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For early biomaterials, it was required to have a combination
of physicochemical properties, suitable to replace human
body tissues and to be biologically inert. Since then a long
way has been brought to the third generation of biomaterials,
whose role is to be both resorbable and bioactive, that is, to be
able to elicit a controlled action in physiological conditions.
Recently, the advances in cellular proteomics and genomics
paved the way to the fourth generation of biomaterials,
known as biomimetic and smart materials, and to their
application in regenerative medicine.

There is a wide range of materials used for orthopaedics
and dentistry, from metals, alloys, ceramics, and polymers
to bioactive glass systems and hybrid composites. It is very
important to know the performance of these materials used
in clinical practice or of some newly developed materials,
starting from in vitro tests to the in vivo animal models.

This issue is focused on the new frontiers in research
studies dedicated to the use of bioactive materials in different
forms, like scaffolds, composites, or coatings, for biomedical
applications and related clinical investigations. Based on
the requirements of the modern biomedical technology, the
novel research strategies in biomaterials field are nowadays
directed towards biomaterials endowed with surface prop-
erties and characteristics suitable for drug delivery and for
the controlled release of active principles, especially against
infections.

In this view, several research groups have been invited to
contribute to this special issuewith their original research and
review papers that could stimulate efforts of comprehensive
knowledge of bioactive materials with clinical applications
in bone tissue engineering. This special issue is divided into
three categories based on the following keywords: bioactive
materials performance, smart materials and technologies for
bone tissue engineering applications, bioactive coatings for
osseointegration, and antimicrobial activity.

In the category of bioactive materials performance, cal-
cium phosphate and bioactive glass based materials have
attracted a significant attention being widely used in bone
tissue engineering. In particular, calcium phosphates are
more traditional for bone graft substitution, since their
composition is close to the mineral part of the bone tissue.
However, their performances could still be improved.

I. Ajaxon et al. evaluated the long-term in vitro degra-
dation of high-strength brushite calcium phosphate cements
over a time period of 25 weeks in water, phosphate buffered
saline, and a serum solution. The compressive strength,
chemical composition, and microstructure were also evalu-
ated, and important changes in the properties of the cements
were observed after 10 weeks of incubation time.

Y. Ayukawa et al. evaluated the tissue/cellular response
toward the low-crystalline carbonate apatite (CO

3
Ap), the

form of apatite found in bone, which was fabricated using
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a dissolution-precipitation reaction with set gypsum as a
precursor. Both CO

3
Ap and sintered hydroxyapatite, used as

a control, were implanted into surgically created tibial bone
defects of rats for histological evaluation. Authors observed
that the CO

3
Ap granulesmimicked the bonematrix, suggest-

ing that CO
3
Ap may be an appropriate bone substitute.

B. Sarikaya et al. developed porous collagen/𝛽-tricalcium
phosphate (TCP) based scaffolds with superior mechanical
properties. The scaffolds obtained via dehydrothermal pro-
cessing are able to bend and be rolled, making them suitable
for a wide range of handlings. This study suggested that the
cross-linked collagen/𝛽-TCP scaffolds show great potential
for use in bone tissue engineering applications.

W. P. Chan et al. described the technique for synthesizing
of biocompatible alginate/poly(𝛾-glutamic acid) base gel with
potential application as injectable bone repair material. Eval-
uation of its mechanical properties, swelling behaviour, and
blood compatibility showed the nontoxicity of this material
and that it could be used for repairing of bone defects.

Concerning bioactive glasses, the focus point is their
ability to continuously exchange ions with physiological
liquids, releasing appropriate trace elements in order to
stimulate specific cellular response, aimed at activating genes
responsible for osteogenesis and bone tissue regeneration.

N. A. P. van Gestel et al. provided an overview on S53P4
bioactive glass current clinical results in such applications as
craniofacial reconstructions, grafting of benign bone tumour
defects, instrumental spondylodesis, and the treatment of
osteomyelitis, whereas D. Bernardeschi et al. evaluated the
cutaneous and the inner ear tolerance of S53P4 bioactive glass
when used in the mastoid and epitympanic obliteration for
chronic otitis surgery. Bioactive glass granules resulted to be
well tolerated for primary or revision chronic otitis surgery.

