglycans, collagen, elastin, and reticular fibers [4–6]. These
components are known to provide mechanical and biochemical support to the surrounding cells, and
these effects are dependent on tissue type [7–9]. The biomimetic approaches taken in the field of
biomaterials seek out innovation in technology from the phenomenon in nature. The relationship
between architecture and function that governs normal physiology is equally instrumental in tissue
regeneration. Therefore, biomaterials should be designed and engineered with the optimized structural
function for the target tissue in mind.

Electrospinning has been used for the fabrication of ECM-mimicking fibrous scaffolds for several
decades [10–12]. Electrospinning is a spinning technique that uses electrostatic forces to produce fibrous
scaffolds from biocompatible polymers. A simple equipment setup makes electrospinning a versatile
way to process all of the different biocompatible polymers into fibrous scaffolds. Several studies have
been conducted to apply tissue engineering through controlling parameters of the electrospinning
process, including electrospinning process parameters (i.e., the application of an electric field, flow
rate, distance between the needle and collector, and diameter of the metallic needle) and solution
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parameters (i.e., concentration, viscosity, and solution conductivity) [13–17]. These processes can be
suitable for the large-scale production of scaffolds with a controllable single fiber diameter, motivating
us to attempt to manipulate the process for tissue-specific applications.

As with other biocompatible materials used to mimic native tissues, electrospun fibrous scaffolds
provide nanoscale/microscale fibrous structures with interconnecting pores, resembling the natural
ECM in tissues, and showing a high potential to facilitate the formation of artificial functional tissues
(Figure 1). For example, porosity is observed in skin and bone tissues, which have a large volume
fraction of interconnected pores to facilitate cell migration and the transport of nutrients during tissue
regeneration [18,19]. However, conventional electrospun fibrous scaffolds are composed entirely
of closed-packed fibers, which provide a superficial porous structure, and these porous structures
became smaller when the fiber diameter is decreased from the microscale to the nanoscale. Such poor
cell infiltration into the fibrous scaffolds results in the formation of two-dimensional (2D) surfaces
rather than a three-dimensional (3D) environment, which more closely mimics the ECM. Sisson et al.
demonstrated that the small pore size of electrospun fibrous scaffolds could hamper cellular migration
into a fibrous scaffold, restricting tissue ingrowth [20].

To date, the scientific community has investigated a considerable number of fabricated structures
of electrospun fibers and their corresponding functions for tissue engineering, including the generation
of skin, bone, muscle, cartilage, and blood vessels [21–29]. Although these introduced fibrous scaffolds
have been successfully applied to mimic native tissues, more research is needed in order to fully
understand the cellular responses to sophisticated structures with different scales, dimensions,
and spatial arrangements. Therefore, it is important to analyze the sophisticated structures of
fibrous scaffolds, including its spatial geometry and 3D form. In this review article, we summarize
the fundamental principles of electrospinning processes for generating complex fibrous scaffolds
geometries that are similar in structural complexity to the ECM of living tissues. Moreover, several
approaches for the formation of 3D fibrous scaffolds arranged in hierarchical structures for tissue
engineering are also presented.

 

Figure 1. Scanning electron microscope (SEM) images of a natural extracellular matrix (ECM) in
distinct types of tissues with (a) isotropic direction and (b) anisotropic direction [30–33]; (c) Schematic
illustration of the electrospinning process; (d) Representative SEM images of fibrous scaffolds with a
controllable fibrous scale with (d) randomly and (e) aligned fibrous deposition via electrospinning.

375



Int. J. Mol. Sci. 2018, 19, 745

2. Fibrous Scaffolds with Hierarchical Structures

Improving our understanding of the structural features of tissues is critical for selecting
appropriate materials for reconstructing damaged tissues. Within the last several decades, many
studies have aimed to fabricate fibrous nanoscale/microscale structures by applying different
electrospinning process parameters (Figure 1). Electrospinning works on a simple principle; a charged
polymer jet is collected on a metallic collector when the applied electrostatic charge overcomes the
surface tension of the polymer solution. Electrospun fibrous scaffolds are typically assembled into
nonwoven networks, which are deposited in an anisotropic (random) fiber orientation. These randomly
deposited fibrous scaffolds have potential applications as temporary substitutes for skin and bone
tissue engineering, because they replicate the microstructure of natural tissue [21,24]. Moreover,
the high surface area of electrospun fibrous scaffolds allows oxygen permeability at the wound site,
making these scaffolds suitable substrates for wound dressings.

Tissues in the human body also have unique ECM structures that are found in specific tissues
(i.e., the heart, nerve, and blood vessel) exhibiting anisotropic fibrous structures. From a structural
viewpoint, structures that can mimic these features are believed to be necessary for precisely guiding
cell growth and tissue regeneration, which lead to the recovery of their natural tissue function. For this
purpose, electrospun fibrous scaffolds with various alignments have shown an outstanding ability to
guide cell morphology and affect cell function when compared with other types of random fibrous
scaffolds, both in vitro and in vivo. For example, Gnavi et al. demonstrated that aligned fibrous
scaffolds provide contact guidance to cultured nerve cells, resulting in the alignment and elongation of
cells along the contacted fiber direction [34]. Lee et al. found that aligned fibrous scaffolds could serve
as ideal materials for bone tissue engineering, and that the orientation of fibers plays an important role
in the guidance of new bone formation [35]. In addition, other studies have shown that myoblasts and
endothelial cells are also affected by cellular morphological changes in aligned fibrous scaffolds [36,37].

Although numerous fibrous scaffolds with ECM-mimicking structures have been introduced to
date, most studies of fibrous scaffolds have verified the effects of unitary structures, such as fiber
scale, porosity, and orientation. However, most of the native tissues in humans are composed of
hierarchical structures and are not unitary structures. For example, bone tissue has a hierarchical
organization over various scales ranging from microscale to nanoscale-structured components [38].
Tendons are the connective tissues that bridge muscles to bone, allowing the maximal transmission of
forces to produce movement at joints [39]. For these reasons, studies based on fibrous scaffolds with
unitary structures may provide us with incomplete knowledge of the unitary structure, and do not
consider hierarchical structures. Therefore, hierarchically patterned fibrous structures are required to
design scaffolds for tissue engineering, which would allow us to better understand cell behaviors and
functions on ECM-mimicking scaffolds. In this section, we discuss recent progress in the production of
electrospun fibrous scaffolds with hierarchical structures via a variety of techniques (Figure 2).
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Figure 2. Techniques to control geometry in fibrous scaffolds and representative images. Schematic
setup for (a) dual extrusion electrospinning [40]: (b) cryogenic electrospinning [41]; (c) melt
electrospinning [42]; and (d) micropatterned collector-based electrospinning [43]. Schematic
illustration of post-processing techniques using (e) laser-based ablation [44] and (f) nanoimprinting
lithography [45].

2.1. Geometric Control on Fibrous Scaffolds

2.1.1. Dual Extrusion Electrospinning

Dual extrusion electrospinning employs two extrusion processes that function simultaneously.
This technique enables the differential control of spatial geometry depending on extrusion conditions,
e.g., polymeric concentrations and independent solvents. This permits nanofibrous/microfibrous
structures to be combined in a single scaffold and the distribution of electrospun fibers to be controlled.
Leverson et al. investigated the cellular response using hybrid scaffolds of mixed nanoscale/microscale
fibers fabricated by dual extrusion electrospinning, in which one syringe creates nanoscale fibers, and
the other generates microscale fibers [46]. Park et al. prepared layer-on-layer stacks that included
alternating layers of random fibers and aligned fibers [47]. These proposed hybrid fibrous structures
provide more stable mechanical support than single fibrous scaffolds. Furthermore, the presence
of nanoscale fibers in the hybrid-scale scaffolds influences cell behaviors. For example, Kim et al.
demonstrated that the osteoblast differentiation ability increased in hybrid scaffolds composed of
nanoscale silk fibroin fibers and microscale poly(3-caprolactone) (PCL) fibers [40]. The authors reported
that hybrid-scale scaffolds have the advantage of forming ECM-mimicking structures to support cell
migration for microscale fibers, whereas nanoscale fibers were used to mimic the structure of the ECM
for cell adhesion. Hybrid-scale scaffolds with multiple scales can provide synergistic effects, thereby
improving the function of osteoblasts. Therefore, dual extrusion electrospinning is a suitable method
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for generating scaffolds with different fibrous scales and structures, which is critical for controlling the
behavior of cells.

2.1.2. Temperature-Assisted Electrospinning (Cryogenic/Melt)

Fibrous scaffolds can also be fabricated by temperature-assisted electrospinning, using additional
temperature-controlled equipment to improve cell permeability. Cryogenic electrospinning uses ice
crystals throughout the process of depositing fibrous layers in order to prevent the formation of highly
compacted fibrous scaffolds during the electrospinning process. Scaffold porosity can be adjusted
from 10–500 μm, depending on various controllable factors such as size and the amount of ice crystals.
The ice crystals are then removed through the freeze-drying of the fibrous scaffolds, leaving large
void spaces. This technique is a promising technique for developing fibrous scaffolds, permitting cell
infiltration into these void spaces. Bulysheva et al. have used cryogenic electrospinning to generate
fibrous scaffolds that are capable of inducing an in-growth of fibroblasts and epithelial cells into
scaffolds [48]. Similarly, cryogenic solution blow spinning uses a system of concentric nozzles and
pressurised gas to blow a polymer solution into a cryogenic liquid. Medeiros et al. have developed
a method to generate fibrous scaffolds with controlled porous structures using a combination of
thermally induced phase separation and solution blow spinning [41]. Ice microspheres create these
fibrous scaffolds, forming interconnected networks with the fibers directly on the surface of the liquid
nitrogen. Fibrous scaffolds made using this method have 3D scaffolds that are formed of porous fibers
with interconnected macroscale pores.

