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The development of an ad hoc scaffold for effective tissue
engineering applications plays a pivotal role in promoting
and support the healing process. For this aim, an accurate
morphological, biochemical, and mechanical replication of
the tissue-specific extracellular matrix (ECM) to be regen-
erated can contribute to elicit a positive cell response,
tissue formation and, therefore, a proper host integration
after implantation. To further enhance this expected result,
several technical strategies can be usefully planned, includ-
ing innovative fabrication techniques, surface modification,
incorporation of specific fillers, and/or addition of drugs or
growth factors to be subsequently released to speed up the
autologous tissue regeneration.

This special issue presents both original research and
review articles aimed to investigate and underline the crucial
role of an ECM-like scaffold. In order to present an overview
on the in vivo results collected so far, according to tissue
engineering guidelines, S. Baiguera et al. focused on the
analysis of implanted orthotopic organ substitutes. Different
clinical fields were considered, highlighting limitations and
promising approaches when properly prepared scaffolds were
used. M. G. de Morais et al. reviewed the potential role of
Spirulina, a prokaryotic microalga, as a specific element to
be included into electrospun polymeric fibers to mimic the
architecture of natural ECM.Akey topic for an effective tissue
regeneration was considered by A. Neve et al., emphasizing
the role played by ECM in the regulation of the angiogenic
process. This is a well-known issue to be addressed in order
to deal with a suitable tissue engineered construct, and

the proposed review also shows that ECM molecules and
fragments, resulting from proteolysis, can act directly as
inflammatory stimuli and contribute to exacerbated angio-
genesis.

Original research studies demonstrate the influence of
natural cues for the fabrication of tailored constructs. E.
Stocco et al. propose a hybrid scaffold made of polyvinyl
alcohol hydrogel and ECM to promote cartilage regeneration.
Similarly, H. Fan et al. combined human-like collagen and
nanohydroxyapatite to fabricate a specific scaffold for bone
tissue engineering. Both the approaches show that a scaffold
not only is a “simple” (passive) structural support but plays an
active part in the healing process, supporting cell adhesion,
migration, and proliferation by means of different signalling
cues. More directly, L. Dall’Olmo et al. address the relevant
issue to fabricate functional small-diameter vascular grafts,
evaluating the potential of decellularized rat iliac arteries.
In vivo investigation led to unsatisfactory results since the
lack of endothelial cells contributed to thrombus formation
and intimal proliferation. Once again, this study supports the
need (i) to deeply analyse the properties of the biomaterial
to be used for tissue engineering scaffolding and (ii) to
understand that several factors concur to a positive outcome.

Interestingly, two papers focus on the analysis of the
morphological/structural properties of human trabecular
bone tissue (F.Marinozzi et al.) and composite scaffoldsmade
of chitosan/gelatin blend and bioactive glasses for bone tissue
engineering (D. Massai et al.). The proposed studies can
contribute to better investigate local features of ECM and,
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therefore, to design biomimetic porous ECM-like scaffolds
that resemble the tissue of interest.

Tissue engineering can positively improve clinical treat-
ments, but the expected outcome is strictly dependent on
the strategy to be adopted. The present special issue aims
to underline this crucial aspect and, thanks to the authors
participating in this project, we hope to offer a sound basis
to enhance regenerative protocols.

Costantino Del Gaudio
Silvia Baiguera

Alessandra Bianco
Luca Urbani



Review Article
Tissue Engineered Scaffolds for an Effective Healing
and Regeneration: Reviewing Orthotopic Studies

Silvia Baiguera,1 Luca Urbani,2 and Costantino Del Gaudio3

1 INAIL-DIPIA, Via Alessandria 220E, 00198 Rome, Italy
2 Surgery Unit, Institute of Child Health and Great Ormond Street Hospital, University College London,
30 Guilford Street, London WC1N 1EH, UK

3University of Rome “Tor Vergata”, Department of Enterprise Engineering, Intrauniversitary Consortium for
Material Science and Technology (INSTM), Research Unit “Tor Vergata”, Via del Politecnico 1, 00133 Rome, Italy

Correspondence should be addressed to Costantino Del Gaudio; costantino.delgaudio@uniroma2.it

Received 18 March 2014; Accepted 22 July 2014; Published 27 August 2014

Academic Editor: Alessandra Bianco

Copyright © 2014 Silvia Baiguera et al.This is an open access article distributed under the Creative Commons Attribution License,
which permits unrestricted use, distribution, and reproduction in any medium, provided the original work is properly cited.

It is commonly stated that tissue engineering is the most promising approach to treat or replace failing tissues/organs. For this aim,
a specific strategy should be planned including proper selection of biomaterials, fabrication techniques, cell lines, and signaling
cues. A great effort has been pursued to develop suitable scaffolds for the restoration of a variety of tissues and a huge number
of protocols ranging from in vitro to in vivo studies, the latter further differentiating into several procedures depending on the
type of implantation (i.e., subcutaneous or orthotopic) and the model adopted (i.e., animal or human), have been developed. All
together, the published reports demonstrate that the proposed tissue engineering approaches spread toward multiple directions.
The critical review of this scenario might suggest, at the same time, that a limited number of studies gave a real improvement to
the field, especially referring to in vivo investigations. In this regard, the present paper aims to review the results of in vivo tissue
engineering experimentations, focusing on the role of the scaffold and its specificity with respect to the tissue to be regenerated, in
order to verify whether an extracellular matrix-like device, as usually stated, could promote an expected positive outcome.

1. Introduction

A simple search on the PubMed website using the key “scaf-
fold tissue engineering” gave 8948 results (July, 2014), the first
two papers being published in 1993, characterized by a linear-
like distribution starting from the year 2000 (Figure 1). This
occurrence suggests that, after an initial pioneering period,
tissue engineering has been rapidly developed as an emerging
research field with relevant implications for the enhancement
of clinical treatments and the improvement of quality of life
of a patient. Clearly, this can be considered a rough and not
targeted bibliographic research that can be surely refined in
order to highlight subtle and specific aspects related to this
innovative and promising multidisciplinary approach, but it
can give an idea, at the same time, of the great effort in the
field. Now, after 20 years, a critical consideration about the
overall findings collected so far can support the questions
“where are we now?” and “have we enough information to

move toward this or that direction?”. We hope to have a
preliminary answer at the end of this review, since a definitive
one would be unreasonable. For this aim, the present review
focuses on the role of the scaffold in tissue engineering to be
considered not just as a passive support for cell seeding but
as an active platform that can effectively contribute to tissue
regeneration andhost integration. It is usually stated that such
a scaffold should mimic the natural ECM of the tissue to be
healed, but what this exactly means is the objective of this
paper and, therefore, we will try to furnish a critical review of
the literature data. One of the great expectations from tissue
engineering is the potential to develop functional organs to
overcome the current limitations related to the shortage of
donor organs, incompatibility problems, and the detrimental
effects of long-term use of immunosuppressive drugs after
transplantation [1, 2]. The technical approach to address this
issue is summarized into the well-known tissue engineering
paradigm [3], and one of its key points specifically focuses
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Figure 1: Timeline of published papers (number per year) from
the PubMed website using the key “scaffold tissue engineering”
(updated to July, 2014).

on the definition of a viable and instructive scaffold for cell
seeding, proliferation, migration, and differentiation in the
case of stem cells.This statement implies a careful selection of:
(i) the material(s) for scaffold fabrication, either synthetic or
naturally derived, (ii) the most suitable technique that allows
to deal with a substrate morphologically and mechanically
similar to the ECM to be replaced, thus avoiding any
mismatch with the surrounding tissue, (iii) possible surface
treatments that can confer a positive biochemical profile to
elicit a significant biological response, and (iv) drugs and/or
growth factors to be loaded into the scaffold and subsequently
released to enhance the final performance, avoiding, for
instance, any side effect that can limit the therapeutic efficacy,
for example, prevention of platelet adhesion on the luminal
surface of tissue engineered vascular grafts [4].

Reasonably, due to the wide range to be covered and in
order to furnish a clear scenario of the potential of a proper
scaffold for tissue engineering applications, the main inclu-
sion (or exclusion) criteria that led to the paper selection,
here critically presented, were strictly related to the in vivo
studies, preferentially focusing on orthotopic implantations.
The rationale for this choice is expected to underline the
findings that have already demonstrated promising results for
the clinical translation of the tissue engineering approach.
To provide a comprehensive survey on the topic, this review
will firstly introduce a section on the common features of
the ECM.Thereafter, currently investigated tissue engineered
approaches, reporting only in vivo experimentations on
tissue/organ and focusing on the properties of the scaffolds
involved in the healing process, will be presented. Finally, a
general discussion will resume the results with the aim to
identify, if possible, the most promising strategies that can
prompt an effective clinical translation.

2. The Extracellular Matrix: A Model for
Tissue Engineered Scaffolds?

TheECM is the basicmicrostructure of each tissue and organ.
It is usually referred to as one of the pivotal elements when a
reliable tissue engineering strategy is needed. This relies on
the fact that the replication of its specificity represents a key

factor for the development of a scaffold that could provide a
suitable microenvironment for a functional physioanatomic
district to substitute the failing one.

The ECM functions as a structural as well as a signal-
ing scaffold for cells, influencing cell behavior in terms of
differentiation, proliferation, survival, and migration. It is a
heterogeneous composition of proteoglycans, proteins, and
signaling molecules. Structural proteins, such as collagen,
elastin, and reticular fibers, are organized in an interwoven
network of fibers and fibrils and provide architectural rigidity
and mechanical support [5]. This fibrous architecture has
also an important role in mechanotransduction: it deforms
viscoelastically to external and internal stresses allowing cells
to respond to mechanical stresses [6]. The ECM nonfibrous
components, mostly glycosaminoglycans, regulate turgor
pressure, form intimate intracellular connections, andmodu-
late the binding sites and activity of growth factors, acting also
as a local factor reservoir [7].The composition dictatesmatrix
stiffness and rigidity (affecting cell differentiation, migration,
and proliferation), permeability (affecting nutrient diffusion
to tissues and cell function), and cell-matrix interactions
(affecting cell adhesion and proliferation) [8].

The ECM spatial arrangement, composition, and interac-
tion with cells and growth factors are tissue- and function-
specific. The epithelial ECM, for example, is minimal (only
the basement membrane), on the contrary of connective
tissues, characterized by an abundant ECM, while bone ECM
consists mostly of collagen type I structural proteins, apatite
mineral and noncollagenous proteins, such as osteocalcin,
fibronectin, and vitronectin [9]. As a consequence, tissue
peculiar characteristics, defining the unique biochemical,
biomechanical, and structural profile, should be the goal
to be achieved when defining a tissue engineered scaffold.
For this aim several cues concur, which can be summarily
classified into (i) internal ones, for example, the type and
ratio of the “materials” that constitute that particular ECM,
the hierarchical structure, the morphology and stiffness,
and the signalling cascade between cells and extracellular
environment, and (ii) external ones, being, for instance,
dependent on the mechanical load exerted for a specific
function, for example, muscle contractility/distensibility for
food propelling within esophagus, bladder distension, or
heart activity.

The advantage of using natural scaffolds from innate
organs allows to deal with substrates characterized by tissue-
specific biochemistry (proteins and polysaccharides) and
structural architecture, an intact and patent vasculature, and
the presence of growth factors able to drive progenitor cell
differentiation into organ-specific phenotypes [2]. In order to
obtain a suitable ECM-like natural scaffold, the tissue should
be preliminarily subjected to a decellularization process
aimed to avoid any immunological response after implan-
tation. However, it should be carefully considered that even
if this strategy seems to be straightforward, the influence of
the decellularization protocol adopted can harshly affect the
final result leading to a structure that does not retain anymore
the expected cues, specially the mechanical ones. Besides, the
main limitation of native-derived scaffold is related to the
shortage of cadaveric donor organs, which may significantly
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Figure 2: Strategies to develop a functional tissue engineered substitute for regeneration of failing tissues and organs. Synthetic, natural, or
hybrid scaffolds can be treated to improve their features and performances, seeded with different cells types before implantation or directly
in vivo implanted after the fabrication procedure.

delay the obtainment of biological substitutes and increase
patients’ waiting time [10]. In order to overcome these limi-
tations, an alternative route has been developed based on the
use of synthetic scaffolds. Reasonably, the need for a donor is
eliminated, and scaffold dimensions and shape can be tailored
to fit the anatomy of the recipient due to intrinsic possibility
to deal with a number of fabrication techniques and to select
the most appropriate one [11]. Obviously, materials must
be biocompatible, nontoxic, nonimmunogenic, and noncar-
cinogenic, should facilitate cellular adhesion, proliferation,
organization, and differentiation, should be characterized by
a suitable degradation rate and resist bacterial colonization
[12]. It should be underlined that the ideal material, to be
modelled into the specific organ to be regenerated, is still
to come, as a single material can hardly recapitulate all
the needed characteristics. An integrated strategy including
possible postfabrication treatments and addition of fillers
or drugs/growth factors for a subsequent release can be a
desirable option. Figure 2 summarizes possible strategies that
can be considered for this aim, but at the same time this
is only a macroscopic point of view since a detailed study
of the tissue-specific ECM is necessary, especially referring
to the intrinsic hierarchical nature. Clearly, the structure
is strictly related to the final function and, in this regard,
a nanoscale investigation of the characteristics composing

each tissue can support the development of suitable scaf-
folds. As reported by Kim et al. [13], nanostructures in the
human body can be classified into four categories dependent
on the physiological environment: protective tissue (skin),
mechanosensitive tissues (bone, ligament/tendon), electroac-
tive tissues (neuron, skeletal muscle, and heart), and shear
stress-sensitive tissue (blood vessel).This directly implies that
the resulting mechanical properties play a crucial role in the
expected tissue healing and regeneration, as rigidity can span
in a wide range from few kPa to tens of GPa [14]. However,
other features should be included when an ad hoc ECM-
like scaffold has to be prepared. Metabolic activity is mainly
based on a diffusion process of nutrients and removal of waste
products and this is affected by porosity and permeability
of the three-dimensional architecture; for instance, oxygen
diffusion is limited to about 100 𝜇m from a blood vessel. In
addition, cell-matrix interaction plays a pivotal role in the
definition of the typical ECM dynamical environment, being
related to its degradation that changes the local modulus,
decreases the number of cell-matrix adhesion sites, and
results in ECM fragments that may possess biological activity
[8].

In this context, a critical review of the in vivo tissue
engineering results collected so far can elucidate the role of
an ECM-like scaffold, to be indented not only as a three-
dimensional architecture to accommodate cells, but also as
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a complex and dynamic mixture of factors that concur to the
expected target.

3. Tissue Engineered Orthotopic Approaches

In the last few years, there has been considerable progress in
the clinical translation of tissue engineered organs, obtained
using natural or synthetic scaffolds, repopulated with termi-
nally differentiated cells or stem cells [15–21]. However, no
gold standard strategy has been till now developed, possibly
in relation to the fact that even “simple” organs, devoted only
to transport functions (e.g., air, food, and liquids), represent
a challenge.

The past strategies conducted to identify the ideal sub-
stitute for different organ/tissue will be here reported. As a
guideline, Table 1 summarizes each biological district here
considered in terms of (i) function, microstructure, histo-
logical features, and (ii) requirements that an ideal scaffold
should provide. In order to understand which is the current
real state of the art of the tissue engineering approach, the
review will focus only on the most recent studies associated
with relevant preclinical and clinical applications of natural
and synthetic scaffolds.

4. Trachea

Being a relatively simple and hollow organ, the trachea was
the ideal starting point for evaluating the possibility to obtain
clinical relevant respiratory organ engineering. Formore than
50 years, several approaches have been pursued to recon-
struct the airways when conventional surgical approaches
were unsuitable; however, the resulting clinical outcome was
inconsistent, incomplete, and controversial [22, 23]. Most
of the evaluated tissue engineering strategies resulted to
be suitable only as patches for small airway repairs and
were unable to resist collapse when used for whole long-
segment (>6 cm) airway applications [24]. As a consequence,
herein only the approaches focusing on tubular (for long
circumferential defects) or trachea-like (bifurcated) scaffolds
applied in preclinical and clinical studies will be reported.

4.1. Preclinical Studies

4.1.1. Natural Approach. Different approaches have been tried
to decellularize native airway; however a functional tissue
engineered substitute has not been developed, due mainly to
the decellularization protocol used, which, causing damage
and/or disruption to ECM components, compromised the
ability of the scaffold to provide mechanical support dur-
ing the remodeling process [25–29]. Recently a detergent-
enzymatic method (DEM), originally developed for the
isolation of basement membranes from several tissues [30],
has been modified and applied to animal airways. Bioengi-
neered tracheal matrices with ultrastructure and physical
properties similar to native tissue [31, 32], able to support
in vitro adhesion of auricular chondrocytes and tracheal
epithelial cells [33] and not to elicit any rejection response,
were obtained [31]. Decellularized rabbit tracheas, obtained

using DEM approach and preseeded both statically and
dynamically with ovine amnioticMSCs, have been implanted
into fetal lambs (9 to 12 tracheal rings) [34]. At retrieval, all
the implantswere characterized by variable degree of stenosis,
but the engineered constructs showed full epithelialization,
increased levels of𝛼-elastin and collagen, and decreasedGAG
content pre- and postoperatively. The latter occurrence, as
stated by the authors, was ascribed to the fact that cells
were exposed to chondrogenic medium for 7 days before
implantation, butGAGaccumulation does not begin until the
second or third week.

Porcine trachea matrices, decellularized by DEM, intra-
operatively seeded with mononuclear cells (external surface)
and epithelial cells (internal surface), and conditioned with
a boosting factor treatment (transforming growth factor-𝛽3,
erythropoietin, and granulocyte colony stimulating factor),
were tested in a porcinemodel. After 2months, the implanted
graft, even if not fully covered by cells, showed nearly native
anatomic architecture and morphology [35].

4.1.2. Synthetic Approach. Tubular high density polypropy-
lene (20mm in length and 8mm in diameter) or PLA/PGA
fiber (15mm in length and 6mm in diameter) scaffolds,
preseeded with chondrocytes, allowed the formation of
cartilaginous-like tissuewith native-like biomechanical prop-
erties and mitigated the inflammatory reaction [36, 37].
Using both nasal septal chondrocytes and fibroblasts, PGA
scaffolds, wrapped around silicon helical tube, have been
implanted in mice (30 × 40 × 2mm) or in sheep (50mm in
length and 20mm in diameter) [38, 39]. Tissue morphology
and composition resulted to be similar to native tracheal
tissue, even if the implanted constructs collapsed and tra-
cheomalacia was observed in sheep after anastomosis [38].
A straight Dacron prosthesis, reinforced with spiral-shaped
polypropylene monofilaments, has been firstly implanted
subcutaneously into rabbits, to allow the infiltration of blood
vessels and connective tissue, and then was vertically opened
and conditioned, on the inner surface, with tracheal epithelial
cell sheets. The resulting bioartificial trachea was implanted
(3 cm length): after 1 month a mature columnar epithelium
was revealed in the interior graft portions, highlighting the
importance of a functional epithelium lining the lumen of a
prosthetic trachea [40].

Being a polymer with a slow degradation profile and
mechanical characteristics potentially able to maintain the
long-term patency, PCL has been widely used to develop
tracheal prosthesis. Highly porous (pore size 10–40 𝜇m)
hollow PCL tubular scaffolds, implanted in rabbits, were
covered with epithelial cells, but animals died due to stenosis
after 30 days from implantation. The same scaffolds, coated
in the luminal surface with gelatin crosslinked with genipin,
allowed a longer animal survival (43 days) and prevented
the granulation tissue overgrowth. However, an epithelial
lining was not revealed and the ingrowth of granulation
tissue from the anastomotic sites into the lumen leads
eventually to occlusion occurrences [41]. The same material
was used to fabricate a scaffold (2 cm long) to be seeded with
chondrocytes and bonemarrow stem cells and implanted into
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rabbit abdominal wall for vascularization. Three weeks after
tracheal replacement, the transplanted constructs retained
good airway patency, did not collapse following removal of
a silicone stent, and adequate vascularisation and muscular
and epithelial regeneration were revealed in the neotrachea
luminal surface.However, inflammatory changes and sputum
accumulation occurred in the regions without epithelium-
like tissue coating [42]. Tubular PGA fiber scaffolds, seeded
with chondrocytes and implanted into sternohyoid muscle
for 4 weeks, have been used, with or without muscle pedicle,
to repair segmental defect of trachea with a silicon tube
as stent (removed after 2 months). Six out of ten animals,
implanted with vascularisation, survived over six months,
while all the animals in the control group (without vas-
cularization) died within two months after reconstruction,
due to mucus impaction. 6 months after implantation,
vascularised constructs retained structures and features of
cartilage-like tissue and developed a continuous ciliated
columnar epithelium layer, suggesting the importance of the
prevascularization for the development of a suitable airway
graft [43]. A copolymer of L-lactide and 𝜀-caprolactone was
synthesized to fabricate a sponge-like tubular structure (80%
porosity; 20–100𝜇m pore size; 6 cm length), reinforced by a
woven fabric of PGA and coated with gelatin, to be implanted
into sheep. After 9 months, only stent implanted substitutes
(silicone stent, 7 cm length) had positive outcomes, even
if a complete and spontaneous reconnection of the native
trachea was not observed [44]. The same copolymer has
been used to coat the luminal surface of a tubular scaffold,
consisting of two collagen layers separated by a polypropylene
framework and reinforced with 5 rings of polypropylene
monofilament (30mm long, 15mm internal diameter) and
implanted in dog left main bronchus [45]. After 14 days, the
luminal surface resulted to be completely epithelialised with
ciliated columnar and squamous epithelium, suggesting that
the polymeric coating promoted an effective epithelialisation
protecting the collagen layer.

Naito et al. [46] developed a tracheal prosthesis using
a different approach: fibroblast and collagen hydrogels,
mechanically supported by osteogenically induced MSCs in
ring-shaped 3D-hydrogels, were implanted into rats (length
5-mm). The negative outcome (only three animals survived
for 24 h and died the day after), due to strictures in the
anastomotic regions, was mainly associated with the lack of
an epithelial layer.

Regarding Y-shaped tubular scaffolds, a limited experi-
mentation has been conducted till now. Sekine et al. [47]
implanted into dogs Y-shaped scaffolds made ofMarlexmesh
(260𝜇m pore size), reinforced with polypropylene spiral and
coated with collagen. 14 out of 20 dogs died after experi-
mentation due to obstruction of the main bronchus, omental
necrosis, and air leakage. The same construct (60mm long
and 18mm outer diameter) was tested as tracheobronchial
bifurcation replacement: after 5 years, the prosthesis resulted
to be completely incorporated by the host trachea and
bronchus, neither stenosis nor dehiscence was observed, and
a functional airway was revealed [48].

4.2. Clinical Studies

4.2.1. Natural Approach. Using DEM approach, decellular-
ized human tracheal matrices, characterized by structural
and mechanical properties similar to native trachea, lack
of immunogenicity, sufficient length for clinical application,
containing proangiogenic factors, and supporting in vivo
recellularization, have been developed [32, 49]. A bioengi-
neered airway (7 cm long), dynamically preseededwith autol-
ogous epithelial respiratory cells andmesenchymal stem cell-
derived chondrocytes, has been successfully used to replace
left main bronchus (stenosed from tuberculosis) [18]. After
5 years, the patient is well, active, and, more importantly,
has not shown neither an adverse immunological response
nor serological signs of rejection, even without any immuno-
suppressive treatment [50]. Unfortunately, a recurrent cica-
tricial stenosis occurred at the native trachea closest to the
transplanted trachea anastomosis, probably due to reduced
mucosal blood flow, particularly when associated with lung
inflammatory or infectious diseases.

In order to fast the obtainment of a suitable scaffold
to be implanted and based on the experience performed
with porcine model, decellularized human tracheas have
been intraoperatively seeded with autologous bone marrow
stromal cells, conditioned with growth and boosting factors
and implanted to treat both benign (𝑛 = 5) and malignant
(𝑛 = 3) airway diseases. The in vivo engineered transplanted
tracheas resulted to be vascularised and lined with complete
respiratory neomucosa; however a partial collapse of the
most proximal part of the graft was observed in about
30% of patients [50]. This result could be probably due to
an oxygen concentration gradient developing throughout
the engineered trachea with consequent transmembrane cell
migration from the outer (chondrocyte compartment) to the
internal scaffold lumen (epithelial compartment). However,
it is also possible that the decellularization process, slightly
affecting the scaffold properties and surface topography,
could have an effect on the long-term graft properties [10].
A short follow-up of 2 years verified the clinical outcome
of this procedure [51]. The graft revascularised 1 week
postoperatively, but an evidence of epithelium restoration
was not observed before 1 year, which was verified after 15
months.The analysis of the decellularized scaffold showed the
presence of 166 proteins relevant for regenerative medicine
(e.g., angiogenesis and immunity), confirming the suitability
of the proposed tissue engineering approach.

Recently, decellularized human trachea, repopulatedwith
autologous stem cells, has been implanted into a 76-year-old
patient with tracheal stenosis including the lower part of the
larynx. After 23 days, the patient died due to cardiac arrest;
however, the implanted construct resulted to be patent, also
showing the presence of a squamous epithelium, neovascular-
ization, muscular cells, serous glands, nerve fibers, and intact
chondrocytes [52]. These clinical experiences demonstrated
that functional tissue engineering natural-derived airway
scaffolds can be obtained and are safe and promising. How-
ever, means to improve the biomechanical long-term stability
of such grafts have to be developed before this technology can
be translated into routine clinical practice.
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4.2.2. Synthetic Approach. A Marlex mesh tube (pore size
260𝜇m; 50mm long; 18, 20 or 24mm inner diameter), cov-
ered with collagen sponge and reinforced with a supporting
polypropylene ring and injected with autologous venous
blood, was implanted into 4 patients affected by airway
stenosis or cancer invasion [53]. During the postoperative
observation period (8–34 months), a good epithelialisation
was revealed in all the patients, and only in one case air
leakage was observed.

A tracheobronchial graft made of POSS-PCU, both in
casted form, for the cartilage “U” shaped rings, and in
coagulated form, for the “connective” tracheal part, was
implanted into a 36-year-old male patient affected by a
recurrence of a primary trachealmucoepidermoid carcinoma
involving the distal trachea and both main bronchi [19].
Before implantation, the bioartificial scaffold was dynam-
ically cellularized with autologous bone marrow mononu-
clear cells for 36 h. 1 week after operation a normal and
patent airway was revealed, while biopsy samples showed
the presence of necrotic connective tissue associated with
fungi contamination and neovessels. After 2 months from
transplantation, biopsy revealed large granulation areas asso-
ciated with smooth epithelialisation and some organised
vessels formation; bacterial or fungi contamination was not
observed. An almost normal airway and improved lung
function were assessed at 5 months.

5. Larynx

Attempts to construct an entire larynx have involved several
approaches, and so far, tissue engineering has only been used
for partial laryngeal reconstruction.Themain problem is how
to construct a bioartificial larynx with whole complex laryn-
geal framework, low immunogenicity, and dynamic function
which requires combination of sphincter and breathing func-
tions. Moreover, from a surgical point of view, the restoration
of a laryngeal defect by means of a scaffold is challenging,
because of vocal foldmovement and the restriction to provide
sufficient space for tissue regeneration [54].

5.1. Preclinical Studies

5.1.1. Natural Approach. Tissue engineered cartilage grafts,
obtained by seeding chondrocytes on hyaluronic acid (Hyalo-
graft C) via a bioreactor, have been implanted in rabbits:
despite no animals showed signs of respiratory distress,
implanted grafts revealed marked signs of an unspecific
foreign body reaction, leading to a complete degrada-
tion of the neocartilage and graft failure [55]. Cartilage
sheets, obtained by seeded autologous cells on fibronectin-
conditioned semipermeable polyester membrane via a biore-
actor, have been implanted in rabbits for laryngotracheal
reconstruction: the grafts showed no signs of degradation or
inflammatory reaction, were covered with mucosal epithe-
lium, but showed evidence of mechanical failure through
migration and buckling [56].

Natural-derived scaffolds, obtained by tissue decellular-
izing, have been shown to allow a laryngeal repair supe-
rior to that observed using control standard procedure
[57–59]. The regeneration of thyroid cartilage, epithelium,
connective tissue, glandular structures, and some skeletal
muscles has been obtained in dog by implanting porcine
decellularized urinary bladder matrix [57]. Rabbit tracheas
have been decellularized using a perfusion decellularization
protocol to simultaneously reach all parts of the larynx and
to create a low-immune whole-larynx scaffold comprising
decellularized laryngeal muscles, a reserved decellularized
matrix, and an integrated cartilage framework. The grafts,
reseeded with MSCs and implanted in rabbits, allowed the
regeneration of muscle bundles and vessels, even if a severe
immunological reaction was observed [60]. A recent study
evaluated the regenerative effects of acellular porcine urinary
bladder matrix on hemilarynx, using a canine model. After
one month, all animals showed good reepithelialization with
minimum complication, while after 6 months postopera-
tively, cartilaginous structures, normal (or near normal)
phonation threshold pressure, and mucosal wave amplitude
were assessed. Even if the regenerated vocal fold mucosa
resulted to be scarred, the acellular urinary bladder scaffold
can be regarded as a potential means for a functional tissue
regeneration of the hemilarynx [61].

5.1.2. Synthetic Approach. Marlexmesh (pore size of 260𝜇m),
reinforced with a polypropylene supporting ring, coated with
collagen, and preclotted with arterial blood, has been used
in dogs for the treatment of subglottic stenosis: the scaffold
resulted to be well integrated and covered by epithelial
cells; however the presence of granulation tissue and mesh
exposure were reported [62]. The same synthetic scaffold has
then been developed based on the replication of the luminal
canine larynx and was used to perform a hemilaryngectomy.
The scaffold has been preclotted with a mixture of peripheral
blood and bone marrow-derived stromal cells and implanted
in dogs: soft tissue regeneration (after 8 days) and the
presence of mucosal cells (after 3 weeks) were observed [63].
Recently, Marlex mesh, coated with collagen and wrapped
with autologous fascia, resulted to be a viable alternative
for the regeneration of laryngeal defects. However, scar-like
tissue with consequent reduction of the treated vocal fold,
exposure, or dislocation of the mesh was revealed, suggesting
that additional approaches are required to regenerate a
normal and functional vocal fold [54].

5.2. Clinical Studies

5.2.1. Natural Approach. A free-tissue transfer and an autol-
ogous tracheal segment have been successfully used for
partial laryngeal replacement preserving one muscle-nerve-
joint unit, providing vocal and sphincter functions [64].
Good breathing results were reported, while, due to the
lack of a truly laryngeal architecture, voice and swallowing
remain to date suboptimal. The availability of substitutes
displaying equivalent anatomical, physiological, and biome-
chanical properties compared to normal human larynxes
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would provide the right, complex architecture, and dynamics
for normal voice production and sphincter action.

5.2.2. Synthetic Approach. Considering the efficacy evaluated
in preclinical studies, Marlex meshes, coated with colla-
gen and injected with autologous venous blood, have been
implanted into 4 patients affected by airway stenosis (𝑛 =
1 subglottis stenosis) or cancer invasion (𝑛 = 3 thyroid
cancers) [53]. A good epithelialisation occurred in all patients
during the postoperative observation period, and air leak
was revealed in only one case. These promising results
demonstrate the ability to regenerate cricoid cartilage using
scaffolds composed of polypropylene and collagen sponge in
clinical applications.

6. Esophagus

Esophageal substitution is generally required in presence
of several pathological conditions, for example, esophageal
atresia, acquired constriction esophagitis, esophagotomy, or
cancer, becoming the world’s sixth leading cause of death [65,
66]. Surgical resection is regarded as a standard treatment
in the early stage of the disease, involving gastrointestinal
segments as potential substitutes to repair the esophageal
defect. However, this procedure is not free of drawbacks,
as the incidence of complications is relatively high, and the
mortality rate is up to 4% [67]. In this regard, the development
of a suitable alternative according to the tissue engineering
approachmight represent the desired option, as the following
reported studies suggest.

To the best of our knowledge, no clinical studies have
been till now performed following the synthetic route, high-
lighting, once again, the complexity of designing a reliable
scaffold even for a tubular organ mainly characterized by a
transport function.

6.1. Preclinical Studies

6.1.1. Natural Approach. Natural-derived matrices have been
used both as esophageal patches and as tubular scaffolds.
Porcine-derived, xenogeneic ECM obtained from SIS, seeded
with autologous oral mucosal epithelial cells, has been used
as patch to repair an esophageal defect (5 cm length and
2.5 cm width) in a canine model [68]. The seeded scaffolds
showed a better healing process compared to the control
group (unseeded scaffolds): a complete reepithelialization
was observed 4 weeks after surgery, while extension of the
muscular bundles and appearance of island muscle cells in
the connective tissue were revealed after 8 weeks (muscle
cells generation was not observed in the control group).
Patches made of porcine SIS or urinary bladder submucosa
were characterized by a positive outcome when implanted
into adult dogs to repair a defect of approximately 5 cm in
length and encompassing 40%–50% of the circumference of
the esophagus [69]. The naturally derived material resorbed
within 2 months, and the presence of organized skeletal
muscle bundles and of a confluent squamous epithelium was
observed. Following a similar approach, acellular porcine SIS,

seeded with bone marrow MSCs, has been used to replace a
section of canine cervical esophagus (5 cm in length and 50%
in circumference). After 12 weeks from surgery, a complete
construct reepithelialization, revascularization, andmuscular
regeneration were revealed, with almost no inflammation
signs [70]. The use of matrices derived by SIS gave similar
promising results for the treatment of esophageal semicir-
cumferential defects in rats [71], used as an animal model
also to test the gastric acellularmatrix, an alternative naturally
derived material [65]. In this latter case, rat gastric acellular
matrix was prepared to recover a defect (5mm length and 3-
4mmwidth) in the abdominal esophagus of the same animal
model. Two weeks after implantation, the regeneration of
keratinized stratified squamous mucosa was assessed, but no
ingrowth of the inner or outer muscle layer was detected
after 18 months. Interestingly, a decellularized esophagus was
tested as a potential scaffold to repair an esophageal defect,
which seems to be a logical approach due to the intrinsic
similarity of the “artificial” patch-organmicrostructures [72].
A 2 cm defect in the tunica muscularis of the thoracic
pig esophagus was covered with an esophageal homologous
matrix, seeded or not with autologous SMCs. At 3 weeks from
surgery, both patches were infiltrated by mononuclear cells
and fibroblasts without signs of rejection, even if unseeded
scaffolds showed a severe inflammatory response and were
negative for 𝛼-smooth muscle actin immunostaining. On
the contrary, seeded implants were characterized by SMC
ingrowth, with an early organization into small fascicules.