In the category of smart materials and technologies
for bone tissue engineering applications, the advances in
cellular proteomics and genomics paved the way to the smart
materials and to their application in regenerative medicine.

F. Wang et al. investigated the osteogenic capacity
of nano-hydroxyapatite/chitosan/poly(lactide-co-glycolide)
(nHA/CS/PLGA) scaffolds seeded with human umbilical
cord mesenchymal stem cells in the calvarial defects of the
nude mice. It was found that nHA and CS enhance the bone
regeneration at early stage, opening the way to the scaffold
applications in bone tissue engineering.

C. Romagnoli et al. analysed the behaviour of a clonal
finite cell line derived from human adipose tissue seeded on
poly(𝜀-caprolactone) film, prepared by solvent casting. The
adipose-derived mesenchymal stem cells (AMSCs) were able
to adhere to the biomaterial and remained viable for the entire
experimental period. Moreover, the proliferation process
and osteogenic activity of AMSCs were maintained on the
biofilm, demonstrating that the selected biomaterial ensures
cell colonization and the development of an extracellular
mineralized matrix.

N.-H. Kim et al. evaluated the effect of rhBMP-2 (recom-
binant human bonemorphogenetic protein) applied in differ-
ent concentrations to sandblasted and acid etched titanium
implants, in bone defects of beagle dogs using split-mouth
design. The authors reported that titanium implants coated

with rhBMP-2 were more effective, compared with untreated
group, in promoting bone regeneration and osseointegration.

R. H. Pedersen et al. reported the efficacy of inorganic
bone mineral coated with P-15 peptide (ABM/P-15) on tibia
defect repair longitudinally in both normal and osteoporotic
rats in vivo. It was shown that the ABM/P-15 accelerated bone
regeneration in osteoporotic rats but did not enhance bone
regeneration in normal rats.

New advanced technologies could be used to process
bioactive materials in order to obtain scaffolds or coatings for
biomedical applications.

D. Du et al. considered the problem of shape matching
between bone defects and ceramic scaffolds. Computer-
assisted microstereolithography (MSTL) can fabricate
anatomically shaped complex three-dimensional structures.
However, thermal contraction mismatch between the
scaffold material and mold results in shape distortion during
sintering. The authors developed a novel gelcasting indirect
MSTL technology to overcome this problem and successfully
fabricated beta-tricalcium phosphate scaffolds for rabbit
femur. The reported fabrication method could be useful for
constructing bone substitutes specifically designed according
to local anatomical defects.

M. B. Bezuidenhout et al. reviewed the studies related to
the titanium-based hip stemswith drug delivery functionality
through additive manufacturing, starting from the idea that
the treatment of infected femoral stems is a major problem
in clinical practice and remains an area of debate. Through
additive manufacturing, antibiotics can be incorporated into
cementless femoral stems to produce prosthetic devices
with antimicrobial properties. The review highlighted the
microorganisms associated with total hip arthroplasty, dis-
cussed the advantages and disadvantages of the latest mate-
rials used in hip implants, compared different antimicrobial
agents that could be incorporated, and addressed novel ideas
for future research.

In the category of bioactive coatings for osseointegration
and antimicrobial activity, the novel research strategies in
biomaterials field are nowadays directed towards biomaterials
endowed with surface properties and characteristics suitable
for drug delivery and for the controlled release of active
principles, especially against infections.

With this regard, C. S. Ciobanu et al. reported the prepa-
ration and characterisation of hydroxyapatite doped with
silver/polydimethylsiloxane composite layer and its antimi-
crobial effect against Candida albicans biofilm embedded
cells.

S. Yeniyol et al. reported the preparation and investigation
of anatase/rutile mixed-phase TiO

2
thin films on commer-

cially pure Ti sheets and their photocatalytic activity for
possible antibacterial use around dental implants. The pho-
tocatalytic performance against A. actinomycetemcomitans
colonization was testified.

R. A. Garcia et al. evaluated the polymethyl methacrylate
and calcium sulfate as carriers for the local delivery of gallium
(III) nitrate (Ga(NO

3
)
3
), which were reported to exert a

broad antimicrobial activity against organisms commonly
associated with orthopaedic related infections. The in vitro
findings suggested that local delivery of Ga(NO

3
)
3
may be
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an effective strategy for the prevention and/or treatment of
orthopaedic related infections. The authors concluded that
future studies utilizing animal models are needed to fully
characterize the clinical role for this treatment modality.