Alternatively, melt electrospinning is another temperature-assisted electrospinning approach
using a higher temperature. Melt electrospinning uses a polymer melt instead of a polymer solution,
permitting the controlled fibrous deposition of 3D scaffolds with programmable porosity and alignment.
In principle, the polymer is placed in a syringe that can be heated to a desirable temperature (~400 ◦C)
and extruded using air pressure. This technique overcomes the disadvantages of conventional
electrospinning, e.g., toxic solvents are not required [49]. This lack of solvent has implications for
a wide range of biomedical materials, because the residual solvent does not need to be removed
in order to use the scaffolds on cells or tissues. Zaiss et al. used melt electrospinning in order
to produce 3D fibrous scaffolds in which the average pore size and fiber diameter on the fibrous
scaffolds were 250–300 and 15 μm, respectively, by using an X–Y programed collector stage [42]. Melt
blowing technology also uses a higher temperature to generate fibrous scaffolds. In melt blowing
electrospinning, the polymer is melted and extruded through a jet, while heated air is blown through
an air nozzle. Jenkins et al. reported that microarchitectural fibrous scaffolds were produced using a
melted polymer with controlled airflow velocities (500–1400 m3 air/h/m scaffolds) for rotator cuff
tendon tissue engineering [50]. They showed that these fibrous scaffolds have a fiber diameter of
3–5000 nm, which can provide a relevant physiological structure for tendon-like ECM environments.

2.1.3. Micropatterned Collector-Based Electrospinning

Fibrous scaffolds generated using electrospinning are deposited on a conductive metallic collector
in a randomly oriented fibrous direction due to their chaotic whipping nature in the electrified
liquid jet. These 2D features may be problematic to the broad application of such scaffolds for
tissue engineering applications. Zhang et al. utilised a unique patterned collector and fabricated
different microscale architectures and macroscale 3D tubular structures [51]. The resulting fibrous
scaffolds had hierarchically patterned structures similar to those of the used patterned metallic collector.
Another study demonstrated the use of an array of stainless steel beads as the collector, and yielded
hierarchically patterned nanoscale fibrous scaffolds with arrayed microscale wells [52]. However,
the patterned collectors, which were modulated by weaving or engraving, caused some shortcomings
in microscale precision patterning and intricate patterns. In this regard, Liu et al. showed the
potential use of a glass template collector patterned with an electrically conductive circuit [43]. They
designed a micropatterned glass template on a collector prepared by lithography in order to obtain a
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micropatterned silver circuit for the selective deposition of electrospun fibers. They demonstrated that
lithography could provide a flexible collector surface with microscale precision patterns, and that the
cells could be modulated to a precise location and into specific shapes using hierarchically patterned
fibrous scaffolds. Furthermore, such strategies using lithographic collectors have also been used for
the preparation of fibrous scaffolds for tissue regeneration. For example, Lie et al. fabricated fibrous
scaffolds using a lithographic collector with various types of fibrous patterns, such as honeycomb,
rectangle, and square shaped, and confirmed that co-cultured cells (cardiomyoblasts, cardiac fibroblasts,
and endothelial cells) on honeycomb-patterned fibrous scaffolds showed spontaneous beating similar
to that of native cardiomyoblasts [53]. These approaches have yielded materials that mimic the in vivo
microenvironment of native tissues, such as spatial arrangement and cell–cell communication, in order
to elevate the effects of cell function. Another approach is replacing 2D flat collectors with 3D collecting
templates in order to obtain 3D fibrous scaffolds. Zhang et al. introduced methods to fabricate 3D
macrofibrous scaffolds with controlled architectures using various 3D collecting templates [51]. They
confirmed that 3D fibrous scaffolds with different macroscopic configurations, e.g., length, diameter,
and shape, could be fabricated by designing 3D collecting templates.

2.1.4. Post-Processing after Electrospinning

For many years, researchers have attempted to fabricate scaffolds with a hierarchical
fibrous structure by generating a nanoscale/microscale structure on prefabricated fibrous scaffolds
using chemical modification methods, such as ultraviolet (UV) irradiation [54,55]. However,
such conventional fabrication methods for the formation of hierarchical fibrous structures require
complicated processes, which tend to result in the inevitable collapse of the fibrous structure
and changes in their mechanical properties. To overcome this hurdle, laser processing has been
utilised. Laser ablation is a well-known precise fabrication technique that induces negligible
thermal stress or collateral damage on the target materials owing to the very short time scales
involved in the laser/material interaction (10−12 and 10−15 s for picosecond and femtosecond lasers,
respectively) [56,57]. The laser-based processing of fibrous scaffolds offers several advantages, such as
a delicate patterning technique through a rapid and uncomplicated process of direct ablation of the
material. Kong et al. used a picosecond laser on aligned nanofibrous scaffolds to create microscale
holes (100–200 μm) with a spacing of 50 μm and 200 μm between patterns in engineered corneal
tissues [58]. In addition, femtosecond laser patterning can be used to fabricate various patterns on
fibrous scaffolds, such as line, well, square, triangle, and pentagon shapes [59,60]. Recent studies
have shown that femtosecond laser ablation on fibrous scaffolds may provide an effective in vitro
fibrous platform to modulate cell behaviors. Lee et al. employed a femtosecond laser ablation system
to create microscale porosity on electrospun nanofibrous scaffolds with diameters of 50 μm, 100 μm,
and 200 μm, and spacing of 50 μm and 200 μm between patterns [59]. They demonstrated that
femtosecond laser-ablated electrospun fibrous scaffolds not only affected adhesive cell morphology
in vitro, but also enabled better cell ingrowth in vivo. Moreover, Jun et al. showed that the orientation
of myoblasts could be efficiently modulated by femtosecond laser-ablated microscale grooves on the
surface of fibrous scaffolds [44]. They demonstrated that cells initially grew according to the nanoscale
random fibrous structure, but eventually reorganised to match the adhesive cellular morphology and
orientation of myotube assembly on femtosecond-laser ablated microscale grooves. More importantly,
cells showed better ingrowth in laser-ablated fibrous scaffolds than in untreated fibrous scaffolds,
which are major drawbacks for conventional electrospinning. Shin et al. evaluated these femtosecond
laser-ablated fibrous scaffolds with nanoscale/microscale structures, which were developed to promote
the biological function of endothelial cells by resembling the native endothelium [61].

Another simple way to create additional patterns on electrospun fibers is nanoimprinting
lithography (NIL). Nandakumar et al. utilised nanoimprinting lithography on electrospun fibers
at physiological temperatures [45]. They prepared microscale electrospun fibers (single fibers with a
diameter of approximately 6 μm), and then imprinted the fibers within 1–5 min under a high-pressure
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vacuum at less than 42 ◦C. Patterns ranging from line to geometric shapes (circles and triangles) were
imprinted on prepared fibrous scaffolds.

2.2. Three-Dimensional Fibrous Scaffolds

The fibrous scaffolds produced by conventional electrospinning are usually two-dimensional
rather than three-dimensional, hampering cell infiltration. Although several approaches have been
explored to increase the porosity of electrospun fibrous scaffolds to overcome cell ingrowth, these
approaches do not produce 3D scaffolds with respect to thickness. Several approaches to form 3D
fibrous scaffolds using different electrospinning processes have been developed (Figure 3).

 

Figure 3. Several approaches to the formation of three-dimensional (3D) fibrous scaffolds using
different electrospinning process: (a) liquid-collecting electrospinning [62]; (b) gas foaming [63];
(c) self-assembly [64]; and (d) fibrous yarn scaffolds [65]; (e) schematic illustration of a
hydrogel-integrated fibrous scaffold [66]; (f) a hybrid system using 3D printing and electrospinning [67].

2.2.1. Liquid-Collecting Electrospinning

A technique using liquid reservoirs as collectors has attracted attention as a method for preparing
3D fibrous scaffolds. The utilization of liquids with low surface tension, such as water, ethanol, and
methanol, causes the extruded fibers to sink during electrospinning, and overcomes the effects of
fiber bonding. This results in the loosening of fibrous layers of scaffolds with higher internal porosity.
The choice of the liquid to use in the reservoir should be considered according to surface tension
and hydrophilicity. For example, Chen et al. fabricated 3D fibrous scaffolds incorporating fibrous
morphologies and interconnected pore structures using liquid-collecting electrospinning. In their
study, a bath containing diluted alcohol solution was used as the liquid-based collector [62]. During
this process, electrospun fibers continuously accumulated in relatively fluffy stacks. After the removal
of alcohol through a freezing process at a low temperature, foamed 3D fibrous scaffolds were prepared.
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The porosity of the formed 3D fibrous structures was much larger than that of conventional fabricated
2D electrospun fibrous scaffolds. The thickness of the fibrous scaffolds prepared by this method was
measured as 5 mm. Recently, Kasuga et al. successfully fabricated macroscale 3D fibrous scaffolds
(with a thickness of 40–50 mm) with a cotton-like structure using this method [68]. They claimed
that these 3D fibrous scaffolds could improve the localization of neighboring cells at the initial stage
after implantation.