A tubular scaffold for esophageal regeneration was eval-
uated by Badylak et al. [73]. Porcine urinary bladder matrix
was shaped into a tubular construct to be used in conjunction
or not with muscle tissue to recover a canine esophageal
circumferential resection of 5 cm. For this aim, four groups
were considered: ECM scaffold alone, muscle tissue alone,
and ECM plus either a partial (30%) or complete (100%)
covering with muscle tissue. Animals of the first two groups
developed severe strictures within the 3 weeks, while a
constructive remodelling was verified in the last two groups.
Also matrices derived from SIS have been tested as tubular
scaffolds and implanted in the cervical esophagus of piglets
(about 4 cm in length) [74]. However, implanted matrices
lead to a high rate of esophageal stenosis, suggesting that,
dealing with a decellularized ECM could not assure the
desired results, even if a similar microstructure is provided
to the surrounding tissue. More specifically, dynamically
decellularized rat oesophagi were seeded with allogeneic
mesenchymal stromal cells which spontaneously differen-
tiated into epithelial- and muscle-like cells. The reseeded
scaffolds were then implanted to orthotopically replace the
entire cervical oesophagus in immunocompetent rats. All
animals survived the 14-day study period, with patent and
functional grafts, and gained significantly more weight than
sham-operated animals. At retrieval, explanted grafts showed
regeneration of all themajor cell and tissue components of the
oesophagus, including functional epithelium, muscle fibres,
nerves, and vasculature [75].
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6.1.2. Synthetic Approach. To repair semicircular esophageal
defects (0.5 × 1 cm), both absorbable (Polyglactin 910,
Vicryl) and nonabsorbable (polyvinylidene fluoride) meshes
were implanted in rabbits [76]. Mucosal regeneration was
observed, with the nonabsorbable meshes leading to bet-
ter results. The absorbable scaffolds lead indeed to early
degradation with consequent ulceration, abscess formation,
and diffuse inflammation. To improve tissue regeneration,
the implantation of cell seeded scaffold has been evaluated.
PGA/PLA scaffolds, seeded with rat adipose smooth muscle-
like cells, were implanted in rats in order to repair a defect
(3mm width; 5mm length) created in the abdominal esoph-
agus [77]. A complete reepithelialisation of the esophageal
lumen was observed after 10 weeks, while muscularis layer
regeneration was detected at 16 weeks. PCL meshes, seeded
with smoothmuscle and epithelial cells, have been implanted
in the abdominal part of rabbit esophagus (0.6 × 1 cm).
Fifteen rabbits survived the trial period (30 days), and 6
out of 20 animals had no complications. The synthetic mesh
was almost completely degraded and replaced by a layered
continuum of epithelium and SMCs, organized in varying
degrees [78].

In order to provide a more complex and anatomical-
like engineered substitute, a typical surgical approach to
promote esophagus scaffold-guided regeneration consists in
wrapping a selected material around a tube to impart and
retain the tubular shape after implantation; the tube is then
removed and the resulting scaffold should act as a functional
device. This strategy was followed by Takimoto et al. [79]:
a 5mm thick freeze-dried collagen sponge was wrapped
around a silicone tube and implanted into dogs to recover a
10 cm defect. Two animals died after tube removal (6 weeks),
while after 6 months a completely epithelialized luminal
surface, normal esophagus glands, and immature muscle
tissue were revealed. Similarly, a PLA : PCL (50 : 50) mat,
reinforced with PGA fibers, supported by a nasopharyngeal
airway tube, was used to repair an esophageal oval-shaped
defect (4 × 2 cm) in a pig model [80]. The tube was used
only as temporarily support and was sutured to the scaffold
with short-term sutures in order to allow the tube falling
off into the intestine. After 4 weeks squamous epithelium
was regenerated, and after 12 weeks the muscular layer was
similar to the native tissue. However, the main limit of this
strategy is the dislodgment of the stent which might cause
bowel obstruction. A scaffold, made of nonwoven PGA used
as a substrate for human amniotic membrane seeded with
canine oral keratinocytes and fibroblasts, rolled around a
polypropylene tube (3 cm in length and 2 cm in diameter) and
previously implanted in dog abdomen for 3 weeks, was used
to replace a 3 cm esophageal resection [81]. Unseeded grafts
developed strictures, with consequent complete esophageal
obstruction, while seeded ones showed the regeneration
of squamous epithelium, muscularis mucosa, and smooth
muscle tissue and a good distensibility. However, the presence
of esophageal glands and peristalsis was not detected.

A more sophisticated approach considered 2mm thick
nonwoven tubular PGA (15 𝜇m fiber diameter) scaffolds
(1 cm length; 0.5 cm outer diameter, 0.2 cm inner diameter),
seeded with neonatal or adult rat esophagus organoid units

(mesenchymal cores surrounded by epithelial cells), sealed
with poly-L-lactic acid, and implanted in syngeneic hosts
[82]. Esophageal architecture with keratinized squamous
epithelium and an actin-positivemuscularis was revealed and
no signs of deterioration were observed for 42 days.

6.2. Clinical Studies

6.2.1. Natural Approach. To treat a cervical esophageal perfo-
ration in an 82-year-old man, Clough et al. [83] implanted an
acellular matrix (Surgisis) derived from porcine SIS. A patch
of 5 × 3 cmwas used to repair the defect and after 6 days from
surgery no leakage was detected, allowing commencing oral
intake.At 4weeks, the healing processwas confirmeddisplay-
ing a normal calibre esophagus; the patient was discharged
after 61 days and remains well 4 months postoperatively,
even if a normal swallowing was not reestablished. The
same scaffold was also used to treat Barrett’s esophagus with
high-grade dysplasia andmucosal adenocarcinoma bymeans
of a minimally invasive endoscopic procedure [66]. Five
male patients (average age 62.0 ± 5.3) were subjected to
circumferential, long segment sleeve resection ofmucosa and
submucosa and placement of the biological scaffold, secured
into position with a radially expanding stent, resulting in
gentle compression against the muscularis externa, removed
after 9–18 days postoperatively. During the follow-up (4–24
months) a progressive tissue restoration was observed with
the formation of squamous epithelium.

7. Heart Valves

Currently, the failure of pathological heart valves is surgically
treated by means of an artificial prosthesis, either mechanical
or biological, the latter being a porcine-derived heart valve
or made of bovine pericardium. However, none of these
two models is free of drawbacks that can concur to limit
the performance of the implanted valve. Due to the nature
of the materials and the nonphysiologic hemodynamics,
mechanical valves require a lifelong anticoagulant therapy
that can expose the recipient to hemorrhagic events. On the
other hand, biologic valves, due to a degenerative calcific
process, are characterized by a limited temporal functionality
[84]. A novel alternative is therefore desirable and tissue
engineering might furnish the solution to the problem.
Reasonably, this is not expected in the very next future since a
reliable safe heart valve has not been developed yet and a large
number of research groups have been focused on different
aspects of the issue and, as a consequence, multiple routes
have been traced. It is interesting to notice that most of the
pivotal studies focusing on the assessment of a functional
tissue engineered heart valve prosthesis are based on the use
of naturally derived decellularized heart valves, and an entire
synthetic polymeric heart valve tested in an in vivo model is
still to come.Thismight be due to the peculiar features of this
anatomical district, implying the development of a proper
strategy to fabricate a valid substitute that closely matches the
natural one. Several synthetic approaches can be cited that
moved along this route, but the related evaluation has been
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mainly conducted in vitro [85]. Therefore, a decellularized
scaffold seems to be a suitable choice at present, since it offers
a morphology, binding sites, and three-dimensional architec-
ture that is naturally designed for the expected function.

7.1. Preclinical Studies

7.1.1. Natural Approach. Decellularized allogenic pulmonary
valve conduits were orthotopically implanted into a sheep
model after being reseeded with autologous myofibroblasts
and endothelial cells [86]. Transplantation of unseeded acel-
lular valves (control group) leads to only a minimal immi-
gration of myofibroblasts without matrix reorganization or
procollagen synthesis, but both cell seeded or unseeded valves
were characterized by a confluent endothelial cell lining after
3 months.The latter result, according to the authors, could be
influenced by the animal model used in the study andmay be
more limited in human beings without preseeding. A heart
valve completely made of fibrin was proposed by Flanagan et
al. [87]. Fibrin-based valves were cast in customizedmolds by
mixing fibrinogen solution, saline solution containing carotid
artery ovine SMCs and fibroblasts, and calcium chloride.
Polymerization was started by adding thrombin solution.
After being conditioned in a bioreactor for 28 days, valves
were subsequently implanted into cell-donor animals in the
pulmonary trunk, leaving intact the native pulmonary valve
to prevent acute volume load of the right ventricle due to
a possible incompetence of tissue engineered valves. At 3
months after surgery, all valve conduits were patent, covered
by a confluent layer of endothelial-like cells with viable
interstitial-like cells throughout the entire valve thickness.
Moreover, the production of autologous collagen and ECM
proteins, replacing the fibrin, was also assessed.

The in vivo spontaneous recellularization of acellular
matrix was evaluated by implanting decellularized porcine
aortic valves in the descending thoracic aorta of lambs and
providing subcutaneous injections of G-CSF, as boosting fac-
tor tomobilize early bonemarrow progenitor cells [88]. How-
ever, this treatment did not improve scaffold recolonization
but, rather, induced accelerated valve deterioration, enhanced
inflammatory cell infiltration, and neovessel formation in the
adventitia, myointimal proliferation, and calcifications, both
in leaflets and the aortic wall.The in vivo reendothelialization
of decellularized ovine aortic valve allografts, implanted as an
aortic root in lambs, has been evaluated also by Baraki et al.
[89]. At retrieval (3 and 9 months postoperatively), partial
luminal endothelialisation, neovasculogenesis at the adven-
titial side, trivial regurgitation, and normal morphology with
no signs of graft dilatation, degeneration, or rejection were
reported. On the contrary, marked calcification/degeneration
and advanced valve insufficiency were revealed in control
valves group (fresh native ovine aortic valve conduits). In
order to improve graft recellularization, cells have been
seeded on natural-derived scaffolds before implantation.
Caninemyofibroblasts and endothelial cells have been seeded
on acellular porcine aortic valve leaflets, which, after a 7-day
incubation period, have been implanted into the lumens of
canine abdominal aortas [90]. After 70 days from surgery,

histochemistry confirmed that myofibroblasts grew within
the matrix, while valve leaflets were partially covered by
endothelial cells. In addition, no evidence of calcification was
observed. A similar technical approach has been presented
by Kim et al. [91]: canine endothelial and myofibroblast cells,
derived from allogenic BMCs, have been seeded on decel-
lularized porcine heart valves, before being implanted into
canine abdominal aorta and pulmonary valve. At retrieval
(1 and 3 weeks postoperatively), grafts showed a normal
morphology, but an incomplete endothelialization and regen-
eration were observed, due to a nonhomogenous cell seeding
and the subsequent detachment after implantation. Cell
seeding before implantation represents a crucial issue to be
addressed. It is well known that, based on the complete tissue
engineering paradigm, a proper tissue engineered scaffold is
the concurrent result of an effective cell-matrix interaction.
Tudorache et al. [92] further proved this point dealing with
an ovine decellularized aortic valve conduit, reseeded with
autologous endothelial cells, conditioned in vitro into a
bioreactor, and then implanted in orthotopic position into
sheep (cryopreserved valves were used as control). The pro-
posed constructs were not affected by valvular insufficiency,
stenosis, and cusp thickening, differently from the control
group. In particular, the degeneration of the cryopreserved
valves was related to the presence of allogenic cells and
disorganization of ECMcomponents as a result of storage and
mechanical stress.

On the other hand, cell seeding can be considered a
time-consuming procedure and can be overcome planning
a specific strategy. In this regard, decellularized porcine pul-
monary valves, conjugated with CD133 antibody, were trans-
planted in the pulmonary position into sheep, while uncon-
jugated and autologous endothelial cell-reseeded valves were
used as control [93]. This study proved that a more cell-
rich valve can be obtained: the production of matrix proteins
improved, as collagen and GAGs increased from 1 to 3
months postoperatively, and the biomechanical properties
were similar to those of a normal valve, compared to the
control cases. However the functional remodelling was not
assessed.

7.1.2. Synthetic Approach. An interesting use of resorbable
polymers for tissue engineering heart valves was proposed
by Wu et al. [94] fabricating a hybrid heart valve made of
decellularized porcine aortic valves coated with PHBHHx,
which belongs to polyhydroxyalkanoates, a class of polymers
of microbial origin. The resulting scaffold was implanted
in pulmonary position in sheep and, even if the polymeric
surface covered the ECM beneath, a positive outcome (16
weeks postoperatively) was assessed as it contributed to
prevent the activation of thrombogenic matrix components,
protected ECM from the potential harmful influence of
host fluids, and supported repopulation with recipient’s
myofibroblasts and endothelial cells. An example of the
performance of a synthetic valve conduit was presented by
Gottlieb et al. [95], assembling nonwoven sheets containing
PGA and PLA fibers (50% : 50%). Firstly, grafts have been
seeded with MSCs from neonatal sheep bone marrow, then



12 BioMed Research International

cultured for 1 month, and finally implanted in pulmonary
position, after having excised the native valve cusps and
1-2 cm main pulmonary artery segment. The diameter of the
implanted valve conduits remained unchanged for 20 weeks;
however cusp dimensions decreased leading to pulmonary
regurgitation after 6 weeks. In order to improve the clinical
outcome of congenital cardiac defects, prenatal heart valve
interventions can be a valuable strategy [96]. Trileaflet heart
valve scaffold, made of nonwoven PGA meshes, integrated
into radially self-expandable nitinol stents, and coated with
poly-4-hydroxybutyrate, was seeded with ovine amniotic
fluid cells and implanted orthotopically into the pulmonary
position using an in-utero closed-heart hybrid approach.
Tissue engineered valves showed intact and mobile leaflets
with no thrombus formation or impairment of substitute
integrity. The same materials and the same valve design were
used for pulmonary valve substitution in nonhuman pri-
mates, either considering autologous bone marrow-derived
mononuclear cell seeding [97] and the decellularization
approach [98]. In the latter case, scaffolds were firstly seeded
with human fibroblasts, dynamically cultured for 4 weeks,
and decellularized to be implanted into baboons in ortho-
topic pulmonary valve position by means of an antegrade
transapical approach. Postoperatively, the implanted valves
were characterized by a mild-moderate insufficiency, leaflet
shortening, and rapid cellular repopulation, compared to
decellularized native human heart valve control.

8. Vascular System

The most common treatment for cardiovascular diseases is
the use of an autologous vascular graft, retrieved from the
internal mammary arteries and saphenous veins; however
this approach can be limited by patient’s age and pathology
[99]. Endothelium restoration/regeneration is one of the
major aims of vascular tissue engineering, since it plays a cru-
cial role in vascular biology regulating permeability, inflam-
mation, thrombosis, and fibrinolysis [100, 101]. Endothelial
growth can be supported in vivo with appropriate scaffolds
with mechanical stability and remodelling potential. Several
scaffolds have been developed for vascular tissue engineering;
among these, it is possible to distinguish between three cate-
gories that have been in vivo tested: decellularized matrices,
self-assembling vessels, and electrospun synthetic scaffolds.

8.1. Preclinical Studies

8.1.1. Natural Approach. In an early study, porcine iliac
blood vessels were decellularized with 1% TritonX-100 and
0.1% ammonium hydroxide for 72 h, seeded with EPCs,
and tested in a sheep common carotid artery substitution
model [102]. EPC-seeded grafts remained patent for 130
days, whereas nonseeded grafts occluded within 15 days. The
seeded grafts exhibited contractile activity and nitric-oxide-
mediated vascular relaxation.The study did not show analysis
of dilation, thrombogenesis, or intima hyperplasia. The same
decellularization protocol was used also in otherworks to fab-
ricate acellular canine and porcine carotid arteries [103, 104].

Canine matrices were seeded with bone marrow derived
cells, differentiated toward smooth muscle and endothelial
cells, and implanted in cell donor dogs in a carotid artery
interposition model [103]. The acellular scaffold was primar-
ily composed of elastin and collagen and exhibited porous
structure. Cell seeded vascular grafts remained patent for up
to 8 weeks, whereas unseeded grafts occluded within 2 weeks.
Matrix remodelling was evident with maintenance of the 3
layers and the graft demonstrated appropriate mechanical
strength to endure forces exerted by sutures during surgery.
Longer time points (4 months) in a similar approach in
pig showed no structural failures, aneurysms, or infectious
complications [104].

Decellularized veins have been developedusing also other
detergents, such as SDS: decellularized canine external jugu-
lar veins have been transplanted in a carotid interposition
model in dogs [105]. No graft deterioration, in terms of
rupture, anastomotic complication, or dilation, was observed
8 weeks after implantation, with minimal inflammation,
transmural repopulation of vascular cells, and a compact
fibrin layer formed along the lumen. Unfortunately, no longer
time points were analysed. Decellularized porcine saphenous
arteries have been implanted into rabbit carotid arteries: after
3 months grafts showed 60% patency rates, regeneration of
vascular elements, with no aneurysm and intimal hyperplasia
events, suggesting their potential as small-diameter grafts
[106]. Decellularized equine carotid arteries, coated with
a matricellular protein (CCN1) and implanted as cervical
arteriovenous shunts, showed, 14 weeks after implantation,
smooth muscle regeneration, complete endothelialisation,
and immunologic tolerance, suggesting CCN1 coating as
a promising tool for generation of bioartificial vascular
prostheses [107].

Acellular human umbilical cord arteries have also been
evaluated in vivo as vascular tissue engineered graft [108].
These vessels, decellularized with CHAPS buffer and SDS
buffer for 4 days, were incubated for 2 days in endothelial
growth media-2. The acellular arteries retained the majority
of the ECM components (collagen and elastin) and sim-
ilar mechanical properties (maximum burst pressure and
maximum modulus) to the native vessels. To evaluate the
mechanical strength of decellularized umbilical arteries in
vivo, vesselswere implanted into nude rats as abdominal aorta
interposition grafts. The scaffolds were mechanically robust
in vivo for 8 weeks with no dilation or aneurysm formation,
but the absence of a cellular compartment in the construct
seemed to cause occlusionswithin 24 h after implantation and
various levels of thrombosis. Furthermore, no cell infiltration
was observed within the scaffold, probably due to the short
time observation period.

Cell self-assembling scaffolds are composed by cell-
derived ECM sheets developed in vitro to produce vascular
grafts of arbitrary lengths. Cells are normally autologous
in order to obtain a total biocompatible graft [109–113]. A
pioneering study has been published in 1999 where smooth
muscle and endothelial cells, derived from a biopsy of a
vascular tissue, were cultured for 8 weeks in a pulsatile
perfusion system [109]. These engineered vessels were com-
posed of alive and functional cells, secreting ECM, mainly
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collagen. The grafts showed rupture strength greater than
native human saphenous veins and contractile responses
to pharmacological agents. Tissue engineered arteries were
implanted in swine into the right saphenous artery, show-
ing patency up to 24 days after transplantation, without
evidence of stenosis or dilatation. The xenograft had also
unchanged contractile responses to prostaglandin and there
was no evidence of bleeding at the anastomoses or mechan-
ical breakdown at explantation. A similar approach used
a combination of human vascular SMC-derived sheets and
human fibroblasts sheets to provide the adventitia. After
maturation, the tubular support was removed and endothelial
cells were seeded in the lumen [110]. Histological analysis
revealed well-defined tissues (intima, media, and adventitia)
and a complex and naturally organized ECM, although single
components were not quantified and characterized. Short-
term grafting experiment in a canine model demonstrated
good handling and suturability characteristics, mechanical
stability, and blood compatibility. Human fibroblast sheet-
derived vascular grafts were also tested in nude rats (long-
term study) andprimates (for up to 8weeks), showing physio-
logical mechanical strength and positive scaffold remodelling
with activation of resident cells [111]. Another similar study
confirmed the applicability of this technique using MSC-
derived sheets organised to produce a vascular graft [113].
Here, the constructs were implanted into common carotid
artery defects of rabbits and analysed after 4 weeks, evi-
dencing excellent patency and good integration with the
native vessel. No stenosis, thrombus formation, or inflation
occurred in this short time point.

Alternatively, allogeneic cells can be cultured on degrad-
ing tubular scaffolds and then decellularized to eliminate the
cellular compartment maintaining the cell-secreted ECM as
an acellular scaffold.This hybrid approach has been proposed
to fabricate human allogeneic, porcine or canine smooth
muscle cell-derived constructs, starting from tubular PGA
scaffolds [114, 115]. The acellular grafts, subsequently seeded
with autologous cells (endothelial or endothelial progenitor
cells) on the lumen, have been then transplanted in vivo
in porcine, baboon, or canine vessel transposition models.
Scaffolds demonstrated excellent patency for up to 1 year,
resistance to dilatation, calcification, and intima hyperplasia.
Infiltration of smooth muscle positive cells, endothelial cells,
and elastin formation were observed near anastomoses.
Endothelial cell-seeded scaffolds showed capacity to better
maintain patency after in vivo implantation with respect
to synthetic constructs [115]. The combination of natural
and synthetic materials was also assessed using decellular-
ized umbilical arteries, coated with polyelectrolyte multilay-
ers (3.5 bilayers of poly(styrene sulfonate)/poly(allylamine
hydrochloride)), seeded with endothelial cells, and cultured
in vitro. The constructs were successfully implanted as rabbit
carotid substitute, demonstrating that preconditioning is a
crucial factor for graft patency [116].

8.1.2. Synthetic Approach. PCL micro- and nanofiber-based
vascular grafts were evaluated in a rat abdominal aorta
replacement model for up to 18 months [117]. No dilatation

or thrombosis and limited intimal hyperplasia were shown
together with endothelialisation, cell invasion, and neovas-
cularisation of the scaffold. Neverthless, after 18 months,
the graft was remodeled, even if blood capillaries were not
present and a calcification process was detected in the layers.
PCL showed poor compliance before transplantation and did
not improve throughout the time points. The same authors
implanted in a rat model as an aortic replacement a PCL
vascular graft with increased hydrophilicity (obtained by
plasma treatment). After 3 weeks, a recellularized graft was
revealed, suggesting that plasma treatment could be a strategy
to easily increase the biocompatibility of a scaffold and accel-
erate tissue regeneration without compromising mechanical
strength [118]. When compared to ePTFE electrospun grafts,
transplanted in the same rat model, PCL scaffolds showed
significantly better endothelial coverage, macrophage and
fibroblast ingrowth, ECM deposition and angiogenesis, and
no stenotic lesions up to 24 weeks [119]. In these experiments,
however, chondroid metaplasia occurred after 6 weeks and
was then replaced by calcification. A combination of PCL and
collagen was used to improve cell adhesion and growth into
the graft in a rabbit arterial bypass model [120]. This work
indicates that the construct supported in vitro cell adherence
andmaintained structural integrity and patency over 1month
of implantation, but no cell invasion or evident endotheliali-
sation was shown after this short time point. A scaffold com-
posed of 𝜀-caprolactone and lactic acid [P(CL/LA)], 50 : 50
ratio, was seeded with bone marrow cells and implanted in
the inferior vena cava of dogs [121]. Analyses were more
focused on cell proliferation and differentiation after 8 weeks
after implantation, but histology showed graft remodelling
with new ECM deposition. Natural and synthetic polymers
were blended into an electrospun scaffold composed of
chitosan and PCL to combine the bioactive functions of
the first one (biocompatibility, low toxicity, and antibacterial
properties) with the good mechanical properties of latter one
[122]. The scaffold was seeded with autologous outgrowth
endothelial cells harvested from canine peripheral blood and
expanded in vitro and then implanted into carotid arteries of
cell-donor dogs for 3 months. Chitosan/PCL scaffolds were
characterized by nanofiber average diameter (550 ± 120 nm),
porosity (more than 80%), and tensile strength proper for vas-
cular tissue engineering. Seeded scaffolds remained patent as
compared with unseeded grafts 3 months after implantation,
with tissue remodelling (presence of collagen and elastin)
and regeneration of a functional endothelium. Furthermore,
biomechanical properties were close to native carotid arteries
when grafts were collected 3 months after transplantation,
with no blood leaking or deformation. In Hoerstrup et al.
[123], PGA meshes were coated with a thin layer of poly-4-
hydroxybutyrate, seeded withmyofibroblasts and endothelial
cells, and surgically implanted as main pulmonary artery
replacement in lambs for up to 100 weeks. The animals
more than doubled their body weight during the 2-year
period. Regular echocardiography and angiography showed
good functional performance and absence of thrombus,
calcification, stenosis, suture dehiscence, or aneurysm.There
was a significant increase in diameter by 30% and length by
45%, cellular engraftment, and new ECM deposition in all
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the groups, but themechanical profiles of the graftwere lower
than native pulmonary arteries.

Cell-free PGA vascular graft, reinforced with P(CL/LA)
monofilaments on the outer surface to maintain the shape
for the initial crucial period following implantation, was
implanted in a canine model of substitution of inferior
vena cava (24 months) and pulmonary artery (12 months)
[124, 125]. In both cases, histological examinations revealed
a well-formed vessel-like vasculature without calcification
and similarities to native vessels in terms of patency and
biomechanical properties. The slower degradation rate of
P(CL/LA) guaranteed constant construct elasticity during the
tissue-remodelling process, resulting in prevention of steno-
sis and endothelialisation improvement. However, vascular
SMCs were not well-developed 12 months after implantation
in the pulmonary artery model [125]. Recently, the authors
demonstrated that after 24 months, this biodegradable scaf-
fold can gradually regenerate and develop into amature vessel
characterized by histological and biochemical properties
similar to the native tissues [126]. The same combination
of PGA and P(CL/LA) (80% porosity; 20–50 𝜇m diameter)
has been used with bone marrow derived cell seeding in
an inferior vena cava substitution in dogs, showing higher
remodelling and endothelial and smoothmuscle cell invasion
of the graft with respect to unseeded scaffolds, even though
the latest time point was 4 weeks [127]. Tissue engineered
PGA and P(CA/LA) scaffolds, seeded with bone marrow
cells and implanted in an immune competent mouse model,
demonstrated that this type of constructs, functionalized by
mobilizing resident cells, allows the activation of the innate
healing process, more than an active participation of the cells
delivered concurrently with the scaffold [128–130].

Reinforced multiple layer scaffolds, created using poly-
mers, like poly(ester urethane)urea, and obtained by ther-
mally induced phase separation and electrospinning (for
the outer layer) procedure, have shown higher resistance
with lower mechanical failure and dilatation [131]. Multilayer
tubular conduits,made of collagen fiber networks and elastin-
like protein polymers, characterized by collagen ultrastruc-
ture (internal diameters: 1 and 4mm) and mechanical prop-
erties similar to native blood vessels with limited platelet
adhesion, were implanted in a rat aortic interposition model.
After 14 days after implantation, grafts appeared patent
with minimal adhesive response and with a limited early
inflammatory response, suggesting that engineered collagen-
elastin composites could represent a promising strategy
for fabricating synthetic tissues with defined ECM content,
composition, and architecture [132].

In order to accelerate construct remodelling and integra-
tion, a fast degrading elastomer, poly(glycerol sebacate), has
been recently used in rat abdominal aorta substitutionmodel
[133]. The graft, coated with heparin to enhance thrombore-
sistance, showed mechanical properties able to promote vas-
cular cell differentiation and avoid stress shielding, being also
characterized by high porosity with interconnected pores.
Three months after transplantation, these cell-free grafts
resembled native arteries in terms of pulsation, endothelium
and smooth muscle layer development, expression of elastin,
collagen and GAGs, and compliant mechanical properties.

Scaffold integration and remodelling were almost complete
after 3 months, suggesting that rapid graft degradation may
be helpful for cell infiltration, positive inflammation, and new
matrix production.

8.2. Clinical Studies

8.2.1. Natural Approach. Autologous human fibroblast and
endothelial cell derived grafts were evaluated in a clinical trial
including ten patients implanted with a completely biological
and autologous tissue engineered vascular graft [112]. Self-
assembling vessels, giving natural cell-produced ECM with
established mechanical properties and in vivo applicability,
showed promising results in early clinical applications. How-
ever, extensive in vitro culture and high costs are required
[134].

9. Kidney

Even if kidney is the most commonly transplanted organ,
its availability is limited [135]. Hemodialysis represents a
real contribution to the survival of patients with end-stage
renal disease, but transplantation is the only available curative
treatment [136]. Clearly, the ultrastructure and function of
this organ pose a significant challenge for the definition of a
valuable tissue engineered substitutes.This concurs to explain
the degree of the development of a viable alternative in terms
of materials selected and in vivo experimentation. Ideally, a
tissue engineered kidney should be able to replace all the
functions, including endocrine and metabolic activities and
removal of uremic protein-bound waste products [137]. The
attention was therefore focused on those studies dealing with
the whole organ, treated with specific protocols aimed to
preserve the anatomical integrity and assess the potential to
restore its peculiar physiology.

9.1. Preclinical Studies

9.1.1. Natural Approach. Using SDS, Orlando et al. [138]
demonstrated an effective decellularization of porcine kid-
neys, preserving organ structure (including vascular net-
work) and function. A particular care was adopted in the
selection of the most suitable decellularization protocol. SDS
may disrupt the native tissue architecture and damage some
ECM components, but it was preferred to an enzymatic
method, due to the adverse effect that enzymes may exert
on digestion-sensitive molecules in the ECM, or to snap
freezing because exposure to extremely low temperatures
may alter the three-dimensional architecture of the scaffolds.
The obtained decellularized kidney scaffolds were implanted
for two weeks in pigs, matched for age and weight to the
scaffold donors.The surgical procedure was technically feasi-
ble as the mechanical properties of the vasculature deprived
of the endothelial layer supported the surgical reconnection
of the vessel stumps of the scaffold to the recipient’s aorta
and vena cava. This study showed that the organ was
reperfused and the scaffold implantation was well tolerated
with no adverse reaction. However, according to the authors,
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the lack of endothelium elicited the formation of massive
thrombi within the renal artery and vein. Interestingly, the
ureter was ligated and not reconnected to the bladder to
reduce morbidity; moreover, it was also stated that no urine
production was expected. Another interesting result, con-
sidering the whole organ for orthotopic transplantation and
verifying its main function of urine production, was obtained
by harvesting rat kidneys and preserving the intact and
perfusable vascular, glomerular, and tubular compartments
[136]. Kidneys, decellularized by a perfusion approach, were
in vitro repopulated with endothelial and epithelial cells with
consequent formation of a functional graft. Urine production
was observed in vitro and this led the authors to test in vivo the
engineered organ after orthotopic transplantation. Kidneys
were anastomosed to the recipient’s renal artery and vein
and no evidence of bleeding was observed; ureter remained
cannulated for collection of urine production, verified shortly
after the unclamping of recipient vasculature. In addition
𝛽-1 integrin expression in engrafted podocytes suggested
site-specific cell adhesion to physiologic ECM domains.
This report highlighted the role of native ECM proteins,
as laminins and collagen IV, the major ECM proteins of
the glomerular basement membrane necessary for podocyte
adhesion, slit diaphragm formation, and glomerular barrier
function.

10. Bladder

Native nonurologic tissues, like gastrointestinal segments,
are usually employed in reconstructive surgery [139, 140].
However, these tissues are lined by an absorptive and mucus-
secreting epithelium that is incompatible with long-term
exposure to urine [141]. This consideration further supports
the need of a specific engineered scaffold that could properly
replace the function of the organ, critically considering the
microstructure of the native bladder which is then related
to its specific action. Reported findings suggest that urothe-
lium presents mechanosensitive sodium ion channels as
transducers of the parasympathetic nervous system involved
in bladder sensation and that cyclical deformation induces
connective tissue synthesis [142].The urothelium is one of the
three major layers that constitute the bladder wall along with
the lamina propria and the detrusor muscle. The different
structures suggest that each component of this composite
organ plays a peculiar role to assure the final function. In
fact, an ex vivo study on the deformation characteristics of rat
bladder wall showed that the organ can accommodate very
large stretches prior to activation of neurological signals that
trigger voiding and before collagen coils are fully distended,
confirming that the lamina propria is the major structural
capacitance layer, while the detrusor limits the total volume
to avoid overdistention [143].

10.1. Preclinical Studies

10.1.1. Natural Approach. SIS has been implanted in rat and
canine bladder augmentation models, resulting in the regen-
eration of full thickness bladder tissue, including urothelium,

muscularis, nerves, and blood vessels, characterized by phys-
ical properties, such as contractility, similar to native bladder
[144]. Moreover, it has been demonstrated that terminally
differentiated urothelium is the first portion of the bladder
to completely regenerate after SIS implantation [145]. How-
ever, SIS, derived from different segments (proximal small
bowel or distal ileum), resulted to have different regenerative
potential and further investigation resulted to be necessary to
identify the effective SIS regenerative potential [146].

Rabbit or sheep decellularized gallbladders (2 cm× 2 cm),
either alone or seeded with autologous detrusor muscle small
fragments, have been implanted on rabbit bladder mucosa
for bladder augmentation. No evidence of inflammatory
response was revealed 12 weeks postoperatively, and after 24
weeks seeded grafts resulted in whole bladder and muscu-
lar layer regeneration and in new micro vessel formation,
suggesting that fragment-seeded cholecyst-derived ECM can
enhance the properties of acellular gallbladder in terms of
bladder wall regeneration [147]. Even if a decellularized scaf-
fold seems to be the direct and straightforward solution for
tissue engineering of tissues and organs, several issues need to
be addressed as well. Probably, the most critical one is related
to neovascularization, which is pivotal in promoting tissue
formation and should be therefore favoured by developing
ad hoc strategies. Kanematsu et al. [148] dealt with a rat
bladder acellular matrix, as a model, incorporating bFGF by
a reswelling procedure of the growth factor solution. When
tested for a possible bladder augmentation in rats (diameter
15–20mm), it was observed that bFGF significantly enhanced
angiogenesis, probably inhibiting the graft shrinkage at 4
weeks in a dose dependentmanner, whichwas not suppressed
after 12 weeks. The authors reported that this occurrence
could be related to regression of immature vessels formed
by bFGF or unclear characteristics of the infiltrating cells.
The strategy to include relevant chemical cues into the
tested matrix was also verified by using VEGF, a well-known
angiogenic factor. In this regard, porcine bladder was firstly
decellularized and treated either with HA or with HA-VEGF
and then implanted into pigs for bladder augmentation (4 ×
4 cm2) [149].The incorporation ofHA significantly decreased
the matrix porosity, preventing urine seepage and possible
inflammation, while the presence of VEGF contributed to
a great infiltration of microvessels. Moreover, the highest
epithelialization was detected for the HA-VEGF scaffolds, as
demonstrated by the presence of UPIII, a urothelium-specific
protein. Subsequently, Chen et al. [150] proposed an acellular
porcine bladder matrix preseeded with modified endothelial
progenitor cells (transfected with VEGF gene carried by
adenovirus). The scaffolds were then implanted into pigs
which underwent partial cystectomy (about 40%); unseeded
scaffolds were implanted as control. Postoperatively, treated
grafts showed an enhanced neovascularization and prevented
tissue shrinkage and scar formation.

Another possible concern on the use of naturally derived
scaffolds is generally related to their limited temporal stabil-
ity, but it has been rarely assessed in vivo. In this regard, 14C
labelled piglet SIS sheets were implanted into dogs to replace
between 35 and 45% of the dome of native bladders [151].
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Liquid scintillation assays showed that less than 10% of the
radioactivity remained at 3 months after surgery, in addition
the excretion of the scaffold was mainly via a hematogenous
route with subsequent urinary excretion.