Apart from microstructure and composition characteris-
tics, a special stress should be given to the host tissue/material
interface proven by the in vivo performance.

H.-K. Tsou et al. reported highly osteoblast compati-
ble titanium dioxide (TiO

2
) coatings on polyetheretherke-

tone (PEEK). After TiO
2
/PEEK prolonged implantation in

rabbits, histological observation showed newly regenerated
bone formed more prominently. The shear strength of the
bone/implant interface increasedwith the increase of implan-
tation period. Bone bonding performance of the TiO

2
/PEEK

implant was superior to that of the bare PEEK. The rutile-
TiO
2
coatings achieved better osseointegration than the

anatase-TiO
2
coatings.

By collecting these papers, we hope to enrich our readers
and researchers in the field of bioactive materials for bone
tissue engineering. We believe that novel bioactive materials
will be an important part of future bone tissue engineering
products.
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Antibiotic-loaded bone cements, including poly(methyl methacrylate) (PMMA) and calcium sulfate (CaSO
4
), are often used for

treatment of orthopaedic infections involving Staphylococcus spp., although the effectiveness of this treatment modality may be
limited due to the emergence of antimicrobial resistance and/or the development of biofilms within surgical sites. Gallium(III)
is an iron analog capable of inhibiting essential iron-dependent pathways, exerting broad antimicrobial activity against multiple
microorganisms, including Staphylococcus spp. Herein, we evaluated PMMA and CaSO

4
as carriers for delivery of gallium(III)

nitrate (Ga(NO
3
)
3
) to infected surgical sites by assessing the release kinetics subsequent to incorporation and antimicrobial activity

against S. aureus and S. epidermidis. PMMA and to a lesser extent CaSO
4
were observed to be compatible as carriers for Ga(NO

3
)
3
,

eluting concentrations with antimicrobial activity against planktonic bacteria, inhibiting bacterial growth, and preventing bacterial
colonization of beads, and effective against established bacterial biofilms of S. aureus and S. epidermidis. Collectively, our in vitro
results indicate that PMMA is amore suitable carrier compared toCaSO

4
for delivery of Ga(NO

3
)
3
; moreover they provide evidence

for the potential use of Ga(NO
3
)
3
with PMMA as a strategy for the prevention and/or treatment for orthopaedic infections.

1. Introduction

Orthopaedic related postoperative infections are a serious
complication contributing to the increased overall healthcare
associated costs as well as patient associated morbidity [1–
4]. For traumatic open lower extremity fractures, infectious
complications occur in up to asmany as 64%of patients and is
a significant factor contributing to increased rates of surgical
revisions, time to osseous union, and extremity amputation
[5–8]. While the vast majority of orthopaedic related infec-
tions involve Gram positive bacteria, including methicillin
resistant Staphylococcus aureus (MRSA) and Staphylococcus
epidermidis [9], infections due toGramnegative bacteria have
also been described in particular for traumatic orthopaedic
injuries [6, 10]. Of note, the majority of bacteria responsible
for these infections display resistance to a number of the com-
monly used antibiotics for treatment, further complicating
the clinical management [6, 10–12].

The current standard of care for the majority of
orthopaedic related wound infections is a combination of
surgical management and systemic antibiotics, often with
the addition of local antimicrobial therapy [2, 3, 13–15].
Controlled release of local antibiotics to infected surgical
sites is typically achieved using nonabsorbable or absorbable
carriers such as poly(methyl methacrylate) (PMMA) and
calcium sulfate, respectively [13, 16, 17]. The most common
antimicrobials loaded in bone cements include broad spec-
trum aminoglycosides, such as gentamicin and tobramycin,
and/or the glycopeptide, vancomycin. While PMMA beads
are traditionally used for local antibiotic delivery, the variabil-
ity of antimicrobial elution from these materials, the limited
compatibility due to the exothermic polymerization of the
material, and the requirement of a secondary surgery for
removal have led to more frequent clinical use of absorbable
materials including calcium sulfate [1, 18, 19]. Importantly,
despite the success associated with use of this treatment
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modality, the emergence of antimicrobial resistance amongst
organisms as well as biofilm formation has been reported
to reduce the effectiveness of this intervention [4, 20],
highlighting the need for use of alternative agents to address
this growing clinical challenge.