2.2.2. Gas Foaming

Three-dimensional fibrous scaffolds using gas foaming provide viable alternatives to open the
pores between fibrous networks with a minimal application of force. The gas foaming technique for
prepared 2D fibrous scaffolds usually involves three steps: 2D fibrous scaffold/gas solution formation,
gas bubble nucleation/growth, and 2D fibrous scaffold expansion to 3D fibrous scaffolds. Jiang et al.
reported on the feasibility of this process using prepared 2D fibrous scaffolds and NaBH4 as a gas
foaming agent [69]. The prepared 2D fibrous scaffolds were soaked in NaBH4 solution, and bubbles
were then formed/generated on the 2D fibrous scaffolds, creating a more open scaffold. Researchers
demonstrated that a higher concentration of gas foaming agent significantly increased the thickness
of the prepared 2D fibrous scaffolds. In addition, cells successfully infiltrated and grew throughout
the gas foamed 3D fibrous scaffolds. A similar technique was reported by Hwang et al. involving the
use of a gas foaming/salt leaching technique [63]. Briefly, Hwang et al. fabricated fibrous scaffolds
with crater-like structures, enabling them to replicate the 3D ECM fibrous environment. Notably,
this scaffold permitted human mesenchymal stem cells to penetrate through the prepared 3D fibrous
scaffold (up to 250 μm), whereas most human mesenchymal stem cells were not able to penetrate
through the conventional electrospun fibrous scaffolds within seven days.

2.2.3. Self-Assembly

Self-assembly is a process in which a disordered arrangement forms an ordered system as
a consequence of specific, local interactions among the components themselves. Self-assembly
of the fibrous scaffolds was investigated for several types of polymers, including polyethylene
oxide (PEO), polyacrylonitrile (PAN), PCL, and polyvinyl alcohol. Liang et al. utilised precursor
polymer solutions (PEO dissolved in water) and fabricated self-assembled fibrous structures with
honeycomb patterns [70]. They explained the relationship between the concentration of the polymer
solution and the self-assembled formation of honeycomb patterns. In addition, Ahirwal et al.
fabricated self-organised fibrous structures in honeycomb patterns using a prepared polymer
solution (PCL dissolved in dimethylformamide (DMF)) [71]. Yan et al. studied the mechanisms
underlying this phenomenon, and found that the polymer solution concentration, collected substrates,
collection distance, and humidity played critical roles in the formation of the self-assembled
honeycomb-patterned structures in fibrous scaffolds [64]. For example, self-assembled honeycomb
patterns were not observed at higher concentration (i.e., 7% PAN dissolved in DMF). The well-defined
3D honeycomb structures in fibrous scaffolds could only form when the humidity decreased below
60% for the PAN/DMF solution. Moreover, the self-assembled pore size increased as the distance
between the polymer jet and collector decreased.

2.2.4. Fibrous Yarn Scaffolds

Based on the hierarchical architecture of soft tissues, such as tendon and ligaments, the fabrication
of multifilament yarn scaffolds has been highlighted for tissue engineering applications [72]. Yarns are
linear assemblies of single fibers with improved mechanical properties generated through twisting,
weaving, and knitting. Recently, considerable efforts have been made to fabricate fibrous yarn scaffolds
directly through electrospinning. For example, Ali et al. fabricated continuous and twisted fibrous
yarns using a multi-nozzle and rotary funnel collector [65]. They demonstrated that the flow rate of the
polymer solution and the speed of the rotating collector could control fibrous yarn production and twist
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rates. Additionally, Mouthuy et al. used a textile production line to create multifilament yarn, which
could mimic the hierarchical architecture of the tendon [73]. Fibrous yarn scaffolds prepared using this
method improved the functions of primary human tenocytes, including adherent cell numbers and
proliferation. Furthermore, they directly implanted fibrous yarn scaffolds into transected infraspinatus
tendons, and confirmed the good safety profile of this method, with only a mild foreign body reaction.
Chang et al. reported on twisted fibrous yarns consisting of microfiber and nanofiber yarns that were
prepared using a high-speed spinneret tip [74]. With the high rotational speed of the spinneret, charged
fibers could be deposited on the ground collector with rotation during jetting to form a twisted fibrous
rope. The formation of twisted fibrous yarn is dependent on the distance between the spinneret tip
and the ground collector, and such fibrous yarn scaffold systems can be utilised not only for enhancing
mechanical strength, but also for generating medical scaffolds with improved therapeutic effects.

2.2.5. Hydrogel-Integrated Fibrous Scaffolds

Hydrogel-integrated fibrous scaffolds may also be used to mimic the native tissue environment.
An advantage of combining fibrous scaffolds with hydrogels is that cells can easily migrate through
3D environments, such as the 3D environment of native ECM. Indeed, hydrogel-integrated fibrous
scaffolds allow for cellular contact guidance within 3D environments, which cannot be accomplished
with separate hydrogel or electrospun fiber systems. Sadat-Shojai et al. attempted to reconstruct
the structure using electrospun fibers as the inner layer, and a hydrogel as the 3D structure [66].
Briefly, they prepared an electrospun fibrous layer that was soaked in the precursor gel mixture with a
photoinitiator. The 3D hydrogel integrated fibrous scaffold was formed by UV light for 10 s. The inner
electrospun fibers were designed to provide mechanical support, while the embedded hydrogels were
designed to facilitate cell proliferation and spread. Similarly, Wu et al. prepared 3D hybrid scaffolds
based on a fibrous yarn network within a hydrogel shell to mimic the native cardiac tissue structure [75].
They prepared an interwoven aligned fibrous structure via a weaving technique, and then encapsulated
the structure within photocurable hydrogels. These 3D hybrid scaffolds promoted the alignment of
cardiomyoblasts on each fibrous layer, and individually controlled the cellular orientation of different
layers in a 3D hydrogel environment.

2.2.6. Near-Field Electrospinning (NFE) with 3D Printing Technology

Despite extensive studies, it is still not possible to fabricate highly organised fibrous scaffolds
with controlled uniformity and architecture using conventional electrospinning generated by the
chaotic whipping of liquid jets. NFE is a relatively new method in the field of electrospinning, and has
recently been actively applied by researchers. NFE uses a short distance between the spinneret and
collector (less than 3 mm) to prevent the bending instability and split in ejected fibers. This method
stabilizes the region of the ejected polymer jet to control fiber deposition and enable the production of
3D structures. For example, Lu et al. introduced an NFE method to fabricate 3D microstructures of
fibrous scaffolds [76] by balancing the distance between the spinneret and the collector (0.5–3 mm).
In addition, a programmable X–Y motion stage was also utilised to deposit the fibrous structures in a
predesigned path.

Alternatively, an electrohydrodynamic printing process was developed to deposit the
electrohydrodynamically printed fibers into customised patterns by controlling the X–Y motion
stage [67]. Briefly, this system enabled microscale fibrous bundles to form from the charged single jet
by replacing the solvent of the polymeric solution with an alcohol-based solvent. They determined the
optimal processing conditions, including electric field, distance, flow rate, and needle gauge, in order
to fabricate 3D microscale fibrous scaffolds. Fibrous scaffolds prepared using this technique promoted
osteoblast behaviors and functions.

Fattahi et al. designed 3D fibrous scaffolds in combination with 3D printing technology and
NFE [77]. This approach yielded highly organised fibrous architectures with the desired form via
an X–Y–Z moving stage. Additionally, He et al. combined melt electrospinning with 3D printing.
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The ejected melted fibers could be precisely stacked in a layer-by-layer manner to form 3D fibrous
scaffolds [78]. Three-dimensional printing and electrospinning are relatively new in the field of
electrospinning and have recently been actively applied by researchers. A hybrid system using 3D
printing and electrospinning can help create 3D fibrous scaffolds with similar complex architectures
and the ability to regulate cellular behaviors.

3. Conclusions and Future Perspectives

The native tissue has complex structures with somewhat unique arrangements and architectures
of fibrous shapes, and ECM-mimicking materials have been of great interest to scientists, particularly
in the field of tissue engineering. Electrospinning offers advantages for the preparation of fibrous
scaffolds resembling the fibrillar architecture of the ECM in native tissues, yielding materials with major
advantages in tissue engineering. There are many methods for fabricating 2D and 3D fibrous scaffolds,
which show structural characteristics similar to those of the native ECM. In this review, we discussed
recent advances in the fabrication of fibrous scaffolds with desired geometries and architectures using
several electrospinning techniques. This review provided an overview of the fundamental principles of
the electrospinning process for generating complex fibrous scaffold geometries similar to the structural
complexity of the ECM in living tissue. As our understanding of the origins of these features increases,
we can begin to design, fabricate, and apply this knowledge in the biomedical field.