10.1.2. Synthetic Approach. According to the whole tissue
engineering paradigm, an engineered scaffold can be cell
seeded and conditioned, dynamically or not, before implan-
tation.This option is not always followed as the implantation
of the nude scaffold can be an alternative route to overcome
the in vitro period that might expose the device to a
possible contamination, also allowing reducing the waiting
time before surgery. In this regard, the potential of noncell
seeded gel spun silkmatrices was assessed formurine bladder
augmentation [152]. Silk fibroin solutionswere prepared from
Bombyx mori silkworm cocoons to obtain tubes by using
the gel spinning technique. Tubular scaffolds were bisected
along the central axis before implantation into an immune
competent mouse strain model. Bladder reconstruction with
silk led to an 82% survival rate, comparable to that with
PGA (71%), and substantially higher than SIS implants (66%),
the latter two being the reference cases. Connective tissue
ingrowth was observed along the periphery of the silk matrix
and traversed the defect site (day 21); the regenerated tissue
was lined with a luminal multilayer epithelium bordered by
a lamina propria with fibroblastic cell populations and a
gradual increase in the degree and distribution of uroplakin
expressionwas detected up to 70 days following implantation.
However, a microscopic analysis of the implanted tube was
not reported in the cited paper, as it was presented in a
previous one [153]. As stated by the authors, nomodifications
occurred in the fabrication process and the final scaffold
appeared to be like a dense structure without a fibrous
architecture similar to the bladder ECM. The positive result
presented seemed not to be affected by this occurrence,
and probably an in vivo experimentation in larger animal
models could further elucidate the point. Seeded polymeric
scaffolds were evaluated in beagle dogs, undergone trigone-
sparing cystectomy, by implanting PGA matrices (15 𝜇m
average fiber diameter) coated with PLGA [154]. Urothelial
and muscle cells were harvested, expanded separately, and,
within 5 weeks, seeded onto biodegradable polymermatrices.
Three different groups were considered for the study: (i)
animals that were primarily closed gained a minimal amount
of reservoir volume without regaining the precystectomy
values, (ii) unseeded grafts led to a slight increase in volume,
a well-developed urothelial layer and a deficient muscular
architecture, (iii) seeded scaffolds allowed to approach and
surpass the precystectomy bladder capacities, showing a nor-
mal cellular organization. Bladder cystoplasty was performed
into mongrel dogs by implanting PLGA based scaffolds with
or without autologous UCs and SMCs to assess the resulting
outcome as affected by the presence of seeded cells [155]. In
this regard, a regenerative process was observed when UCs
and SMCs were seeded onto the implant, while a reparative
healing occurred for the unseeded scaffolds (e.g., mucosal
growth, but an incomplete tissue layer development). How-
ever, this study was not focused on the characteristics of

the implanted scaffolds, thus not allowing evaluating the pos-
sible influence of the three-dimensional architecture on the
final result. The influence of seeded or unseeded PGA scaf-
folds on urothelial proliferation was also previously assessed
by using 3T3 mouse fibroblasts for rat bladder augmentation
[156]. Seeded cells acted as a “feeder layer” confirming an
improved outcome compared to the control case. Different
cell types were also evaluated for this aim, as tested by Lai
et al. [157] comparing bladder SMCs and intestinal SMCs
seeded onto unwoven PGA sheets covered with PLGA for
urinary bladder wall replacement in a rabbitmodel. However,
a real improvement in bladder regeneration is strictly related
to the nervous tissue regeneration. This issue was addressed
by implanting PGA grafts, covered with fibroblast-seeded
chitosan and modified with chitosan, to allow nerve growth
within the bladder wall [158]. No complications were noticed
and immunostaining results showed the presence of neuronal
cells, suggesting that chitosan could improve scaffold abilities
not only as a cell matrix, but also in guiding neurons into the
graft.

In order to be as close as possible to the morphological
structure of the bladder ECM, the fibrous architecture was
considered by Del Gaudio et al. [159] evaluating an electro-
spun scaffold made of PCL and PHBV (50 : 50 ratio). The
collected mats were composed of randomly arranged fibers,
free of defects (3.0 ± 0.1 𝜇m average fiber diameter), and,
due to the dynamic function of the here considered organ,
characterized by means of dynamic mechanical analysis in
a frequency range representative of the time scales of the
physiological dynamics of the bladder wall. The electrospun
scaffolds were implanted into rats for bladder augmentation
and retrieved at 15, 30, and 90 days for the subsequent
histological assays. The regenerative process was poorly
evident in specimens 15 days after surgery, evident after
30 days and complete three months after. A progressive
reconstitution of the entire bladder wall on the top of
the scaffold to build a “new dome” was observed, with
moderate scars along the suture lines. The bladder wall was
reconstituted with the growth of both normal urothelium
and fibrils of smooth muscle cells. The electrospinning
approach was also followed to fabricate a hybrid scaffold
composed of pig BAM substrates covered by PGA or PGA-
PEG fibers [160]. An in vivo evaluation was carried out by
implanting bladder SMC-seeded scaffolds into rats subjected
to partial cystectomy (>50%): both types of substitutes
supported the formation of a bladder wall-like structure,
even if a significant shrinkage was observed for the PGA
scaffold and an increased microvessel density characterized
the PGA-PEG scaffold. Previously, the same group started
this study including PLGAonly and evaluating three different
electrospinning procedures, that is, continuous spinning of
PLGA microfibers on dry BAM, continuous spinning of
PLGA microfibers on wet BAM, and layer-by-layer spinning
of PLGA fibers on continuously rehydrated BAM [161].
After in vivo implantation, urothelium, smooth muscle, and
collagen rich layers infiltratedwith host cells andmicrovessels
were detected. Furthermore, hybrid scaffolds maintained
normal bladder capacity, whereas BAM recipients showed
a significant distension of the bladder, demonstrating that
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adaptable hybrid scaffold supports bladder regeneration and
holds potential for engineering of bladder.

A dome-shaped scaffold composed of electropulled
PLGA mat (inner surface) and PLGA sponge, made by sol-
vent casting and salt leaching, (outer surface) was evaluated
as a potential substrate for amniotic stem cell differentiation
into SMCs for rat bladder augmentation [162].The composite
had a final diameter of 10mm and thickness of 0.8mm; the
inner surfacewas composed of polymeric fibers characterized
by a large distribution (0.5–10𝜇m). Postoperatively, bladder
capacity and compliance were maintained in the cell-seeded
group throughout the 12 weeks, while the acellular scaffold
group (control group) showed a sequential deteriorationwith
time. In addition, the contractile response was observed after
12 weeks, probably due, according to the authors, to the time
for PLGA to be completely resorbed, as well as for the time
required for the smooth muscle to gain significant mass.

Finally, to improve the in vivo outcome of the regenerative
strategy, postfabrication treatments or scaffolds with nanos-
tructured surface have been tested. Modified silk scaffolds
have been implanted in a murine model for bladder aug-
mentation and different results have been obtained, demon-
strating that selective alterations in fabrication parameters
can enhance the degradation rate of gel spun silk scaffolds
in vivo while preserving their ability to support bladder
tissue regeneration and function [163]. Nanometric (less
than 100 nm) PLGA/PU scaffolds, treated with NaOH or
HNO

3
[164] and/or functionalized with IKVAV and YIGSR

peptides, to improve cellular responses [165], have been tested
for bladder tissue regeneration in a minipig model. After
11 weeks, both the urothelium and smooth muscle were
consistently and continuously formed on the new bladder
wall tissue with the polymer incorporation. These studies
suggested that nanostructured resorbable synthetic scaffolds
could be promising replacement materials for partial bladder
and urogenital repair as well as neobladder replacement.

10.2. Clinical Studies

10.2.1. Synthetic Approach. Moving to clinical applications, a
viable engineered substitute should be fabricated based on
the composite nature and properties of the bladder. This
approach was followed by Atala et al. [17] to treat seven
patients with myelomeningocele. Urothelial andmuscle cells,
obtained by a biopsy from each patient, were cultured and
then seeded onto biodegradable bladder-shaped scaffold
made of collagen (from homologous decellularized bladder
submucosa), or collagen and PGA, to be implanted with or
without omental wrap. In the follow-up no complications
were noted and the renal function was preserved. Moreover,
the mean maximum capacity in the collagen engineered
bladders without omental wrap showed a 30% decrease,
the one with omental wrap showed a 1.22-fold increase in
volume, while the composite engineered bladders wrapped
with omentum showed a 1.58-fold increase. These results
supported the conclusion that PGA contributed to structural
integrity, while collagen to cell growth and survival.

11. Urinary Tracts

In this section tissue engineering applications to both ureter
and urethra reconstruction are considered. These structures
are mainly characterized by a transport function that can
be severely impaired by several disorders such hypospadias,
epispadias, and strictures, specifically referring to urethra
[166]. In this regard, the implanted scaffold should promptly
concur to recover the natural function offering a suitable
environment that does not elicit any adverse reaction, par-
ticularly due to the toxic nature of the fluids in contact with
the scaffold surface. The role of a functional epithelium is
therefore crucial and this might suggest planning ad hoc
strategy for the development of a proper tissue engineered
conduit.

11.1. Preclinical Studies

11.1.1. Natural Approach. A possible improvement for ure-
thral reconstruction, firstly based on the use of oral ker-
atinocytes seeded onto BAM [167], was proposed by the
same group considering oral keratinocyte and TGF-𝛽1 siRNA
transfected fibroblast seeded onto BAM in order to mini-
mize the inflammatory response and avoid graft contraction
and shrinkage [168]. For this aim, a mucosal defect (2 cm
length and 0.8 cm width) was created in the anterior rabbit
urethra obtaining 3 groups: oral keratinocyte and TGF-𝛽1
siRNA transfected fibroblast-seeded BAM, autologous oral
keratinocyte-seeded grafts, and unseeded grafts. All the
animals survived to the postoperative observational period
(up to 6 months), being characterized by a severe fibrosis
and shrinkage (control group), intact epidermal cellular layer
(increasing to 5–7 layers) with no evidence of the formation
of capillary in the lower layer (autologous oral keratinocyte-
seeded grafts), or by a well-developed 5 to 7 layers of stratified
keratinocytes associatedwith the formation of capillary in the
epithelial lower layer at 6 months after implantation (TGF-𝛽1
siRNA group).This approach showed that TGF-𝛽1 siRNA can
inhibit the expression of TGF-𝛽1 and significantly reduce the
secretion of type I collagen and scar formation. The concept
to use two different cell lines was already explored by Feng
et al. [169], stating that this approach can accelerate the regen-
erative process and avoid strictures. In this regard, porcine
ACSMs were seeded with lingual keratinocytes or with autol-
ogous CSMCs and lingual keratinocytes and transplanted
into rabbits to recover a urethral defect. After 6 months,
fibrosis, inflammation, and the absence of epithelium were
observed in animals treated with ACSMs, simple epithelial
layer regeneration was revealed in the case of ACSMs seeded
with CSMCs, while stratified epithelial layer and organized
muscle fiber bundles were evident in animal treated with
ACSMs seeded with both cellular types. Even if a naturally
derived material seems to be the most appropriate choice for
a tissue engineered specific scaffold, several drawbacks can be
highlighted as well. In fact, in this study a sever inflammatory
response was highlighted due to (i) a slight retention of
cellular compounds within the ACSM, that might cause
chronic immunoreactions and fibrosis, (ii) the long urethral
defect length (1.5 cm) that limited the regeneration of native
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urothelium, and (iii) the thickness of the scaffold that hin-
dered the penetration of a vascular network into the matrix.
A nude substrate can be hardly considered as a suitablemeans
to promote tissue regeneration, since the lack of a functional
epithelium concurs to the high rate urethral reconstruction
failure. For this aim, Li et al. [170] assessed whether Epith-
rASCs seeded onto rabbit bladder acellular matrix could aid
the regeneration of a defect (2 cm length and 0.8 cmwidth) in
rabbits’ ventral anterior urethra. A remarkable stricture was
detected into two control groups (undifferentiated adipose-
derived stem cells grafts and unseeded grafts), differently
from the treated case. Epith-rASCs showed the capability
to differentiate into epithelium due to the contribution of
in vivo urethral microenvironment. On the other hand, in
the undifferentiated group, the contracture of grafts did not
ameliorate even if epithelial differentiation of the implanted
cells occurred, but this relatively slow process could not
prevent inflammatory cell infiltration and fibrosis of lumen.
The role of the epithelium was underlined by a comparable
approach for the urethral reconstruction by using bone
marrowMSCs and SMCs into a bladder acellularmatrix [171].
Bladder was firstly explanted from rabbits and, after being
decellularized, seeded with those two cell lines, wrapped
around a catheter (MSCs on the luminal side), and covered
with omentum has been implanted into rabbits to recover
a 4 cm ureter defect. Multilayered urothelium covered the
entire lumen with central visible neovascularization after
8 and 16 weeks postoperatively. This result further under-
lined the role of a proper scaffold, as the bladder acellular
matrix, which provides at least 10 different biological factors
(including, e.g., VEGF, TGF-𝛽1, and bFGF), supporting a
goodmicroenvironment for cell migration, proliferation, and
differentiation [172].

11.1.2. Synthetic Approach. An example of urethral recon-
struction by using a collagen tubular scaffoldwas proposed by
Micol et al. [166]. According to this approach a high density
collagen gel tube was fabricated including autologous SMCs
from bladder biopsy to repair a 1 cm defect in the rabbit
urethra. Spontaneous urothelial regeneration was observed
that can be ascribed to colonization from the edges of native
urothelium adjacent to the graft, or by seeding, during
voiding, of urine-derived progenitor cells.

11.2. Clinical Studies

11.2.1. Synthetic Approach. Clinical urethral reconstruction
was performed in five boys (median age 11 years) by using
tubularised fibrous polyglycolic acid:poly(lactide-coglycolide
acid) scaffolds seeded with muscle (outer surface) and
epithelial (inner surface) cells from a biopsy of each patient
[20]. Scanning electron microscopy revealed that all scaffold
surfaces were covered with cells at day 6 of culture. The size
of the engineered urethras ranged from 4 to 6 cm (median
5 cm), with a 16 French diameter, and the construction
of the implantable scaffolds took 4–7 weeks. All patients
were continent and the absence of fistulae or urinary tract

infections was verified during the follow-up (range 36–76
months).

12. Skeletal Muscle

Skeletal muscle has a remarkable inherent ability to regener-
ate and self-repair in response to limited and not severe injury
and stress [173, 174]. Damage caused by crush injury or blunt
trauma is typically associated with a host response that leads
to the activation and differentiation of a population of resi-
dent muscle stem cells named satellite cells [175].Therapeutic
options for severe and extensivemuscle injury (such as VML)
are currently limited and reconstruction of skeletal muscle in
these injuries remains a complex and unsolved task. Typical
therapeutic procedures include autologous tissue transfer,
muscle transposition, or amputation, but they show minimal
success and extensive donor site morbidity [176–181]. Repair
technologies have been focusing in the last few years on
tissue engineering to reconstruct and restore structural and
functional deficit of the skeletal muscle after VML. Several
synthetic and natural-derived scaffolds have been developed
and studied in vitro with the aim of mimicking the muscle
ECM structure and properties; however, very few have been
tested in reliable muscle injury animal models, mainly after
total or partial muscle ablation and substitution [182].

12.1. Preclinical Studies

12.1.1. Natural Approach. Several ECM proteins have been
adopted for scaffold fabrication for skeletal muscle tissue
engineering. Collagen electrospun scaffolds, seeded with
C2C12 cells, were implanted in the mouse gastrocnemius.
After different time points, a slow degradation of the scaffold
has been showed, with activation of vascularization and
the regeneration of muscle fibers [183]. These constructs,
however, had low biocompatibility since only immune-
compromised mice were able to integrate the 3D tissue graft
into their host tissue. Also, the development of a fibrotic
tissue has been shown and this is known to lead to healing
problems and potential tissue/organ dysfunction during the
final healing stages.

Fibrin, collagen, and other ECM proteins are used also
to form scaffolds in commercially available gel forms or
can be suspended for the creation of functional engineered
musculoskeletal tissue [184]. These ECM-derived gels pro-
vide natural-like microenvironment for MSC proliferation
and differentiation, but scale-up of these scaffolds is a major
limitation.

A fibrin-based scaffold, seeded with adult human myo-
blasts, has been studied in vivo in a partial-thickness tibialis
anterior muscle injury model in mouse [185]. Cell engraft-
ment was observed 10 weeks after implantation, with reduced
collagen deposition and mean tetanic force of the tibialis
anterior recovered to approximately 90% of uninjured values.
In a quite innovative approach, dual layered collagenous
scaffolds were constructed with a radial pore orientation or
with round pores. Unseeded scaffolds were implanted into
a surgically created diaphragm defect in rats and explanted
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after 12 weeks. While new collagen deposition was more
oriented in radial scaffolds with respect to round pores, cells
and vessel migration within the scaffolds was similar between
the two constructs [186].

Skeletal muscle regeneration and reconstruction are
improved when native-derived scaffolds are used because
of their content in cytokines that are released by means
of matrix degradation. Furthermore, macrophage activation
and polarization to M2 phenotype have been identified as an
importantmechanism determining proregenerative response
after ECM-derived scaffold transplantation [187–191]. Acellu-
lar tissue scaffolds for skeletal muscle tissue engineering have
been developed with several protocols starting from a wide
variety of tissues and evaluated in a large number of animal
models. ECM-derived scaffolds have been transplanted with
and withoutmuscle precursor cells since the early studies. An
abdominal wall defect model has been used to test muscle-
derived matrices obtained with different decellularization
protocols and transplanted to correct the defect in rats and
rabbits [192–194]. Matrices were also seeded with myoblasts
and showed support to fibroblast migration, deposition of
newly formed collagen, and neovascularization. However,
evidence of skeletal-muscle-cell ingrowth was very poor and
muscular electrophysiologic activity was minimum, with
more encouraging results with myoblasts-seeded patches.
Fibrosis development seems to be the major limitation of
this approach usingmuscle-derivedmatrices after decellular-
ization. Although acellular muscle ECM conserve chemical
and architectural features of the original tissue, few papers
highlighted strong myogenesis activation and de novo for-
mation of muscle fibers derived from local activated muscle
precursor cells [195–197].

As recently shown, the use of scaffolds originated from
skeletal muscle tissue is not exclusive for muscle regeneration
and different matrices can have equal or stronger benefits.
SIS-derived acellular scaffolds have been compared in vivo to
muscle ECM-derived matrices in a rat abdominal wall injury
model [198]. Composition in growth factor content, GAGs,
and basement membrane structural proteins were different
between the two matrices, but in vivo results showed similar
effects on constructive remodelling outcome andmyogenesis
in the implanted area, suggesting that superior muscle regen-
eration is not universally dependent upon homologous tissue
derived ECM scaffolds [198, 199]. SIS-derived scaffolds have
been largely tested in muscle defects in rodents and dogs,
generally showing formation of vascularized skeletal muscle
with different degrees of functional restoring (when tested)
[181, 200, 201].

Porcine bladder-derived acellular matrix has also been
tested in a mouse VML model with similar outcomes: 2
months postinjury and implantation of the scaffold seeded
withmuscle progenitor cells demonstrated remodelling of the
construct and formation of new desmin-positive myofibers
with and without striations, blood vessels, and neurovascular
bundles in the site of implantation, but neuromuscular junc-
tion function has not been demonstrated [202]. Engineered
acellular bladder seeded with muscle precursor cells and
transplanted in a VML defect in tibialis anterior muscle
exhibited variable capacity to restore in vivo function of

injured muscles 12 weeks after injury [203]. In this work, cell
seeded matrices promoted muscle fiber regeneration within
the initial defect area, indicating that engineered constructs,
including a cellular component, can improve the in vivo
functional capacity of the injured musculature generating
functional skeletal muscle fibers.

12.1.2. Synthetic Approach. Several biodegradable synthetic
scaffolds have been developed to supportmuscle regeneration
and regrowth. Despite several attempts, cell engraftment,
and proliferation within the synthetic construct is generally
limited by low early adhesion. These scaffolds also tend
to be more rigid than a biological matrix, interfering with
functional muscle force development and transmission [184,
204]. Nevertheless, synthetic scaffolds are largely studied in
literature for muscle tissue engineering application [184, 185,
205, 206].

Among several types of polymers used as a construct
for muscle replacement and support, electrospun synthetic
polymer mats, made of uniformly aligned fibers, resembling
skeletal muscle ECM, are the scaffolds most evaluated in
in vivo studies. Electrospun fibrous matrices have been
fabricated of different single or combinations of polymers and
promote cell adhesion and proliferation and nutrient diffu-
sion and provide favourable mechanical properties [184, 205,
206]. These sheets of fibres from polymers, and sometimes
biological proteins (elastin and collagen), are cost-effective
and can be customized for pore size and fiber diameter and
length and density. These characteristics affect muscle cell
adhesion, migration, functional differentiation, and nutrient
and oxygen availability in the engineered muscle [184, 205–
207].

In vivo, unseeded biodegradable fibers of PEUU
deposited with electrosprayed serum-based culture medium
have been used in a ratmodel for abdominal wall replacement
[208]. This wet electrospinning resulted in scaffolds with
softer mechanical properties and a distinct morphology
with fiber tortuosity (looping) that might ease cell migration
by more readily locally distended fibers. 8 weeks after
implantation, PEUU substrate showed a healing result that
developed toward approximating physiologic mechanical
behaviour. Extensive cellular infiltrate with smooth muscle
and endothelial positive cells was observed together with
ECM (collagens, elastin) elaboration. The functional result,
however, seemed to be an effect of scaffold replacement
by a fibrotic scar tissue improving only passive mechanical
properties rather than active functionality of any newmuscle
tissue.

Zhao et al. [209] used an electrospun PCL/collagen
hybrid scaffold for diaphragmatic muscle reconstruction.
The aligned fibrous scaffold was fabricated to mimic muscle
organization and to guide muscle cell orientation. Further-
more, these scaffolds, combining both synthetic polymer and
naturally derived material, effectively supported cell adhe-
sion, proliferation, and differentiation. The hybrid scaffolds
were implanted into a central left hemidiaphragmatic defect
in rats, showing muscle ingrowth into the scaffold up to
6 months after implantation. The mechanical properties of
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the retrieved diaphragmatic scaffolds were similar to those
of normal tissue: electrospun PCL/collagen hybrid scaffolds
exhibited initial elastic behaviour followed by stiffening,
a behaviour which is similar to the tensile behaviour of
native tissues. The in vivo remodelling process evidenced
organized skeletal muscle cells, vascularization, and deep cell
infiltration into the scaffold. Coaxial electrospun scaffolds,
made of PCL, multiwalled carbon nanotubes and a (83/17
or 40/60) poly(acrylic acid)/poly(vinyl alcohol) hydrogel,
capable of movement with electrical stimulation, have been
implanted into a cavity (5mm × 5mm) created within the
vastus lateralis muscle of rats for four weeks to determine in
vivo biocompatibility. No significant clinical adverse effects
and complications were revealed, and both scaffold types
displayed evidence of muscle regeneration and neovasculari-
sation after 28 days postimplantation. Although initial results
are encouraging, authors commented that longer studies are
necessary to determine if the two hydrogel concentrations
will critically affect the body including local and systemic
effects [210].

13. Concluding Remarks

The need for a suitable scaffold that can (i) accommodate
cells, (ii) be instructive, (iii) mimic the natural ECM to be
replaced, and (iv) promote an effective tissue regeneration
is mandatory for tissue engineering applications. As already
stated, this is only a partial vision of the whole problem
because the term/concept “scaffold” needs to be understood
in detail. The analysis of the results here reported, that
was strictly focused on orthotopic implants with the aim
to provide the state of the art for a reliable bench-to-
bedside translation, clearly shows thatmultiple solutions have
been proposed that still need to be properly refined for the
desired outcome. Obviously, the in vivo approach does not
guarantee a safe and viable technique to treat degenerative
pathologies but is a necessary step to furnish relevant findings
on the possible response of a tissue engineered scaffold.
This approach helps to overcome the inherent limitations
of the in vitro model but should not be considered as the
only resource to test or verify an idea. On the contrary, it
must be clearly stated that the animal experimentation is
the last step to functionally assess a device when all the
preliminary characterizations have given a positive response.
As here demonstrated, dealing with scaffolds structurally
similar to the anatomic site to be recovered, like the ones
derived from a decellularization process, does not necessarily
improve the host response since the key factor is the delicate
interplay among different factors that concur to define a
specific tissue. Morphology, three-dimensional architecture,
mechanical and chemical properties, selection of the most
appropriate cell type (i.e., stem cells or already differentiated
cells), surface treatments, combination of multiple materials
to fabricate a composite, loading and release of drugs and/or
growth factors, and in vitro/in vivomodels are to be critically
evaluated and require a deep knowledge of all the aspects of
the tissue or organ to be healed. The complexity of the prob-
lem is strictly dependent on the resulting outcome obtained

by combining two or more of these starting elements, and a
proper observational period after implantation can support
the critical assessment of the investigated approach. Long
follow-ups are therefore needed, like the one, for instance,
ranging from 22 to 61 months considered to evaluate the
response of tissue engineered bladders for patients needing
cystoplasty [17] or the one (5 years) regarding the tissue
engineered trachea transplantation to replace an end-staged
left main bronchus with malacia [50].

Regarding the starting questions of this review, it is
possible to conclude that clinical investigations effectively
support the bench-to-bedside translation of the tissue engi-
neering approach for some tissues/organs, allowing enhanc-
ing and proposing novel strategies toward a desired outcome.
However, for complex organs more detailed studies are still
necessary to develop a suitable engineered solution. A critical
improvement of the knowledge of the host response to an
implanted scaffold, which is dependent on all the features
discussed in this review, is essential in order to accurately
design a viable device aimed to readily promote the healing
process.

Acronyms

ACSM: Acellular corpus spongiosum matrix
ASCs: Adipose stem cells
BAM: Bladder acellular matrix
bFGF: Basic fibroblast growth factor
BMCs: Bone marrow cells
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ECM: Extracellular matrix
EPCs: Epithelial precursor cells
Epith-rASCs: Epithelial-differentiated rabbit

adipose-derived stem cells
G-CSF: Granulocyte colony-stimulating factor
GAGs: Glycosaminoglycans
HA: Hyaluronic acid
MSCs: Mesenchymal stem cells
PCL: Poly(𝜀-caprolactone)
PCU: Poly(carbonate-urea)urethane
PEG: Poly(ethylene glycol)
PEUU: Poly(ester urethane)urea
PGA: Polyglycolic acid
PHBHHx: Poly(3-hydroxybutyrate-co-3-

hydroxyhexanoate)
PHBV: Poly(3-hydroxybutyrate-co-3-

hydroxyvalerate)
PLA: Polylactic acid
PLGA: Poly(lactic-co-glycolic acid)
POSS: Polyhedral oligomeric silsesquioxane
PU: Poly(ether urethane)
ePTFE: Expanded polytetrafluoroethylene
SDS: Sodium dodecyl sulphate
SIS: Small intestine submucosa
SMCs: Smooth muscle cells
TGF-𝛽1: Transforming growth factor-𝛽1
UCs: Urothelial cells
VEGF: Vascular endothelial growth factor
VML: Volumetric muscle loss.
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Auger, “A completely biological tissue-engineered human blood
vessel,” FASEB Journal, vol. 12, no. 1, pp. 47–56, 1998.

[111] N. L’Heureux, N. Dusserre, G. Konig et al., “Human tissue-
engineered blood vessels for adult arterial revascularization,”
Nature Medicine, vol. 12, no. 3, pp. 361–365, 2006.

[112] T. N. McAllister, M. Maruszewski, S. A. Garrido et al., “Effec-
tiveness of haemodialysis access with an autologous tissue-
engineered vascular graft: a multicentre cohort study,” The
Lancet, vol. 373, no. 9673, pp. 1440–1446, 2009.

[113] J. Zhao, L. Liu, J. Wei et al., “A novel strategy to engineer small-
diameter vascular grafts from marrow-derived mesenchymal
stem cells,” Artificial Organs, vol. 36, no. 1, pp. 93–101, 2012.

[114] C. Quint, Y. Kondo, R. J. Manson, J. H. Lawson, A. Dardik, and
L. E. Niklason, “Decellularized tissue-engineered blood vessel
as an arterial conduit,” Proceedings of the National Academy of
Sciences of theUnited States of America, vol. 108, no. 22, pp. 9214–
9219, 2011.

[115] S. L. Dahl, A. P. Kypson, J. H. Lawson et al., “Readily avail-
able tissue-engineered vascular grafts,” Science Translational
Medicine, vol. 3, no. 68, Article ID 68ra9, 2011.

[116] E. Paternotte, H. Kerdjoudj, T. Kokten et al., “Endothelial-
ized and preconditioned natural umbilical arteries with long
term patency open the route for future human uses,” Clinical
Hemorheology and Microcirculation, vol. 54, no. 3, pp. 223–234,
2013.

[117] S. de Valence, J. Tille, D.Mugnai et al., “Long term performance
of polycaprolactone vascular grafts in a rat abdominal aorta
replacement model,” Biomaterials, vol. 33, no. 1, pp. 38–47, 2012.

[118] S. de Valence, J. C. Tille, C. Chaabane et al., “Plasma treatment
for improving cell biocompatibility of a biodegradable polymer
scaffold for vascular graft applications,” European Journal of
Pharmaceutics and Biopharmaceutics, vol. 85, no. 1, pp. 78–86,
2013.

[119] E. Pektok, B. Nottelet, J. C. Tille et al., “Degradation and healing
characteristics of small-diameter poly(𝜀-caprolactone) vascular
grafts in the rat systemic arterial circulation,” Circulation, vol.
118, no. 24, pp. 2563–2570, 2008.

[120] B. W. Tillman, S. K. Yazdani, S. J. Lee, R. L. Geary, A. Atala, and
J. J. Yoo, “The in vivo stability of electrospun polycaprolactone-
collagen scaffolds in vascular reconstruction,” Biomaterials, vol.
30, no. 4, pp. 583–588, 2009.

[121] G. Matsumura, S. Miyagawa-Tomita, T. Shin’Oka, Y. Ikada, and
H. Kurosawa, “First evidence that bone marrow cells contribute
to the construction of tissue-engineered vascular autografts in
vivo,” Circulation, vol. 108, no. 14, pp. 1729–1734, 2003.

[122] M. Zhou, W. Qiao, Z. Liu et al., “Development and in vivo
evaluation of small-diameter vascular grafts engineered by
outgrowth endothelial cells and electrospun chitosan/poly(𝜀-
caprolactone) nanofibrous scaffolds,” Tissue Engineering A, vol.
20, no. 1-2, pp. 79–91, 2014.

[123] S. P. Hoerstrup, I. Cummings, M. Lachat et al., “Functional
growth in tissue-engineered living, vascular grafts: follow-up at
100 weeks in a large animal model,” Circulation, vol. 114, no. 1,
pp. I159–I166, 2006.

[124] G.Matsumura, N. Nitta, S. Matsuda et al., “Long-term results of
cell-free biodegradable scaffolds for in situ tissue-engineering
vasculature: in a canine inferior vena cava model,” PLoS ONE,
vol. 7, no. 4, Article ID e35760, 2012.

[125] G.Matsumura,N. Isayama, S.Matsuda et al., “Long-term results
of cell-free biodegradable scaffolds for in situ tissue engineering
of pulmonary artery in a canine model,” Biomaterials, vol. 34,
no. 27, pp. 6422–6428, 2013.

[126] N. Isayama, G. Matsumura, H. Sato et al., “Histological matura-
tion of vascular smoothmuscle cells in in situ tissue-engineered
vasculature,” Biomaterials, vol. 35, no. 11, pp. 3589–3595, 2014.

[127] N. Hibino, T. Shin’oka, G. Matsumura, Y. Ikada, and H. Kuro-
sawa, “The tissue-engineered vascular graft using bone mar-
row without culture,” Journal of Thoracic and Cardiovascular
Surgery, vol. 129, no. 5, pp. 1064–1070, 2005.

[128] N. Hibino, G. Villalona, N. Pietris et al., “Tissue-engineered
vascular grafts form neovessels that arise from regeneration of



BioMed Research International 25

the adjacent blood vessel,” FASEB Journal, vol. 25, no. 8, pp.
2731–2739, 2011.

[129] T. L. Mirensky, N. Hibino, R. F. Sawh-Martinez et al., “Tissue-
engineered vascular grafts: does cell seeding matter?” Journal of
Pediatric Surgery, vol. 45, no. 6, pp. 1299–1305, 2010.

[130] J. D. Roha, R. Sawh-Martinez, M. P. Brennan et al., “Tissue-
engineered vascular grafts transform into mature blood vessels
via an inflammation-mediated process of vascular remodeling,”
Proceedings of the National Academy of Sciences of the United
States of America, vol. 107, no. 10, pp. 4669–4674, 2010.

[131] A. Nieponice, L. Soletti, J. Guan et al., “In Vivo assessment of
a tissue-engineered vascular graft combining a biodegradable
elastomeric scaffold and muscle-derived stem cells in a rat
model,” Tissue Engineering A, vol. 16, no. 4, pp. 1215–1223, 2010.

[132] V. A. Kumar, J. M. Caves, C. A. Haller et al., “Acellular
vascular grafts generated from collagen and elastin analogs,”
Acta Biomaterialia, vol. 9, no. 9, pp. 8067–8074, 2013.

[133] W. Wu, R. A. Allen, and Y. Wang, “Fast-degrading elastomer
enables rapid remodeling of a cell-free synthetic graft into a
neoartery,” Nature Medicine, vol. 18, no. 7, pp. 1148–1153, 2012.

[134] T. N. McAllister, N. Dusserre, M. Maruszewski, and N.
L’Heureux, “Cell-based therapeutics from an economic per-
spective: primed for a commercial success or a research sink-
hole?” Regenerative Medicine, vol. 3, no. 6, pp. 925–937, 2008.

[135] G. Orlando, C. Booth, Z. Wang et al., “Discarded human
kidneys as a source of ECM scaffold for kidney regeneration
technologies,” Biomaterials, vol. 34, no. 24, pp. 5915–5925, 2013.

[136] J. J. Song, J. P. Guyette, S. E. Gilpin, G. Gonzalez, J. P. Vacanti,
and H. C. Ott, “Regeneration and experimental orthotopic
transplantation of a bioengineered kidney,” Nature Medicine,
vol. 19, no. 5, pp. 646–651, 2013.

[137] P. Y. Dankers, J. M. Boomker, E. W. Meijer, E. R. Popa, andM. J.
A. Van Luyn, “From kidney development to drug delivery and
tissue engineering strategies in renal regenerative medicine,”
Journal of Controlled Release, vol. 152, no. 1, pp. 177–185, 2011.

[138] G. Orlando, A. C. Farney, S. S. Iskandar et al., “Production
and implantation of renal extracellular matrix scaffolds from
porcine kidneys as a platform for renal bioengineering inves-
tigations,” Annals of Surgery, vol. 256, no. 2, pp. 363–370, 2012.

[139] B. Brehmer, D. Rohrmann, C. Becker, G. Rau, and G. Jakse,
“Different types of scaffolds for reconstruction of the urinary
tract by tissue engineering,”Urologia Internationalis, vol. 78, no.
1, pp. 23–29, 2007.

[140] S. Y. Chung, “Bladder tissue-engineering: a new practical
solution?”The Lancet, vol. 367, no. 9518, pp. 1215–1216, 2006.

[141] A. Atala, “Tissue engineering for the replacement of organ
function in the genitourinary system,”The American Journal of
Transplantation, vol. 4, supplement 6, pp. 58–73, 2004.

[142] S. Korossis, F. Bolland, E. Ingham, J. Fisher, J. Kearney,
and J. Southgate, “Tissue engineering of the urinary bladder:
considering structure-function relationships and the role of
mechanotransduction,” Tissue Engineering, vol. 12, no. 4, pp.
635–644, 2006.

[143] A. Parekh, A. D. Cigan, S. Wognum, R. L. Heise, M. B.
Chancellor, and M. S. Sacks, “Ex vivo deformations of the
urinary bladder wall during whole bladder filling: contributions
of extracellular matrix and smooth muscle,” Journal of Biome-
chanics, vol. 43, no. 9, pp. 1708–1716, 2010.

[144] B. P. Kropp, “Small-intestinal submucosa for bladder augmen-
tation: a review of preclinical studies,”World Journal of Urology,
vol. 16, no. 4, pp. 262–267, 1998.

[145] C. C. Roth, C. H. Bell, B. Woodson et al., “Temporal differ-
entiation and maturation of regenerated rat urothelium,” BJU
International, vol. 103, no. 6, pp. 836–841, 2009.

[146] B. P. Kropp, E. Y. Cheng, H. Lin, and Y. Zhang, “Reliable and
reproducible bladder regeneration using unseeded distal small
intestinal submucosa,” Journal of Urology, vol. 172, no. 4, pp.
1710–1713, 2004.

[147] A. M. Kajbafzadeh, S. Sabetkish, R. Heidari et al., “Tissue-
engineered cholecyst-derived extracellular matrix: a biomate-
rial for in vivo autologous bladder muscular wall regeneration,”
Pediatric Surgery International, vol. 30, no. 4, pp. 371–380, 2014.

[148] A. Kanematsu, S. Yamamoto, T. Noguchi, M. Ozeki, Y. Tabata,
and O. Ogawa, “Bladder regeneration by bladder acellular
matrix combined with sustained release of exogenous growth
factor,” Journal of Urology, vol. 170, no. 4, pp. 1633–1638, 2003.