The acquisition of ferric iron(III) (Fe(III)) from the
surrounding environment is critical to normal bacterial phys-
iology and virulence. However, ferric iron bioavailability in
soft tissues is normally kept at extremely low levels (<10−18M)
as a part of an immune defense against invading pathogens
[21]. In response to the low availability of iron, bacteria
have evolved numerous strategies enabling iron acquisition
[22, 23]. Given this pivotal role of iron, there have been
numerous studies evaluating the potential of ironmodulation
as an alternative method of antimicrobial therapy [24–27].
In particular, the nonreducible iron analog, gallium(III),
commonly used as the salt gallium(III) nitrate ((GaNO

3
)
3
)

and the active component of the previously FDA approved
drugs used for treating bone loss disorders such as Paget’s
and hypercalcemia [28–30], has been shown to have broad
antimicrobial activity against both Gram negative and Gram
positive species, including Staphylococcus spp. [25, 26, 31–33].
Given the chemical similarity of gallium(III) to ferric iron,
gallium can effectively compete with, bind, and inhibit the
activity of iron-dependent enzymes exerting strong antimi-
crobial activity [24, 25]. As ironhas been shown to be essential
to bacterial growth and virulence, and moreover to modulate
biofilm formation in vitro, use of Ga(NO

3
)
3
may represent

an effective strategy for the prevention and treatment of
infections. While there have been studies demonstrating the
successes of intravenous use of Ga(NO

3
)
3
for the treatment of

systemic bacterial infections [34, 35], to our knowledge there
are no studies to date that have evaluated the use of Ga(NO

3
)
3

for treatment of orthopaedic related infections.
As antibiotic-loaded PMMA and calcium sulfate have

been traditionally used as preventative and treatment strate-
gies for orthopaedic related infections, the purpose of this
study was to determine whether PMMA and/or CaSO

4
could

be used as carriers for local delivery to infected surgical sites
by assessing the release kinetics and evaluating antimicrobial
activity against planktonic and biofilm derived staphylococci
in vitro.

2. Materials and Methods

2.1. Reagents. Gallium(III) nitrate ((GaNO
3
)
3
) was pur-

chased from Sigma-Aldrich (St. Louis, MO) and prepared
for use in the experimental assays according to the manufac-
turer’s recommendations.

2.2. Bacterial Strains and Culture Conditions. In this study
commercially available strains from the American Type
Culture Collection (ATCC, Manassas, VA, USA), includ-
ing Staphylococcus aureus ATCC 29213 and Staphylococcus
epidermidis ATCC 12228 were used. Bacterial strains were
cultured on Mueller-Hinton Agar Plates (Remel, Lenexa, KS,
USA) or in Cation-adjusted Mueller-Hinton broth (MHB II)
at 37∘C.

2.3. Preparation of Poly(methyl methacrylate) (PMMA) and
Calcium Sulfate Beads. PMMA beads loaded with 2.4%,
4.7%, 9.09%, and 13% Ga(NO

3
)
3
were made by combin-

ing 40 g PALACOS R Radiopaque bone cement powder
(Zimmer Orthopaedic Surgical Products, Dover, OH, USA)
with 0.983 g, 1.98 g, 3.9 g, and 5.8 g of Ga(NO

3
)
3
powder,

respectively. Methyl methacrylate monomer (20mL) was
added to the powder, mixed thoroughly, and spread across
a 3mm mold, creating beads weighing approximately 20mg
each. For the preparation of Ga(NO

3
)
3
loaded calcium sulfate

beads at similar concentrations, 10 cc bone cement (Osteoset
Resorbable Mini-Bead Kit, Wright Medical Technology, Inc.,
Netherlands) was mixed with 0.246 g, 0.492 g, 0.99 g, and
1.46 g, respectively. CaSO

4
beads were casted using the 3mm

molds as described as above. A qualitative assessment on the
effect of Ga(NO

3
)
3
loading on the curing time of PMMA

and CaSO
4
beads was performed by testing the firmness

of the materials over time relative to beads loaded with a
clinically relevant amount of the glycopeptide, vancomycin
(2.4%w/w) [1, 36].This comparisonwas primarily performed
to demonstrate the effect of Ga(NO

3
)
3
to increase curing

time which could limit its potential clinical utility, given that
antibiotic loaded beads are typically prepared during surgical
procedures.