Although there are still many challenges to overcome, electrospinning shows enormous potential
in the fabrication of fibrous scaffolds with controllable geometric/architectural structures, enabling
researchers to design and develop novel fibrous scaffolds that more closely mimic the structural
environment of the native ECM. In the development of “ECM-mimicking materials,” the objective is
to improve our understanding of native complex structures and prepare highly efficient biomedical
scaffolds for tissue engineering. Further studies of fibrous scaffolds are ongoing, and will be useful for
achieving efficient tissue engineering.
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Abstract: Electrospinning has been used for decades to generate nano-fibres via an electrically charged
jet of polymer solution. This process is established on a spinning technique, using electrostatic forces
to produce fine fibres from polymer solutions. Amongst, the electrospinning of available biopolymers
(silk, cellulose, collagen, gelatine and hyaluronic acid), chitosan (CH) has shown a favourable outcome
for tissue regeneration applications. The aim of the current review is to assess the current literature
about electrospinning chitosan and its composite formulations for creating fibres in combination
with other natural polymers to be employed in tissue engineering. In addition, various polymers
blended with chitosan for electrospinning have been discussed in terms of their potential biomedical
applications. The review shows that evidence exists in support of the favourable properties and
biocompatibility of chitosan electrospun composite biomaterials for a range of applications. However,
further research and in vivo studies are required to translate these materials from the laboratory to
clinical applications.

Keywords: chitosan; composite solutions; electrospinning; regeneration; tissue engineering

1. Introduction

Electrospinning (ES) is a process that utilises an electric field to control the deposition of polymer
fibres onto target substrates. Originally, the process was devised for the textile industry [1]. It is
now lauded for its capabilities to economically and efficiently fabricate non-woven meshes of fibres
specifically in the field of tissue engineering (TE) where these fibrous scaffolds can mimic both the
natural form and function of the extracellular matrix (ECM) [2–4]. Historically, ES was first observed
by Rayleigh in 1897, and was further explored by Zeleny in 1914. Later in 1934, Formhals patented
the process of ES for the production of collagen acetate fibres using a strong voltage of 57 kV [5].
Since 1980s, ES has been used to create submicron to nano-meters (nm) sized fibres. Fibres of varying
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characteristics can be acquired by altering different processing parameters. Currently, the ES is not
being used solely in the healthcare industry [6,7], but also has a wide range of applications in other
fields including energy [8], waste water [9], textile [10] and security domains [6,11–13]. According to
the European Patent Office, until 2013, more than 1891 patents had been filed using the term “ES” and
2960 with the term “nano-fibres” in title and abstract [1,14]. More than 200 institutions and universities
worldwide have explored ES as a means of producing different types of nano-fibres [5,7]. In terms of
dental applications of ES, more than 45 scientific research papers have been published since 2005 [7].

ES has been adapted to obtain natural and synthetic polymer fibrous mats that mimic the extra
cellular matrix (ECM). Amongst available biopolymers, CH and its naturally derived composites have
been widely adapted for TE applications. Its versatility with respect to variations in the molecular
weights and degree of deacetylation in order to target a clinical condition in the field of regenerative
medicine is adapted very efficiently. For ease of understanding, there is a brief description of the
ES process, various parameters affecting the fabrication and properties of electrospun nano-fibres.
The aim of the current review is to assess the current literature about the electrospinning of chitosan
and its composites with other natural polymers to be utilized in TE and regenerative applications.

2. Solution Electrospinning Process

The process of ES is based on obtaining fine fibres from polymer solutions via electrostatic
forces. The electrospun fibres have small diameters and significantly larger surface area compared to
conventional fibres. The essential components of ES are: 1-high voltage power supply, 2-spinneret and
a grounded collecting plate such as a metallic screen, and 3-plate or rotating mandrel (Figure 1).

 
(a) (b)

Figure 1. The electrospinning process shown schematically (a) electrospinning equipment plate or
rotating mandrel (b) aligned collection plates for electrospun nano-fibres [7].

A direct current (DC) voltage is used to generate a potential difference between two terminals
within the range of 1–30 kVs that injects a charge of a certain polarity into the polymer solution to
accelerate a jet towards a collector of opposite polarity [15]. A syringe pump is used to pump the
completely dissolved polymer solutions into the metallic capillary tube [16,17]. The ES equipment can
be setup in vertical or horizontal orientations (Figure 1a,b).

In brief, a polymer solution is held by its surface tension at the capillary tip that is subjected
to the potential difference created between the spinneret and anode surface (collector). Due to this
electric field, a charge is triggered on the liquid surface, changing the pendant drop to a falling jet.
When this field reaches a critical value, the repulsive electric forces overcome the surface tension forces.
Finally, an unstable charged jet of polymer solution is extruded from the tip of the Taylor cone (conical
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profile of solvent which bends stretches and thins). Consequently, an unstable and a rapid whipping
jet ensues between the capillary tip and collector. The resultant evaporation of the solvent leaves the
polymer nano-fibres behind on the collector [18,19].

2.1. Processing Parameters

The characteristics of electrospun fibres are governed by various factors related to the ES dope
such as concentration, molecular weight, surface tension, viscosity and conductivity/surface charge
density of the polymer solution. In addition, equipment factors such as voltage, feed or flow rate of
polymer loaded in the syringe, type of collector and the distance between the collector and needle tip
can affect the morphology of electrospun fibres [7]. For instance, the shape of the polymer solution
drop is affected by the applied voltage, viscosity of the solution and the flow rate of the syringe [20].
It has also been reported that the higher electrostatic forces cause more stretching of solution due to
columbic forces in the jet, thereby generating a stronger electric field ultimately reducing the fibre
diameter and higher rate of evaporation of solvent [16,21]. On the other hand, a few researchers
have observed that the fibre diameter is proportional to the voltage [22,23]. Velocity of the jet and
the material transfer rate are affected by the rate at which the polymer solution is pushed out of a
syringe [24]. Slower feed rate facilitates enough time for evaporation of the solvent and is likely to
reduce the fibres’ diameter at the expense of prolonged processing time. The flow rate affects the pores
and surface area as well. Fong et al. have reported the fabrication and detailed characterization of
electrospun beaded fibres and suggested that parameters such as charge density, solution viscosity
and surface tension are the main factors for controlling bead formation [23].

In terms of collectors, several materials can be used to collect the electrospun nano-fibres [25,26].
Aluminium foils are the most commonly used collectors since, the material must be conductive and
remain isolated from the axel [27]. Other alternate options included conductive paper/cloth, parallel
or guided bar, wire mesh, rotating wheel or rods. Wang et al. [25] studied the difference in the
characteristics of fibres collected on an aluminium foil and a wire screen. They observed that due
to the different conducting areas on the wire screen, there was more bead formation compared to
an aluminium foil. Fibre alignment and diameter can be changed by altering the speed of a rotating
collector. High speed rotating collectors tend to produce more aligned and narrower fibres compared
to collectors rotating at a slower rate [28]. Further modification of collectors using different attachments
such as pins, [29] mandrels [26] and rods [30] can be achieved to collect electrospun fibres. In order to
control fibre characteristics and diameter, the tip to collector distance is also a critical factor. According
to Buchko et al. a larger distance between the tip and the collector produces round fibres while a shorter
distance produces flat fibres [31]. Reducing the tip to collector distance does not allow sufficient time
for the evaporation of the ES solvent prior to hitting the collector. Hence, the moist/wet fibres hitting
the collector change their morphology to flat. Hence, the optimal distance is essential to facilitate the
evaporation of solvent from the nano-fibres prior to hitting the collector [16].

2.2. Solution Parameters

Solution parameters such as concentration and viscosity influence the electrospun fibre morphology.
For instance, lower concentrations result in finer fibres and increased number of beads, while concentrated
solutions result in thicker bead free fibres or a reduced number of beads [32]. As the concentration
of solution increases, fibres form a more spindle like structure and display uniformly thicker fibres
due to higher viscosity [21,33]. Highly viscous solutions can be electrospun to form fibres because
the flow rate is unable to be maintained at the tip of the solution which leads to formation of large
fibres [33]. As the viscosity is directly related to the concentration, each polymer solution has an
optimal concentration for ES.

Solution viscosity is another vital parameter that affects the electrospun fibres in terms of size and
morphology. ES of uniform bead-free nano-fibres requires the polymer solution to have an optimal
viscosity. Very thick fibres can result if the viscosity is high enough to hinder the ejection of the
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polymer solution. At a viscosity lower than optimal, the continuous fibre formation is less likely
and results in droplets or excessive bead formation. The viscous polymers result in extending the
stress relaxation times and limiting the breakage of polymer jets. Consequently, fibres acquired at
relatively higher viscosity showed more uniform fibres. Similarly, low surface tension of the solvent
facilitates production of nano-fibres with less or no beads [23]. Polymer solutions with greater surface
tension obscure ES because of jet instability and generation of sprayed droplets [5,19,34]. Charge
density is another important factor defining the outcome of the fibres. Narrower diameter fibres can be
obtained if electrical conductivity is increased. In contrast, if the solvent is less conductive this results
in insufficient elongation of the jet by electrical force producing uniform fibres and bead formation.
The majority of the polymers are usually conductive. The electrospinning polymer solutions have
charged ions that are highly efficient in jet formation [16].