[149] Y. Loai, H. Yeger, C. Coz et al., “Bladder tissue engineer-
ing: tissue regeneration and neovascularization of HA-VEGF-
incorporated bladder acellular constructs inmouse and porcine
animalmodels,” Journal of BiomedicalMaterials Research A, vol.
94, no. 4, pp. 1205–1215, 2010.

[150] B. Chen, H. Xie, S. Zhang et al., “Tissue engineering of
bladder using vascular endothelial growth factor gene-modified
endothelial progenitor cells,” International Journal of Artificial
Organs, vol. 34, no. 12, pp. 1137–1146, 2011.

[151] R. D. Record, D. Hillegonds, C. Simmons et al., “In vivo
degradation of 14C-labeled small intestinal submucosa (SIS)
when used for urinary bladder repair,” Biomaterials, vol. 22, no.
19, pp. 2653–2659, 2001.

[152] J. R. Mauney, G. M. Cannon, M. L. Lovett et al., “Evaluation of
gel spun silk-based biomaterials in a murine model of bladder
augmentation,” Biomaterials, vol. 32, no. 3, pp. 808–818, 2011.

[153] M. L. Lovett, C. M. Cannizzaro, G. Vunjak-Novakovic, and D.
L. Kaplan, “Gel spinning of silk tubes for tissue engineering,”
Biomaterials, vol. 29, no. 35, pp. 4650–4657, 2008.

[154] F. Oberpenning, J. Meng, J. J. Yoo, and A. Atala, “De novo
reconstitution of a functional mammalian urinary bladder by
tissue engineering,”Nature Biotechnology, vol. 17, no. 2, pp. 149–
155, 1999.

[155] M. J. Jayo, D. Jain, B. J. Wagner, and T. A. Bertram, “Early
cellular and stromal responses in regeneration versus repair of
a mammalian bladder using autologous cell and biodegradable
scaffold technologies,” Journal ofUrology, vol. 180, no. 1, pp. 392–
397, 2008.

[156] T. Drewa, J. Sir, R. Czajkowski, and A. Wozniak, “Scaffold
seeded with cells is essential in urothelium regeneration and
tissue remodeling in vivo after bladder augmentation using in
vitro engineered graft,” Transplantation Proceedings, vol. 38, no.
1, pp. 133–135, 2006.

[157] J. Lai, P. Chang, and J. Lin, “A comparison of engineered urinary
bladder and intestinal smooth muscle for urinary bladder wall
replacement in a rabbit model,” Journal of Pediatric Surgery, vol.
41, no. 12, pp. 2090–2094, 2006.

[158] T.Drewa, J. Adamowicz, J. Lysik, J. Polaczek, and J. Pielichowski,
“Chitosan scaffold enhances nerve regeneration within the in
vitro reconstructed bladder wall: an animal study,” Urologia
Internationalis, vol. 81, no. 3, pp. 330–334, 2008.

[159] C. Del Gaudio, A. Vianello, G. Bellezza et al., “Evaluation
of electrospun bioresorbable scaffolds for tissue-engineered
urinary bladder augmentation,” BiomedicalMaterials, vol. 8, no.
4, Article ID 045013, 2013.
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Articular cartilage lesions are a particular challenge for regenerative medicine due to cartilage low self-ability repair in case of
damage. Hence, a significant goal of musculoskeletal tissue engineering is the development of suitable structures in virtue of
their matrix composition and biomechanical properties. The objective of our study was to design in vitro a supporting structure
for autologous chondrocyte growth. We realized a biohybrid composite scaffold combining a novel and nonspecific extracellular
matrix (ECM), which is decellularizedWharton’s jelly ECM, with the biomechanical properties of the synthetic hydrogel polyvinyl
alcohol (PVA).Wharton’s jelly ECMwas tested for its ability in promoting scaffold colonization by chondrocytes and comparedwith
polyvinyl alcohol itself and the more specific decellularized cartilage matrix. Our preliminary evidences highlighted the chance of
usingWharton’s jelly ECM in combinationwith PVAhydrogels as an innovative and easily available scaffold for cartilage restoration.

1. Introduction

Cartilage degeneration, due to congenital abnormalities or
disease and trauma, represents a major health problem of
great clinical consequence [1, 2]. In case of damage, cartilage
is not capable of healing as it is an avascular and aneural
tissue; moreover, its cellular components, chondrocytes, have
low mitotic ability [3, 4]. Cartilage lesions are generally
believed to progress to severe forms of osteoarthritis [5, 6],
leading to pathologic changes in the joints with consequent
pain, inflammation, and functional disability [7, 8]. Injuries
which reach the subchondral bone may induce a systemic
reaction and generate reparative tissue. Although type II
collagen may be produced by this reparative tissue, it consists
predominantly of type I collagen, resulting in the formation
of fibrocartilage which does not have the biomechanical
properties of articular cartilage [9].

Thepoor regenerative potential of cartilage and the unsat-
isfactory current clinical therapies have led to the research of
strategies providing solutions to the treatment of focal defects

[10, 11]. An emerging and promising field for the generation
of tissue substitutes is tissue engineering. The basic approach
to tissue engineering depends upon the interaction between
cells, scaffolds, and signalling factors to create in vitro a
biological tissue construct to implant in vivo mimicking the
tissue of interest; engineering cartilage is no exception to this
approach [1, 12, 13].

Implanting the patient’s own chondrocytes into the carti-
lage defect is a method called “matrix-associated autologous
chondrocyte transplantation” (MACT): it is performed with
either natural or synthetic polymer-based scaffolds [14].
Amongst synthetic biomaterials, hydrogels have demon-
strated their ability to simulate human tissue better than any
other class. In particular, physically cross-linked poly(vinyl
alcohol) (PVA) hydrogels are attractive tools in cartilage
tissue engineering as they have a viscoelastic behaviour
comparable with that of articular and meniscal cartilage.
PVA hydrogels are physically cross-linked through freeze-
thaw (FT) cycles: exposing the polymer solution to cold
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temperatures, water freezes and PVA is expelled forming
areas of high PVA concentration. PVA chains come into
close contact with each other and crystallite formation as
well as hydrogen bonding occurs. These interactions remain
intact after thawing and create a nondegradable 3D hydrogel
network. It is possible to tailor mechanical properties of the
hydrogel acting on the number of FT cycles [15]. However,
despite PVA biocompatibility, its low protein adsorption
property results in low cell adhesion compared with other
hydrogels [3].

In the body, cells are embedded in the extracellularmatrix
(ECM) which is made up of protein fibres interwoven in
a network of glycosaminoglycan (GAG) chains. The ECM
influences cellular responses like survival, development, and
behaviour by interacting with cellular adhesion molecules,
growth factors, binding proteins, proteolytic enzymes, and
enzyme inhibitors [16]. Hence, ECM has been successfully
used as a scaffold for constructive remodelling of multiple
tissues in both preclinical studies and in human clinical
applications [17]. However, despite ECM, derived scaffolds
offer promising regenerative responses in many settings; in
some applications, more robust and long lasting mechanical
properties are necessary [18]. A composite scaffold, strong
and bioactive, may represent an interesting solution to this
problem. In this work, we have investigated how to realize
a scaffold able to sustain articular cartilage regeneration. We
have combined mechanical properties of PVA and bioactive
ones of ECM. In particular, our attention focused on the
investigation of an alternative ECM tissue derived from the
umbilical cord Wharton’s jelly in comparison with the more
specific cartilage matrix.

2. Materials and Methods

2.1. Culture Media and Reagents. All chemicals and reagents
were obtained from Sigma-Aldrich Chemical Company (St.
Louis, MO, USA), except for phosphate-buffered saline
(PBS) tablets, Dulbecco’s modified Eagle’s medium/F12
(DMEM/F12) (2 : 1) (Gibco Invitrogen Corporation, Pais-
ley, UK), sodium chloride (Fluka, Basel, Switzerland), the
Vectashield Mounting medium for fluorescence with DAPI
(Vector Laboratories, Burlingame, CA, USA), Movat pen-
tachromic staining kit (Diapath, Bergamo, Italy), Masson
trichrome staining kit (Bio-Optica, Milano, Italy), and colla-
genase B (Roche, Basel, Switzerland). MilliQ grade water was
preparedwith aMilliQAcademic system (Millipore, Bedford,
MA, USA).

2.2. Scaffold Manufacture. Three different scaffold groups
were investigated to analyse their ability in sustaining chon-
drocytes adhesion and proliferation: the PVA hydrogel alone
and the PVA hydrogel combined with Wharton’s jelly (W’s
J) derived matrix; the PVA hydrogel combined with articular
cartilage (AC) derived matrix.

For the first group, an aqueous solution of 16wt% PVA
(Mw 146,000–186,000Da, 99+% hydrolysed) was prepared
by heating the polymer suspension for 48 hours at 90∘C,
under stirring, until complete dissolution. The PVA solution

was then slowly cooled down to room temperature. Finally, a
volume of 0.7mL of the PVA solution was cast into each well
of a 24-well tissue culture plate (mould) (BD Falcon, Franklin
Lakes, NJ, USA).

For composite scaffolds, ECMs were gained from umbil-
ical cord and cartilage samples collected after obtaining
informed consent of donors. All tissue samples were rinsed
several times in PBS containing 2% penicillin/streptomycin
solution in order to remove any residual blood.

After taking off blood vessels from umbilical cords,
Wharton’s jelly and cartilage were minced into small frag-
ments that were all gathered in a 50mL tube (BD Fal-
con). Fragments were then decellularized according to the
detergent-enzymatic method by Meezan and collaborators
[19]. Briefly, samples were soaked in distilled water for
72 h at 4∘C, changing the aqueous solution every 2 h, 4%
sodium deoxycholate for 4 h at room temperature (RT), and
2,000KU (Kunitz Units) DNase-I in 1M NaCl for 2 h at RT.
After decellularization, 1 g of W’s J or cartilage was soaked
with 15mL of 10% acetic acid solution (2.5M) in deionized
water (dH

2
O) and homogenized at 0∘C using Ultra-Turrax

homogenizer (Janke & Kunkel GmbH, Staufen, Germany)
8 times/20 sec with intervals of 5min. This stage was led
in an ice bath. For total protein quantitation, 1mL of each
homogenate was analysed as described in Section 2.5. In
parallel, 400 𝜇L of matrix solution was cast into each well
of a 24-well cell culture plate (mould) and frozen at −20∘C
before being lyophilized overnight using an under-vacuum
evaporator (Speed Vac Concentrator Savant, Instruments
Inc., Farmingdale, NJ, USA). Composite scaffolds of PVA and
ECMwere prepared setting down carefully a thinmatrix layer
upon PVA solution poured in 24-well plates. A freeze-thaw
treatment was used to physically cross-link the hydrogel and
to embed the lyophilized matrix upon it. Briefly, the coated
plate was frozen at −20∘C and slowly thawed at −2.5∘C for 5
times. At the end of the freeze-thawing treatment, composite
scaffolds were kept at −20∘C until use.

2.3. Mechanical Testing of PVA Hydrogels. Hydrated 16 and
25wt%PVAhydrogels underwent tensile tests. Analyses were
performed in a universal testing machine Bose (Electroforce,
Eden Prairie, MN, USA), at RT and with a crosshead speed of
0.5mm/sec. The samples were cut with a rectangular shape
and size of 5mm×25mm×1mm.The samples were fixed to
the machine by means of clamps.

2.4. Morphological Analysis by Scanning Electron Microscopy
(SEM). PVAandPVA composite scaffoldmorphology before
and after chondrocytes seeding was investigated by SEM.
Samples were fixedwith 2.5% glutaraldehyde in 0.1M cacody-
late buffer (pH7.2) for 24 h and then dehydratedwith a graded
ethanol series. After critical point drying and gold sputtering,
they were observed by a scanning electron microscope
(Stereoscan-205 S; Cambridge instruments, Pine Brook, NJ,
USA).

2.5. Protein Quantitation Assay of Decellularized ECMs. Total
ECM proteins were quantitated by bicinchoninic acid (BCA)
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method using the Pierce BCA Protein assay kit (Thermosci-
entific, Rockford, IL, USA) and following the manufacturer’s
instructions for protein detection on microplate wells. The
analysis was performed on five different donor samples of
W’s J and AC matrix homogenates, obtained as described
previously. Acetic acid homogenates (1mL) were centrifuged
at 12000 rpm for 5min at 4∘C and protein pellets were
dissolved in 1mL of 1% sodium dodecyl sulphate (SDS).
The colorimetric reactions were analyzed at 562 nm using
a Microplate autoreader EL 13 (BIO-TEK Instruments Inc.,
Winooski, Vermont, USA). The total protein amount was
determined using a standard curve for bovine serum albumin
(BSA).

2.6. Quality Assessment of ECM after Decellularization Treat-
ment. For histological analysis, Wharton’s jelly and articular
cartilage fragments were soaked in cold isopentane and
frozen in liquid nitrogen fumes and then kept at −80∘C for
24 h. Samples were then ice-included and sliced in 7 𝜇m
serial slices using a cryomicrotome (Leica CM 1850 UV).
These sections were fixed with acetone and mounted with
Vectashield mounting medium for fluorescence with DAPI
(Vector Laboratories, Burlingame, CA, USA) to ascertain
complete decellularization after each detergent-enzymatic
cycle. In parallel, acellular samples were stained with Movat
pentachromic and Masson trichromic kits to assess the
maintenance of structural properties. As control, nativeW’s J
and AC samples were used.

2.7. Cartilage Harvest and Chondrocyte Isolation. Noncalci-
fied human articular cartilage samples were collected from
3 donors who underwent total knee arthroplasty; only tis-
sue from joints without signs of degenerative changes was
used. The cartilage specimens were kept in basal medium
DMEM and Nutrient Mixture F12, ratio 2 : 1, until further
processed (within 24 h of sample collection). For chondrocyte
isolation, cartilage was washed in PBS containing 2% of
penicillin/streptomycin, minced finely, and digested with
0.1% collagenase B in basal medium at 37∘C for 22 hours.
The resulting cell suspension was collected and centrifuged at
1500 rpm for 5min. Isolated cells were then seeded on 25 cm2
flasks (BD Falcon) at high density with complete medium as
described below.

2.8. Chondrocyte Culture. Chondrocytes were cultured
at 37∘C in humidified atmosphere containing 5% CO

2

with complete medium: DMEM/F12 (2 : 1) was added with
10% fetal bovine serum (FBS), 0.4 𝜇g/mL hydrocortisone,
8 ng/mL cholera toxin, 5 𝜇g/mL insulin, 24𝜇g/mL adenine,
0.5 𝜇g/mL transferrin, 136 pg/mL triiodothyronine, and 1%
penicillin/streptomycin solution. The medium was changed
at the sixth day and then every 3-4 days.

2.9. Optical Microscopy Analysis. Cell cultures were daily
observed by optical microscope DM/IL (Leica), and pictures
were taken with a camera Nikon Digital Sight Ds-SMCc
(Nikon Corporation).

2.10. RT-PCR. To investigate gene expression profile of
chondrocyte primary cultures, mRNAs of specific cartilage
markers were analysed using reverse transcription poly-
merase chain reaction (RT-PCR). Total RNA of cultured
chondrocytes was first isolated using Trizol and quantified
by NanoDrop 2000 (Thermo Fisher Scientific, Waltham,
MA, USA) at 260 and 280 nm. Reverse transcription and
specific amplification were performed in a single tube using
QIAGEN OneStep RT-PCR Kit (Qiagen, Hilden, Germany,
EU) according to the manufacturer’s instructions. Spe-
cific oligoprimers (Life technologies, Carlsbad, CA, USA)
designed on Gene Bank sequences (Table 1) were used and
the expression of HPRT was considered as internal control.
Finally, PCR products were separated by 7% polyacrylamide
gel electrophoresis and visualized by silver nitrate staining.
Pictures were taken using 3000 VersaDoc Gel Imaging Sys-
tem (Bio-Rad, Hercules, California, USA) and Quantity One
software (Bio-Rad). Finally, band intensities were quantitated
by densitometry, using Image J software.

2.11. Immunophenotype Characterization. Flow cytometry
analysis was performed to identify chondrocyte specific
immunophenotype. Cells were first harvested by treatment
with trypsin-EDTA and resuspended in PBS and 0.2%
BSA. Hence, chondrocytes were stained with phycoerythrin-
conjugated antibodies, CD26, CD49c, CD44, and CD73; flu-
orescein isothiocyanate-conjugated antibodies, CD49e and
CD151; and PerCP-Cyanine5-conjugated antibody, CD49f.
Labeling occurred in 15 minutes at RT, in the dark. Iso-
typic antibodies served as controls. All the antibodies were
purchased from BioLegend (San Diego, CA, USA), with the
exception of CD151 and its isotype, purchased fromMillipore
(Billerica, MA, USA) (Table 2). For each sample, at least
10,000 events were analysed by a FACS Canto II cytometer
(Becton Dickinson, Franklin Lakes, NJ, USA). Data were
analysed by Flowing Software 2 and results were expressed as
percentage of positive cells compared to the isotype negative
control.

2.12. Chondrocyte Culture on Scaffolds. Primary human
chondrocytes from passage 1, isolated and cultured as previ-
ously described, were used for seeding on scaffolds. PVA/W’s
J and PVA/AC scaffolds were washed 4 times of 2 h each
in PBS solution containing 2% penicillin/streptomycin and
then incubated at 37∘C in basal medium overnight. Scaffolds
were placed in a 24-well cell culture plate, seeded with
chondrocytes (20,000 cells/cm2), and incubated at 37∘C in a
5% CO

2
humidified atmosphere.

2.13. Evaluation of Proliferative Activity. After 24 h and 7 and
14 days from seeding on scaffolds, cells were treated with 3-
(4,5-dimethylthiazol-2-yl)-2,5-dimethyltetrazolium bromide
(MTT) (0.5mg/mL) for 4 h. Formazan precipitates were
dissolved in 2-propanol acid (0.04MHCl in 2-propanol) and
optical density was measured at 570 nm, using a Microplate
autoreader EL 13. Results were expressed as number of cells
grown on seeded surface.
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Table 1: Primers for RT-PCR.

Gene Forward primer 5 → 3
Reverse primer 3 → 5

GenBank
accession

Base pair
(bp)

Collagen, type II,
alpha 1
(COL2A1)

F: CCGGGCAGAGGGCAATAGCAGGTT
R: CAATGATGGGGAGGCGTGAG NM 001844.4 127

Collagen, type IX,
alpha 3
(COL9A3)

F: AATCAGGCTCTCGAAGCTCATAAAA
R: CCTGCCACACCCCCGCTCCTTCAT NM 001853.3 99

Collagen, type X,
alpha 1
(COL10A1)

F: GAACTCCCAGCACGCAGAATCC
R: GTGTTGGGTAGTGGGCCTTTTATG NM 000493.3 144

Cartilage
oligomeric
matrix protein
(COMP)

F: CCGGAGGGTGACGCGCAGATTGA
R: TGCCCTCGAAGTCCACGCCATTGAA NM 000095.2 132

Aggrecan
(ACAN)

F: GGCTGCTGTCCCCGTAGAAGA
R: GGGAGGCCAAGTAGGAAGGAT NM 001135.3 162

Transcription
factor SOX9
(SOX9)

F: CTGGGCAAGCTCTGGAGA
R: ATGTGCGTCTGCTCCGTG NM 000346.3 178

Hyaluronan
synthase 1
(HAS1)

F: CAGACCCACTGCGATGAGAC
R: CCACCAGGTGCGCTGAAA NM 001523.2 217

Hypoxanthine phos-
phoribosyltransferase
1
(HPRT1)

F: ATGGACAGGACTGAACGTCTTGCT
R: TTGAGCACACAGAGGGCTACAATG NM 000194.2 79

Table 2: Antibodies used for flow cytometry.

Antigen
recognized Isotype Fluorochrome Category

CD26
(peptidase IV) IgG2a PE Ectoenzyme

CD44 IgG1 PE Adhesion molecule
CD49c
(𝛼3 integrin
chain)

IgG1 PE Adhesion molecule

CD49e
(𝛼5 integrin
chain)

IgG2b FITC Adhesion molecule

CD49f
(𝛼6 integrin
chain)

IgG2a PerCP/Cy5.5 Adhesion molecule

CD73
(5-
nucleotidase)

IgG1 PE Ectoenzyme

CD151 IgG1 FITC Tetraspanin

2.14. Statistical Analysis. We performed Student’s 𝑡-test to
determine the statistical significance of the data.

3. Results

3.1. Mechanical Properties of PVA Hydrogel. Resilience is a
measure of a material’s ability to deform reversibly without

loss of energy. To examine the possibility of using PVA
as a mechanical support for cartilage regeneration, the
resilience of 16% and 25% hydrogels was measured. Briefly,
an electromechanical transducer exerted a traction force,
stretching the specimen up to 100% of the initial length,
while registering the applied strength. The stretching and
relaxation curves of both biomaterials are represented by
stress-strain profiles in Figure 1. Graphs show stress values
relative to a 100% elongation and equal to 0.35MPa for 16%
PVA (Figure 1(a)) and 0.5MPa for 25% PVA (Figure 1(b)).

3.2. Characterization of Scaffold Morphology (SEM). SEM
micrographs were obtained to characterize the superfi-
cial morphology of scaffolds before chondrocyte seed-
ing (Figure 2). PVA scaffolds showed a quite homogenous
porous distribution with pore size ranging from 4 to 10𝜇m
(Figure 2(a)). PVA/W’s J and PVA/AC scaffolds have a differ-
ent surface morphology: the first is quite regular and smooth
with convolution-like structures (Figure 2(b)); the second has
a more irregular spongy appearance (Figure 2(c)).

3.3. Protein Quantitation of Decellularized ECMs. After ECM
decellularization treatment, BCA assay was performed to
control contingent sample-to-sample variations in total pro-
tein amount. Matrix homogenates of W’s J and AC, gained
from different donors, were compared. Total protein content
for W’s J and AC ECMs resulted in 29.2 and 24.8mg per
gram of tissue, respectively (mean values). No statistically
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Figure 1: Stress-strain curves of PVA 16% (a) and PVA 25% (b) hydrogels.
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Figure 2: SEM investigation of PVA (a), PVA/W’s J (b), and PVA/AC (c) scaffold surface morphology. The edge of PVA scaffold not covered
by W’s J and AC matrix is represented in (b) and (c), respectively. Magnification: ×200 (a, b, c); ×50 (b, c).
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Figure 3: Total protein quantitation by BCA assay in decellularized
Wharton’s jelly and articular cartilage.

significant difference was found between samples of each
study group (Figure 3).

3.4. Evaluation of Acellular ECMs. Umbilical cordWharton’s
jelly and articular cartilage were completely decellularized
with 3 and 7 detergent-enzymatic cycles, respectively; DAPI
staining was used to assure decellularization degree after

each cycle. Cartilage tissue resulted in more resistance to
cell removal compared to Wharton’s jelly; already one cycle
induced an appreciable disappearance of cellular elements in
the umbilical cord derived matrix. The histological sections
of native and decellularized ECMs stained with DAPI are
presented in Figures 4(a) and 4(g) and Figures 4(b) and 4(h),
respectively.

ECMs morphology before and after the decellularization
treatment was evaluated by means of Masson trichromic
staining, which demonstrated a similar protein content ofW’s
J and AC samples. In particular, both matrices mainly consist
of collagen fibers and mucus, as shown by the green staining
of native (Figures 4(c) and 4(i)) and decellularized (Figures
4(d) and 4(l)) tissues.

Movat pentachromic staining allowed us to detect red
fibrin and yellow collagen components in native W’s J
(Figure 4(e)). Moreover, in native AC (Figure 4(m)) and
acellular ECMs (Figures 4(f) and 4(n)), blue and yellow
colors indicate the presence of mucins and collagen fibers,
respectively.

3.5. Chondrocyte Monolayer Cultures. Freshly isolated chon-
drocytes were small and round and they were initially
grown as a suspension culture. Six days after AC enzymatic
digestion, adherent cells were observed to spread across the
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flask and demonstrated clear boundaries and distinct nuclei
(Figure 5(a)). In the subcultures, at a subconfluence state,
chondrocytes showed the classic round or polygonal shape
with small membrane extroflessions (Figure 5(b)). Once
monolayer cultures reached 100% confluence, cells appeared
to be smaller but maintained their characteristic morphology
(Figures 5(c) and 5(d)). Chondrocytes were expanded in
culture up to passage 4; hereafter, their proliferation rate
started to decrease and their morphology changed to elon-
gated fibroblast-like phenotype.

3.6. Characterization of Isolated Chondrocytes. Before seed-
ing on 3D scaffolds, isolated human chondrocytes were
characterized for the expression of specific cartilage markers.
Gene expression analysis by RT-PCR showed that AC-
derived cell populations are active in the transcription of
typical chondrocyte mRNAs: collagen types II, IX, and X,
cartilage oligomeric matrix protein, aggrecan, SOX9, and
hyaluronan synthase (Figure 6(a)). As shown in Figure 6(b),
densitometry quantitated band intensities were corrected for
loading using housekeeping gene HPRT1 as a control and
graphed as a ratio of HPRT1.

To define the immunophenotype of AC chondrocytes,
cell surface molecules expressed on cells obtained from 3
different donors (age range 32–85; mean 58.9) were evalu-
ated by flow cytometry. Chondrocytes of each donor were
cultured for 2 weeks in monolayer and passages 1 and 2

were investigated. The analysed cell surface molecules were
classified into different categories according to their function:
adhesion molecules (CD44; CD49c; CD49e; CD49f), recep-
tors (CD151), and other surface molecules as ectoenzyme
molecules (CD26; CD73). Chondrocytes subcultures were
positive for CD44 (95.5%), CD73 (86.0%), CD151 (85.0%),
CD49c (20.7%), and CD49e (34.5%); they showed low and
negative expression of CD49f (3.7%) and CD26 (0.3%),
respectively (Figure 7).

3.7. Chondrocytes Growth on 3D Scaffolds. Chondrocyte’s dis-
tribution andproliferative activity on scaffoldswere evaluated
by SEM and MTT assay.

According to SEM micrographs (Figure 8), on PVA
scaffolds, any cell was visible since 24 h from seeding
(Figure 8(a)); even at days 7 and 14 (Figures 8(d) and 8(g)),
no cell adhesion and proliferation was observable. On the
contrary, chondrocytes are visible both on PVA/W’s J and
on PVA/AC scaffolds. Twenty-four hours from seeding, on
PVA/AC scaffolds, chondrocytes appeared well distributed
with their typical round-shaped morphology (Figure 8(c));
cell organization on PVA/W’s J scaffolds was less tidy
(Figure 8(b)). At day 7, cells’ limits on PVA/AC were still
visible (Figure 8(e)), unlike ones of chondrocytes seeded on
PVA/W’s J scaffolds (Figure 8(f)). At day 14, chondrocytes
extensively colonised both scaffold surfaces, forming a homo-
geneous monolayer (Figures 8(h) and 8(i)).
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Figure 5: Morphological analysis by optical microscopy of human AC chondrocytes at passages 0 (a, c) and 4 (b, d) at a subconfluent (a, b)
and confluent (c, d) state. Magnification: ×100.
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Figure 6: (a) Gene expression profile of isolated chondrocytes identified by RT-PCR. (b) Band intensities quantitation by densitometry.
Relative expression of target genes is referred to HPRT1 expression.

According to MTT assay (Figure 9), PVA did not sustain
cell adhesion and proliferation, as previously demonstrated
by SEM. Twenty-four hours from seeding, colonization of
PVA/ECM scaffolds occurred, and cell number on com-
posite supports was significantly higher (𝑃 ≤ 0.01) than
that on native PVA. A progressive increase of cell number
was observable from day 7 to day 14 on PVA/ECM scaf-
folds, where chondrocyte proliferation remained significantly

higher (𝑃 ≤ 0.01) in comparison with PVA itself. Cell growth
on tissue culture-treated polystyrene plates was considered as
internal proliferation control (Ctrl).

4. Discussion

Articular hyaline cartilage is a soft tissue; it sustains the
pressure between the hard ends of bones and it is subjected
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to particularly complex loads affecting its development and
maintenance in the body [20, 21]. Because of its limited self-
healing capacity, as it is an avascular and aneural tissue, even
minor cartilage defects lead to mechanical joint instability
and progressive damage [21, 22]. Cartilage damage is difficult
to treat. Until now, many approaches have been investigated:
arthroscopic repair procedures, soft tissue grafts, osteo-
chondral transfer, autologous chondrocytes transplantation,
and marrow stimulation [23], but average long-term results
are unsatisfactory. A general drawback of these therapeutic
strategies is that the newly formed tissue lacks the structural
organization of cartilage; it has inferiormechanical properties
compared to native tissue, and it is, therefore, prone to failure

[21, 24]. Hence, the goal is to produce a repair tissue that
has the same functional andmechanical properties of hyaline
articular cartilage [25]. Cartilage restoration represents a
challenge of musculoskeletal tissue engineering; despite that,
the use of matrix scaffolds has paved the way for the use
of functional tissue substitutes in the treatment of cartilage
defects [22]. A wide range of natural and synthetic materials
have been investigated as scaffolding for cartilage repair
[26]. Natural scaffolds may face problems of immunogenic
compatibility and batch inconsistency, while the properties
offered by synthetic matrices provide much promise in the
future of articular cartilage repair [25]. Amongst synthetic
biomaterials, physically cross-linked PVA hydrogels become
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suitable for soft tissue applications: thanks to their bio-
compatibility and mechanical properties, they have been
proposed for many biomedical applications, even as cartilage
substitutes [15]. Mechanical properties of the gel can be
modulated acting on different variables: polymer molecular
weight, number of freezing/thawing cycles, and polymer
solution concentration [27]. Varying the polymer wt%, we
realized two different PVA hydrogels (PVA 16wt% versus
PVA 25wt%), which were tested for their tensile strength.
PVA 16wt% hydrogel is more elastic than 25wt% one. As
proved by stress-strain profiles presented, it did not main-
tain the residual strain when subjected to tensile strength,
revealing high elasticity. However, cell adherence on PVA
hydrogels is inhibited by its highly hydrophilic nature [28].
Many authors demonstrated ECM-based scaffold efficacy in
creating amore suitablemicroenvironment to sustain cellular
adhesion. Extracellular matrix is a reservoir of structural

and functional proteins like collagens, glycoproteins, pro-
teoglycans, mucins, and elastic fibres as well as a known
repository for a variety of growth factors. As in vivo it is
progressively degraded by proteinases, it can result in the
exposure of new recognition sites with potent bioactivity
[29]. In this work, we decided to combine PVA mechanical
properties with ECM features. Our aim was to provide a
supportive biomimetic microenvironment for chondrocytes
to produce articular cartilage, taking advantage of both
PVA and ECM. In particular, we considered an alternative
matrix source: we focused our attention on a new ECM
represented by decellularized Wharton’s jelly, in comparison
with decellularized cartilage matrix.

The research of a new biological ECM useful in cartilage
restoration arises from the need to identify an easily available
resource suitable in sustaining chondrocytes adhesion and
proliferation, even if not specific. Every tissue and organ
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contains an ECM with unique composition that consists
of the secreted products of resident cells [29]. The main
components of Wharton’s jelly were ECM proteins such as
collagen and fibronectin. Previous studies demonstrated that
Wharton’s jelly contains growth factors such as insulin-like
growth factor I (IGF-1), fibroblast growth factor (FGF), trans-
forming growth factor 𝛽 (TGF𝛽), platelet-derived growth
factor (PDGF), epidermal growth factor (EGF), and ECM
proteins [30]. These peptides and growth factors induce
Wharton’s jelly cells to produce large amounts of collagen
and glycosaminoglycans [31], also typical components of
cartilage matrix [32]. The aim of decellularization treatment
is to decrease the antigenicity of matrices, through an effi-
cient removal of cellular and nuclear material, preserving
its composition [33]. Histological analysis of decellularized
Wharton’s jelly and articular cartilage ECM demonstrated
the effectiveness of the treatment. A different number of
detergent-enzymatic cycles, 3 and 7 cycles, respectively, were
performed. According to DAPI staining, native Wharton’s
jelly showed a higher cellular density in comparison with
native articular cartilage; nevertheless, its complete decellu-
larization was easier to achieve. This may be related to a
different tissue macroscopic aspect: while chondrocytes are
deeply embedded in matrix, Wharton’s jelly permits a better
exposure of its cellular elements to sodium deoxycholate and
DNase-I, as well as to the osmotic effect of deionizedwater. To
control and quantify W’s J and AC batch-to-batch variations,
decellularized ECMs were analysed in regard to their total
protein levels. Matrix homogenates, gained from different
donors, showed a similar profile to BCA assay: no significant

difference was detected between samples of the same group.
According to this data, sample-to-sample variations are neg-
ligible. Extracellular matrix characterization before and after
detergent-enzymatic treatmentwas also achieved bymeans of
Masson trichrome andMovat pentachrome staining. Accord-
ing to Masson trichrome, both Wharton’s jelly and articular
cartilage maintain their collagen and mucus content (deeply
green appearance). Movat pentachrome staining confirmed
the concomitant presence of collagen and mucus, even after
the treatment. The resulting green leading colour is due to
the overlapping between yellow (referred to collagen and
reticular fibres) and blue (referred to mucus). However, the
detergent-enzymatic treatment seemed to remove or reduce
fibrinoid elements’ expression. This ECMs characterization
highlighted a similar histomorphology for Wharton’s jelly
and cartilage, supporting our theory.

The chief aim of many authors is to preserve tissue or
organ histoarchitecture from a too aggressive decellulariza-
tion treatment; on the contrary, we approached ECMs in
a different manner. We take advantage of matrices macro-
molecules instead of their superstructure. ECMhomogenates
are an interesting and innovative manner of working with
matrices. Choosing an adequate mould and modulating the
needed quantity, the liquid suspension obtained can be used
to create tailored scaffolds. Furthermore, the lyophilization
process they subsequently undergomakes them easy to store.
The two different lyophilized matrices realized were exam-
ined by SEM for their fine structure: the cartilage derived one
appeared spongier than the Wharton’s jelly analogue.

Physical cross-linking of lyophilized matrices with PVA
solutions led to three-dimensional composite scaffolds. As
chondrocytes usually tend to dedifferentiate to fibroblasts
when grown in a monolayer culture, a three-dimensional
culture system can be used to maintain the chondrogenic
phenotype [34]. Before seeding on scaffolds, we isolated
cells from human articular cartilage; we confirmed their
chondrocyte gene expression profile and phenotype through
RT-PCR and flow cytometry analysis.

The viscoelastic properties of articular cartilage arise
from the composition of its ECM, which consists primarily
of type II collagen but also of collagen types IX and X
and a proteoglycan termed aggrecan (ACAN) [35]. Aggre-
can is retained in cartilage by binding to long filaments
of another glycosaminoglycan, hyaluronan (HA), which is
synthesized at the plasma membrane level by an enzyme
called hyaluronan synthase (HAS) [36]. Moreover, one of
the major noncollagenous proteins in the cartilage is COMP,
which represents a useful marker of differentiation state of
primary chondrocytes [37]. The synthesis of this cartilage-
specific ECM requires the expression of genes associated with
the specific chondrocyte phenotype, controlled by the tran-
scription factor SOX9 [35]. According to RT-PCR analysis,
cells isolated for this study express specific cartilage markers
at the mRNA level, showing a gene expression profile typical
of articular chondrocytes.