2.4. Ga(NO
3
)
3
ReleaseKinetics. For collection of eluents from

the Ga(NO
3
)
3
loaded PMMA and calcium sulfate, beads

(three/group) were placed into 2mL of PBS and incubated at
37∘C as previously described [18, 37]. Eluents were removed
daily, collected, and tubes containing beads were replenished
with fresh PBS daily for up to 7 days. The collected eluents
were stored at −80∘C until use.

Quantification of gallium (Ga) was accomplished using
Inductively Coupled Plasma Mass Spectrometry (ICP-MS)
of acid digested samples. Briefly, 150𝜇L BDH Aristar Plus
Nitric Acid (70%, VWR Scientific, Radnor, PA, USA) was
added to metal-free 15mL conical tubes, followed by 150 𝜇L
sample. Samples were then heated at 80∘C for 4 hours
followed by addition of ultrapure H

2
O (18.2MΩ⋅cm) and

multielement internal standard containing Bi, Ho, In, 6Li,
Sc, Tb, and Y (CLISS-1, Spex CertiPrep, Metuchen, NJ,
USA) to produce a final solution of 3% nitric acid (v/v)
and 1 ng/mL internal standard in a total sample volume of
5mL. Individual Ga elemental standards were prepared by
diluting a 1000 𝜇g/mL of certified Ga standard (Inorganic
Ventures, Christiansburg, VA, USA) to 10 𝜇g/mL Ga. Ga
standards were then made via 1/2 serial dilutions to obtain
9 elemental standards and a blank. All standards contained
3% nitric acid (v/v) and 1 ng/mL internal standard up to a
total sample volume of 5mL. ICP-MS was performed on a
computer-controlled (Qtegra software v. 2.4) Thermo iCap
Qc ICP-MS (Thermo Fisher Scientific, Waltham, MA, USA)
operating in standardmode and equipped with a CETAC 260
Autosampler (Omaha, NE, USA). Each sample was acquired
using a 35 sec uptake and 90 sec washout time (rinse was
3% Aristar Plus HNO

3
(v/v)), 1 survey run (3 sweeps, 10ms

dwell time), and 3 main (peak jumping) runs (100 sweeps,
100ms dwell time). The isotopes selected for analysis were
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69,71Ga, with 89Y and 115In chosen as internal standards
for data interpolation. Instrument performance is optimized
daily through autotuning followed by verification. Absolute
values of gallium [𝜇M] as well as the cumulative release
over time, as expressed as percentage released from the total
original loaded amount into PMMA or CaSO

4
, were plotted.

2.5. Antimicrobial Activity Ga(NO
3
)
3
against Planktonic Bac-

teria. The inhibitory concentration of Ga(NO
3
)
3
was deter-

mined using a modified version of the broth microdilution
assay in 96-well round bottom plates as previously described
[18, 20, 34, 35]. In brief, bacteria were grown in MHB II
broth to an optical density (600 nm) of 0.1 (∼108 CFU/mL),
washed, and resuspended in dilutedMHB II (0.3 g/L) broth to
a final bacterial concentration of 106 CFU/mL. One hundred
microliters was then transferred to individual wells of a
round bottom plate (∼105 CFU/well), containing 100 𝜇L of
Ga(NO

3
)
3
at increasing concentrations, 0.25–512𝜇M, diluted

in MHB II (0.3 g/L) broth at a 2x concentration. Bacteria
were incubated overnight at 37∘C under static conditions,
and following overnight incubation, the optical densities
(𝐴
600 nm) were measured.

2.6. Use of Ga(NO
3
)
3
Loaded PMMA and CaSO

4
Beads to

Inhibit Bacterial Growth in Broth. To evaluate the antimicro-
bial ability of Ga(NO

3
)
3
loaded beads at the various concen-

trations against planktonic bacteria in broth cultures, beads
(3/group) were added to sterile 15mL conical tubes contain-
ing 5mL of a bacterial culture adjusted to 106 CFU/mL in
MHB II (0.3 g/L) broth. Cultures containing the Ga(NO

3
)
3

beads were coincubated at 37∘C with agitation for up to 7
days, with cultures removed and exchanged every 24 hours.
At days 1, 3, and 7, 100 𝜇L was removed and bacterial viability
within cultures was determined by plating serial dilutions
ontoMHB agar plates. As a control group for the experiment,
unloaded (0.0%) PMMA and CaSO

4
beads were used. Data

was represented as the log reduction relative to a bacterial
culture grown in MHB II (0.3 g/L) broth without PMMA or
CaSO

4
beads.