The molecular weight (Mw) affects the solution properties such as dielectric constant, conductivity,
electrical, viscosity, surface tension, and rheological properties [7,16]. The high Mw solutions are opted
corresponding to the intended viscosity for generating fibres. The Mw determines the extent and
number of polymer chain entanglements in the solution [5,18,22].

2.3. Effect of Nanoinclusions on CH (Chitosan) Electrospinning

Nanoparticles of various natural and synthetically derived materials have a significant impact on
the process of electrospinning [35]. Additions of various natural or synthetic nano biomaterials affects
the electrospun fibre morphology, size and diameter [36,37]. The addition of nano hydroxyapatite
(HAp) has been explored to obtain fibres within the range of 300 nm. Liverani et al. reported a critical
finding about Hap-containing fibres that showed a decrease in average diameter with respect to pure
CH fibres [38]. Few other studies have also investigated the effect of nano HAp addition to CH in order
to obtain fibres for TE applications. Zhang and co-workers were able to obtain fibres with diameters
of 214 nm mimicking naturally mineralized counterparts [39]. In a similar study, Thein-Han et al.
compared the addition of micro and nano HAp to CH solutions [40]. Results were suggestive that
electrospun fibres obtained whilst using nano HAp had better stem cell attachment compared to micro
HAp [40,41].

3. Chitosan-Based Polymers for Solution Electrospinning

A wide variety of natural and synthetic polymers and their composite blends have been used for ES.
Examples of electrospun synthetic polymers include poly glycolic acid (PGA), poly lactide co-glycolide
(PLGA), polycaprolactone (PCL), polyurethane (PU), poly lactic acid (PLA), polystyrene (PS) and poly
vinyl alcohol (PVA). Some of polymers available naturally for ES are, silk, cellulose, collagen, gelatine,
hyaluronic acid and CH. Natural and synthetic polymers are also used in combination to manipulate
the materials properties (such as thermal stability, mechanical strength and barrier properties)
depending on the specific application. Other properties such as cellular affinity, morphological,
structural, pore size and degradation can also be altered by copolymers [5].

3.1. Chitosan

Chitosan (CH) is a polysaccharide biomaterial composed of (1–4) acetamido 2 deoxy-β-D glucan,
(N-acetyl D glucosamine and 2 amino 2 deoxy-β-D glucans. The structure of the biopolymer is shown
in Figure 2. CH is obtained by partial deacetylation of chitin. The presence of amino groups in the CH
structure differentiates CH from chitin. The degree of deacetylation of CH is indicative of the number
of amino groups [42].

The deacetylation of CH is performed either by chemical hydrolysis under harsh alkaline conditions
or enzymatic hydrolysis [42]. The alkali extracts the protein and deacetylated chitin at the same time.
The processing of crustacean shells involves the extraction of proteins and the dissolution of calcium
carbonates, that is accumulated in the crab shell at high concentrations [43]. The deacetylation of chitin
is rarely complete; when the degree of deacetylation above 60%, chitin becomes CH (Figure 3).
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Figure 2. Chemical structure of chitosan showing amide and hydroxyl group that can react and readily
form bonds with other natural or synthetic polymers/biomolecules [44].

 

Figure 3. Illustration depicting the deacetylation process adapted to extract CH from chitin [45].

Fabrication of electrospun CH micro or nano-fibres is not an easy task. Common solvents used
for dissolving CH are triflouroacetic acid (TFA) or composite solutions of diluted acetic acid
copolymerized with polyethylene oxide (PEO) [46]. Different customised approaches performed
are either neutralization using the alkaline compounds or cross linkers such as gluteraldehyde and
genipin. Hence, the neutralization may ultimately lead to partial or complete loss of features [46].

The majority of the acidic solvents can easily solubilise CH. Its protonation changes CH into a
polyelectrolyte in acidic solutions. CH is not able to produce continuous fibres due to the consistent
formation of droplets. The high electric field during ES results in repulsive forces among ionic groups
within the polymer backbone, hence inhibiting the formation of continuous fibres [47,48]. Although
the dual needle setup for CH electrospinning has been rarely reported, it results in repelling of fibres.
In addition, adjusting the ideal viscosity of CH electrospinning dope is also challenging. Its rigid
D-glucosamine structures, high crystallinity and ability to form hydrogen bonding is responsible for
the poor solubility in commonly available organic solvents [49].
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Being a cationic polymer, CH in aqueous solution has poly-electrolytic effects. The presence
of charged groups results in the significant expansion of polymer coils. In case of electrolyte free
polymer solution, the polymer coils shrink and concentrate up. The use of very toxic organic solvents
such as hexa-fluoro isopropanol (HFIP) or triflouro acetic acid (TFA) denatures the properties and
structure of natural CH [50] and further breaks the inter-chain interactions. Although the number of
studies reporting CH fibres for various applications is increasing, each year, very little information is
available about the obstacles encountered in obtaining desired fibre properties such as diameter and
size. Due to the highly crystalline nature of CH, once dissolved in organic solvents, the formation of
hydrogen bonds further complicates the spin-ability [51,52]. In order to overcome this issue, a very
low concentration of diluted acetic acid and a fibre-forming agent (PEO) (95:5, CH:PEO) can be used.
Sun and Li have mentioned about the problems associated with high viscosity CH limiting its ability
to form fibres. It was suggested to perform alkali treatment to hydrolyse CH chains and use a lower
molecular weight of CH to overcome this problem [53].

Previously, a number of studies have reported amide bond (NH) formation of CH with organic
solvents [54,55]. Yao et al. used lactic acid to generate lactamidated CH in the form of films. CH films
were tested for their biocompatibility using fibroblasts [56]. Qu et al. [57] and Toffey et al. [58] used
acetic and propionic acids for the regeneration of chitin through amide bond formation. Scanning
electron microscopy (SEM) revealed that increase in the polymer concentration resulted in thicker
fibres. PEO and CH solutions showed phase separation over time; hence, blended solutions must be
electrospun at the earliest preferably within 24 h of blending to prevent any chemical denaturation.
The addition of salt before and during ES to these solutions stabilizes them for an extended period of
time (Figure 4) [46,59].

Figure 4. Chitosan PEO nano-fibres depicting the effects of acetic acid concentration, (a) 2:3 CH:PEO
in 45% (b) 4:9 CH:PEO in 36%; (c) 2:3 CH:PEO with 2.5 wt.% total polymer 40%; (d) 4:9 CH:PEO
with 2.6 wt.% total polymer 32%; (e) 2:3 CH:PEO with 3 wt.% total polymer blend and 32%; (f) 8:9
CH:PEO with 3.4 wt.% total polymer 32% of total acetic acid concentration [59]; scale bar represents
1 μm (Adapted with permission from publisher).
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3.2. Chitin/Silk Composite Nano-fibres

Silks are natural polymers produced by insects such as spiders and silkworms. Natural silk fibres
have shown favourable features (biocompatibility, non-toxicity) needed for biomaterial applications [60,61].
In addition, the mechanical properties are excellent [62]. Therefore, it has the ability to function under
a range of temperatures and humidity [63]. Silk boasts an extensive track record, spanning a period
of decades, as a surgical suture material [64]. Silk has also been explored for various biomaterial
applications such as TE scaffolds [65,66], and drug delivery [67,68] and bio-dental applications [69–72].
There are many silk-producing animal organisms, however, the main source remains silk worms [73].

Silk harvested from the silkworm (Bombyx mori) has the advantage of economic importance as
can be domesticated in farms [74]. The Bombyx mori (BM) silk has two protein components, a water
soluble sericin and water insoluble hydrophobic silk fibroin [74,75]. Glue-like sericin is amorphous in
nature and is rich in serine (Mw ~10–300 kDa). It makes approximately 20–30 wt.% of BM silk [76].
Sericin acts as protective coating of silk filaments and cocoons [77] that is permeable to moisture and
resistant to oxidation and UV [78]. The sericin has been reported to be associated with the allergic and
immunological reactions [79,80], and is hence important to remove sericin completely from fibroin
before any biological application can be considered [75,81,82].

The structural component of BM silk is silk fibroin protein (~75 wt.% of total silk) that is a large
macromolecule comprised of ~5000 amino acid units [83,84]. The silk fibroin (SF) has crystalline
(~66%) and amorphous (~33%) components [85]. The crystalline SF has repeating amino acid units
mainly alanine (A), glycine (G) and serine (S) in a typical sequence [G-A-G-A-G-S]n. It forms a β-sheet
structure in the spun fibres which is responsible for good mechanical properties [85,86]. In contrast,
the amorphous part is mainly composed of phenylalanine (F) and tyrosine (Y). The large side chains
of these amino acids lead to hygroscopic properties [87]. SF is further divided into heavy and light
chains (H-fibroin and L-fibroin) bonded to each other through disulfide bridges [88,89]. In addition,
a glycoprotein (P25) is attached to the SF molecules by non-covalent interactions [89,90]. Considering
the unique properties of nanocomposite materials [91] and natural silk, a number of researchers [92–94]
have electrospun CH/chitin and silk fibroin (SF) blends using various combinations and solvents
(Table 1). Park et al. [93] reported the fabrication of electrospun SF/CH composite nano-fibres using
formic acid as an ES solvent. Formic acid is an organic solvent that is highly volatile and has been
successfully used for silk fibroin ES [71,95]. The average fibre diameter was reduced with a narrow
diameter distribution compared to silk-only nano-fibres. The ionic component of CH results in the
increased conductivity of the ES solution, hence, a stronger jet. In addition, intermolecular interactions
for example, hydrogen bonding between SF and CH solutions may affect the final properties [93].
The SF nano-fibres are treated with alcoholic solution to induce β-sheet conformation that in turn
improves the mechanical properties [96,97]. The CH has a rigid backbone, hence accelerating the
conformational changes in SF electrospun nano-fibres [93].