Expanded chondrocytes were, thus, assessed by flow
cytometry. We purchased antibodies against several CDs,
typically used to characterize the phenotype of mesenchymal
progenitor cells [38, 39] and recently introduced to determine
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the stage of differentiation of human articular chondrocytes
[39, 40]. In this study, we confirmed the previously reported
expression of several articular chondrocyte surface markers:
the hyaluronan receptor CD44, the ectoenzyme CD73, the
integrins 𝛼3 (CD49c), 𝛼5 (CD49e), and the tetraspanin
CD151 [39, 40]. According to Grogan and colleagues [39],
chondrocytes with marked chondrogenic capacity express
high levels of the hyaluronan receptor CD44, the 𝛼3 inte-
grin subunit CD49c, and the tetraspanin CD151. They are
surface molecules involved in the early stages of cartilage
development; all of them were present in the chondrocytes
we investigated. Moreover, these proteins are responsible for
establishing cell-cell and cell-matrix interactions. These pro-
cesses are known to be important mediators of mesenchymal
condensation, which is in turn necessary for initiation of
chondrogenesis [41]. Hence, high expression levels of these
membrane proteins might increase the propensity of the
cells to differentiate and produce cartilage ECM. Markers
characteristics ofmesenchymal progenitor cells, that is, CD44
and CD73 [38], have been shown to be expressed in high-
chondrogenic-capacity populations [39]. This suggests that,
within a chondrocyte culture, subpopulations with higher
capacity to form cartilage might correspond to those with
progenitor characteristics.

After characterization of scaffold histomorphology and
chondrocyte gene expression profile and specific immunop-
henotype, we seeded a known cell amount of 20,000 cells/cm2
on PVA, PVA/W’s J, and PVA/AC supports. We evaluated
chondrocyte adhesion and proliferation at three different
end-points: 24 h and 7 and 14 days. If PVA itself clearly
demonstrated its absolute inability to sustain chondrocyte
proliferation, cells on composite scaffolds revealed a pro-
gressive increasing growth trend. At 24 h from seeding,
cells adhered on PVA/ECMs, which were able to sustain
cell proliferation up to the last end-point considered (14
days). According to SEM micrographs, chondrocytes on
PVA/AC showed a more specific morphology and a more
tidy orientation on the scaffold surface. In parallel, PVA/W’s
J revealed a singular attitude to sustain cell proliferation
despite its aspecific origin. Hence, as stressed also by MTT
proliferation assay, our in vitromodel confirmed the starting
hypothesis regarding the possibility to use Wharton’s jelly in
composite scaffolds that mimic articular cartilage.

5. Conclusions

DecellularizedWharton’s jellymatrix is an attractive reservoir
of macromolecules. Our preliminary results proved that it
promotes chondrocyte adhesion, representing an idoneous
biomimetic microenvironment despite its aspecific nature.
Further investigations are necessary to evaluate phenotype
maintenance of chondrocytes grown upon PVA/W’s J scaf-
folds. As a future goal, these composite supports will be tested
in vivo using rabbit models of articular joint defects.
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Spirulina is produced from pure cultures of the photosynthetic prokaryotic cyanobacteria Arthrospira. For many years research
centers throughout the world have studied its application in various scientific fields, especially in foods and medicine.The biomass
produced from Spirulina cultivation contains a variety of biocompounds, including biopeptides, biopolymers, carbohydrates,
essential fatty acids, minerals, oligoelements, and sterols. Some of these compounds are bioactive and have anti-inflammatory,
antibacterial, antioxidant, and antifungal properties.These compounds can be used in tissue engineering, the interdisciplinary field
that combines techniques from cell science, engineering, and materials science and which has grown in importance over the past
few decades. Spirulina biomass can be used to produce polyhydroxyalkanoates (PHAs), biopolymers that can substitute synthetic
polymers in the construction of engineered extracellular matrices (scaffolds) for use in tissue cultures or bioactive molecule
construction.This review describes the development of nanostructured scaffolds based on biopolymers extracted frommicroalgae
and biomass from Spirulina production.These scaffolds have the potential to encourage cell growth while reducing the risk of organ
or tissue rejection.

1. Introduction

Tissue engineering, the interdisciplinary field that combines
techniques from cell science, engineering, and materials sci-
ence, has the potential to reconstitute damaged tissues and
organs using cells that are supported on scaffolds where the
components of the extracellular matrix can segregate during
tissue and organ formation. It is important to choose a scaf-
fold material that stimulates cells to produce structures [1];
therefore, much research has been carried out on natural
organic materials. The natural compounds that are incor-
porated into the scaffolds can act as a substratum for cel-
lular growth by stimulating cell growth and anchoring with
lower risk of tissue rejection when compared with synthetic
sources.

Spirulina is a prokaryotic microalga, order Cyanophy-
ceae, division Cyanophyta (Cyanobacteria). It has a distinc-
tive arrangement of multicellular cylindrical trichomes in an
open helix throughout its length. The helical shape of the
trichomes is characteristic of the genus, but the length and
size of the helix vary with species [2]. In 1981, the Food and
Drug Administration (FDA) declared “Spirulina is source of
protein and contains several vitamins and minerals. It can be
legally marketed as a food or a food supplement if it is pre-
cisely defined and free from contaminants and adulterants”
and is categorized by the FDA as “Generally Recognized as
Safe” (GRAS) [3].

Spirulina biomass stimulates important biological proc-
esses and exhibits antiallergenic, antibacterial, antifungal,
anti-inflammatory, antioxidant, and immunomodulating
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properties [4]. Thus, Spirulina LEB 18 biomass incorporated
into scaffolds stimulates cell growth and tissue regeneration
[5–7].

Nanofiber scaffolds have the potential to be used in tissue
engineering because they can reproduce the structure and
function of the native extracellular matrix [8]. Electrospun
scaffolds have attracted attention because of their characteris-
tics: they have a high surface area in relation to fiber diameter,
a high porosity that stimulates cell growth and connections
between cells, and good nutrient diffusion and they encour-
age angiogenesis/vascularization during tissue regeneration
[9].

The synthetic polymers normally used to produce nano-
fiber scaffolds can be replaced by Spirulina biopolymers,
which are biodegradable and biocompatible with cells and
tissues [5]. Spirulina biomass can be added to the polymer
solutions used in nanofiber production to produce scaffolds
that incorporate Spirulina’s properties; this is possible because
electrospinning does not involve extreme temperatures or pH
that would reduce the biological activity of the biomass or
its nutrients. Depending on the solvent used to prepare the
polymer, the internal components (proteins, fatty acids, and
biopolymers) of the biomass can bemade available within the
scaffolds to stimulate cells or tissues [4].

Polyhydroxyalkanoates (PHAs), a family of biopolymers
that includes polyhydroxybutyrate (PHB), can be extracted
from various microorganisms, including Spirulina, and used
to provide atoxic biocompatible scaffolding for human tissue
and organ culture. Low molecular weight PHB has been
detected bound to human serum albumin and low-density
lipoproteins. It degrades into (R)-𝛽-hydroxybutyric acid, a
naturally occurring mammalian metabolite present at serum
concentrations of 3mg dL−1 to 10mg dL−1 in adult humans
and presents no health risks.The fact that PHB degrades into
such atoxic compoundsmay explain its biocompatibility with
cultured cells and tissues. Not only do Spirulina biopolymer
nanofiber scaffolds have a lower risk of rejection in human
tissue culture but they also contain advantageous bioactive
compounds that are present in the Spirulina biomass [10, 11].

This review describes the progress made in tissue engi-
neering when Spirulina biomass and biopolymers are used in
the production of nanostructured scaffolds that promote cell
growthwhile decreasing the risk of tissue and organ rejection.

2. Tissue Engineering

Since its beginnings, this field has focused on the develop-
ment of biological substitutes for the recuperation, regen-
eration, or substitution of defective tissues [12]. Permanent
implants often result in chronic inflammation, which can lead
to severe clinical complications. Implants developed using
biomaterials could be a viable alternative to reestablish the
normal functions of damaged tissues and organs [13].

The process of using tissue engineering to restore or sub-
stitute tissues or organs damaged by accidents, congenital
defects, or diseases involves the in vitro propagation of viable
cells attached to biological or synthetic supports, known
as scaffolds [6]. After cellular cultivation, the scaffold is

implanted into the patient and degrades when the new organ
or tissue is formed [13–15].

2.1. Scaffolds. Scaffolds are three-dimensional structures that
guide tissue development in situ at the site of interest depend-
ing only on the growth of the surrounding tissue [16]. The
scaffold should be selected according to the type of repair
and the tissues or organs to be reconstituted, and the scaffold
surface is selected according to the desired interactions
between the cells and the scaffold [13, 17].

For effective tissue reconstruction, scaffolds must con-
form to specific requirements. High porosity and pore inter-
connectivity are fundamental characteristics for increasing
the available specific surface area, which is important not only
for cell anchorage and the internal growth of tissues but also
for facilitating the distribution and transportation of oxygen,
nutrients, and cellular residues [18].

The degradability is a parameter closely related to the sol-
ubility of the molds. If the solubility is too high, the scaffolds
will be reabsorbed by the body fluids too quickly without
accompanying tissue regeneration. However, if the solubility
is too low, it will remain for too long in the body and impede
regeneration. Therefore, the degradability is associated with
the stability of the biomaterial in vivo and an appropriate time
is extremely important for proper regeneration [6].

The nature of the scaffold’s surface can also affect cellular
responses that influence the speed of formation and quality
of new tissue [17]. The most appropriate scaffold material
should be biocompatible and biodegradable, so that it is non-
immunogenic to avoid further surgical intervention when
tissue regeneration is complete [19]. Scaffolds are designed to
have a cell structure that is similar to the natural ECM and
therefore have characteristics that are suitable for cell culture.

3. Extracellular Matrix

The extracellular matrix (ECM) is a component of the
connective tissue. It is produced by cells and supports the
morphological organization and physiological functions that
occur during tissue formation [20, 21]. ECM produces the
biochemical and biomechanical signals necessary for tissue
morphogenesis, differentiation, and homeostasis [22].

Due to their versatile properties, decellularized extracel-
lular matrices have been widely used as a source of biological
scaffolds in tissue engineering and regenerative medicine
[23–29].Themost important limitations in regenerativemed-
icine are the shortage of autologous tissue and organ donors
and the negative immunological responses and pathogen
transfer whenever allogeneic or xenogeneic tissues or organs
are used [30, 31]. Another advantage of scaffolds obtained
from decellularized tissues and organs is the retention of the
structure of the original tissue and organs.

Scaffolds made using the electrospinning process mimic
the natural extracellular matrix’s mechanical and architec-
tural characteristics, enabling the anchoring and migration
of cells. Growth factors, drugs, viruses, and proteins can be
incorporated in the matrix.Themicroalga Spirulina is a good
choice for incorporation in the production of scaffolds [6].
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It is important to choose a scaffold material that stimulates
cells to produce structures of the correct format and size. Such
scaffolds are generally developed from synthetic polymers,
which can be incompatible with human cells [1]. Therefore,
much research has been carried out on natural organic
materials.

3.1. Extracellular Matrices Made of Natural or Synthetic Poly-
mers. Polymers are the rawmaterials for scaffold production
in tissue engineering, and several types of biodegradable
polymers are utilized in the development of artificial skin,
surgical sutures, vascular grafts, bone joining devices, and
controlled-release pharmaceuticals [32].

These materials can be classified as natural polymers
(including polysaccharides such as alginate, chitin and chi-
tosan, and starch and hyaluronic acid derivatives); proteins
(such as collagen, fibrin gel, and soy and silk proteins); syn-
thetic polymers (such as poly(lactic acid) (PLA), poly(glycolic
acid) (PGA), and polycaprolactone (PCL)) [1, 33]; andmicro-
bial polymers (biopolymers) (such as polyhydroxyalkanoates
(PHAs)).

Synthetic polymers are available in potentially unlim-
ited amounts. Their physicochemical properties can be
controlled, with their degradation rates and mechanical
properties subject to chemical modification [34]. However,
many synthetic scaffolds have hydrophobic surfaces that
hinder cell recognition by native cells. Natural and microbial
polymers are biologically recognized, whichmakes it easier to
reproduce the properties of the tissues to be regenerated, such
as their mechanical and cellular anchoring properties [18].

4. Nanotechnology and Scaffold Development

Cells interact with their environment via thousands of nano-
metric interactions. In tissues and organs, cells are located in
three-dimensional microenvironments surrounded by other
cells and the extracellular matrix.The ECM contains collagen
and elastin, which are organized in nanostructures with
specific bioactive functions that regulate cellular homeostasis.
An essential stage of scaffold development is the creation of
synthetic microenvironments that facilitate the formation of
a three-dimensional structure to control cell behavior and
promote specific cell interactions [35].

Nanotechnology has been used in several biomedical
applications, including pharmaceutical transport, biologi-
cal detection, disease diagnosis, clinical images resolution,
and scaffold development [36]. Nanometric tissue engineer-
ing can produce biomaterials that regulate the interactions
between cells and their microenvironments by the emission
of molecular signals [37, 38]. The biometric and physico-
chemical properties of nanomaterials enable them to stimu-
late cell growth and regenerate injured tissue [39].

Developing nanofiber scaffolds using the electrospinning
process enables the reproduction of the principal extracel-
lular architecture and makes it easy for the cells to unite to
tissue because such scaffolds have similar mechanical prop-
erties to natural structures [5]. Several authors have studied

the application of nanofiber scaffolds in various processes,
including the rebuilding of nerves [40] and brain tissue [41],
the transport of pharmaceuticals through oral mucosa [42],
and the cultivation of stem cells [6].

4.1. Production of Nanostructured Scaffolds via Electrospin-
ning. The greatest challenge in the area of tissue engineering
is the development of scaffolds that reproduce nanometric
tissue architecture. The electrospinning process is the most
widely adopted technique for the formation of polymer
nanofibers [39], due to the repeatability of this method and
the simplicity of scaling it up.

Nanostructured scaffolds obtained via electrospinning
have been attracting attention due to their high porosity.
They contain interlinked voids that can increase both cellular
development and the connections between cells as well as
nutrient diffusion, angiogenesis, and vascularization during
tissue regeneration [9]. Electrospinning produces nanofibers
with a diameter of between 3 nm and 1000 nm and it can be
used to process several types of polymers [15, 43].

Electrospinning is carried out by applying a high voltage
to a polymer solution in a process that results in nanofiber
formation and lengthening due to electrostatic repulsion.The
polymer solution is fed at a constant flow rate through a
capillary charged with a high voltage (10 kV to 30 kV). When
the electric field attains enough energy to overcome surface
tension at the tip of the capillary, a “Taylor Cone” forms
and the nanofibers are deposited in a stationary or rotating
collector where the solvent evaporates and the nanofibers
collect [44, 45].

Many parameters influence this process, including the
properties of the polymers, the solvent, and the environment.
Some of these parameters are viscosity, elasticity, conduc-
tivity, solution flow rate, surface tension, capillary diameter,
distance between the capillary tip and the collector, pol-
ymer concentration, temperature, humidity, and air flow
rate [33]. In addition, the manner in which the nanofibers
are collected can influence their orientation, with the fibers
being deposited either randomly or in alignment [8]. Electro-
spinning can be accomplished under laboratory conditions
to produce a sterile product and can easily be scaled up
[46]. Another advantage is the possibility of incorporating
growth factors, drugs, viruses, proteins, and other properties
into the nanofibers. Thus, Spirulina is a good candidate for
incorporation into scaffolds [6].

5. The Spirulina (Arthrospira) Microalga

Phytoplankton are aquatic photosynthetic photoautotrophs
characterized by the presence of various colored pigments
[47]. Photosynthetic phytoplankton include the eukaryotic
algae and the prokaryotic cyanobacteria. Biotechnological
processes based on phytoplankton have come to the fore due
to their potential to produce a wide range of byproducts,
including carbohydrates, lipids, minerals, pigments, proteins,
and vitamins [48], many of which are natural products, have
a high nutritional value, and are commercially important
[47].
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(a) (b)

Figure 1: Spirulina LEB 18 (a) and culture at the Laboratory of Biochemical Engineering (b).

Spirulina is the common name for the product produced
from pure cultures of the photosynthetic prokaryotic cyano-
bacteria Arthrospira, the natural habitat of which is alkaline
lakes. Spirulina was originally given this name due to the
spiral nature of its filaments (Figure 1(a)) and was thought
to be eukaryotic algae. However, it was later found to be a
prokaryotic cyanobacterium belonging to the genus Arthro-
spira. In South America, it has been cultivated as a food
supplement since the time of the Aztecs, about 400 years ago
[49].

Medical and nutritional studies about Spirulina have
proliferated since the 1970s, because it is a good source of high
quality protein (the concentration of which can reach 70%
of the biomass), vitamins (B12 and provitamin A), minerals
(especially iron), phenolics, and essential fatty acids [50]. For
many years, Spirulina has been investigated for application
in several fields, especially for use in foods and medicine.
It is thus frequently used as a nutritional supplement and is
generally regarded as safe when cultivated under conditions
of appropriate hygiene. Toxicological studies have demon-
strated that Spirulina is safe for human consumption.

Spirulina has been produced on a large scale in several
countries for application as a food supplement and a phar-
maceutical product [5]. In Germany (BlueBiotech Interna-
tional GmbH) and the United States (Cyanotech, Eathrise
Nutritionals, and Phycobiologics) Spirulina is cultivated on
a commercial scale for use as dietary supplement [2]. Clinical
studies have demonstrated that Spirulina biomass has ther-
apeutic properties and that it may be used to treat allergies
[51], cancer [52], and HIV [53] and for the reduction of LDL
cholesterol [54, 55]. It has also been reported to stimulate the
immune system and intestinal lactobacilli, reduce hyperlipi-
demia and obesity, and counteract the effects of radiation,
drugs, and heavy metals [48, 56]. Noninsulin dependent
diabetics have shown a reduction in hypoglycemia when
Spirulina was added to their diet [55].

Since 1996, the Laboratory of Biochemical Engineering
(LEB) of the Federal University of Rio Grande (FURG),
Brazil, has been running a research program on the cultiva-
tion of microalgae and other phytoplankton (Figure 1(b)).

5.1. Spirulina LEB 18 Biopolymers Used in Nanostructured
Scaffolds. The first step in tissue reconstruction consists of
the selection of the support material for the cells. During
this phase, consideration must be made regarding the type
of lesion being repaired along with its location in the body
and the extension of the lesion. Permanent implants can
cause inflammation, which, although a normal response to a
foreign body, can result in more severe clinical complications
such as tissue contraction [13].

Collagen-based scaffolds are currently substituted by
supports produced from biodegradable polymers [57]. Bio-
degradable microbial polymers have potential application in
the formation of nanostructured scaffolds. Such polymers
include the polyhydroxyalkanoates (PHAs), a group of about
150 polymers that has been attracting medical interest.
This group includes polyhydroxybutyrate (PHB), poly(3-
hydroxybutyrate) (P3HB) and its copolymers, poly(4-hy-
droxybutyrate) (P4HB), 3-hydroxyvalerate (PHBV), and 3-
hydroxyhexanoate (PHBHHx) [58]. The most studied poly-
mer of the group is PHB, which is biodegradable, thermo-
plastic, and easily processed, making it a good candidate for
the development of biodegradable scaffolds [59].

Human biocompatibility is one of the advantages of bio-
polymers compared with synthetic biodegradable polymers,
and they can be used to produce scaffolds that facilitate the
anchoring of implanted cells to the tissue that is being regen-
erated [60].TheUnited States Food andDrugAdministration
(FDA) has approved PHB for food packaging. Furthermore,
because PHB is biocompatible with cells and tissues and is
easily absorbed by the human body it can be used in the
medical-pharmaceutical field for sutures, bone prostheses,
cardiovascular grafts, orthopedic pins, and implants, as well
as in tissue regeneration and repair [61]. Formulations of PHB
biopolymer can be used as a matrix for the development of
controlled-release medications such as hormones and other
pharmaceuticals. The sodium salt of PHB can also be used as
an anesthetic [62]. Neural stem cells have been produced in
PHB scaffolds and have the potential to repair central nervous
system lesions. PHB can also be used to regenerate bones,
cartilage [58], and nervous and cardiovascular tissues [63].
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Figure 2: Polyhydroxybutyrate biopolymer produced from the biomass of Spirulina strain LEB 18. Biopolymer before and after drying (a)
and scanning electron microscopy of the surface of PHB with 2,000x magnification (b).

PHAs are biodegradable and therefore they do not
produce any toxic substances during their metabolism. In
the environment, bacteria and fungi secrete an extracellular
depolymerase that readily degrades polymeric PHAs into
their monomers. In mammalian tissues, degradation prod-
ucts are absorbed through the cellular wall and metabolized
[64].The degradation rate of PHAs depends onmany factors.
Some factors, such as temperature, humidity, pH, and nutri-
ent supply, are related to the environment, while other factors,
such as additives composition, crystallinity, and surface area,
are intrinsic to the biopolymer [65].

During PHB synthesis, two acetyl-CoA molecules are
joined in a condensation reaction catalyzed by the enzyme 3-
(𝛽-ketothiolase) to form acetoacetyl-CoA.This enzyme com-
petes for acetyl-CoA with several other metabolic pathways,
such as acetate and citrate formation and fatty acid synthesis
[66].

The product is reduced to 3-hydroxybutyryl-CoA in a
reaction catalyzed by acetoacetyl NADPH-dependent reduc-
tase. High concentrations of NADPH and NADH inhibit
the enzyme citrate synthase, which is responsible for feed-
ing acetyl-CoA into the tricarboxylic (TCA) cycle, making
acetyl-CoA available to 3-𝛽-ketothiolase and enabling PHB
to be synthesized by the polymerisation of 3-hydroxybutyryl-
CoA units of by PHA synthase. The biosynthesis of PHB-HV
proceeds with precursors such as acetic, itaconic, propionic,
oleic, or valeric acid. Propionic acid is the valerate precursor
that is most commonly employed in PHB-HV biosynthesis
[66].

Polyhydroxybutyrate can be produced by prokaryotic
microorganisms such as Spirulina, where it functions as
carbon and energy reserve [67].

Since 2007, our team has studied PHB from microalgae.
These studies investigated different genera and species of
microalgae that produce this biopolymer, as well as physic-
ochemical characterization (scanning electron microscopy,
gas chromatography, thermal analysis, differential scanning
calorimetry, color, and opacity), optimization of the extrac-
tion/purification process, and applications of the biopolymer
in the development of biofilms, nanofibers, and nanocapsules
(Figure 2).

5.2. Physicochemical and Biological Properties and Stem Cell
Cultivation of the Scaffolds Made with the Incorporation of
Spirulina (Arthrospira) Biomass or BiopolymersObtained from
the Microalgal Biomass. Since 2007, our team has studied the
development of nanofibers produced fromPLA, polyethylene
oxide (PEO), and PHB extracted from LEB 18 and the
incorporation of LEB 18 biomass or some of its metabolites
(such as C-phycocyanin).

The formation of nanofibers via electrospinning is depen-
dent upon the properties of the solution used and the elec-
trical set-up. Morais et al. [5] observed that the addition of
Spirulina LEB 18 biomass to nanofibers results in a strong
increase in conductivity. Nanofibers with Spirulina LEB 18
biomass free of beads were produced with diameters of
107 nm (Figure 3(a)) [5].

The elasticity, tensile strength, and breaking elongation of
Spirulina LEB 18 PHB nanofibers were higher than those of
commercial PHB samples. The general finding is that nano-
fibers composed of Spirulina LEB 18 PHB have surpris-
ingly enhanced mechanical properties when compared with
nanofibers composed of commercial PHB. These nanofibers
had high porosity, and the cells filled the matrix struc-
ture, thus enabling the arrival of nutrients and growth factors
and removal of metabolic products (data not published)
(Figure 3(b)) [68].

The PHB extracted from Spirulina and commercial PHB-
HV5 and PHB-HV12 were electrospun with and without the
addition of sodium chloride or LEB 18 biomass. Electro-
spinning of 22%w/w Spirulina PHB without the addition of
sodium chloride or LEB 18 biomass produced uniform nano-
fibers with a diameter of about 750 nm, while the addition of
sodium chloride reduced the diameter to about 480 nm, and
the addition of 5%w/w LEB 18 biomass reduced it to about
310 nm. It is important to note that if biomass is added to
the spinning solution, PHB nanofibers can be spun with PHB
concentrations as low as 7%w/w.

This produces nanofibers with markedly reduced fiber
diameters, which could be of importance for membranes
produced from such nanofibers. One reason for the reduced
nanofiber diameter in the presence of LEB 18 biomass may
be that the biomass also contained some PHB, although this
cannot be the main reason because the amount of biomass
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Figure 3: Nanofibers produced with 65% polyethylene oxide and 35% Spirulina LEB 18 biomass (a), nanofibers incorporating 25% LEB
18 polyhydroxybutyrate and 5% LEB 18 biomass (b), and optical image of PHB nanofibers incorporating Spirulina LEB 18 biomass. 2,000x
magnification (c).

was small. This phenomenon needs further research. Spin-
ning nanofibers using lower concentrations of PHB would
reduce production costs.

In another study carried out by our team, all of the elec-
trospinning conditions used for the development of nanofi-
bers with PHB extracted from Spirulina sp. LEB 18were tested
for commercial PHB. The commercial biopolymer did not
form fibers under any of the conditions, forming only drops,
while the PHB extracted from LEB 18 produced nanofibers
with a diameter of 470.1 nm. The conditions that formed
the smallest diameters were PHB polymer solution extracted
from LEB 18 with a concentration of 20% (w/v), flow rate
of 150 𝜇L⋅h−1, capillary diameter of 0.45mm, and voltage of
24.1 kV.

The addition of LEB 18 biomass can provide additional
optical functionalization of the nanofibers and affect the
transmission of light because it produces a nanofiber with a
strong green color (Figure 3(c)).

In recent studies where nanofibers incorporating phyco-
cyanin were developed, resistance to the thermal degradation
of this biopigment increased when compared with the phyco-
cyanin alone. This showed that the nanofibers produced via
electrospinning may protect the added bioactive compounds
(data not published) [69].

Scaffolds of poly-D,L-lactic acid (PDLLA) associated (or
not) with Spirulina LEB 18 biomass (PDLLA/Sp) were devel-
oped with the aim of closely mimicking the natural ECM [6].
This resulted in nanofibers ranging from 163 to 581 nm in
the PDLLAmatrices and from 91 to 576 nm in the PDLLA/Sp
scaffolds [6]. The physicochemical and biological properties
of the nanofibers produced with PDLLA/Sp showed that
these scaffolds had a high porosity and a large number of
interconnected pores. They also had a greater and faster wet-
tability when compared with the PDLLAmatrix, and the cells
had greater adhesion to PDLLA/Sp scaffolds than to PDLLA
alone.The results of the cytotoxic assay showed there was not
an increase in cell death. The degradability test showed that
the PDLLA/Sp scaffolds had a rapid degradation rate (50%
degraded within 60 days). Steffens et al. [6] observed that
Spirulina LEB 18 biomass was released from the nanofiber
while the fiber was being degraded. The authors showed that
the PDLLA/Spwas capable of increasing the number of viable
cells when compared with scaffolds made of PDLLA alone
[6].

In another study, Steffens et al. [70] promoted the cul-
tivation of stem cells with the PDLLA/Sp scaffold produced
for testing in an animal model of skin injury. The PDLLA/Sp
scaffolds were more moldable and had better adherence to
the wound when compared with the PDLLA. The authors
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observed that PDLLA/Sp was adequate for use in animals
because it supported the suture and the mechanical stress,
all of the animals survived, and there were no complications
related to the procedure [70].

Scaffolds made from 0–25 𝜇g/mL of Spirulina nanofibers
have been used to produce artificial tissue and Spirulina
enabled the proliferation of mouse fibroblasts. No cytotoxic
effects were encountered [71].

Antibacterial and anti-inflammatory effects are critical
when scaffolds are used in humans. This is especially true in
patients with serious burns where the external protective skin
barrier has been completely lost [6]. The application of 0.1%
Spirulina extract reduces the levels of the bacteria Escherichia
coli and Staphylococcus aureus to insignificant levels within
30 minutes. Amethanolic extract of Arthrospira platensis had
higher antimicrobial activity than dichloromethane, petro-
leum ether or ethyl acetate extracts, and volatile antibacterial
compounds [7].

Spirulina stimulates lymphocytes and other cells involved
in the immune response. Phycocyanin, a blue pigment asso-
ciated with the chlorophyll of this organism, exhibits antioxi-
dant and anti-inflammatory properties (due to the inhibition
of the release of histamine) [72].

Biomass containing phycocyanin increased the immunity
of mice and stimulated haematopoiesis by affecting the gly-
coprotein hormone erythropoietin and increasing the pro-
duction of white blood cells. Spirulina C-phycocyanin can
eliminate free radicals because it is a cyclooxygenase-2 inhib-
itor that induces apoptosis in the macrophages of mouse via
the activation of lipopolysaccharide- (LPS-) induced macro-
phage [73].

6. Conclusion

The development of nanostructured scaffolds using poly-
hydroxybutyrate biopolymer and the incorporation of Spir-
ulina biomass is a significant advance in the field of tissue
engineering. This progress is exemplified by the nanofiber
architecture, which reproduces the extracellular matrix while
reducing tissue and organ rejection during restructuring
because of the biocompatible nature of the matrix. This
matrix also stimulates cell growth, better nutrient diffusion,
and specific cellular interactions due to the properties of LEB
18 biomass. The use of this technology may result in the
development of scaffolds that do not require tissue or organ
donors.
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To overcome the issues connected to the use of autologous vascular grafts and artificial materials for reconstruction of small
diameter (<6mm) blood vessels, this study aimed to develop acellular matrix- (AM-) based vascular grafts. Rat iliac arteries were
decellularized by a detergent-enzymatic treatment, whereas endothelial cells (ECs) were obtained through enzymatic digestion
of rat skin followed by immunomagnetic separation of CD31-positive cells. Sixteen female Lewis rats (8 weeks old) received only
AM or previously in vitro reendothelialized AM as abdominal aorta interposition grafts (about 1 cm). The detergent-enzymatic
treatment completely removed the cellular part of vessels and both MHC class I and class II antigens. One month after surgery,
the luminal surface of implanted AMs was partially covered by ECs and several platelets adhered in the areas lacking cell coverage.
Intimal hyperplasia, already detected after 1 month, increased at 3 months. On the contrary, all grafts composed by AM and ECs
were completely covered at 1 month and their structure was similar to that of native vessels at 3months. Taken together, our findings
show that prostheses composed of AM preseeded with ECs could be a promising approach for the replacement of blood vessels.

1. Introduction

Cardiovascular diseases (CVDs) represent the leading cause
of death in the western countries [1]. Since pharmacolog-
ical treatment mainly consisting in antiplatelet drugs and
cholesterol-lowering agents (statins) has been proven to be
often not sufficient [2], the implantation of a vascular graft
may be needed. Although autologous vessels, such as the
internal mammary artery, radial artery, or the saphenous
vein, are considered the golden standard for replacement of
malfunctioning or diseased blood vessels, their availability
is limited especially in elderly patients [3]. Synthetic mate-
rials, such as Dacron and expanded polytetrafluoroethylene
(ePTFE), perform reasonably in high-flow, low-resistance
conditions and they can be used successfully to substitute
large diameter vessels [4]. Nevertheless, they are not as
suitable for small diameter (<6mm) arterial grafts due to
their thrombogenicity [5]. Thus, the development of an
effective vascular graft, possessing biomechanical properties

matching those of native vessel, has become one of the main
targets of tissue engineering.

Three approaches have been designed for vascular regen-
eration: (i) biodegradable synthetic polymer-based con-
structs, (ii) cell self-assembly blood vessels, and (iii) decel-
lularized tissue grafts.

Several polymers have been used to obtain tissue-
engineered blood vessels (TEBVs): poly(dimethylsiloxane),
poly(caprolactone), poly(methyl methacrylate), poly-L-lactic
acid (PLLA), polyglycolic acid, poly(glycerol sebacate), and
polyvinyl alcohol (PVA) [6, 7]. Notably, Shin’oka et al. [8]
carried out the first human clinical study enrolling 42 patients
who underwent cavopulmonary connection with a TEBV
composed of a copolymer of 𝜀-polycaprolactone-polylactic
acid reinforced with woven polyglycolic acid previously
seeded with autologous bone marrow-derived mononuclear
cells. Although some grafts presented stenosis, long-term
results at 2 years indicated that TEBV functionedwell without
any aneurysm or graft rupture.
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Another approach for the fabrication of TEBVs is cell
self-assembly developed by L’Heureux and colleagues [9] who
used entirely autologous cells cultured in vitro. Sheets of
smooth muscular cells (SMCs) and fibroblasts were grown
to overconfluence and then assembled over a mandrel to
form a tubular structure that was cultured for 6–8 weeks.
During this incubation period, the autologous cells arranged
themselves circumferentially producing large amounts of
extracellular matrix (ECM). Recently, promising results were
obtained after implantation of these TEBVs into 10 patients
receiving hemodialysis with failed arteriovenous fistulas [10,
11]. Although self-assembly grafts possess excellent mechan-
ical properties and nonimmunogenic nature, a very long
culture period (about 8–10 weeks) is required to obtain an
implantable construct.

Finally, decellularized tissues, named also acellularmatri-
ces (AMs), can be obtained from various anatomical sites
through several procedures involving both physical and
chemical agents, such as surfactants and enzymes [12].
These biomaterials possess a preformed structurally orga-
nized ECM containing angiogenic growth factors, such as b-
FGF and VEGF [13, 14], and lacking immunogenic issues.
Small intestinal submucosa (SIS), porcine carotid artery,
aorta, and even canine carotid arteries have been evaluated
using animal models [15, 16]. Beside the potential risk of
viral transmission from animal tissue, the implantation of
decellularized xenografts gave disappointing results. Indeed,
the treatment of patients with decellularized bovine ureters
resulted in high failure rate probably due to the presence
of residual immunogenic contaminants, such as galactose-
alpha-1,3-galactose (alpha gal) [17]. Thus, the use of homolo-
gous AMs seems to be a more suitable approach for vascular
replacement.

Overall, the major drawbacks connected to described
TEBVs are thrombogenicity, the occurrence of intimal hyper-
plasia, the progressive atherosclerotic degeneration, and the
time required for culturing the cells. Starting from these
considerations, the present study developed AM-based vas-
cular grafts composed of AMs derived from iliac arteries and
skin microvascular ECs and evaluated their effectiveness as
abdominal aorta interposition grafts in Lewis rats.

2. Materials and Methods

2.1. Materials. Phosphate-buffered saline (PBS) tablets were
purchased fromGibco Invitrogen Corp. (Paisley, UK). Rabbit
monoclonal anti-MHC I and II and rabbit polyclonal anti-
von Willebrand factor primary antibodies were provided by
Abcam (Cambridge, UK). Horse pan-specific secondary anti-
body, DAB Peroxidase Substrate, Fluorescein Avidin DCS,
and Vectashield Mounting Medium were from Vector Labo-
ratories (Burlingame, CA, USA). Collagenase B and Dispase
II were obtained from Roche Applied Science (Indianapolis,
IN, USA). The Endothelial Cell Growth Medium MV2 was
purchased from PromoCell GmbH (Heidelberg, Germany).
Cell strainer, tissue culture-treated dishes, and fibronectin
were from BDBiosciences (San Jose, CA, USA). Mouse mon-
oclonal anti-rat-CD31 antibody was provided by Millipore
(Billerica, MA, USA). DynabeadsM-450 were obtained from

Life Technologies (Monza, Italia). Movat pentachromic stain
kit was from Diapath S.p.A. (Martinengo, Italy). Contramal
was purchased by Grünenthal (Aachen, Germany), whereas
Terramicina was from Phibro Animal Health Corporation
(Teaneck, NJ, USA). All other chemicals and reagents were
provided by Sigma-Aldrich (St. Louis, MO, USA).

2.2. Animals. All procedures described and animal protocols
were approved by the Institutional Animal Care Committee
of the University of Padua and by the Italian Health Depart-
ment. Lewis rats (8 weeks old, 200–300 g body weight) were
purchased from Charles-River (Como, Italy). Male animals
were sacrificed using CO

2
inhalation and iliac arteries as

well as dermis were collected and rinsed with PBS. In vivo
experiments were carried out on female rats.