2.7. Bacterial Colonization of Ga(NO
3
)
3
Loaded PMMA and

CaSO
4
Beads. To evaluate the effect of Ga(NO

3
)
3
loading

on the bacterial colonization of PMMA and CaSO
4
beads

simultaneously with elution, Ga(NO
3
)
3
loaded and unloaded

beads (6/well) were placed into 6-well plates and cultured
up to 7 days as previously described [20]. Briefly, 4mL of
MHB II broth, 0.3 g/L, containing 106 CFU/mL of bacteria
was added to the individual wells containing the PMMA
or CaSO

4
beads containing the increasing concentrations of

Ga(NO
3
)
3
. Every 24 hours, broth cultures were removed and

replaced with fresh bacterial cultures exposing the beads to
continuous bacterial challenge. At days 1, 3, and 7, beads
were removed from plates, washed with sterile 1x PBS, and
placed into individual wells of a 96-well plate, and the plates
containing beads were sonicated to remove attached bacteria.
The number of viable bacteria removed from beads was
determined by plating serial dilutions onto MHB agar plates
as previously described [38].

2.8. Activity of Ga(NO
3
)
3
Loaded Beads on Established Bacte-

rial Biofilms. Biofilms were developed and evaluated for
susceptibility to Ga(NO

3
)
3
using the minimum biofilm

eradication concentration (MBEC) P&G plates (Innovotech,
Alberta, Canada) as previously described with some minor
modifications [38–40]. In brief, 180 𝜇L of bacteria diluted
to 106 CFU/mL was added to individual wells of the MBEC
plates and incubated for 48 hours at 37∘C with shaking at
150 rpm (VWR, Radnor, PA,USA). Following incubation, the
plate tops containing the pegs with established biofilms were
rinsed in sterile 1x PBS, placed in a challenge plate containing
either Ga(NO

3
)
3
, 0.25–512 𝜇M, or Ga(NO

3
)
3
loaded beads

(2.4–13%) in MHB II (0.3 g/L) broth and incubated for an
additional 24 hours. After treatment, pegs were then rinsed
and sonicated for 15 minutes at 40 kHz (Branson Ultrasonics
Corp., Danbury, CT, USA) into a 96-well plate containing
PBS. Bacterial viability was determined by plating serial
dilutions onto MHB agar plates.

2.9. Statistical Analysis. Where appropriate, statistical anal-
ysis was performed using an unpaired Student 𝑡-test or a
one-way ANOVA with Dunnett’s post hoc evaluation for
comparison of the control group between multiple treatment
groups. Values of 𝑝 < 0.05 were considered to be statistically
significant. All experimental assays were performed in tripli-
cate.

3. Results

3.1. Activity of Ga(NO
3
)
3
on Planktonic Culture and Estab-

lished Biofilms of S. aureus and S. epidermidis. Initial testing
of the effect of Ga(NO

3
)
3
on planktonic growth of S. aureus

ATCC 29213 and S. epidermidis ATCC 12228 was performed
using a modified version of the broth microdilution assay
in iron deplete media to assess antimicrobial activity and
ensure bacterial susceptibility of the strains used in the study.
Antimicrobial activity of Ga(NO

3
)
3
on planktonic, that is,

culture grown, bacteria was observed to be both strain-
and concentration-dependent with significant decreases in
bacterial growth at concentrations ≥16 𝜇M and ≥4 𝜇M for S.
aureus and S. epidermidis, respectively (Figure 1(a)). Notably,
concentrations of Ga(NO

3
)
3
≥64 𝜇Mwere observed to com-

pletely inhibit bacterial growth of both strains tested. In
addition to the activity on planktonic bacteria, Ga(NO

3
)
3

was also observed to have antimicrobial activity against
biofilms of S. aureus and S. epidermidis, albeit at much
higher concentrations, ≥128𝜇M and ≥256𝜇M, respectively,
compared to their planktonic counterparts (Figure 1(b)).

3.2. In Vitro Release of Ga(NO
3
)
3
from PMMA and CaSO

4
.