Another study [98] reported ES of chitin/SF-blended fibres using 1,1,1,3,3,3-hexafluoro-2-propanol
(HFIP) as an ES solvent. The electrospun fibres were characterized for morphology, dimensional
stability and cyto-compatibility. Due to the immiscible nature of SF and chitin, electrospun fibres
showed phase-separated structures. The average fibre diameter was reduced by increasing the chitin
contents. The solvent induced crystallization and improved the dimensional stability of chitin/SF
nano-fibres. In addition, biological properties such as biocompatibility, cell attachment and spreading
were evaluated. In terms of potential TE scaffold applications, these electrospun blends exhibited
promising characteristics including excellent biocompatibility, cell attachment and spreading for
epidermal keratinocytes and fibroblasts [94,98]. Similar findings have been reported by Yoo et al. [94];
chitin and SF solutions were electrospun simultaneously using a hybrid ES technique and nano-fibres
were collected at a rotating target. The composition of hybrid materials was controlled by adjusting
the solution flow rates. The average fibre diameter was decreased with increasing proportions of CH.

Increasing the proportion of SF improved the mechanical properties whereas higher proportions
of CH improved the antibacterial activity of the electrospun fibres. Authors suggested that CH/SF
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electrospun membranes are a promising candidate for wound healing applications. Chen et al. [99]
reported the fabrication of bead-free electrospun nano-fibres of CH/SF blends. The composite
nano-fibres were characterized for cellular response using human foetal osteoblasts. SF/CH nano-fibres
encouraged the proliferation and differentiation of human foetal osteoblasts. Authors reported the
suitability of these materials for bone regeneration applications by choosing a suitable composition.
Recently, composite nano-fibres [N-carboxyethyl CH/PVA/SF] have been electrospun using aqueous
solutions with suspended SF nanoparticles [92]. These materials had a benefit of being electrospun
from aqueous solutions instead of organic solvents during cytotoxicity testing of mouse fibroblasts
(L929). These nanomaterials demonstrated good biocompatibility, and hence, can be considered for
potential TE applications such as skin regeneration wound dressings [92]. It is clear from previous
studies that CH and silk fibroin are compatible with each other for the purpose of ES. A wide
range of proportions coupled with ES techniques have been tested with promising outcomes for
tissue regeneration applications. However, all reported studies (Table 1) have been conducted in the
laboratory environment focusing mainly on physical, mechanical and biological properties.

Table 1. Studies reporting ES of chitosan and silk fibroin composite materials for tissue regeneration
application.

Researcher Solvent Materials Key Findings and Significance

Park et al.,
2004 [93] Formic acid

CH/SF blends of
variable
proportions

Reported the ES of CH/SF blended nano-fibres. The average fibre diameter
was reduced with a narrow diameter distribution compared to SF
nano-fibres.

Park 2006 [98] HFIP
Chitin/SF blends
of variable
proportions

Chitin/SF remains immiscible in nano-fibres
The average diameters decreased by increasing chitin contents.
Biocompatible and good response for cell attachment and spreading, hence
suitable for tissue regeneration applications

Yoo et al.,
2008 [94] HFIP

Chitin/SF blends
of variable
proportions
chitin (5 wt.% in
HFIP) and SF
(7 wt.% in HFIP)

Confirmed all findings reported by Park et al., 2006 [76].
Chitin/SF solutions were electrospun simultaneously using a hybrid ES
technique and nano-fibres were collected on a rotating target.
Chitin/SF proportion was controlled by adjusting the flow rates.
A narrow fibre diameter distribution (340–920 nm) was observed for
chitin/SF nano-fibres compared to SF fibres (140–1260 nm).

Cai 2010 [100] HFIP, TFE

CH/SF blends;
CH contents (0%,
20%, 50%, and
80%)

CH/SF nano-fibrous membranes were successfully electrospun.
The average fibre diameter was decreased with the increasing percentage
of chitosan.
CH/SF composites have better mechanical properties than CS.
Electrospun materials were characterized for biocompatibility and
antibacterial activity. Authors suggested these membranes as a promising
candidate for wound healing applications.

Chen et al.,
2012 [101]

mixed solvent
[TFA],

dichloromethane

CH/SF blends;
CH contents (0%,
25%, 50%, 75%
and 100%)

Electrospun bead-free CH/SF nano-fibres
The composite nano-fibres supported the growth and differentiation of
human foetal osteoblasts.
Authors reported that a suitable composition of these materials is suitable for
bone TE applications.

Zhou et al.,
2013 [92] water

ES dope
contained 2.5%
(w/v) CH 9%
(w/v) PVA in an
aqueous solution.
SF nanoparticles
(4–8 wt.%) were
added

Electrospun composite nanofibre membranes using water-soluble
N-carboxyethyl CH/PVA/SF nanoparticles
The morphology and diameter of the nano-fibres were affected by silk fibroin
nanoparticles contents.
Presence of intermolecular hydrogen bonding among the molecules of
carboxyethyl CH, SF and PVA.
Electrospun nanomaterials demonstrated good biocompatibility and can be
considered for potential tissue regeneration applications such as skin
regeneration wound dressings.

CH (chitosan); SF (silk fibroin); HFIP (1,1,1,3,3,3-hexafluoro-2-propanol); TFE (2,2,2-trifluoroethanol); TFA
(trifluoroacetic acid) dichloromethane; PVA (polyvinyl alcohol).

Chitosan/silk fibroin composite materials showed satisfactory properties and biocompatibility
essentially required for tissue regeneration and biomedical applications. However, further research
including in vivo studies is required to prove these claims for more practical and clinical applications.
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3.3. Collagen Chitosan (CC)

Collagen is another natural polymer that has excellent properties (such as biodegradability
and biocompatibility) and has been widely explored for TE applications [101,102]. Collagen has
been electrospun with and without blending with other polymers such as natural silk [57,58,103],
PCL [104], PEO [105] and chitosan [44,101,106]. The purpose of blending other materials with collagen
is obvious in terms of modifying the final properties according to potential applications. For example,
collagen-CH (CC) blends can modify the mechanical and biological properties to mimic the natural
extracellular matrix [107,108]. Previous literature [108–110] has reported the effects of added CH
to properties of collagen-based biomaterials. For instance, addition of CH is known to modify the
collagen helical characteristics by introducing additional hydrogen bonding that ultimately changes
the physical properties. Fourier Transform Infrared (FTIR) spectroscopic analysis has confirmed such
molecular interactions between collagen and CH blends [107]. In terms of fibre morphology of CC
blends, the fibre diameter was decreased by increasing the CH contents [111]. The various factors
affecting the tensile behaviour of electrospun CC materials (single fibres as well as fibrous membrane)
have been investigated in detail [44]. Higher tensile strength was observed in case of smaller diameter
fibres. In case of electrospun CC membranes, the increase in the ultimate tensile strength was observed
by decreasing CH content [44].

Tan et al. fabricated CC composite materials of variable proportions and evaluated the cell
viability and proliferation using cells from a human hemopoietic cell line (K562) [112]. The addition of
CH (up to 50%) altered the crosslinking pattern of collagen and cellular proliferation. Further increase
in the CH content was linked to reduced porosity and cellular proliferation capacity of scaffolds.
In addition, CH improved the physical properties such as better stability of fibrous structure and
resisting deformation [112]. The behaviours of CC composite materials were also investigated using
human periodontal ligament (PDL) cells. The overall adherence and growth capability of periodontal
cells was better while using CC scaffolds compared to collagen or CH-only scaffolds. In terms of
adherence and growth of cultured PDL cells, the CC scaffolds were better than either CH or collagen
scaffolds. It can therefore be suggested that CC composite scaffolds are promising candidates for PDL
tissue regeneration [113]. Considering results of using CC composites for TE applications, a number of
investigators attempted electrospinning of collagen CH blends [44,101].

In order to fabricate biocompatible wound healing dressings for promoting regeneration of dermal and
epidermal layers; nanocomposite fibrous membranes using collagen and CH were electrospun [114].
Characterization of these materials revealed an appreciable degree of crosslinking that resulted in
improved mechanical properties (elastic modulus, strength) coupled with a decreased water sorption
capability. In terms of biological properties for specific applications; these electrospun membranes
were biocompatible and non-toxic to fibroblasts and promoted wound healing. Considering the wound
healing potential, the authors declared these electrospun nano-fibre membranes superior to collagen
sponge and gauze [114]. Chen and coworkers [101] electrospun CC blends for TE applications and
characterized physical, mechanical, thermal properties and biocompatibility using endothelial and
smooth muscle cells. The CC scaffolds showed excellent biocompatibility and proliferation for both
endothelial and smooth muscle cells suggesting CC as a promising scaffold material for TE applications
for regeneration of nerves and blood vessels [101]. Another study [115] has reported the fabrication of
electrospun CC targeting the regeneration of nerves and blood vessels. In addition to natural polymers,
synthetic polymers (such as thermoplastic PU) were added to enhance the mechanical properties
of TE scaffolds and mimic extracellular matrices. The authors reported promising results of in vitro
experiments and suggested that in vivo studies are required to validate these results for vascular and
nerve regeneration [115].