2.3. Acellular Matrices. AMs were prepared by Meezan et al.
method [18] with minor modifications. Briefly, iliac arteries
were processedwith distilledwater for 72 h at 4∘C, 4% sodium
deoxycholate for 4 h, and 2,000 kU deoxyribonuclease I
(DNase-I) in 1MNaCl for 3 h. The treatment was repeated
twice till the cells were completely removed.The endothelium
was detached incubating the vessels with collagenase IV
(0.05% in PBS) at 37∘C for 1min. To verify the lack of
cells, AMs were fixed with 10% formalin in PBS, paraffin-
embedded, and stained with hematoxylin/eosin (H/E). On
the other hand, the absence of cellular membrane residuals
was evaluated by immunoistochemistry. Briefly, slices were
treated with hydrogen peroxide for 30min at room temper-
ature (RT) and nonspecific binding sites were blocked with
10% bovine serum albumin (BSA) in PBS for 20min at RT.
Samples were incubated for 60min with rabbit monoclonal
anti-MHC I and II primary antibodies (1 : 500 in 4% BSA
in PBS) and then with the horse pan-specific secondary
antibody (1 : 8 in 4% BSA in PBS) for 30min at RT. The
reaction was developed with DAB Peroxidase Substrate fol-
lowing the manufacturer’s instruction. Finally, nuclei were
counterstained with hematoxylin. Negative controls were
obtained by omitting the primary antibody. Alternatively,
AMs were fixed with 4% glutaraldehyde in 0.1M cacodylate
buffer (pH 7.2) for 24 h and dehydrated with 70% and 90%
ethanol (2 h each) and 100% ethanol overnight. After critical
point drying and gold sputtering, samples were examined
by a scanning electron microscope (SEM; Stereoscan-205 S,
Cambridge, UK) using a standard protocol.

2.4. Cell Cultures. Dermis, obtained from the abdomen of
male rats, was rinsed in PBS, minced, and treated with 0.25%
Collagenase B and 0.25% Dispase II for 1 h at 37∘C. The
digested tissue was filtered through a 100 𝜇m cell strainer.
Cell suspension was centrifuged and resuspended in cul-
ture medium MV2. Cells were then seeded on fibronectin-
(1 𝜇g/cm2) coated dishes and cultured at 37∘C with 5% CO

2
.

To obtain pure skin microvascular ECs, cultures grown to
80% confluence were immunoseparated using Dynabeads
M-450 previously coated with the mouse monoclonal anti-
rat-CD31 antibody following manufacturer’s instruction [19].
Briefly, cells were incubated with magnetic beads for 30min



BioMed Research International 3

at 4∘C (5 beads/cell). ECs bound to the coated beads
were collected with a magnetic particle concentrator and
unbounded cells were removed by means of 2 washes with
culture medium. Finally, ECs were seeded on fibronectin-
coated dishes, cultured with MV2 medium, and used until
the 4th passage. The isolated cells were characterized by
immunofluorescence performing with rabbit polyclonal anti-
von Willebrand factor (1 : 400). Briefly, cells were fixed with
4% formalin for 10min at 4∘C, washed in PBS, and incubated
at RT for 1 h with 10% horse serum in PBS and, for 1 h,
with the primary antibody. After rinsing with PBS, cells were
treated with the horse pan-specific secondary antibody (1 : 8)
for 30min andwith Fluorescein AvidinDCS 1 : 500 inHEPES
10mM and NaCl 0.15M for 10min. Samples were mounted
with mounting medium with DAPI.

2.5. Cultures of ECs on AMs. Under static conditions, ECs
(4 × 105/cm2) were seeded onto the luminal surface of AMs,
previously incubated with MV2 medium for 3 h at 37∘C.
Cultures were maintained for 72 h in MV2 medium and then
fixed for morphological analysis or in vivo implanted.

2.6. In Vivo Experiments. Female Lewis rats (8 weeks old)
were divided into two groups according to the kind of
the implanted graft: group 1AMs (𝑛 = 7) and group 2
AMs plus ECs (𝑛 = 9). Under isoflurane anesthesia (3%
isoflurane carried by oxygen, 1 L/min), the abdominal area
was shaved and aseptically prepared using povidone-iodine
(Betadine). The muscles were exposed with a 3 cm abdom-
inal incision and, after peritoneal incision, animals received
analgesic (5mg/Kg Tramadol, Contramal) intraperitoneally.
The abdominal aorta was exposed and isolated and, after
clamping the vessel, a segment of aorta was excised and the
graft (about 1 cm in length) was anastomosed proximally
and distally end-to-end using continuous 10.0 polypropylene
sutures. Animals received antibiotic (Terramicina, 60mg/kg)
on the 3rd and 6th days after surgery and Contramal for
3 days postoperatively. No anticoagulants or antiplatelets
were administered postoperatively. Animals were sacrificed
by CO

2
inhalation either 1 (group 1 𝑛 = 4; group 2 𝑛 = 4) or 3

months (group 1 𝑛 = 3; group 2 𝑛 = 5) after implantation.
The implants were recovered and each sample was divided
into two pieces: one was fixed with 4% glutaraldehyde in
0.1M cacodylate buffer for SEM and processed as described
above and one was fixed in 10% neutral buffered formalin and
paraffin-embedded. Five 𝜇m thick sections were treated with
Movat pentachromic stain kit according to themanufacturer’s
instruction. This stain produces purple-black elastic fibers
and nuclei, blue to green mucins, red muscle, and red
fibrinoid against a yellow background with collagen.

3. Results and Discussion

The ideal biomaterial for the generation of TEBVs should not
only possess the mechanical properties of the native vessels
but also promote in vivo a regenerative response through
the induction of host cell ingrowth. In this context, AMs,
obtained by a detergent-enzymatic treatment, have been

proven to support in vitro adhesion, growth, and function of
several cell types [20–22]. Furthermore, the decellularization
process induces the loss of the major histocompatibility
complex markers but maintains angiogenic factors, such
as b-FGF and TGF-𝛽 [13, 23, 24]. Thus, AMs can present
angiogenic activity, an important factor for the in vivo
integration of the tissue substitutes. Indeed, in vivo AMs
act as a template allowing the host cell ingrowth and they
are remodeled in a living tissue [25, 25–27]. Moreover, they
represent preformed structures whose length and gauges can
be chosen according to the dimension of the segment to be
repaired. Another advantage is the possibility to have easy
and unlimited availability of inexpensive grafts containing
tissue-specific proteins. Herein, two cycles of detergent-
enzymatic treatment were needed to completely remove cells
from iliac arteries (Figure 1). To detach the endothelial layer
(Figure 1(a)), still present at the end of the first cycle, a
treatment with collagenase IV was needed between the two
decellularization cycles (Figure 1(d)). The structure of the
native vessels was well preserved in AMs that lacked both
MHC I (Figure 1(e)) and II (Figure 1(f)) cell membrane anti-
gens, normally present in native tissue (Figures 1(b) and 1(c)).

To guarantee an in vivo long-term patency of TEBVs,
intimal hyperplasia and graft occlusion must be avoided. To
achieve this goal, a continuous lining of ECs on the luminal
surface of TEBVs seems to be essential since it represents a
physical barrier that is able to prevent platelet adhesion and
the activation of the coagulation cascade [28]. Furthermore,
cell seeding reduces the overall influx of macrophages and
the magnitude of M1 activation, avoiding scar formation
[29]. These effects, in turn, lead to a functional remodeling
of the vessel wall. In particular, elastic fibers play a pivotal
role as they determine the mechanical properties of both
high and small resistance vessels, thus preventing stenosis
[30].

Autologous ECs harvested from blood vessel, such as
veins, are terminally differentiated, have limited proliferation
potential, and lose their function during in vitro expan-
sion [31]. Alternatively, bone marrow-derived mononuclear
mesenchymal stromal cells (BM-MSCs) [32] and endothelial
progenitor cells (EPCs) [33, 34] have been used tomake grafts
hemocompatible. Nevertheless, the use of these cells can be
limited by their low number in the adult tissues, low prolifer-
ative rate, and the invasive procedures needed to obtain them,
leading tomorbidity for the donors. Furthermore, BM-MSCs
may induce calcification and thrombus formation [35]. In this
work, microvascular ECs were obtained from skin biopsy;
that is, a moderately invasive procedure that avoids the need
to remove healthy vessels. ECs presented a polygonal shape
(Figure 2(a)) and maintained the endothelial phenotype till
the fourth culture passage as demonstrated by the expression
of von Willebrand factor (Figure 2(b)). Furthermore, at 72 h
from seeding onto AMs, they formed an almost continuous
monolayer on the luminal surface of AMs (Figures 2(c)
and 2(d)) and maintained their immunoreactivity to anti-
CD31 antibody (data not shown). Notably, starting from a
1 cm2 skin fragment, 6 × 106 ECs were obtained in about 10
days, allowing the production of an implantable graft within
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(a)

(b)

(c)

(d)

(e)

(f)

Figure 1: Iliac arteries before (a–c) and after (d–f) the decellularization treatment. (a), (d) SEM micrographs of the luminal sides.
Immunoreactivity against MHC I (b, e) and II (c, f) antigens stains brown (magnification ×200).

less than two weeks. This period may represent a clinically
relevant time frame. Other vascular regeneration techniques
already used in clinical practice take about 4–6 weeks to
generate TEBVs [4].

As expected, the implantation of only AMs into the
abdominal aorta of female Lewis rats gave unsatisfactory
results. Although all animals survived, at both 1 and 3months
(Figures 3(a) and 3(b)), explanted grafts presented higher
external diameters than those of host vessels.Onemonth after
surgery, only the borders of the patch were reendothelialized
(Figure 4(a)), whereas, in the other areas, several platelets
adhered to the exposed collagen fibers (Figure 4(b)). Only
one animal did not present thrombi inside the implanted
AM. At 3 months, the luminal surface was almost completely
covered by ECs (Figures 4(c) and 4(d)) and no thrombi were
detected. At both time points, although elastic fibers were
well organized, neointimal hyperplasia and thickening of the

adventitial layer were evident (Figures 5(a) and 5(b)). Fur-
thermore, the adventitia of implanted AM grafts presented
a more fibrous structure than that observed in the native
aorta (Figure 5(e)). The latter evidence agrees with the find-
ings of Assmann et al. [36], who transplanted homologous
decellularized aortic conduits in the infrarenal aorta of rats.
Although the grafts remained patent for 8 weeks, hyperplastic
tissue formation and implant microcalcification occurred.
Neointimal hyperplasia was also detected in decellularized
and heparinized grafts implanted in dogs as carotid artery
bypass grafts [16].

The in vitro coverage of the luminal side of AMs with
skin microvascular ECs greatly improved the outcomes of
the reconstructive surgery avoiding thrombus formation and
allowing good patency. It has been already demonstrated that
autologous cells, rather than to mask platelets adhesion sites,
may produce soluble factors that are able to enroll the cells
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(a) (b)

(c) (d)

Figure 2: Cultures of skin microvascular ECs on tissue culture treated plates (a, b) and AMs (c, d). (a) Phase-contrast microscopy
(magnification ×100). (b) Immunofluorescence carried out using anti-von Willebrand factor antibody (magnification ×400). (c), (d) SEM
micrographs of ECs/AM cultures at 72 h from seeding.

(a) (b)

(c) (d)

Figure 3: Implants composed of AMs (a, b) and ECs and AMs (c, d) 3 months after surgery.
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(a) (b)

(c) (d)

(e) (f)

(g) (h)

Figure 4: SEMmicrographs of the luminal sides of AMs (a–d) and ECs/AM grafts (e–h) at 1 (a, b, e, f) and 3 (c, d, g, h) months after surgery.
Arrows indicate area covered by platelets.
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(a) (b)

(c) (d)

(e)

Figure 5: Movat staining of AMs (a, b) and ECs/AM (c, d) grafts after 1 (a–c) and 3 (b–d) months from surgery (magnification ×200). (e)
Native aorta.

from the neighbouring host tissues [37]. Furthermore, the
seeded cells may lead to the homing of circulating mono-
cytes [29] that, in turn, release the monocyte chemotactic
protein-1, stimulating the regeneration of the blood vessel
[38]. Although it has not been verified whether the seeded
ECs were present on the implanted grafts, we can suppose
that the initial endothelial coverage could be transient and
progressively replaced by the host cells [39]. At both time
points, the external diameter of the explanted grafts was
similar to the one of host aorta (Figures 3(c) and 3(d)). One
month from surgery, all luminal surfaces were completely
reendothelialized and no signs of platelet adhesion were
visible (Figures 4(e)–4(h)). The implanted grafts appeared
to be remodelled during the time (Figures 5(c) and 5(d)).
Indeed, at 1 month, histological analysis revealed a moderate

hyperplasia of the tunica intima that disappeared at 3months.
Furthermore, the thickness of the elastic layer increased over
the time. Similar results were obtained by Leyh et al. [40] who
implanted TEBVs composed of homologous decellularized
arteries with or without autologous ECs in the pulmonary
circulation of sheep. The in vitro reendothelialized conduits
performed well for as long as 6 months, whereas the lack of
ECs led to aneurysm formation.

4. Conclusions

Herein, we show thatAM-basedTEBVs lead to unsatisfactory
results since the lack of ECs contributes to graft thrombo-
genicity and promotes intimal proliferation. Onemonth after
surgery, the luminal surface of implanted AMs was partially



8 BioMed Research International

covered by ECs and several platelets adhered in the areas
lacking cell coverage. Intimal hyperplasia, already detected
after 1 month, increased at 3 months. On the contrary,
the in vitro reendothelialized AMs led to well-performing
vascular conduits whose structure resembles that of the host
vessel. The ECs lining the luminal surface of the grafts
function as a barrier preventing the platelet adhesion on
extracellular matrix, and they may influence, in a paracrine
manner, the regeneration process by recruiting the host cells
and modulating the inflammatory response. In agreement
with this statement, our results demonstrated that only the
implanted ECs seeded grafts were progressively changed
with a thickening of the tunica media. Thus, the cellular
component of the graft allows AMs to act as a temporary
template that can be correctly remodelled by the host cells in
a functional tissue.
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The aim of the present study is to characterize the microstructure of composite scaffolds for bone tissue regeneration containing
different ratios of chitosan/gelatin blend and bioactive glasses. Starting from realistic 3D models of the scaffolds reconstructed
from micro-CT images, the level of heterogeneity of scaffold architecture is evaluated performing a lacunarity analysis. The results
demonstrate that the presence of the bioactive glass component affects not only macroscopic features such as porosity, but mainly
scaffold microarchitecture giving rise to structural heterogeneity, which could have an impact on the local cell-scaffold interaction
and scaffold performances. The adopted approach allows to investigate the scale-dependent pore distribution within the scaffold
and the related structural heterogeneity features, providing a comprehensive characterization of the scaffold texture.

1. Introduction

Tissue engineering scaffolds are designed to provide a bio-
mimetic three-dimensional (3D) architecture thatmimics the
native extracellular matrix (ECM), in order to guarantee ade-
quate mechanical support and to promote cell colonization,
migration, and proliferation. In parallel, such an architecture
must assure an adequate oxygen and nutrient diffusion and
the removal of metabolic wastes [1, 2].

Both mechanical properties and the above mentioned
transport phenomena are strictly dependent on scaffold
structure, with porosity, pore size, and specific surface area
that play an essential role in cell migration, tissue in-growth,
and cell attachment, respectively [3]. Moreover, interconnec-
tivity and distribution of pores strongly affect tissue regener-
ation [4].

It is widely accepted that highly porous scaffolds with
uncontrolled architecture do not recapitulate the desired fea-
tures of the native ECM/tissue [5], which contrarily assures,
with a 3D interconnected and homogeneous pore network,
spatially uniform cell distribution, cell survival, proliferation,
and migration [6].

In native tissue, structure and function are highly inter-
related, therefore an in-depth analysis of the texture of por-
ous scaffolds could allow us to get more insight into the com-
prehension of the impact that the scaffold architecture has
in conditioning (1) not only the cellular environment and
cell-cell interactions but also (2) the local cell-structure inter-
actions. It is then clear the relevance of scaffolds microarchi-
tecture when the final aim is to design and build effective
functional substitutes [5].

The need to characterize the texture of an object at dif-
ferent scales and to quantitatively assess its spatial patterns is a
critical issue for a huge amount of processes inmany research
fields, from landscape ecology [7] to the analysis of micro-
vascular remodeling [8] and to the study of water movement
in relation to soil macroporosity [9], and, in general, for all
those porous media that exhibit significant physical hetero-
geneities, leading to the development of a wide number of
metrics. However, most of these metrics suffer from the
limitation that different spatial patterns can be depicted for
any single value of the respective metric [7]. For example,
Mandelbrot recognized that objects with identical fractal
dimensions can have greatly different appearances [10], and
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experience has demonstrated that the classical fractal dimen-
sions are not sufficient to describe uniquely the interstitial
geometry of porous media [11]. Indeed, although porous
media, and porous scaffolds as well, could be considered as
fractal structures, the fractal dimension alone is not sufficient
for characterizing scaffolds architecture, since it describes
how much space is filled but does not indicate how the space
is filled by the object [8].

To overcome this limitation, a new concept, termed
lacunarity, was introduced by Mandelbrot [10]. Lacunarity
measures the deviation of a geometric object from the
translational invariance or homogeneity [12] and can be
used to describe the distribution of gap or pore sizes within
the studied object [8], characterised by higher lacunarity
values if pore sizes are distributed over a greater range.
Lacunarity can be adopted to distinguish objects with similar
fractal dimensions [8] but can also be used independently to
describe spatial patterns [13]. In other words, as translational
invariance is a highly scale-dependent property (i.e., objects
which are homogeneous at a certain scale could be charac-
terized by heterogeneity at a different scale) [7], lacunarity,
which can be considered a scale-dependent measure of
heterogeneity, represents an effective tool to study the scale-
dependent pore distribution patterns within a scaffold and
the related randomness spatial scale.

The aim of the present study is to characterize the
microstructure of three bioactive glass/polymer composite
scaffolds for bone tissue regeneration in order to get insight
into their microarchitecture and the related randomness
scale. Starting from realistic 3Dmodels of the scaffolds recon-
structed frommicro-CT images, the level of heterogeneity of
scaffolds architecture is evaluated performing an analysis of
lacunarity. Moreover, since the scaffolds under investigation
are characterized by different porosity, the relative lacunarity
function is adopted for a suitable comparison to exclude the
influence of the porosity.

2. Materials and Methods

All the single steps of the workflow, from scaffolds prepa-
ration to micro-CT image analysis, image segmentation, 3D
model reconstruction, evaluation of porosity, and evaluation
of pore structure distribution will be detailed in this section.

2.1. Scaffold Fabrication. A detailed description of the
adopted scaffolds can be found in [14]. Briefly, porous
scaffolds were made of blends of chitosan/gelatin (CG), for
supporting cell adhesion and proliferation, containing differ-
ent amounts of bioactive glasses (BG), which are inorganic
materials stimulating the biomineralization, and were fab-
ricated by freeze-drying. Foams with three different weight
ratios (BG/CG) between the components (S1: 0/100w/w;
S2: 40/60w/w; S3: 70/30w/w) were prepared. Details on
mechanical properties, biocompatibility, and bioactivity of
these scaffolds are described in previous study [14].

2.2. Micro-CT-Based 3D Scaffold Geometry Reconstruction.
Micro-CT images were used to reconstruct 3D models of the
scaffolds. The SkyScan 1072 (Aartselaar, Belgium) micro-CT

scanner (248A current, 40 kV voltage) was used to perform
the CT scanning of the manufactured scaffolds. Image slices
with isotropic voxels were acquired and a spatial resolution of
8.7 𝜇m was achieved.

Micro-CT image segmentation was performed by
applying the open public domain Java image processing
software ImageJ (http://imagej.nih.gov/ij/index.html). The
uncertainty in the reconstruction of scaffold models was
minimized adopting several local and global segmentation
strategies (exhaustive details can be found at http://rsbweb
.nih.gov/ij/). The most performing segmentation strategy
was identified as the one giving the maximum value of
normalized cross-correlation between the Fourier phases
of the original image and the segmented one as proposed
elsewhere [15]. The calculation of the normalized cross-
correlation, performed within MATLAB (The MathWorks,
Inc., Natick, USA) environment, allowed the identification of
the Niblack segmentation criterion [16] as the most perform-
ing one for scaffolds S1 and S2 and the Sauvola criterion [17]
for scaffold S3.

The reconstruction of the 3D model of each scaffold
was performed from the stack of the properly segmented
2D images. The size of the reconstructed cubic 3D scaffold
models from region of interest (ROI) images was equal to
2.2 × 2.2 × 2.2mm3, corresponding to 2563 voxels. The 3D
volume rendering of the selected ROI of the scaffolds is
presented in Figure 1.

2.3. Analysis of the Scaffold Architecture: Porosity. As recently
mentioned in Pennella et al. [18], properties of a scaffold in
terms of mass transport, cell colonization, and mechanical
performance can be characterized in statistical terms from its
porosity, average pore size, and pore size distribution.

In a widely adopted conceptual model, the internal
microstructure of a porous medium (and of a porous scaffold
as well) can be characterized by partitioning the pore space
into a discrete collection of individual pores, which can be
rigorously defined as regions of the void space confined by
solid surfaces. In this way, it is possible to define the porosity
𝑛 as follows:

𝑛 =
𝑉
𝑉

𝑉TOT
, (1)

where 𝑉
𝑉
is the volume of void space and 𝑉TOT is the total

volume [15, 19].
A simple, widely adopted approach based onmicroscopic

surface analysis of the scaffold was applied to evaluate not
only porosity, but also the average pore size and superficial
pore size distribution [20]. Porositywas evaluated by applying
(1) to the reconstructed 3D scaffold models.

2.4. Analysis of the Scaffold Architecture: Lacunarity. A quan-
titative descriptor of lacunarity was calculated in order to
measure the spatial distribution and heterogeneity of scaffold
pores. After the segmentation process, each 3D scaffold
model, as obtained from the stack of segmented micro-CT
images, was converted into a binary map where each grid
cell was denoted with zero (black cell, solid space) or one



BioMed Research International 3

S1

(a)

S2

(b)

S3

(c)

Figure 1: 3D model reconstruction from micro-CT images of (a) scaffold S1 (0/100), (b) scaffold S2 (40/60), and (c) scaffold S3 (70/30).
Differences in the structure can be observed, which can be ascribed to the different composition of the scaffolds.
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Figure 2: Synthetic 10 × 10 pixel binarized image of a two-dimensional micro-CT slice (a) and its binary representation (b).

(white cell, pore), obtaining a cube of black and white voxels.
An example of a synthetic 10 × 10 pixel binarized image of a
two-dimensional micro-CT slice and of its numerical binary
representation is presented in Figure 2.

Lacunarity (LAC) was evaluated with the aim to provide
an analysis of scaffold images in terms of (1) the overall
fraction covered by the attribute of interest; (2) the presence
and scale of randomness; (3) the existence of hierarchical
structure.

Technically, LAC was evaluated by applying the “gliding
box” algorithm [21] as reported by Plotnick et al. [7]. The
following strategy was applied: (1) a cubic box of size 𝑟 was
superimposed to the 3D scaffoldmodel of size𝑀; (2) starting
from the upper left-hand corner, the box was moved one unit
to the right (with a unit corresponding to the voxel size) and
the number of white (pores) voxels contained within the box
was counted; (3) the box was shift down one voxel size when
the end of a row was reached and the process was repeated

until the boxwasmoved over all parts of the cubic 3D scaffold
model.

If 𝑁(𝑟) = (𝑀 − 𝑟 + 1)2 is the total number of boxes of
size 𝑟 and 𝑛(𝑆, 𝑟) is the number of boxes of size 𝑟 containing
𝑆 white voxels, then the frequency distribution 𝑁(𝑟) can be
converted into a probability distribution as follows:

𝑃 (𝑆, 𝑟) =
𝑛 (𝑆, 𝑟)

𝑁 (𝑟)
. (2)

LAC of the 3D scaffold model, for box size 𝑟, can now be
defined as

LAC =
𝜇
2
(𝑟)

(𝜇
1
(𝑟))
2
=
𝑆
2

(𝑟) + 𝜎
2

𝑠
(𝑟)

𝑆
2

(𝑟)

= 1 +
𝜎
2

𝑠
(𝑟)

𝑆
2

(𝑟)

, (3)

where 𝜇
1
and 𝜇

2
are the first and second moments of the

distribution 𝑃(𝑆, 𝑟), respectively; and 𝑆(𝑟) and 𝜎2
𝑠
(𝑟) are the



4 BioMed Research International

mean and the variance of the number of white (pore) voxels
per box of size 𝑟, respectively.

Equation (3) shows that LAC is a function of 𝑟. As the
size of the gliding box increases, the content of the box also
increases and the probability that box contents will greatly
differ from the average decreases. This is like to say that
also the variance of 𝑆(𝑟) decreases (and 𝜇

2
in (3) as well)

with the consequence that the same scaffold model will show
lower LAC values as 𝑟 increases. Moreover, there is a clear
dependence on LAC from the void fraction of the scaffold
model (representing pores). As the mean number of voids
goes to zero, the ratio (𝜎2

𝑠
(𝑟)/𝑆
2

(𝑟)) increases in (3), with the
consequence that scaffolds with sparse pore distribution will
have higher LAC than scaffolds with more dense pore maps,
for the same 𝑟.

LAC is also sensitive to the pore size and distribution
within the scaffold: for a given void fraction in the scaffold
model, fewer but larger pores give rise to higher LAC values.
In contrast, the LAC value of a totally regular scaffold model
is equal to one, independent of the value of 𝑟 (the variance
𝜎
2

𝑠
(𝑟) is zero at any location, because the number of white

voxels within the gliding box is constant).
The above mentioned considerations clearly confirm the

observation by Plotnick et al. [7] that an evaluation of
lacunarity based on a single gliding box size 𝑟 is meaningless,
when LAC is used for comparison of different scaffold
models. On the contrary, the possibility to extract a whole
host of information is given when LAC is calculated over a
wide range of gliding box sizes.This can be done by analyzing
the shape of LAC versus the gliding box size 𝑟 curves [7].

The scaffolds under investigation in this study are charac-
terized by different porosity (as will be shown in Section 3),
making comparison difficult. However, since the overall
shape of the LAC curves depends on the degree of clustering
or clumping and is independent of the value of the fraction
[7], which in this case is porosity 𝑛 of (1), the relative
lacunarity function (RLF) on a logarithmic scale was adopted
to minimize the influence of different porosity on scaffolds
architecture heterogeneity. According to Luo and Lin [9] RLF
was calculated as follows:

RLF = − ln (LAC)
ln (𝑛)
. (4)

Using (4), the shape of the RLF versus 𝑟 curve and its
corresponding spatial pattern could be better evaluated.

3. Results

The porosity values calculated from the reconstructed 3D
models of the scaffolds are summarized in Table 1. As
expected, porosity 𝑛 for scaffold S1, composed of CG alone
without BG component, is greater than that for scaffolds S2
and S3. Interestingly, the porosity of scaffolds containing BG
at different percentages (S2 and S3) is almost the same. This
result is related to the deposition of the BG particles on the
pore walls, which has the consequence of a reduction of the
available void area [14].

Table 1: Porosity (𝑛) values calculated over the 3D models of
scaffolds S1, S2, and S3.

Scaffold (BG/CG) S1 (0/100) S2 (40/60) S3 (70/30)
𝑛 (%) 81 70 68

For each scaffold model, LAC and RLF were calculated
for gliding box size 𝑟 ranging from 1 to 64.

Figure 3 shows the log-log plots of the scaffold LACvalues
versus 𝑟 for scaffolds S1, S2, and S3, respectively. It is worth
noting that, in general, (1) the maximum LAC value is always
found when 𝑟 is equal to 1 (ln(𝑟) = 0), because in this
case LAC is simply a function of the void/solid fraction,
that is, porosity 𝑛, and does not give information about pore
distribution; (2) LAC is always equal to 1 (ln(LAC) = 0)
for 𝑟 is equal to the maximum sample size, because in this
case the variance 𝜎2

𝑠
(𝑟) in (3) is always zero; (3) away from

the endpoints, in general, the shape of LAC curves differs
also when the same fraction of the 3D scaffold model is
occupied by voids, that is, also when scaffolds have the same
porosity but different pore distribution, shape, dimension,
and so forth.

From our findings, it can be observed that LAC curves
are not linear (Figure 3), thus clearly indicating that scaffolds
are not characterized by a fractal geometry. In fact, when
a porous media is characterized by self-similarity, LAC log-
log plot should be linear [7, 21]. As reported by Plotnick
et al. [7], if a map has a random structure at some scale,
lacunarity depends on the size 𝑟 of the gliding box relative
to the characteristic scale of randomness. In particular, if 𝑟
is greater than the random scale, the variance of the void
space (pores) within the gliding boxes will approach zero
and LAC will be close to 1, while if 𝑟 is smaller than the
scale of randomness, LAC will be higher than 1 pointing out
heterogeneity. Considering Figures 3(a) and 3(b), it is possible
to observe that for scaffolds S1 and S2 the LAC curves begin to
approach a value close to 1 when ln(𝑟) ≈ 2 (i.e., 𝑟 ≈ 8 voxels,
corresponding to 64𝜇m), as highlighted by the change in the
slope of the curve.Thismeans that at scales lower than ln(𝑟) ≈
2, scaffolds S1 and S2 are characterized by an heterogeneous
structure with random patterns. Moreover, both for S1 and
S2, LAC approach values close to one 1 for ln(𝑟) > 4. Scaffold
S3 exhibits a similar trend as for S1 and S2, but a slower LAC
decrease with 𝑟 (Figure 3(c)), thus indicating a slightly wider
scale of randomness for S3 structure.

The results in Figure 3 show that the gliding box size 𝑟 has
approached the representative elementary volume (i.e., 𝑟 ≈
64) of the reconstructed scaffolds [9].

As scaffolds are characterized by different porosity, in
order to compare their structural heterogeneity, the RLF was
calculated, and information about their randomness scale
was obtained by analyzing the shapes of RLF versus ln(𝑟)
curves.The RLF curves of scaffolds S1, S2, and S3 are depicted
in Figure 4.

Scaffolds S1 and S2 are characterized by the same trend,
with the RLF curve of S2 being always lower than S1. This
could be related to the increased wall thickness of pores in S2,
a consequence of the deposition of BG particles. Concerning
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Figure 3: Log-log plot of LAC versus gliding box size 𝑟 calculated over the 3D model of scaffolds S1 (a), S2 (b), and S3 (c).
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Figure 4: Log-log plot of RLF versus gliding box size 𝑟 calculated
over the 3D models of scaffolds S1, S2, and S3.

S3, it is characterized by RLF values higher than S1 and S2,
independent of 𝑟. This means that S3 exhibits a more marked
heterogeneity than S1 and S2, which could be ascribed to
its higher content of BG particles that causes micropore
occlusion. To further investigate the reason for this behaviour,
three (parallel) subvolumes (thickness = 520𝜇m), obtained

from three different regions of the original reconstructed
scaffold model, were considered both for S1 and S3, and on
them the RLF was calculated (Figure 5).

The log-log plot of RLF versus 𝑟 values for the three
subvolumes of S1 and S3 is displayed in Figure 6. Notably,
no differences can be appreciated in the curves of the three
subvolumes belonging to S1 (Figure 6(a)). On the contrary,
RLF curves of the three subvolumes belonging to S3 show
remarkable differences for ln(𝑟) > 0.5 (Figure 6(b)), thus
confirming dissimilar spatial distribution of pores within
different regions of the scaffold.More in detail, for S3 the RLF
curve of subvolume 1 shows lower values than curves of sub-
volumes 2 and 3, indicating the presence of distributed pores
and/or less pore occlusion, as also confirmed by the visual
inspection of the binarized images of the pore network related
to the investigated subvolumes, depicted in Figure 6(b).

4. Discussion

In a large part of tissue engineering approaches, the microar-
chitecture of porous scaffolds plays a key role in effectively
guiding cell growth and tissue regeneration. The architecture
is in fact among the main contributors in determining the
performance of the scaffold itself in terms of both adequate
mechanical support and transport of cells and compounds
[1, 2].
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Figure 5: 3D reconstruction of three (parallel) subvolumes, obtained from different regions (a) of scaffold models S1 (b) and S3 (c).
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Figure 6: Log-log plot of RLF versus gliding box size 𝑟 of three different subvolumes of scaffolds S1 (a) and S3 (b). The binarized images of
the pore network, related to the three subvolumes under investigation, are also shown.

It is then clear that in scaffold architecture the level of
heterogeneity rather than self-similarity could have marked
side effects on the quality of the engineered tissue, eventually
giving also rise to scale effects.

In parallel to the development of tools for the macro-
scopic characterization of scaffold features (e.g., Young mod-
ulus, porosity, permeability, etc.) [18, 22], all the reasonsmen-
tioned above have lead, in recent years, to an increasing inter-
est in (1) methods for characterizing scaffold architecture at
different scales [5, 23] and in (2) quantitative descriptors of
spatial emerging patterns in scaffold structure [24].

Inspired by methods applied in other disciplines [7–9],
in this study a method based on lacunarity analysis was
adopted for a quantitative description of the texture of three
glass/polymer composite porous scaffolds for bone tissue

engineering and for the identification of their randomness
scale.

The effectiveness of the approach allowed to assess the
spatial distribution of pores over the 3D reconstructed scaf-
fold models and to catch heterogeneity features in the struc-
tures of the three investigated scaffolds which, due to their
composition and fabrication method, lack self-similarity.

Interestingly, the findings demonstrate that the presence
of the BGcomponent affects not only porosity (S1, the scaffold
composed of chitosan/gelatin alone is characterized by higher
porosity than S2 and S3) but also mainly heterogeneity. In
fact, the scaffold with the highest BG content, S3, presents
higher spatial heterogeneity than S1 and S2, as confirmed
by the RLF analysis (Figure 4). This result is independent
of porosity, being S2 and S3 characterized by almost the
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same porosity, which is markedly lower than S1 (Table 1).
Moreover, the analysis performed on subvolumes of scaffolds
S1 and S3 highlights (1) different levels of heterogeneity in
different regions of S3 (Figure 6(b)), against the same levels
characterizing different regions of S1 (Figure 6(a)) and (2) a
scale of randomness for S3 which is slightly wider than that
for S1 (Figure 6).

Previous findings on the same scaffolds showed that
one consequence of the increased presence of BG in the
composition of the scaffold was a structure more resistant
to compression [14]. Also in this case, it is expected that
heterogeneity in the microarchitecture could play a scale
effect, thus contributing to the increase of the anisotropic
mechanical behaviour of the scaffold.

The approach applied in this study could suffer from lim-
itations. A possible limitation of the adopted method could
be in the fact that, being the lacunarity analysis based on
images, results could be markedly influenced by the adopted
image resolution [11]. However, in this specific study, the
high resolution (8.7 𝜇m) of the micro-CT images is adequate
with respect to the mean pore size (greater than 130 𝜇m
[14]; that is, mean pore size is 15 times higher than micro-
CT image resolution) of the scaffolds under investigation. A
further possible limitation can be identified in the uncertainty
in the reconstruction of the 3D models, which could affect
the analysis of the texture. Also in this case, we put effort
in selecting, among several possible segmentation strategies
(as explained in Section 2), the most appropriate one, thus
minimizing the impact that this source of uncertainty could
have on texture analysis.

5. Conclusions

In the present paper, the textures of three glass/polymer
composite porous scaffolds for bone tissue engineering were
characterized by adopting an image-based method based on
lacunarity analysis. Our findings suggest that the texture of
porous scaffolds could play a crucial role in determining the
properties of the structure not only at the macroscale, but
also at lower scales, where the focal relationships between
cells and structure take place.The approach herein applied to
engineered scaffolds could be translated to the microstruc-
ture of the native ECM of different tissues [25] in order to
(1) investigate its local effects on the relationship between
cell and ECM [26] and (2) design and fabricate biomimetic
porous scaffolds that recapitulate the ECM architectural
features of the tissue of interest [5].