To evaluate the potential use of PMMAandCaSO
4
as carriers

for Ga(NO
3
)
3
we evaluated the effect of loading various con-

centrations on the curing time of these materials; moreover
we characterized the release kinetics of gallium(III) over time.
Incorporation of Ga(NO

3
)
3
into PMMA at concentrations

≥9.09% (w/w) extended the time for the curing of PMMA
roughly up to 1 hour compared to the approximately ∼15
minutes required for curing of vancomycin loaded PMMA
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Figure 1: In vitro antimicrobial activities of Ga(NO
3
)
3
. Activity of Ga(NO

3
)
3
, 0.5–512𝜇M, against planktonic bacteria (a) and biofilms (b) of

Staphylococcus epidermidis ATCC 12228 and Staphylococcus aureus ATCC 29213 following overnight exposure to increasing concentrations,
in MHB II (0.3 g/L) broth in 96-well plates. Data is representative of mean ± SD of three independent experiments. Statistical analysis was
performed using Student’s 𝑡-test; ∗ indicates 𝑝 < 0.05 relative to the untreated control group; Student’s 𝑡-test.

(2.4%w/w). Of note, while the PMMA beads were not
completely cured, even after 30min, the material was work-
able and maintained structural integrity with handling. In
contrast to PMMA, incorporation of Ga(NO

3
)
3
into CaSO

4

up to the 13% (w/w) was not observed to have any impact on
the curing time, relative to beads loaded with vancomycin.

Release of Ga(NO
3
)
3
from both PMMA and CaSO

4
was

characterized by a rapid initial release followed by slower
sustained release. Ga(NO

3
)
3
release from PMMA had a

large initial burst, releasing 55%, 34%, 19%, and 22% of
the total amount loaded within the first day and reaching
mean concentrations of 470 ± 9, 592 ± 11, 636 ± 10, and
1149 ± 11 𝜇M, for the 2.4%, 4.7%, 9.09%, and 13% (w/w),
respectively (Figures 2(a) and 2(c)). After this initial burst,
elution of Ga(NO

3
)
3
was much lower and sustained for up

to 7 days releasing 59%, 37%, 23%, and 25% and reaching
mean levels of 6 ± 5, 5 ± 3, 7 ± 4, and 14 ± 5 𝜇M, for
2.4%, 4.7%, 9.09%, and 13% (w/w), respectively. Similarly,
Ga(NO

3
)
3
release from CaSO

4
also had a large initial burst

releasing 21%, 26%, 28%, and 28% within the first day and
reaching mean concentrations of 178±13, 458±11, 929±13,
and 1488 ± 15 𝜇M, for 2.4%, 4.7%, 9.09%, and 13% (w/w),
respectively (Figures 2(b) and 2(d)). Ga(NO

3
)
3
release from

CaSO
4
was detected up to the 7 days evaluated, releasing 39%,

39%, 35%, and 36%, and reachingmean levels of 21±4, 16±3,
13 ± 3, and 17 ± 8 𝜇M, for 2.4%, 4.7%, 9.09%, and 13% (w/w),
respectively.

3.3. Inhibitory Activity of Ga(NO
3
)
3
Loaded PMMA and

CaSO
4
Beads. To evaluate the antimicrobial activity against

S. aureus and S. epidermidis, bacterial cultures were exposed
to PMMA or CaSO

4
beads loaded with either 2.4%, 4.7%,

9.09%, or 13% (w/w) Ga(NO
3
)
3
in diluted MHB II broth

(Figure 3). Control (empty; 0.0%) PMMA and CaSO
4
beads

were not observed to have any antimicrobial activity against
either of the two strains tested. In contrast, the Ga(NO

3
)
3

loaded PMMA beads had antimicrobial activity against both
S. aureus and S. epidermidis over time (Figures 3(a) and
3(b)). Against S. aureus, incorporation of Ga(NO

3
)
3
into

PMMA at 2.4%–4.7% (w/w) was associated with a 4- to 6-log
reduction during the first three days, whereas no significant
antimicrobial activity was observed by day 7. Incorporation
of Ga(NO

3
)
3
into PMMA at concentrations of 9.09%–13%

(w/w) had the most dramatic effects reducing bacterial
cultures between 6- and 10-logs during the first day, with ≥3-
log reductions up to 7 days (Figure 3(a)). Interestingly, for S.
epidermidis, exposure to Ga(NO