A potential application of electrospun CC nanofibrous membranes is for corneal TE [116].
The composite CC membranes showed better optical and mechanical properties compared to CH alone.
The addition of collagen has been reported to improve the mechanical and physical properties (such as
hydrophilicity, optical clarity) without compromising biocompatibility. In addition, CC membranes
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showed promising characteristics to promote the attachment, spread and viability of cells and has been
suggested as a potential candidate for corneal tissue regeneration applications [116]. Recently, CC
electrospun scaffolds have been evaluated for guided bone regeneration applications [117]. The CC
nanofibre membranes resulted in enhanced cellular proliferation and expression of osteogenic genes in
mesenchymal stem cells. There were no apparent signs of inflammation or tissue reaction in the vicinity
of the CC membranes suggesting good biocompatibility and potential for guided bone regeneration
applications [117]. Although these materials have been evaluated for a range of TE applications such
as skin, nerves, vessels, periodontal and bone regeneration, more in vivo and clinical trials are required
to validate their properties prior to clinical applications.

3.4. Agarose Chitosan

Agarose is another natural polysaccharide that has been widely used for pharmaceutical and
cosmetics applications [118]. Chemically, agarose is a linear polymer composed of repeating units of
disaccharide agarobiose. In recent years, many researchers have attempted to fabricate nano-fibres
of agarose and CH using various solvents and techniques [119–121]. The mixture of trifluoroacetic
acid (TFA) and dichloromethane (DCM) has been reported as a suitable ES solvent for agarose and
CH. The agarose added to CH lowered the viscosity of the dope remarkably and resulted in a better
compatibility and interaction between agarose and CS molecules [120].

The agarose/CH electrospun fibres (from 30–50% agarose) resulted in smooth cylindrical
nano-fibres. However, increasing the agarose content further reduces the viscosity leading to relatively
thinner fibres and bead formation [120]. The ES of pure CH results in thicker fibres (in the range of
few hundred nanometers to microns), hence agarose can be incorporated to reduce and control the
average fibre diameter [120]. Besides chitosan, agarose has been blended with other polymers such as
polyacrylamide [119] and polyacrylic acid for ES [122].

There are no biocompatibility or cytotoxicity issues for using agarose-CH blends for biomedical
applications. Miguel et al. fabricated agarose-CH thermos-responsive hydrogels for wound healing
and skin regeneration [123]. The minimal tissue inflammation and improved healing addressed the
excellent biocompatibility and supported cellular proliferation [123].

3.5. Chitosan PEO Composite Electrospinning

The first documented study focusing on the production of electrospun CH-PEO was conducted by
Duan et al. [26] using a combination of various ES parameters [concentration (2–8%), CH-PEO ratio (5:1,
2:1 and 1:1) in 2 wt.% acetic acid], voltage of 15 kV, a flow rate of 0.1 mL/h and a stationary collector.
While 2% solution only produced beads with no significant fibre formation and 8% solution was too
viscous to produce fibres, optimal results were obtained with solutions containing CH and PEO in the
ratios of 2:1 and 1:1. One problematic observation of this study was the inconsistent thickness of the
fibre diameter. It was seen that thick fibres in the micrometer range were collected directly under the
capillary and thinner fibres in the nanometer range were collected elsewhere. This can be attributed
to the repulsion of the CH fibres due to their cationic nature. Increasing the molecular mass of PEO
had little effect on the ES capabilities of the solution and fibre morphology [26]. Subsequent studies
have aimed to improve the ES characteristics of CH-PEO solutions and achieve better control over
the quality and fineness of fibres [124–126]. Bhattarai et al. [127] observed that 2% CH and 3% PEO
[CH to PEO ratios of 90:10] dissolved in 0.5 M acetic acid produced aligned nano-fibres in the range of
40 nm to 50 μm and claimed improved results compared to Duan et al. [26]. Furthermore, dimethyl
sulfoxide was added as a co-solvent to the solution before ES to ease the chain entanglements of CH.
An additional advantage of a low PEO is the low swelling of the fibres which increases the structural
integrity of the scaffold while in water [127]. In vitro analysis showed that nano-sized CH-PEO fibres
favoured cellular attachment and proliferation.

Klossner et al. observed that increasing the total CH-PEO concentration decreases bead formation;
however, highly viscous solutions cannot be electrospun [59]. Bead formation was also reduced by
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decreasing the acetic acid concentration [116]. Additionally, increasing the CH concentration resulted
in thicker fibres. Moreover, decreasing the Mw of CH increased the ease of ES. Klossner et al. observed
that there was phase separation between CH and PEO after 24 h, hence inhibiting ES [59]. It can
be assumed that the CH-PEO solutions in acetic acid have a very short shelf life (<24 h) and must
be electrospun within 24 h. The ES capabilities of CH-PEO solutions can be increased by ultra-high
molecular weight PEO (UHMWPEO) (Figure 4) [59].

Recently, Qasim et al. reported on processing of ES CH-UHMWPEO solutions that contain
UHMWPEO as low as 5 wt.% [3,126] (Figure 5). The main advantage of these fibres is the high CH and
lower PEO content that can lead to lesser swelling upon immersion in water. Furthermore, increasing
the CH proportion can yield enhanced benefits in terms of antibacterial and osseo-conductive
properties. Another way of producing CH and PEO is using coaxial ES of two different blends
of polymer solutions [128,129]. Ojha et al. electrospun PEO-coated CH fibres that can be exposed by
washing away water-soluble PEO [129]. Conversely, Pakarvan et al. have produced similar fibres albeit
in the opposite arrangement i.e., a PEO core coated by CH sheath [128]. Upon washing away the inner
core of PEO with water, hollow CH nano-fibres were obtained. Hollow fibres can facilitate cellular
attachments and proliferation by providing a larger surface area. The potential area of applications
may include haemodialysis and wound-dressings.

Plenty of research has been conducted to improve antimicrobial, regenerative properties and stability
of electrospun CH-PEO fibres in combination with poly(hexamethylenebiguanide) hydrochloride
(PHMB) or silver nitrate nanoparticles to induce antibacterial properties against Staphylococcus aureus
and Escherichia coli [124,130]. These scaffolds can be advantageous for wound dressings for preventing
infections and accelerating the healing. In order to improve the surface properties of the fibres,
arginylglycylaspartic acid (RGD) peptides can be crosslinked to the fibres via poly(ethylene glycol)
following ES [131]. Compared to unmodified CH-PEO fibres, RGD-modified fibres have superior
bioactivity and lead to accelerated tissue regeneration. Recently, incorporation of graphene oxide as a
carrier for doxorubicin, an anti-cancer drug, to CH-PEO fibres has made these scaffolds useful as a
drug delivery medium to target cancerous tissues directly rather than systemic delivery and avoiding
numerous adverse effects [132].

The PEO (as a copolymer) led to the disruption of the CH chain self-association due to hydrogen
bonding between −OH and +H ions originating from water molecules [133]. Subsequently,
it diminishes repulsion between CH polycationic groups and triggers chain entanglements to cause
fibre formation [124,127]. Pakravan et al. used PEO in different percentages and observed the
absorption peak at 1112 cm−1 in FTIR spectroscopic analysis [125]. This can be assigned to the ether
band shifting to a lower wavenumber. Furthermore, PEO reduces the viscosity by breaching intra
and/or intermolecular interactions of CH chains. In addition, the flexible PEO chains form around
the rigid CH structures [125]. The interaction of CH-PEO is established as a result of solid hydrogen
bonding among OH, CH amino groups (Figure 6) and PEO ether groups [125].

Another way of further improving on the regenerative and mechanical properties of CH-PEO
nano-fibrous scaffolds is adding another natural or synthetic polymer such as collagen or poly
(ε-Caprolactone) (PCL) to the ES solution. However, production of such scaffolds usually involves
the use of chemicals or cross-linking agents such as glutaraldehyde and 1,6-diisocyanatohexane
(HMDI) that may cause concern for use in clinical settings. Sarkar et al. used tripolyphosphate
(TPP), a cross-linking agent, to successfully produce biocompatible cross-linked CH-PEO (5:1 ratio)
fibres having diameters as small as 50 nm in 15 M acetic acid [134]. TPP has previously been used to
produce biocompatible and non-toxic CH beads for drug delivery applications [135]. It can be a viable
alternative to potentially toxic cross-linking agents such as gluteraldehyde and HMDI.
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Figure 5. SEM images of electrospun CH-PEO blends; 4.5 wt.% CH:PEO 95:5, and 10:1, 3 wt.% acetic
acid in Dimethyl Sulphoxide (DMSO), chitosan electrospun fibres spun using PEO as co-polymer.
(a) Overly aligned fibres (b) random fibres (c,d) fibre distribution frequency calculated from 100 fibres
(e,f) orientation histograms showing distribution of aligned and random fibres. Image adapted with
permission from publisher (scale bar = 5 μm) [3].