In the future, 3D metrics for the analysis of spatiotem-
poral data as developed in ecology will be applied to 3D
models of scaffolds as reconstructed from, for example,
coherent anti-Stokes Raman scattering microscopy images
[27], along the cell culture. In this way, the evolution of the
cultured construct will be evaluated as the evolution of an
“ecosystem,” considering the different actors of the involved
complex bioprocesses. This approach will allow to identify
relationships of relevance between the level of complexity
at which the system is considered and the granularity of its
description, that is, the so called “contextual emergence” [28].
The proposed ecosystem evolution-like approach, applied to

study the evolution of the cell-scaffold system, could provide
a robust procedure which, being able to translate between
descriptive levels, can be used to build up consistent level-
specific criteria for reproducibility.
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We firstly measured the swelling of single trabeculae from human femur heads during water imbibition. Since the swelling is caused
by water diffusing from external surfaces to the core of the sample, by measuring the sample swelling over time, we obtained direct
information about the transport of fluids through the intimate constituents of bone, where the mineralization process takes place.
We developed an apparatus to measure the free expansion of the tissue during the imbibition. In particular, we measured the
swelling along three natural axes (length L, width W, and thickness T) of plate-like trabeculae. For this aim, we developed a 3D
analytical model of the water uptake by the sample that was performed according to Fickian transport mechanism.The results were
then utilized to predict the swelling over time along the three sample directions (L, W, T) and the apparent diffusion coefficients
DT, DW, and DL.

1. Introduction

Transport phenomena within living tissues play an essential
function for maintaining a proper supply of nutrients and
for removing waste products. In bone tissue the transport
of fluids and solutes is a concern for the bone formation
and remodeling. These topics must be kept in mind when
designing ECM-like scaffolds for tissue engineering tomimic
the functions and structure of the biological materials [1].

Perhaps the most studied ECM with particular attention
to its permeability and porosity is the bone tissue matrix.
Bone is a dynamic and complex composite material with
a composition of around 65wt.% mineral phase, 25 wt.%
organic, and 10wt% water [2–8]. Referring to the volume
fractions of the various parts, the bone volume (BV) is
constituted by apatite minerals (33–43%BV) and organic
constituents (32–44%BV) which are in turn composed of

collagen type I (about 90%) and noncollagenous proteins
(about 10%). The remnant is water (15–25% BV) [9] which
plays a central role in the biomineralization process and
contributes to the overall biomechanical properties of the
biocomposite [10–12].

Water in bone may exist in three different forms: free
water in pores, bound water in the collagen network (includ-
ing collagen-mineral interface), and tightly bound water in
the mineral phase [13, 14]. Bones with different water content
display differences in stiffness and strength [15, 16].Moreover,
to describe themechanical behavior of bone, the contribution
of the bound water should be considered carefully by several
viewpoints: first, the bound water in the collagen network
will change the viscoelasticity of collagen phase dramatically
[17, 18]; second, the bound water on the mineral-collagen
interface will change the interfacial bonding properties [19];
third, water may migrate and change its local distribution

Hindawi Publishing Corporation
BioMed Research International
Volume 2014, Article ID 796519, 8 pages
http://dx.doi.org/10.1155/2014/796519

http://dx.doi.org/10.1155/2014/796519


2 BioMed Research International

within the collagen matrix in response to stress localization,
consequently introducing the nonuniformproperties into the
collagen phase.

Transport phenomena through the bone tissue are dic-
tated by its hierarchical structure with four levels of porosity:
collagen-apatite (∼10 nm), lacunar-canalicular (∼100 nm),
vascular (∼50𝜇m), and the intertrabecular porosity (∼1mm)
[20]. The dimensions of the smallest pores (collagen-apatite
porosity) are imposed by the intermolecular collagen bonds,
that is, cross-links, the water content, and the degree of
mineralization [21–24].

The water in the collagen structure was classified into 5
regimes [25] characterized by increasing water concentration
from 0–0.010 g/g (regime I) to >0.5 g/g (regime V).

For the purposes of the present study it is important to
point out that rehydrating the specimens from regime III
causes a consistent large increase of the lateral spacing of the
collagen molecules and thus produces a measurable swelling
[26].

A small amount of studies was reported to our knowledge
about the water dynamics and subsequent hygroexpansion in
bonematrix. Diffusion coefficient [27] and water distribution
[28] were measured by NMR, respectively, on rabbit and
human cortical bone, while for trabecular bone few data
about dimensional changes [29] and diffusion coefficient of
single human trabeculae [30–33] are available.

The main scope of this work is to give experimen-
tal evidence of the fluid transport dynamics through the
collagen-apatite porosity. To do that, the hygroexpansion of
single human trabeculae consequent to water sorption was
measured by means of a specially designed high accuracy
dilatometer, and the results have been processed with the aid
of a genetic algorithm.

The authors believe that this experimental investigation
of transport phenomena within the bone matrix can offer
a valuable support to the design of ECM-like scaffolds for
bone tissue engineering. In fact, it is not sufficient for the
scaffold to have the correct pore size but it should also exhibit
proper connectivity to assure metabolic exchanges within the
regenerating tissue.

2. Materials and Methods

2.1. Specimens Preparation. Four bone specimens of cancel-
lous bonewere extracted fromhuman femur headwithdrawn
from a donor (female: age 67) suffering frommoderate coxo-
arthritis (CA). Its caput was substituted by hip arthroplasty
surgery. Frompreliminary dual-energyX-ray absorptiometry
(DXA) a slight degree of osteopaenia was found.The bone tis-
sue volumemeasured by amicro-CT apparatus [34] confirms
substantially this finding. We did not use cadaveric femoral
heads because it seemed important to evaluate the specimen
without possible postmortem changes. After identification,
the bone specimens were stored at −10∘C for onemonth then,
from the frontal-plane middle-site of the femoral head, a
10mm thick slice was obtained for each bone specimen and
stored again at −10∘C for 10 hours. Subsequently, the slices
were defatted by means of three complete cycles of dehydra-
tion with aqueous solutions with an increasing percentage

of ethanol, 70%, 90%, and 99.9%, respectively. Between the
dehydration cycles specimens were stored at −10∘C for 10
hours. Bone specimen slices were then cut with a diamond
saw (EXTEC Labcut 1010, Enfield CT) in order to obtain 10 ×
10 × 10mm blocks, which were further dehydrated and defat-
ted by other three cycles with ethanol solutions at different
concentrations, as previously described. Each single trabec-
ula was dissected from a block corresponding with one of the
main trabecular groups, coincident with the principal stress
trajectories in the loaded femur, according to the well-known
Wolff ’s law [35]. A dissecting microscope was used to locate
uniform trabeculae which were excised with a scalpel. In
order to avoid thismeasurement error, great care was adopted
in excising a single trabecula; that is, the specimen was taken
by extracting the portion located between two adjacent struts.
The dimensions of the dissected trabeculae were measured
with a vernier caliper (resolution 0.05mm) prior to each test.

A total of 23 single trabeculae were initially prepared.
Eight specimens presented general defects or broke up in the
attempt to pin them to the test machine. Six specimens were
used to gain experience with the test machine in order to
obtain a preliminary estimate of the swelling behavior. Five
specimens showed anomalous swelling, probably due to some
microcracks created during the preparation and/or dissecting
procedure, and were discarded.Thus only 4 single trabeculae
were tested for the trials.

2.2. Experimental Set-Up. Referring to Figure 1, to measure
the free expansion of the specimen during the imbibition, we
developed ad hoc apparatus (APP) composed of a micropo-
sitioning stage (a) (M-410DG, ±0.2 𝜇m repeatability, Physik
Instrumente, Germany) equipped by a steel rod and a strain
gage load cell (b) (50N full scale Vishay M1042-HBM,
Germany). The APP was mounted in vertical position in
order to accommodate a cylindrical container (c) of about
10mL onto the free end of the load cell. Data sensed by
the load cell was introduced into the strain gage amplifier
(KWS 501A HBM, Germany), whereas the micropositioning
is connected via RS232 serial cable to C-863DC motor
controller (Physik Instrumente, Germany).

During the start-up the steel rod was lowered on top
surface of the specimen with a preload of 0.1 ± 0.01N
(mean value ± standard deviation). This preload was applied
to assure proper but gentle fixation on top surface of the
specimen between the load cell and the tip (d) of the pushing
rod. Subsequently, the specimen was rapidly and totally
submerged in distilled water.

As soon as the specimen begins to swell the micropo-
sitioning was moved upward by a feedback control system,
processed by PID controller based on algorithm in NI
Labview (National Instruments, Texas, USA) which actively
maintains the applied preload at its constant value. The user
sets a preload value due to actual demand, that is, the setpoint;
as a consequence the current load cell signal acquired can
be controlled to approach the set preload point. The output
value of feedback loop controls the upward displacement of
the micropositioning which measures the elongation in the
axial direction of the trabecula caused by the hygroexpansion
versus time.
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(a) (b)

Figure 1:The apparatus for themeasurement of swelling of a single trabecula (e). Microtranslation stage (a); load cell (b); distilled water filled
container (c); and pushing rod (d) for the imbibition of the specimen.

A total number of 12 swelling trials were performed on
the four specimens along three axial directions (L,W, and T)
of the trabecula.

The APP allowed for the measurement of the swelling
along one axis at a time. In Figure 1(e) the distilled water
filled container for the measurement of the swelling of the
trabecular length is shown. After the execution of each trial
relative to the hygroexpansion along one main axis of the
trabecula (i.e., length, width, or thickness) the specimens
were dried up at room temperature and humidity for 72
hours; then the trial was repeated for the other trabecular
axes. Each trial was repeated five times and the mean
hygroexpansion over time was computed. Standard deviation
of the measured swelling dynamics was less than 5%.

The experiments were conducted at room temperature
and relative humidity of 41±3%RH and 27±1∘C, respectively
(mean value ± standard deviation).

The two outputs signals from both the load cell and the
micropositioning controllerwere also connected into the data
acquisition system. It was built using a PXI 1031 mainframe
equipped with a PXI 5122,14-bit digitizer, and PXI 8176
embedded controller (National Instruments, Texas, USA).

The data analysis software was programmed ad hoc and
recorded in NI Labview. The graphical user interface (GUI)
provides the user with complete control over all aspects of the
swelling versus time. In this way, the APP operates as a high
sensitivity dilatometer.

2.3. Statistical Analysis. All values are expressed as mean
± standard deviation. The exact Wilcoxon test was used
to evaluate the differences of elongation between the axial
directions of the specimens. The exact Friedman test (more
than two time samples) and the exact paired Wilcoxon test
(2 time samples) were applied to test for changes between
time points. Two-sided 𝑃 values < 0.05 were considered
statistically significant. A Bonferroni test was used to assess
the changes in the elongation values for the two-tailed test.
A value of 𝑃 < 0.05 was significantly different. Statistical
analysis [36] was performed using the Statistical Package for
the Social Sciences for Windows (SPSS v. 20.0, Chicago, IL)
program software package.

2.4. Theoretical Framework. The equations that describe the
mass uptake over time in a porous sample of arbitrary shape
immersed in a liquid [37] are analogous to that valid for
the conduction of heat in solids [38]. The linear relationship
between swelling and mass uptake is commonly accepted
[39–47]. According to this approach, whose validity was
confirmed by a comprehensive review conducted by [48], the
experimental elongation data (Δ𝐿

𝑚
, Δ𝑊
𝑚
, Δ𝑇
𝑚
) measured

along the principal axes 𝑥, 𝑦, and 𝑧 of the specimen have been
fitted using the exact solution for a conventional diffusion
problem in a porous three-dimensional medium. The theo-
retical elongations (Δ𝐿,Δ𝑊, andΔ𝑇) along𝑥,𝑦, and 𝑧 at time
𝑡, obtained by the application of Fick’s law [38], are given by
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in which 𝐷
𝑥
, 𝐷
𝑦
, and 𝐷

𝑧
and 𝛽

𝑥
, 𝛽
𝑦
, and 𝛽

𝑧
are the mass

diffusivities and the linear expansion coefficients along axes
𝑥, 𝑦, and 𝑧, respectively, whereas 2𝐿

𝑥
, 2𝐿
𝑦
, and 2𝐿

𝑧
are the

dimensions of the specimen, as shown in Figure 2. In this last
figure the reference Cartesian coordinate system (𝑥, 𝑦, and
𝑧), whose origin is located in the center of the sample, is also
represented.

The determination of the values of the unknown variables
𝐷
𝑥
, 𝐷
𝑦
, and 𝐷

𝑧
and 𝛽

𝑥
, 𝛽
𝑦
, and 𝛽

𝑧
, which represents the

main aim of the present experimental work, is carried out
by means of a genetic algorithm. As well known, genetic
algorithms belong to the family of optimization methods
usually called evolutionary algorithms, which can handle
nonlinear problems defined on discrete search spaces in
a faster way compared with other optimization methods.
To this aim, a specifically developed computer code based
on a genetic algorithm is used to fit a set of experimental
measurements of the swelling along the three principal axes of
a trabecula with 2𝐿

𝑥
= 9mm, 2𝐿

𝑦
= 2mm, and 2𝐿

𝑧
= 0.5mm

(denoted as single trabecula A).
The genetic algorithm generates the values of the

unknown variables (the three mass diffusivities and the three
linear expansion coefficients) that minimize the root of the
mean square percentage errors between numerical results
and experimental data, which is assumed as object function
Φ:

Φ = (
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where the summation is extended to the 𝑁 measurements
executed during time.

It is worth pointing out that although the value of each
linear expansion coefficient could be obtained as the ratio
between the elongation measured at steady state and the
corresponding initial length, that is, Δ𝐿

𝑚
/𝐿, Δ𝑊

𝑚
/𝑊, and

Δ𝑇
𝑚
/𝑇, such direct calculation could lead to underestimated

values if the steady state regime is not fully attained at the end
of the experiment. Thus, it has seemed more correct to use

such experimental values of the linear expansion coefficients
to initialize the genetic algorithm and verify a posteriori that
the results obtained are compatible with the experimental
data. Similarly, the initial first-approximation values assumed
for the unknownmass diffusivities (𝐷

𝑥
,𝐷
𝑦
, and𝐷

𝑧
) are those

obtained by interpolating the experimental elongation data
during time using the unidimensional transient solution for
the mass transfer in a porous medium [37]. For each variable,
the range of existence has been set by assigning a ±40% inter-
val around its initial value. The simulation procedure ends
when the relative difference of the object functionΦ given by
(2) between two consecutive generations of unknown vari-
ables is smaller than the preassigned value of 10−2. To ensure
that the solution found does not correspond to a local min-
imum, several simulations have been run by increasing the
range of existence of each unknown variable around its initial
value up to a ±100% interval. No significant change has been
observed in the results obtained. Further details about the
genetic code used in the present work can be found in [49].

3. Results

For the plate-like trabecula A, the values of 𝐷
𝑥
, 𝐷
𝑦
, and 𝐷

𝑧

and 𝛽
𝑥
, 𝛽
𝑦
, and 𝛽

𝑧
obtained through the genetic algorithm

are reported in Table 1.
The comparison between the theoretical elongations (in

mm) versus time along 𝑥, 𝑦, and 𝑧 of trabecula A, obtained
from (1) using the values of 𝐷

𝑥
, 𝐷
𝑦
, and 𝐷

𝑧
and 𝛽

𝑥
, 𝛽
𝑦
, and

𝛽
𝑧
, is listed in Table 1, and the corresponding experimental

data is shown in Figure 3.
The validation of the results enumerated in Table 1 is

carried out by reproducing numerically the experiments
performed on three different trabeculae, denoted as B, C, and
D, whose sizes along 𝑥, 𝑦, and 𝑧 are specified in Table 2.

The distributions of the theoretical elongations versus
time, obtained using (1), and those of the corresponding
experimental data are reported in Figure 4. An excellent
agreement was found, that is, less than ±5% of relative error.

4. Discussion

Thefit performed via genetic algorithm and (1) is excellent for
the plate-like specimen A, as depicted in Figure 3.

By now, the average value ± standard deviation for the
apparent diffusion coefficient 3.56⋅10−11±0.78⋅10−11 (m2 s−1)
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Figure 2: Sketch of the specimen geometry.

Table 1: Apparent diffusion coefficient and linear expansion coeffi-
cients for specimen A.

Directions Apparent diffusion
coefficients (m2

⋅s−1)
Linear expansion

coefficients
Length (2𝐿

𝑥
) 𝐷

𝑥
= 1.03 ⋅ 10

−9
𝛽
𝑥
= 0.00195

Width (2𝐿
𝑦
) 𝐷

𝑦
= 1.26 ⋅ 10

−10
𝛽
𝑦
= 0.0053

Thickness (2𝐿
𝑧
) 𝐷

𝑧
= 1.16 ⋅ 10

−11
𝛽
𝑧
= 0.0107

Table 2: Single trabeculae sizes.

Single trabecula Length—2𝐿
𝑥

(mm)
Width—2𝐿

𝑦

(mm)
Thickness—2𝐿

𝑧

(mm)
B 7.9 2.6 2.5
C 6.3 2.3 0.5
D 7.2 2.1 1.7

was measured using NMR for four cortical bone specimens
from rabbit tibia by [27]. The analysis of the discrepancies
with respect to similar studies is beyond the scope of this
work and should be investigated considering the different
arrangement of the lamellae in trabecular or in osteonal
cortical bone [50–52]. Also different initial and final water
content are likely to affect the measured swelling by [22].
However a simple description could be proposed to find some
match of our results with those described in [27]. Cortical
bone is organized as a twisted and rotated plywood structure
[50, 52] whereas in the trabecular bone tissue the collagen is
aligned along the trabecular main axis [53]. The mass flux
F along the direction 𝑟 according to Fick’s law is expressed
as a function of the concentration gradient 𝑑𝐶/𝑑𝑟 and the
diffusion coefficient𝐷

𝑟
:

𝐹
𝑟
= −𝐷
𝑟

𝑑𝐶

𝑑𝑟
. (3)

If along an axis the mass transport is equally subject
to three different diffusion rates 𝐷

1
, 𝐷
2
, and 𝐷

3
, such as
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Figure 3: Comparisons between theoretical results (red line) and
experimental data for single trabecula A.

what could happen through a twisted and rotated plywood
structure, the overall apparent diffusion coefficient𝐷

𝑜
can be

computed as follows:

𝐷
−1

𝑜
= 𝐷
−1

1
+ 𝐷
−1

2
+ 𝐷
−1

3
. (4)

In our case, substituting𝐷
1
,𝐷
2
, and𝐷

3
with𝐷

𝑥
,𝐷
𝑦
, and

𝐷
𝑧
of Table 1 yields 𝐷

𝑜
= 1.05 ⋅ 10

−11, in fair agreement with
that of [27].

An important finding was represented by the different
behaviour exhibited by plate-like versus rod-like specimens.
In particular, using 𝐷

𝑥
, 𝐷
𝑦
, and 𝐷

𝑧
found for specimen A

does not allow a correct prediction of the swelling dynamics
for rod-like trabeculae such as specimens B and D (Table 2)
along some axis. This circumstance could be explained with
a dissimilar nanostructure of the collagen-apatite porosity
within the cross section, with respect to that of plate-like
trabeculae. This in turn could be due to a marked anisotropy
of the alignment of the apatite crystals caused by local
loading conditions that, after remodelling, yielded a different
momentum of inertia and thus flexural stiffness with respect
to the plate-like trabeculae.

Regarding the measured linear expansion coefficients,
the minor dimensional change along the axial direction is
evident, which corresponds to the axis of the mineralized
collagen fibrils, while the major swelling comes out along the
thickness and width directions. This fairly agrees with the
results of similar studies [54, 55].

5. Conclusion

We have illustrated the measurement of the swelling of
single trabeculae from human femur heads during water
imbibition. Moreover, since the swelling is caused by water
diffusing from external surfaces to the core of the sample, by
measuring the sample swelling versus time, we have obtained
direct information about the transport of fluids through the
intimate constituents of bone.

Our technique, based on the measurement of swelling,
appeared actually sensitive on thewater diffusion through the
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Figure 4: Comparisons between theoretical results (red line) and experimental data for single trabeculae (a) B, (b) C, and (c) D.

collagen bonematrix. As a consequence itmay be argued that,
in pathological tissue, deviations from normal fine structure
reflecting in abnormal arrangements of collagen fibrils could
be detected.

An important issue dealing with the present method is
the quite cumbersome measurement of the specimen size
since single trabeculae are often irregularly shaped yield-
ing relatively dispersed results. However, these preliminary
results are encouraging and suggest that further analysis on
a consistent number of specimens could give a fundamental
insight into the microstructure of bone tissue, depending on
anatomical sites as well as normal or pathologic conditions.

To our knowledge, our study is the first measurement
of the three apparent diffusion coefficient along each of the
principal axis of human single trabeculae, revealing amarked
anisotropy of transport phenomena within the Collagen
Apatite bonematrix. In particular, the great difference among
the measured diffusion coefficients 𝐷

𝑥
, 𝐷
𝑦
, and 𝐷

𝑧
could

provide additional in-depth data on fibre arrangement in the
lamellar bone system in order to give further evidence of the
relationship between the orientations of the fibre bundles.

In conclusion, since metabolic activities, adhesion,
migration, and thus a proper growth of cells require proper

nutrient diffusion that is in turn affected by cell-matrix
interactions [1], we believe that the present work can be a
valuable support to the design of ECM-like scaffolds for bone
tissue engineering to optimize the transport phenomena and
the mechanical properties of bone substitutes.
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Angiogenesis is a multistep process driven by a wide range of positive and negative regulatory factors. Extracellular matrix (ECM)
plays a crucial role in the regulation of this process. The degradation of ECM, occurring in response to an angiogenic stimulus,
leads to degradation or partial modification of matrix molecules, release of soluble factors, and exposure of cryptic sites with pro-
and/or antiangiogenic activity. ECM molecules and fragments, resulting from proteolysis, can also act directly as inflammatory
stimuli, and this can explain the exacerbated angiogenesis that drives and maintains several inflammatory diseases. In this review
we have summarized some of the more recent literature data concerning the molecular control of ECM in angiogenesis in both
physiological and pathological conditions.

1. Introduction

The extracellular matrix (ECM) is the noncellular compo-
nent present within all tissues and organs, consisting of a
variety of structural and signalling molecules secreted from
differentiatedmesenchymal cells including chondrocytes and
fibroblasts and with biochemical, biomechanical, and struc-
tural properties critical for the development of organs.

The ECM provides mechanical adhesive support for the
cellular constituents, directs their morphological organi-
zation, and influences physiological functions, by binding
growth factors and interacting with cell-surface receptors.
Two biochemically and morphologically differentiated enti-
ties have been identified: the interstitial matrix and the extra-
cellular basement membranes (BMs). The first one is mainly
composed of fibrillar and nonfibrillar collagens, elastic fibers,
and glycosaminoglycan- (GAG-) containing noncollagenous
glycoproteins (hyaluronan and proteoglycans) (Figure 1(a)).
The BMs are highly specialized extracellular matrix sheets

underlining epithelial or endothelial cells, consisting of colla-
gen IV, laminins, entactin, and heparan sulfate proteoglycans
(Figure 1(b)), which affect cell shape, gene expression, prolif-
eration, migration, and apoptosis.

The ECM is a highly dynamic structure, undergoing
continuous remodelling, which consists in the deposition,
degradation, and modification of its components. An abnor-
mal ECM dynamic leads to pathological processes including
tissue fibrosis and cancer.

The three-dimensional (3D) and computational in vitro
studies [1, 2] clearly demonstrate that besides its remodelling
ECM controls and regulates physiological and pathological
angiogenesis [3] at several levels by several ways.

Angiogenesis has been studied by means of several in
vitro and in vivo models, including endothelial cell cultures,
chick embryo chorioallantoic membrane (CAM) assay [4],
and ocular models [5]. Angiogenesis is a multistep process
that generally begins when the endothelial cells switch from
the “quiescent” to the “angiogenic phenotype” in response to
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Figure 1: A schematic drawing of the extracellular matrix molecular organization. The interstitial matrix is mainly composed of collagen,
fibronectin, elastin, and proteoglycans (a). The extracellular basement membrane mainly consists of collagen IV, laminin, entactin, and
heparan sulfate proteoglycans which bind to VEGF (b).

(a) (b) (c) (d)

Figure 2: After stimulationwith angiogenic factors of a quiescent vessel (a), the degradation of the basementmembrane, pericyte detachment,
and loosening of endothelial cell junctions occur (b). Endothelial cells begin to proliferate, migrate, and take part in formation of an immature
capillary structure and deposition of a new complex basement membrane (c). Finally, pericytes are recruited thereby providing stabilization
for the new vessel (d).

angiogenic stimuli [6, 7] (Figure 2). Subsequently, enzymatic
degradation of capillary BMoccurs and vascular permeability
increases leading to extravasation of blood proteins and
their accumulation into interstitial collagen matrix to form
a new, provisional ECM. Then, endothelial cells begin to
proliferate, invade the ECM, and take part in the formation
of an immature capillary structure and deposition of a new
complex BM. Finally, pericytes are recruited, thereby pro-
viding stabilization for the new vessels. The soluble growth
factors, membrane-bound proteins, cell-matrix and cell-cell
interactions, and hemodynamic forces all act in concert to

control and influence angiogenesis, and the balanced activity
between specific angiogenic molecules which can initiate this
process and specific inhibitory molecules which can stop it
are thought to be critical for an optimal angiogenic response.

Through adhesive interactions with integrins expressed
on the endothelial cells surface, the ECM orchestrates com-
plex signalling cascades within the cells and affects many
fundamental aspects of their biology, including proliferation,
migration, cytoskeletal organization, cell shape, survival,
and ultimately blood vessel stabilization. Moreover, matrix
molecules or fragments that show pro- and antiangiogenic
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Table 1: ECM molecules and fragments with proangiogenic and
antiangiogenic activity.

Proangiogenic Antiangiogenic
Intact molecules Fragments
Collagen I
Collagen III Arresten
Collagen IV Canstatin
Collagen XV Tumstatin
Collagen XVIII Restin
Fibrillin Endostatin
Fibulin-1 Anastellin
Fibrin/fibrinogen Heparin binding fragments
Fibronectin Endorepellin
Glypican-1 Endostatin
Laminin-1 Elastin derived peptides
Laminin 8 Transient molecules
Perlecan Thrombospondin-1
Tenascin C Thrombospondin-2
Tenascin X
Vitronectin
Decorin
Fragments
Fragment E (fibrin)

activity (Table 1) are critical in the onset of angiogenesis and
angiogenic cytokines which directly bind matrix and require
proteolytic processing to become active [8].

2. ECM Components Involved in Angiogenesis

2.1. ECM Molecules. In vivo studies in knockout mice for
BMs genes (fibronectin, laminin, collagen IV, and perlecan)
revealed significant cardiovascular dysfunctions [9–11]. In
detail, several studies bear out the hypothesis that blood ves-
sels formation and survival are connected with collagen syn-
thesis and deposition in BM [12, 13]. Endothelial cell adhesion
to ECM, via integrins-collagen I interaction, leads to acti-
vation and/or suppression of multiple signalling pathways.
In human dermal microvascular endothelial cells, isolated
from neonatal foreskins and anchored to collagen I, as well as
in a mouse model of skin angiogenesis involving subdermal
injection ofMatrigel together with immortalized human cells
stably transfected with VEGF165, the interaction of collagen
I with 𝛼1𝛽1, 𝛼2𝛽1, 𝛼v𝛽3, and 𝛼v𝛽5 integrins on cell surfaces
induces the activation ofMAP kinase pathwaywhich, in turn,
supports endothelial cells survival and suppresses apoptosis
[14]. In the same in vitro model, other investigators demon-
strated that integrins 𝛼1𝛽1 and 𝛼2𝛽1 binding to collagen I
induced suppression of cAMP-dependent PKA, following
reorganization of actin fibers and changes in cell shape [15]. In
mouse skin model that used VEGF-expressing cells together
with packaging cells producing retroviruses encoding RhoA
GTPase mutants, the endothelial cells adhesion to collagen I
selectively induced activation of Src and Rho and suppression
of Rac activity, which, in turn, disrupt intercellular junctions

[16]. Interestingly, collagen I also contributes to coalescence
of pinocytic intracellular vacuoles, which is an essential step
for lumen formation [17, 18].

Type IV collagen, the main protein component of all
BMs, has a crucial role in endothelial cell proliferation
and cell behaviour [19]. An in vitro study that analysed
angiogenic and nonangiogenic culture systems demonstrated
the dependence of angiogenesis on secretion and subsequent
extracellular deposition of collagen type IV [20].

Laminin of BM appears to be involved prevalently in the
regulation of the late stages of angiogenesis: it is responsible
for cessation of endothelial cells proliferation and peri-
cytes recruitment and vessels stabilization through Notch
signalling activation [21]. By using antibodies directed to
laminin receptor, it has been demonstrated that laminin can
activate proteinases and contribute to matrix degradation
[22].

Fibronectin is a widely distributed glycoprotein and is a
component of plasma in a soluble dimeric form and of cell
surface and ECM in a dimeric and multimeric form and is
localized in ECM underlying endothelial cells. The arginine-
glycine-aspartic acid (RGD) motif was the first sequence of
fibronectin found to possess cell-adhesive properties [23]
and the use of the microfluidic shear devices suggested that
endothelial cells adhere to fibronectin stronger than type I
collagen [24]. The binding of RGD sequence to the integrins
𝛼5𝛽1 and 𝛼v𝛽3 in endothelial cells initiates the polymeriza-
tion of fibronectin locally synthesized [25], which, in turn,
regulates cell growth as demonstrated in cultures of mouse
embryonic cells that lack endogenous fibronectin [26], regu-
lates cytoskeletal organization [27], and stabilizes cell-matrix
adhesion [28]. Additionally, fibronectin controls endothelial
cell survival during angiogenesis in vivo by suppressing the
activity of PKA [29]. Plasma fibronectin incorporated in the
serum-free collagen gel culture of rat aorta induced a selective
dose-dependent elongation ofmicrovessels, without affecting
mitotic activity of cells [30].

2.2. ECM Fragments: Matrikines and Matricryptic Sites. In
the early stage of angiogenesis, the degradation of ECM
occurs in response to angiogenic stimuli. As a consequence,
matrix molecules are degraded or partially modified, soluble
factors are released, and cryptic sites are exposed.

In 1960, the presence of small peptides derived from
degradation of connective tissue glycoproteins was demon-
strated for the first time [31]. Maquart et al. [32] introduced
the term “matrikines” to designate peptides produced from
degradation of ECM components, as result of enzymatic
activity of proteinases produced by connective tissue cells.
The same term has been then adopted to describe peptides
derived by partial proteolysis of ECM surroundingmicroves-
sels. Endothelial cells produce proteinases, whose activa-
tion is responsible for degradation and liberation of matrix
fragments which, in turn, can regulate cellular activity by
binding specific cells receptors and by activating intracellular
signalling pathways.

The term “matricryptic sites” has been coined to describe
the biologically active sites that are not exposed in themature,
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secreted form of ECMmolecules but which become exposed
after structural or conformational alterations [33].

Two classes of proteolytic enzymes appear to be mainly
involved in the matrix degradation: plasminogen activa-
tor (PA)/plasmin system and matrix metalloproteinases
(MMPs). The plasminogen activator/plasmin system is an
enzymatic cascade involved in the control of fibrin degra-
dation, matrix turnover, and cell invasion. The physiological
activators urokinase-type PA or tissue-type PA mediate the
conversion of the inactive plasma zymogen, plasminogen, to
the serine protease plasmin. The latter belongs to the large
serine proteinase family and can act directly or indirectly,
by cleaving numerous ECM proteins, including fibronectin,
laminin, thrombospondin, and von Willebrand factor [34],
by activating MMPs [35], or by liberating growth factors and
cytokines sequestered within the ECM [36, 37].

MMPs belong to the family of zinc endopeptidases and
can exist in both membrane-bound (MT-MMPs) and soluble
forms. The latter are secreted as inactive proenzymes and
their activation occurs in the extracellular compartment.
MMPs are produced by a variety of cells, including epithelial
cells, fibroblasts, inflammatory cells, and endothelial cells,
and their activity is inhibited by the family of tissue inhibitors
of metalloproteinase (TIMPs) [38]. At least, five MMPs are
involved in angiogenesis: MMP-1, -2, -3, -7, and -9 are
upregulated in endothelial cells in a variety of physiological
and pathological settings [35].

Many of matrikines and matricryptic sites, resulting
from PA/plasmin system and MMPs activity, are important
physiologic angiogenesis inhibitors. Among these, endostatin
has been extensively studied. It is a proteolytic fragment of
the C-terminal noncollagenous domain of collagen XVIII,
isolated from the conditioned media of a nonmetastatic
murine hemangioendothelioma cell line [39]. Its role as a
local inhibitor of angiogenesis has been demonstrated in vitro
and in vivo [39, 40]; nevertheless, the evidence that lack
of endostatin does not affect angiogenesis in major organs
suggests that this fragment is not a critical regulator of angio-
genesis [41]. Endostatin acts by inhibiting endothelial cells
proliferation and migration [39] and by blocking G1/S phase
transition and apoptosis of cells [42, 43]. Immunoblotting
analysis of endostatin treated murine brain endothelial cells
revealed that endostatin induces activation of phosphatases
or other regulatory signalling proteins, which may interfere
with FGF effects on endothelial cells; nevertheless, this occurs
only if endostatin binds to the endothelial cell surface via
heparan-sulfate proteoglycans [44, 45]. Moreover, endostatin
inhibits VEGF-induced endothelial cell migration in a dose-
dependent manner [46].

Tumstatin, canstatin, and arresten are derived from
degradation of 𝛼3, 𝛼2, and 𝛼1 chain, respectively, of type
IV collagen. Tumstatin, generated by MMP-9 proteolysis
[47], binds to endothelial cells via 𝛼v𝛽

3
integrin [48]. Its

antiangiogenic activity is restricted to amino acids 54–132
within the 244 amino acid complete sequence [49]. In vitro
studies showed that tumstatin peptide negatively regulates
endothelial cells proliferation and induces apoptosis [50]
through inhibition of protein synthesis [51]. Canstatin in an
antiangiogenic fragment derived from NC1 domain of the

𝛼2 chain of type IV collagen [52]. Recombinant canstatin
selectively inhibits endothelial cells proliferation and tube
formation in a dose-dependent manner [53]. Moreover, in
human umbilical vein endothelial cells, canstatin inhibits the
phosphorylation of Akt and focal adhesion kinase, induces
Fas ligand expression, and activates caspase-dependent apop-
totic pathways [54]; all these activities are mediated by
interaction with 𝛼v𝛽

3
and 𝛼v𝛽

5
integrins on the surface of

endothelial cells [55]. Arresten binds to 𝛼1𝛽1 integrin and
heparan sulphate proteoglycans and exerts its antiangiogenic
effect in endothelial cells via inhibition of MAPK signalling
[56, 57]. Arresten inhibits, in a dose-dependent manner,
the proliferation of mouse retinal endothelial cells cultured
on type IV collagen and stimulated with fibroblast growth
factor-2 (FGF-2) [58]. In vivo, arresten significantly inhibits
neovascularization in Matrigel plug assays [59].

Tetrastatin, pentastatin, and hexastatin are derived from
degradation of type IV collagen, from 𝛼4, 𝛼5, and 𝛼6 chain,
respectively. Tetrastatin and pentastatin lack antiangiogenic
activity in the CAM assay [48]; nevertheless, in vitro they
affect angiogenesis by interacting with human endothelial
cells and potently inhibiting their migration [60]. On the
other hand, hexastatin administration resulted in inhibition
of angiogenesis in the CAM [48] and in Matrigel plug assay
[61]. Additionally, through the non-RGD-dependent 𝛼v𝛽3
binding sites, hexastatin significantly inhibits endothelial cell
proliferation [61].