Figure 6. Proposed hydrogen bonding interactions of PEO and CH [125]; (Adapted with permission
of publisher).
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4. Tissue Engineering and Regenerative Applications of Chitosan-Based Solution
Electrospun Fibres

4.1. Neural Tissue Regeneration

Amongst the available methods for scaffold fabrication, biomedical engineers have utilized
electrospinning to aid nerve regeneration by synthesizing nerve guidance conduits or other non-porous
templates [136]. The electrospun CH scaffolds have also been studied for their neural regenerative
potential. Prabhakaran et al. have shown that rats Schwann cells cultured on PCL/CH fibres exhibit
significantly higher biocompatibility compared to PCL fibres [137]. Another exciting prospect in neural
tissue regeneration is the possibility of constructing electrospun fibrous nanotubes. Electrospun fibrous
collagen/CH/thermoplastic polyurethane nanotubes have shown promising results for cultured
Schwann cells [115]. Similarly, in vivo studies conducted on sciatic nerve defects in rats suggested
that composite nanotubes consisting of electrospun CH/PVA fibres could function as scaffolds [138].
Additionally, the CH/PVA have superior mechanical properties compared to PVA scaffolds [139].
Generally, electrospun CH fibres having aligned morphology induce higher Schwann cell proliferation
compared to random fibres [138].

Although using CH composite scaffolds for neural tissue regeneration seems promising, little is
known about their long-term in vivo inflammatory effects. Recently, an in vivo study conducted on
multi-layered 3D CH fibres enclosed by a PCL shell has exhibited extensive foreign body reactions
while implanted in nerve defects [140]. Hence, more studies are pertinent to develop scaffolds that are
considered safe for use in human subjects before they are employed in surgical practice.

4.2. Bone Regeneration

Perhaps CH fibres have been most extensively studied as scaffolds for bone regeneration. A typical
periodontal defect involves irreversible resorption of alveolar bone. Electrospun CH/PEO scaffolds not
only exhibit higher biocompatibility than cast CH membranes, but also possess superior mechanical
properties (Table 2) [141].
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Bioactive ceramics such as HAp can also be incorporated in CH solutions prior to ES to produce bioactive
scaffolds capable of accelerating osteoblast proliferation and bone formation (Figure 7 [152,153]).
Various combinations of CH with natural polymers such as silk fibroin, collagen and chitin have also
been found to induce accelerated proliferation of osteoblasts and mesenchymal cells in vitro [99,153,154].
Recently, in vivo studies conducted on CC fibrous membranes implanted in bone defects in rabbits
have exhibited similar efficacy to commercially available collagen-guided tissue regeneration (GTR)
membranes [117].

As discussed earlier, the mechanical properties and controlled degradation of GTR membranes
have been a concern that can be overcome by adding certain non-toxic cross-linking agents such as
genipin (Figure 8). Genipin is a natural cross-linking agent that can be used to reinforce CH and extend
the degradation period up to 4–6 months as needed for complete bone healing [155]. Mechanical
testing has revealed improved ultimate tensile strength (32 MPa) of such scaffolds that is substantially
higher than currently available GTR membranes [156,157].

Recent research has focused on developing CH-based GTR scaffolds that can concurrently be used
for bone regeneration and drug delivery to the implantation site. Ferrand et al. reported the possibility
to immobilize bone morphogenic protein-2 (BMP-2) on electrospun PCL/CH fibrous scaffolds and
enhancing the bone regeneration in vivo [158]. More recently, BMP-7 immobilized on PCL-CH fibres
has shown superior osteogenic potential compared to fibres without any growth factors when human
mesenchymal stem cells (hMSCs) were cultured [159]. Incorporation of growth factors into CH
scaffolds have made it possible to ‘kick-start’ bone regeneration rather than function solely as barrier
membranes. Coupled with the inherent osteogenic potential of CH, such scaffolds are likely to offer an
excellent alternative to conventional GTR membranes.

 

Figure 7. (A) SEM micrographs of nanohydroxyapatite/collagen/chitosan fibres; scale bar: 1 μm (B)
Induced pluripotent stem-cell-derived mesenchymal stem cells (iPSC-MSCs) seeded on HA/chitosan
fibres after culturing for 4 days, scale bar: 20 μm (Xie et al., 2016) [142]; (Adapted with permission
of publisher).
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Figure 8. (A) Macroscopic image of chitosan fibre and (B) fibrous mat; (C) Morphology of fibre evaluated
by SEM and atomic force microscopy of 0.1% genipin crosslinked and 1% HA loaded; (D) 7% chitosan
fibres, typical morphology seen inset images [143]; (Adapted with permission of publisher).

4.3. Drug Delivery

Although CH is primarily used as quaternized form to deliver drugs to the implantation sites,
the use of fibrous CH scaffolds as delivery media for various drugs has also been reported [160–162].
For instance, electrospun PCL/CH fibres can be used to deliver growth factors for bone
regeneration [158,159]. CH fibrous mats impregnated with heparin-bound fibroblast growth factor-2
(FGF-2) stimulated cellular activities of sheep mesenchymal cells indicating a possible mechanism
to deliver drugs [163]. Gentamicin immobilized on liposome can be released from CH fibres and
has exhibited antimicrobial activity for up to 24 h against Escherichia coli, Pseudomonas aeruginosa and
Staphylococcus aureus [164] indicating its potential for wound healing applications. Carbon-based drug
carriers such as nano graphene-oxide have also been electrospun along with CH-PEO to produce
scaffolds that can release doxorubicin. The primary amino group of CH facilitates cross-linking and
ligand attachment for targeted drug delivery. Nanoparticles are negatively charged, and CH is cationic
hence promoting electrostatic interaction [132].

4.4. Wound Dressings

Considering the excellent porosity and drug-carrying ability of CH fibres, another major application
is production of wound dressings [165]. CH can be electrospun along with synthetic and natural
polymers such as PVA, silk fibroin and PLLA to produce dressings [100,165,166]. Antimicrobial
enzyme lysozyme can be added to CH-PVA fibrous membranes to prevent wound infections [167].
In addition to drugs, nanoparticles can also be co-electrospun with CH. A dual layered membrane of
electrospun CH and adipose-derived human extracellular membrane containing nano-titania (TiO2)
particles exhibits higher healing properties in rats [167]. Similarly, nano-silver particles incorporated
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into electrospun CH/PEO fibres exhibited antibacterial activity against S. aureus and E. coli, which
are both organisms implicated in wound infections [168]. More recently, electrospun CH/arginine
fibres exhibited faster wound healing and anti-bacterial properties [169]. Moreover, CH-PVA fibres
containing mafenide acetate have shown antibacterial activity against S. aureus and P. aeruginosa [170].

4.5. Anti-Carious Mucoadhesive Mats

Recently, anti-carious mats constructed from electrospun CH fibres containing antimicrobial
agents have been studied for anti-cariogenic potential. CH/thiolated CH mats blended with PVA can
be used to deliver anti-caries agents such as Garcinia mangostana extract in form of mucoadhesive mats
which can be used by patients who may be unable to administer conventional oral hygiene measures
to prevent dental caries [171,172].

4.6. Other Applications

The diversity of electrospun CH fibres have led to their use as templates for hepatocyte, chondrogenic
and myogenic differentiation. Feng et al. reported CH nano-fibre mesh liver TE applications and tested
the biocompatibility using hepatocytes [173]. In another study by Noriega et al. CH nano-fibres were
used for culturing chondrocytes. Reported results were suggestive that the matrix geometry was able
to regulate and promote the retention of the chondrocyte genotype [174]. A number of investigations
have been conducted to study cellular interactions and stem cell fate [147,175,176]. Newman et al.
studied the effect of topography by synthesizing aligned and randomly oriented fibres on cell shape
and cell differentiation towards osteogenic and myogenic lineages [177].

5. Conclusions and Future Aspects

The present review shows that there is a wealth of scientific evidence available in support of the
favourable properties and biocompatibility of chitosan electrospun composite biomaterials for a range
of TE and regenerative medicine applications. However, further research including in vivo studies are
required to translate these materials from laboratory to clinical applications. Although investigators
have been able to alter the instrumentation and solution parameters to mimic natural tissue structure
and morphology, the continual process of reporting various possibilities needs further characterisation
and clinical trials before their applications for treating medical diseases with predictability. Using
electrospinning and augmenting this technique with additives, manufacturers can have further control
of the final template. Moreover, clinicians and bioengineers, whilst working together, can solve
unexplored regenerative therapies by harnessing the fibre diameter, size, morphology and orientations
according to the desired clinical applications. Mimicking structural and functional aspects of natural
tissues will have a significant impact on the future of electrospinning of these materials.
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Abbreviations

CH Chitosan
DMSO Dimethyl Sulphoxide
Hap Hydroxyapatite
ES Electrospinning
nm Nanometres
PLA Poly lactic acid
PLGA Poly lactide co-glycolide
PU Polyurethane

404



Int. J. Mol. Sci. 2018, 19, 407

PS Polystyrene
PVA Poly vinyl alcohol
SF Silk fibroin
TE Tissue Engineering
TFA Triflouro acetic acid
PEO Polyethylene oxide
TPP Tripolyphosphate
CC Collagen chitosan
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