Endorepellin is derived from perlecan [62] and by inter-
acting with the 𝛼2𝛽1 integrin receptor triggers a signalling
cascade that leads to disruption of the endothelial actin
cytoskeleton [63]. Endorepellin affects angiogenesis by inter-
acting with the VEGF receptor through its laminin G-like,
leading to the downstream of VEGF signalling [64, 65].

2.3. Angiogenic Factors. Therole ofVEGF asmajor inducer of
angiogenesis is well recognized [66]. VEGF induces expres-
sion of 𝛼1𝛽1 and 𝛼2𝛽1 integrins in microvascular endothelial
cells [67], endothelial cell migration, and proliferation [68,
69]. VEGF is not stored intracellularly but it bounds the cell
surface or ECM and variousMMPs [70] and PA [71] can gen-
erate diffusible, non-heparin-binding fragments. Two classes
of VEGF binding sites have been identified on fibronectin:
one constitutively available and the other whose availability is
modulated by the conformational state of fibronectin, which,
in turn, depends on heparin interaction [72, 73].

FGF-2 stimulates survival, proliferation, migration, and
differentiation of endothelial cells both in vitro and in vivo
and binds with high affinity to heparan sulfate proteoglycans
located on the surface of most cells and within the ECM
[74]. Heparan sulfate proteoglycans, particularly perlecan,
modulate the binding of FGF-2 to its specific tyrosine kinase
receptors [75] and protect the growth factor from proteolytic
degradation by extracellular proteinases [76].

The proangiogenic activity of transforming growth factor
beta 1 (TGF-𝛽1) has been demonstrated in new-born mice
[77] and in the CAM assay [78] and it has been confirmed
in TGF-𝛽1 knockout mice [79]. However, in vitro studies
suggested that activity of TGF-𝛽1 is strictly dependent on
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composition and organization of the ECM:TGF-𝛽1 treatment
elicits the formation of calcium and magnesium depen-
dent tube-like structures, mimicking angiogenesis, in three-
dimensional cultures [80], whereas it induces endothelial
cells apoptosis in two-dimensional cultures [81]. TGF-𝛽1
upregulates the VEGF expression and the interaction with
its receptor in endothelial cells and this mechanism induces
endothelial cell apoptosis and angiogenesis in vitro and in vivo
[82, 83].

3. ECM as a Link between Angiogenesis
and Inflammation

Angiogenesis and inflammation are distinct processes that
can occur independently of each other, although in some
cases they are codependent. Angiogenesis can stimulate and
intensify the inflammatory response by providing nutrients
and oxygen in inflammatory sites, and some angiogenic
factors exert proinflammatory activity. Conversely, in chronic
inflammation, inflammatory cells produce cytokines and
growth factors that may affect endothelial cell functions.

Angiogenesis and inflammation are associated with
nuclear factor kappa-B (NF-𝜅B) and angiopoietin- (Ang-)
Tie2 signalling pathways. NF-𝜅B is an inducible transcription
factor, whose activation regulates the expression of genes for
proinflammatory cytokines, chemokines, and enzymes that
generate mediators of inflammation. There is also evidence
that this transcription factor is involved in the regulation
of migration, proliferation and survival of endothelial cells
[84], and expression of MMPs [85]. Ang-1 is secreted and
incorporated into and sequestered by the ECM. By binding
Tie-2 receptor expressed in endothelial cells, it does not affect
the cells proliferation; however, it stimulates endothelial cells
migration, sprouting, and survival and promotes recruitment
of the pericytes and smooth muscle cells [86]. Mice lack-
ing of Ang-1 and Tie-2 showed defective remodelling and
maturation of the vasculature, whereas the transgenic mice
overexpressing Ang-1 displayed increased vascularization
suggesting a role in the formation of blood vessels during
development [87]. Additionally, Ang-1 has been shown to
inhibit vascular permeability and exert anti-inflammatory
effects [88]. It has been demonstrated that Ang-1 can act
also in nonendothelial cells, including monocytes via p38
and Erk1/2 phosphorylation andmacrophages inducing their
switch toward a proinflammatory phenotype [89]. Unlike
Ang-1, its antagonist, Ang-2, is not incorporated into ECM
and disrupts blood vessel formation in the mouse embryo
[90]. Stored in endothelial Weibel-Palade bodies, Ang-2
is rapidly released in response to exogenous stimuli and
promotes inflammation [91].

Angiogenesis and inflammation share ECM remodelling
which, in turn, directly and indirectly influences both pro-
cesses. ECM molecules and fragments, resulting from pro-
teolysis, can act directly as inflammatory stimuli; they can
influence immune cell activation and survival and proper
tissue repair as well as each step of angiogenesis, as previously
described.

Inflammatory cells produce a large amount of MMPs,
which activate cytokines and chemokines through cleavage,

regulate inflammatory cells response, and notably contribute
to ECM degradation. Analysis of RNA levels expression in
mononuclear cells isolated from venous blood of normal
volunteers revealed that they highly express several forms of
MMPs [92]. Expression of MMPs can be selectively induced
by binding of bacteria to toll-like receptor 2 in monocytes
and CD14, toll-like receptor 2, and toll-like receptor 1 in
macrophages and is strictly dependent on the stage of cellular
differentiation [93, 94].

The role of inflammation in tumor development is not less
negligible: an inflammatory microenvironment can increase
mutation rates and enhance the proliferation of cancer cells,
contributing to tumor initiation, and innate and adaptive
immune system cells can infiltrate the tumor sites, release
growth and survival factors, and facilitate angiogenesis,
tumor growth, invasion, and metastasis by themselves or by
inducing other effector molecules. The increase of several
immune cell-derived factors, such as interleukin-1 (IL-1), IL-
6, IL-8, IL-10, and tumor necrosis factor alpha (TNF-𝛼), has
been described in tumor microenvironment: they sustain
inflammatory process, contribute to tumor progression, and
also exert proangiogenic activity [95, 96].

Osteopontin (OPN), a multifunctional ECM phospho-
protein-containing and RGD integrin binding domain, is
limited to the bone, kidney, and epithelial linings and is
secreted in body fluids including milk, blood, and urine
in normal conditions, whereas it is upregulated at sites of
inflammation and tissue remodelling. Chakraborty et al. [97]
provided both in vitro and in vivo experimental evidences
that OPN regulates Brk/NF-𝜅B/ATF-4 signalling cascades
which, in turn, upregulates the VEGF expression and tumor
angiogenesis through autocrine and paracrine mechanisms
in breast cancer system.

Inflammatory cells release MMPs involved in the release
of angiogenic factors, such as VEGF and FGF-2, and cryptic
antiangiogenic factors. VEGF derived from matrix stores, as
a result of MMP-9, is implicated in the angiogenic switch and
tumor growth [98].

Rheumatoid arthritis (RA) is an autoimmune disease
characterized by chronic inflammation of synovial joints and
destruction of cartilage and bone, as well as by systemic
extra-articular inflammation. The synovium that normally is
relatively acellular and with scattered blood vessels, results
hyperplastic, rich of inflammatory cells and high vascular-
ized in RA. The new vessels besides provide nutrients and
oxygen, also sustain the inflammation by being a source
of cytokines, chemokines, and proteases [99], facilitate the
ingress of inflammatory cells into the synovium, and, there-
fore, stimulate pannus formation. At the same time, infil-
trated inflammatory cells stimulate angiogenic process, by
upregulating proangiogenic factors [100, 101] and activating
NF-𝜅B. Upregulation of Angs-Tie 2 [102] and VEGF [103]
detected in chronic inflamed synovium and serum of RA
patients emphasizes the interdependence of inflammation
and angiogenesis in RA. VEGFmay act as a proinflammatory
mediator and as an angiogenic stimulator in RA joints:
it induces the production of chemokines by endothelial
cells, such as MCP-1 and IL-8 [104], which, in turn, recruit
monocytes in synovial membranes. Several clinical studies
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demonstrated high levels ofMMPs, directly involved in ECM
degradation, in the systemic circulation and synovial fluid of
patients with RA and their correlation with clinical activity
[105, 106].

Osteoarthritis (OA) is a disease characterized by degen-
eration of cartilage and its underlying bone within a joint
as well as bony overgrowth. Even if OA has been com-
monly described as “noninflammatory” disorder, in order to
distinguish it from inflammatory arthritis, evidence is now
accumulating that synovitis occurs and exacerbates structural
damage [107, 108]. The inflammation contributes directly
to angiogenesis, observed in the synovium of osteoarthritic
joints [107], and these two processes contribute to pain and
damage. Hypoxia, a common feature of the inflamed synovial
environment, and IL-1 stimulateVEGF expression in synovial
fibroblasts [109]. Also TNF-𝛼, which promotes angiogenesis
in vivo [110] and regulates the expression of MMP-9 and
MMP-1 [111], is involved in OA. Thus, angiogenesis may
exacerbate inflammation in OA, by facilitating inflammatory
cell infiltration [111].

Psoriasis is a chronic inflammatory disease of skin and
small joints characterized by excessive growth of the epi-
dermal keratinocytes, inflammatory cell accumulation, and
excessive dermal angiogenesis. Psoriasis is characterized by
the overproduction of interferon gamma (INF-𝛾), TNF-𝛼,
and IL-17 [112]. TNF-𝛼 induced upregulation of IL-24 and
activation of signal transducer and activator of transcription
3 (STAT3) signalling in mice keratinocytes [113]. IL-9 con-
tributes to the development of psoriatic lesions, by inducing
Th17-related inflammation and by promoting angiogenesis
[114]. Keratinocytes in the psoriatic skin lesions are a source
of proangiogenic cytokines, such as VEGF, whose levels
have been shown to be dramatically elevated in human
psoriatic skin [115] and correlate with increased levels of
inflammatory cytokines and MMPs [116] and with degree of
psoriasis severity [117]. Additionally, keratinocytes isolated
from psoriatic skin show a strongly reduced expression of
thrombospondin-1, an endogenous inhibitor of angiogene-
sis. Enzyme immunoassay [118] and immunohistochemistry
analysis [119] revealed that keratinocytes in psoriasis express
and produce MMP-1 and MMP-19, which are decreased by
anti-TNF-alpha [120].

Ocular angiogenesis is an important cause for severe loss
of vision in several disorders, such as age-related macular
degeneration, diabetic retinopathy, retinal artery or vein
occlusion, and retinopathy of prematurity. Even if the mech-
anism that leads to abnormal growth of new vessels in eyes
remains to be elucidated, it is related to inflammation. VEGF,
as well as IL-6, IL-8, and IL-10, monocyte chemoattractant
protein-1 levels are higher in patients with ocular diseases,
when compared with normal subjects, and significantly
decreased after administration of bevacizumab, a human-
ized anti-VEGF monoclonal IgG1 antibody [121, 122]. VEGF
intravitreal injection induced upregulation of intercellular
adhesion molecule in endothelial cells and, consequently, the
local adhesion of leucocytes and vascular permeability [123].
Injection of FGF into the vitreous cavity did not show the
same effect of FGFmobilized by degradation of the matrix by
proteolytic enzymes [123]. Conversely, macrophage depletion

in mice reduced the choroidal neovascularization and was
associated with decreasedmacrophage infiltration andVEGF
protein [124].

4. Concluding Remarks

Overall, the literature data analyzed in this review demon-
strate that, in addition to providing basic support for cells,
ECM is also a critical component that allows the intercellular
crosstalk and stores several important mediators which, in
turn, regulate several cellular and connective components
functions, including angiogenesis.

The progressive increase of knowledge concerning the
cellular and extracellular mechanisms that regulate angio-
genesis in normal and pathological conditions may provide
the potential basis for the development of new therapeutic
approaches against abnormal angiogenesis that contributes to
the pathogenesis of several disorders.
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We investigated the feasibility of oleuropein as a cross-linking agent for fabricating three-dimensional (3D) porous composite
scaffolds for bone tissue engineering. Human-like collagen (HLC) and nanohydroxyapatite (n-HAp) were used to fabricate the
composite scaffold by way of cross-linking. The mechanical tests revealed superior properties for the cross-linked scaffolds
compared to the uncross-linked scaffolds. The as-obtained composite scaffold had a 3D porous structure with pores ranging from
120 to 300 𝜇m and a porosity of 73.6±2.3%.The cross-linked scaffolds were seeded withMC3T3-E1 Subclone 14 mouse osteoblasts.
Fluorescence staining, the Cell Counting Kit-8 (CCK-8) assay, and scanning electronmicroscopy (SEM) indicated that the scaffolds
enhanced cell adhesion and proliferation. Our results indicate the potential of these scaffolds for bone tissue engineering.

1. Introduction

The need for bone grafts to repair skeletal defects caused
by trauma or bone neoplasia has been constantly increasing
in recent years. Currently, autologous bone grafts and allo-
grafts are the main options for bone replacement. Although
autologous bone grafts are ideal for osteoinduction and
osteogenesis, they require secondary surgery, are available in
very limited supplies, and can lead to donor site morbidity
[1, 2]. In addition, allografts can potentially result in disease
transmission and immune responses. All of these factors limit
their application in bone reconstruction. To overcome these
limitations, various bone tissue engineering strategies have
been proposed. The ideal scaffold for use as a transplant
not only has good biocompatibility, appropriate mechanical
properties, and a well-matched degradation rate [3–5] but
also has an appropriate pore size and high interconnectivity
to promote cells attachment, proliferation, and bone repair
[6–10].

To provide a biocompatible and bioactive environment
for new bone formation, a wide variety of materials have
been used to mimic the bone-forming components. As the
main structural element in skin, bone, tendon, cartilage,
blood vessels, and heart valves, collagen has been widely
used in tissue engineering. Human-like collagen (HLC) is a
recombinant collagen expressed by recombinant Escherichia
coli BL21 [11], which contains a modified cDNA reverse-
transcribed from human collagen mRNA. Due to the water
solubility, workability, low immunogenicity, biocompatibility,
and biodegradability of HLC, this material has been suc-
cessfully used for vascular scaffolds [12, 13], artificial bone
[14], hydrogels [15], and skin tissues [16]. As the major
components of human natural bone, nanohydroxyapatite (n-
HAp) possesses excellent biocompatibility, osteoconductivity,
and bioactivity and lacks antigenicity and cytotoxicity. Thus,
n-HAp is an outstanding biomaterial for guided bone regen-
eration [17, 18].
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In addition, the cross-linking technique can increase
the mechanical properties of the scaffolds. Chemical cross-
linking agents, such as carbodiimide or glutaraldehyde,
have been studied extensively for biomedical applications.
However, their high cytotoxicity may influence the bio-
compatibility of the scaffolds [19]. Thus, the development
of a natural noncytotoxic cross-linking agent is urgently
needed. Simple phenolic compounds derived from plants
have been studied for cross-linking proteins [20]. However,
little attention has been focused on polyphenol as a cross-
linking agent for bone tissue engineering. Furthermore,
oleuropein, a polyphenol belonging to the secoiridoid class,
the most representative catecholic components of olives,
possesses high antioxidation ability due to its ability to
scavenge superoxide radicals. Antioxidant nutrients might
reduce the production of free radicals, contributing to bone
resorption and enhancing bone formation. It has been
demonstrated that oleuropein elicits protective effects on
bone [21].

In this study, oleuropein was employed as a cross-linking
agent for bone tissue engineering using cross-linked compos-
ite HLC/n-HAp scaffolds.The characteristics andmechanical
properties of the scaffolds and their ability to promote cell
adhesion and proliferation were investigated.

2. Materials and Methods

2.1. Materials. HLC was supplied from Juzi Biogene Tech-
nology Co. Ltd. (97,000Da, Xi’an, China) and n-HAp was
supplied by Epri Nano Materials Ltd. Co. (20 nm, Nan-
jing, China). Oleuropein was supplied by Wedar Ltd. Co.
(Shanghai, China). MC3T3-E1 cells were obtained from
Biok&KM Co. Ltd. (Jiangsu, China). Trypsin (250 units/mg)
was obtained from Amresco (Solon, OH, USA). Minimum
essential medium (MEM) and fetal bovine serum (FBS)
were purchased from Hyclone (Logan, UT, USA). The Cell
Counting Kit-8 (CCK-8) was obtained from Keygen Biolog-
ical Technology Development Co. Ltd. (KGA317, Nanjing,
China). All other reagents and solvents were of analytical
grade.

2.2. Preparation of Composite HLC/n-HAp Scaffolds. HLC
was dissolved in deionized distilled water at a concentration
of 4.8% (w/v) by gentle stirring at room temperature for
30min. The n-HAp (HLC/n-HAp ratio = 1 : 2, 1 : 3, 1 : 4, 1 : 5,
and 1 : 6 (w/w)) was then dispersed in the HLC solution.
The HLC/n-HApmixture was transferred into a mold, which
was successively frozen at 4∘C for 20min, −20∘C for 1 h,
and −70∘C for 3 h. After lyophilization in a vacuum freeze-
dryer (FD 5–10, SIM, USA) for 48 h at 6.7–13.3 Pa (50–
100mTorr), the as-obtained scaffolds were cross-linked using
an oleuropein ethanol-water solution (concentration of 0.5%,
1%, 1.5%, 2%, 2.5%, and 3% (w/v) and 90% ethanol) at 37∘C
for 36 h. The scaffolds were then washed under running
deionized distilled water for 3 h to remove the ethanol and
again lyophilized for 48 h. The scaffolds were applied to
subsequent experiments.

2.3. Scanning Electron Microscopy (SEM). The surface mor-
phologies of the compositeHLC/n-HAp scaffolds were exam-
ined by scanning electronmicroscopy (Hitachi S-570, Japan).
Before imaging, the scaffolds were cut into pieces with a razor
blade, which were mounted on aluminum stubs and sputter-
coated with gold.

2.4. Mechanical Properties of the HLC/n-HAp Scaffolds. The
mechanical property of the composite HLC/n-HAp scaffolds
was determined bymeasurement of the compression strength
and Young’s modulus using an INSTRON 5565 Materials
Testing System with a 5000N load cell. To test the longitu-
dinal compression strength, the loading rate was 1mm/min.
Five samples were measured for each group. Cylindrical
samples were prepared with diameters of 10mm and lengths
of 30mm.

2.5. X-Ray Diffraction (XRD). The crystalline phase of the
scaffold was analyzed by X-ray diffraction (Rigaku D/max-
3C, Japan). The phases were identified by comparison to the
n-HAp X-ray diffractograms. The scaffold was ground to a
powder and analyzed. The XRD data were acquired using a
voltage of 40 kV at a rate of 2∘/min and angle range of 10–60∘.

2.6. Fourier Transform Infrared Spectra (FTIR). The chemical
structures of the composite HLC/n-HAp scaffold, HLC,
and n-HAp were characterized using a Fourier transform
infrared spectrophotometer (EQUINOX-55, Bruker Corpo-
ration, Germany) using the KBr method. FTIR spectra were
collected from 4000 to 500 cm−1.

2.7.Thermogravimetric Analysis (TGA). The thermal stability
of the composite scaffolds was evaluated by thermogravi-
metric analysis (STA449C, Netzsch) with a heating rate of
3∘C/min from 30∘C to 600∘C.

2.8. Scaffold Porosity. The porosity of the scaffold was mea-
sured by liquid displacement, as calculated according to 𝑃 =
(𝑊
1
− 𝑊
0
)/𝜌𝑉
0
, where 𝑊

1
is the wet weight of the scaffold

after it is immersed in the dehydrated alcohol for 48 h until
it is saturated, 𝑊

0
is the dry weight of the scaffold, 𝜌 is the

density of the dehydrated alcohol, and𝑉
0
is the volume of the

scaffold. Three parallel samples were tested.

2.9. Cell Seeding and Culture. MC3T3-E1 Subclone 14 mouse
osteoblasts were used to evaluate cell proliferation and
morphology on the scaffolds. MC3T3-E1 cells were cultured
in minimum essential medium (MEM) including 10% heat-
inactivated FBS in a 95% relative humidity atmosphere of
5% CO

2
at 37∘C. The composite scaffolds were cut into

circular disks of 10mmdiameter and 3mmheight.The pieces
were placed in 48-well culture plates and sterilized by Co

60

irradiation. Before cell seeding, the scaffolds were prewetted
with MEM for 24 h to displace air from the scaffolds. The
MC3T3-E1 cells were digested by trypsin/EDTA solution and
suspended in MEM at a concentration of 1 × 106 cell/mL. A
total of 50 𝜇L of cell suspension was seeded onto each scaffold
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surface. The seeded scaffolds were incubated at 37∘C with 5%
CO
2
to allow cells to attach. After 4 h, an additional 1mL of

medium was added to each well. The culture medium was
refreshed every two days. After 3, 7, and 14 days, the cell-
scaffold constructs were analyzed.

2.10. Cell Viability and Proliferation. Evaluation of the cell
viability and proliferation on the scaffolds was performed by
fluorescence staining and the CCK-8 assay. For fluorescence
staining, each cell-scaffoldwas carefullywashedwith PBS and
the nuclei were stained with 4,6-diamidino-2-phenylindole
(DAPI) solution (1 : 1000 DAPI in PBS) for 10min. The cell-
scaffolds were analyzed using a fluorescence microscope
(TS100, Nikon, Japan). For the CCK-8 assay, the cell-seeded
scaffolds were transferred to new 48-well plates and incu-
batedwith 1mL freshMEMmedium containing 10 𝜇LCCK-8
at 37∘Cwith 5%CO

2
for 3 h. Anunseeded scaffoldwas used as

a control. A total of 100 𝜇L of reaction liquid was transferred
to a 96-well plate to measure the absorbance at 450 nm using
amicroplate reader (PowerWaveXS2, GeneCompany,USA).
Scaffolds with medium but without cells were used to assess
the background absorbance. The degree of cell proliferation
was determined after 3, 7, and 14 days of culture. Five cell-
scaffold constructs were tested each time.

2.11. Morphological Analysis. Scanning electron microscopy
was used to observe the morphology of cells adhered to
the scaffolds. After 7 and 14 days of culture, the cell-
seeded scaffolds were rinsed with PBS and fixed with 2.5%
glutaraldehyde in phosphate buffer (pH 7.4) at 4∘C for 4 h.
The scaffolds were dehydrated in increasing concentrations
of ethanol (30%, 50%, 70%, 90%, 95%, and 100%) and
critically point-dried. The dried cell-scaffolds were mounted
on aluminum stubs and sputter-coated with gold for SEM.

2.12. Statistical Analysis. The data were analyzed using the
Statistical Analysis System (SAS 9.0) package software for
analysis of variance usingDuncan’s test. All experiments were
carried out in triplicate. Significance was established at 𝑃 ≤
0.05.

3. Results

3.1. Effects of Processing Parameters on the Properties of
Scaffolds. The porosity for the different samples is reported
in Table 1. With the ratio of HLC to n-HAp decreasing from
1 : 2 to 1 : 6, the porosity of the scaffolds decreased from
approximately 89.3±4.1% to 51.57±1.5%.Thiswas coincident
with the SEM images of the different samples, as shown in
Figure 1. The samples with ratios of 1 : 2, 1 : 3, and 1 : 4 had
homogeneous pores that were interconnected. The samples
with ratios of 1 : 5 and 1 : 6 had weakly interconnected pores
that were inhomogeneous. The effects of different compos-
ites and the oleuropein concentration on the compressive
strength and Young’s modulus were investigated. As shown
in Figure 2(a), increasing the n-HAp content of the scaffolds
to 80wt.% increased the compressive strength and Young’s
modulus to 2.97±0.19MPa and 43.03±6.17MPa, respectively.

Table 1: Porosity of the composite scaffolds with different n-HAp
contents.

HLC : n-HAp ratio (w/w) Porosity (%)
1 : 2 89.3 ± 4.1

1 : 3 81.2 ± 2.8

1 : 4 73.6 ± 2.3

1 : 5 60.8 ± 2.0

1 : 6 51.6 ± 1.5

When the n-HAp content of the scaffolds was more than
80wt.%, the brittleness of the scaffolds increased significantly.
As shown in Figure 2(b), when the concentration of oleu-
ropein solution reached 2% (w/v), the compressive strength
and Young’s modulus reached maximums of 2.97 ± 0.19MPa
and 43.03 ± 6.17MPa, respectively. The composite scaffold
with a porosity of 73.6 ± 2.3 and a compressive strength
of 2.97 ± 0.19 was used for subsequent characterization
and cell culture. The effect of the sterilization procedure by
Co
60
irradiation on theHLC/n-HAp scaffold (HLC : n-HAp =

1 : 4, with concentration of oleuropein being 2%) was also
investigated.

3.2. Morphology of the HLC/n-HAp Composite Scaffolds.
The macroscopic view and the morphology of the HLC/n-
HAp scaffolds are shown in Figures 3 and 4, respectively.
The scaffolds (before and after Co

60
irradiation) had 3D

porous structures with homogeneous pores ranging from
120 to 300 𝜇m and the porosity was 73.6 ± 2.3%. The pores
were interconnected, which might be helpful for water and
nutrient transport. On the walls of the macropores there
were smaller pores, with pore sizes less than 6𝜇m. The Co

60

irradiation sterilization procedure did not have any obvious
influence on the scaffold morphology.

3.3. Characterization of the HLC/n-HAp Composite Scaffolds.
Compression tests were conducted to assess the mechanical
performance of the scaffolds.The compressive strength of the
HLC/n-HAp scaffolds was enhanced by cross-linking, which
indicated that the cross-linking process contributed to the
superior mechanical properties of the scaffolds. Figure 5(a)
shows the mechanical properties of the scaffolds before
and after the sterilization by Co

60
irradiation. There was

no obvious difference in the mechanical properties of the
scaffold after sterilization.

As shown in Figure 5(b), the composite scaffolds dis-
played sharp and intense diffraction peaks at 25.8∘, 31.8∘, 33∘,
34∘, 39.8∘, 46.7∘, and 49.4∘, which confirmed the presence of
hydroxyapatite.

Figure 5(c) shows the FT-IR spectra of the scaffolds
(before and after Co

60
irradiation), along with the spectra

for n-HAp and HLC. In the n-HAp spectra, an absorption
band associated with the –OH stretching vibration mode is
clearly seen at 3436 cm−1. The peaks at approximately 1039,
602, and 567 cm−1 were assigned to PO

4

3−. The characteristic
absorption peaks of HLC were 3429, 1650, and 1237 cm−1,
which were attributed to the N–H stretching vibration peaks,
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Figure 1: SEM images of different samples. The ratio of HLC/n-HAp is 1 : 2 (a), 1 : 3 (b), 1 : 4 (c), 1 : 5 (d), and 1 : 6 (e).

C=O peaks, and the combined peaks between the C–N
stretching vibration andN–Hbending vibration, respectively.
These characteristic absorption peaks were also found in the
spectra of the composite scaffolds. The scaffolds showed the

same characteristic absorption peaks before and after Co
60

irradiation.
As observed from the TGA curve (Figure 5(d)), there

were two main decreases in the mass of the HLC and
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Figure 2: Compressive strength (red) and Young’s modulus (green) for the different samples. (a) The composite scaffolds were formed with
different n-HAp contents using a 2% solution of oleuropein. (b) The scaffolds were formed with different concentration of oleuropein at an
HlC/n-HAp ratio of 1 : 4.
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Figure 3: Images of (a) HLC/n-HAp scaffolds and (b) cross-sections with homogeneous pores.

HLC/n-HAp scaffolds (before and afterCo
60
irradiation).The

n-HAp did not have any obvious weight loss. The weight
loss for the HLC and the scaffolds below 120∘C could be
attributed to the loss of freely bound water. From 250∘C to
600∘C, the significant decrease in themass could be attributed
to the decomposition of HLC. Thermal degradation of HLC
began at 250∘C, while the onset of thermal degradation
for the scaffolds was approximately 300∘C. The electrostatic
interaction between HLC and n-HAp, as well as the cross-
linking procedure, resulted in an altered thermal degradation
profile. The Co

60
irradiation had no obvious influence on the

thermal stability of the scaffolds.

3.4. Cell Viability and Proliferation. Weevaluated the viability
and proliferation of MC3T3-E1 cells on the as-prepared
scaffolds. Figure 6 shows fluorescence images of the cell-
scaffolds incubated for 7 and 14 days. With increasing culture
time, more area was covered by the cells. It was clear that the
MC3T3-E1 cells adhered and proliferated well. As shown in
Figure 7, theCCK-8 assay revealed that the absorbance values
increased significantly with culture time. This suggested that

the pores and the surfaces of the scaffolds enhanced cell
adhesion and proliferation.These results further indicate that
the HLC/n-HAp scaffolds are nontoxic and biocompatible.

3.5. Cell Morphology. SEM images of the cells grown on the
scaffolds are shown in Figure 8. A greater number ofMC3T3-
E1 cells were observed to attach, spread, and proliferate at 7
and 14 days on the scaffolds. After 7 days of incubation, almost
all of the scaffold surfaces were covered with spherical cells.
The cells extended more cellular protrusions and connected
with each other by way of these structures. After 14 days in
culture, the cells produced a large amount of extracellular
matrix (ECM), in which the cells were embedded.

4. Discussion

A new strategy to fabricate biodegradable scaffolds with
more than two components with different physicochemical
properties was proposed for bone tissue engineering, when a
one-component scaffold cannot suffice [22, 23]. In this study,
an HLC/n-HAp scaffold was fabricated, which preserved the
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Figure 4: SEM images of the cross-sectional surfaces of the HLC/n-HAp scaffolds before ((a), (b), and (c)) and after ((d), (e), and (f))
Co
60
irradiation. ((a), (d)) The scaffolds display interconnected pores ranging in size from 120 to 300 𝜇m. ((b), (e)) A typical macroporous

microstructure for the scaffolds. ((c), (f)) The pore walls in the scaffold.
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Figure 5: HLC/n-HAp scaffolds characterization. (a) Compressive strength (in red) and Young’s modulus (in green) of the scaffolds (A) after
and (B) before the cross-linking procedure and (B) before and (C) after Co

60
irradiation. (b) XRD patterns for (A) the n-HAp, HLC/n-HAp

scaffolds (B) before and (C) after Co
60
irradiation. (c) FT-IR spectra for the HLC/n-HAp scaffolds (A) before, (B) after Co

60
irradiation, (C)

for HLC, and (D) for n-HAp. (d) TGA curves for the (A) n-HAp, HLC/n-HAp scaffolds (B) after, (C) before Co
60
irradiation, and (D) for

HLC.

biological characteristics of the HLC and the mechanical
properties andosteoconductivity of the n-HAp.We fabricated
highly porous 3D structure scaffolds with homogeneous and
interconnected pores by slow cooling and vacuum freeze-
drying. These water-soluble scaffolds were transformed into
water-insoluble scaffolds using the natural cross-linking
agent oleuropein. After cross-linking, another freeze-drying
step was performed.

In bone tissue engineering, it is important to have the
appropriate pore sizes for cell adhesion and tissue reconstruc-
tion. The pore size greatly affects the cellular activity. Even
subtle changes in pore size may have significant effects on
cell adhesion [24]. It has been reported that small pore sizes
can limit cell migration and colonization [25, 26], vascular
ingrowth, and nutrient and water transfer [27]. Furthermore,
smaller pore sizes can influence the cell distribution in
the scaffolds. However, if the pore size is too large, it can

influence cell adhesion. Large pore sizes affect the construct
and mechanical properties of the scaffolds. Moreover, it is
difficult to create a suitable environment for the production
of ECM in scaffolds with large pore sizes [28]. Freeze-
drying has proved to be a gentle drying method that can
be used to obtain scaffolds with appropriate pore size and
interconnectivity [29]. As shown in Figures 3(b) and 4, the
pores of the HLC/n-HAp scaffolds are homogeneous and
interconnected.The SEM images (Figure 8) indicate that cells
are contained within the scaffold pores, forming bridges over
the pores (Figure 8(e)).The cells connected with neighboring
cells by way of the pore structures.TheHLC/n-HAp scaffolds
promotedMC3T3-E1 ECM production, which is essential for
bone formation.

An ideal tissue engineering scaffold provides sufficient
mechanical properties and high porosity, both of which are
key determinant factors for implantation. Proper mechanical
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Figure 6: Fluorescence images of MC3T3-E1 cells cultured on the HLC/n-HAp scaffolds for ((a), (b)) 7 days and ((c), (d)) 14 days. ((a), (c))
Low magnification views of the cell-scaffolds. ((b), (d)) Magnified views of the cells on the pore walls of the scaffolds. The scale bars in the
left column and right column represent 100 𝜇m and 50𝜇m, respectively.
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Figure 7: CCK-8 assay for attachment and proliferation of MC3T3-
E1 cells on the HLC/n-HAp scaffolds over various incubation
periods. Error bars represent means ± SD (𝑛 = 5).

properties and porosity are needed to supply temporary
support for vascularization and tissue ingrowth [30]. How-
ever, exceedingly high porosity can reduce the mechanical
property of the scaffolds. The compressive strength is also
closely tied to the proportion of inorganic and organic

ingredients [31]. In this case, an HLC and n-HAp ratio of
1 : 4 was employed to obtain a better scaffold with a porosity
of 73.6 ± 2.3% and a mechanical strength of 3MPa. In
addition, the cross-linking process further contributed to the
mechanical properties, as shown in Figure 5(a).

The rate and quality of new tissue formation are greatly
affected by the initial cell adhesion to the scaffolds. Cell
adhesion is influenced by the scaffold surface characteristics,
such as the surface chemical composition, surface topogra-
phy, surface multicavities, and roughness [32]. Higher initial
cell adhesion requires adhesion proteins that are abundant
in the serum. The n-HAp nanoscale crystals have a high
binding affinity to the serum proteins [33]. When a higher
degree of proteins is absorbed on the scaffold surface, it could
provide more attachment sites for the cells. In this study, the
use of nanoscale n-HAp greatly promoted cell adhesion. In
addition, the surface roughness (Figures 4(c) and 4(f)) could
improve cell-biomaterial response, adding cellular adhesion,
growth, migration, and differentiation. The cell spreading
and proliferation significantly increase on rough surfaces,
compared to smoother surfaces [32]. As shown in the SEM
images, the cells established close contact with the scaffold
surface, displaying spherical morphologies (Figures 8(c) and
8(f)) with numerous filopodia and lamellipodia (Figures 8(d),
8(e), and 8(f)).
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Figure 8: SEM images of MC3T3-E1 cells cultured on the HLC/n-HAp scaffolds for 7 ((a), (b), and (c)) and 14 ((d), (e), and (f)) days. The
scale bars in the left column, middle column, and right column represent 200 𝜇m, 100𝜇m, and 50 𝜇m, respectively.
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Cytotoxicity must be evaluated for all scaffolds used in
bone tissue engineering. In this study, the natural cross-
linking agent oleuropein was used. The most common cross-
linking agents, glutaraldehyde and carbodiimide, are cyto-
toxic and may negatively affect the cells [34]. In our study,
the natural cross-linking agent, oleuropein, was assessed
using the CCK-8 assay. As shown in Figure 7, the composite
HLC/n-HAp scaffolds are biocompatible and can thus serve
as suitable materials for biomedical applications.

5. Conclusion

A composite HLC/n-HAp system with interconnected pores
was prepared by cross-linking. The as-prepared scaffolds
were characterized using SEM, XRD, FTIR, and TGA. In
addition, the porosity, compressive strength, cytotoxicity, cell
adhesion, and proliferation of the scaffolds were investigated.
The scaffolds had interconnected pores ranging from 120 to
300 𝜇m. The cells attached well to the pore walls, extending
cellular protrusions and producing large amounts of ECM.
The HLC/n-HAp scaffolds were noncytotoxic and biocom-
patible. The scaffolds preserved the outstanding biological
characteristics of HLC and the excellent osteoconductivity
of n-HAp. Therefore, the HLC/n-HAp scaffolds obtained by
oleuropein cross-linking have potential for use in bone tissue
engineering.
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