3
)
3
loaded beads at all of the

concentrations tested was observed to have a much greater
effect, reducing bacterial cultures, between 4- and 6-log
reduction, up to the 7 days evaluated (Figure 3(b)). Similar
to the PMMA beads, loading of Ga(NO

3
)
3
into CaSO

4
was

also observed to have antimicrobial activity against S. aureus
and S. epidermidis (Figures 3(c) and 3(d)). The antimicrobial
effect of Ga(NO

3
)
3
loaded CaSO

4
was also dependent on the

total loaded concentration for S. aureus, albeit only the higher
concentrations of Ga(NO

3
)
3
loading, between 9.09 and 13.0%

(w/w), were observed to achieve better bacterial reductions,
whereas the lower concentrations, 2.4–4.7% (w/w), had less of
an effect (Figure 3(c)), which likely reflect the lower levels of
Ga(NO

3
)
3
released at the later time points. In contrast to the

effect observed with gallium loaded PMMA, antimicrobial
activity against S. epidermidis was much more variable, with
significant antimicrobial activity observed for beads loaded
with ≥4.7% (w/w) (Figure 3(d)).

3.4. Effect of Ga(NO
3
)
3
Loading on Bacterial Colonization of

PMMA and CaSO
4
Beads. Due to the associations between
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Figure 2: Characterization of Ga(NO
3
)
3
release kinetics from PMMA and CaSO

4
beads. Absolute release of Ga(NO

3
)
3
from PMMA (a) and

CaSO
4
(b) beads, loaded at 2.4, 4.7, 9.09, and 13% (w/w), over 7 days performed in PBS is shown. The percent cumulative release of the total

amount of Ga(NO
3
)
3
(by weight) loaded into PMMA (c) and CaSO

4
(d) beads is shown. Values are reported as the mean ± SD of 𝑛 = 3

samples.

biofilm formation and orthopaedic infections, we also eval-
uated the effectiveness of Ga(NO

3
)
3
loaded PMMA and

CaSO
4
beads to hinder bacterial surface colonization. The

incorporation of Ga(NO
3
)
3
into PMMA markedly reduced

bacteria colonization at days 1 and 3 for S. aureus and S.
epidermidis and up to 7 days for S. epidermidis (Figures
4(a) and 4(b)). In contrast, incorporation of Ga(NO

3
)
3
into

CaSO
4
at even the highest concentrations was only observed

to inhibit colonization of S. aureus after 1 day, but not
thereafter (Figure 4(c)). Loading of Ga(NO

3
)
3
≥4.7% (w/w)

into CaSO
4
was observed to significantly reduce colonization

of the bead surface by S. epidermidisup to the 7 days evaluated
(Figure 4(d)).

3.5. Activity of Ga(NO
3
)
3
Loaded PMMA Beads on Estab-

lished Staphylococcal Biofilms. Given the ability of Ga(NO
3
)
3

loaded beads to reduce bacterial colonization, we assessed
whetherGa(NO

3
)
3
loaded beads also retained activity against

established biofilms of S. aureus and S. epidermidis. Following
the 24 h exposure of the preformed biofilms to Ga(NO

3
)
3

loaded PMMA beads resulted in a 2- to 4-log reduction of

viable bacteria within S. aureus and S. epidermidis biofilms
compared to untreated controls, which was highly dependent
on the percentage loaded into PMMA(Figure 5(a)). Likewise,
CaSO

4
loaded beads were observed to have a 2- to 3-log

reduction of viable bacteria (Figure 5(b)).

4. Discussion

Orthopaedic related infections continue to be a significant
complication, contributing to the increased overall healthcare
associated costs as well as patient associated morbidity [1,
3, 6, 7]. Currently, the guidelines for clinical management
of such infections include surgical treatment combined with
systemic and/or local antimicrobial therapy. However, the
emergence of antimicrobial resistance in addition to the
ability of bacteria to develop and persist within biofilms has
been shown to limit the effectiveness of this intervention
[4, 11, 12, 20], highlighting the need for the development of
novel treatment strategies to address this growing clinical
challenge. Recently, use of the nonreducible iron analog
gallium(III), as the salt Ga(NO

3
)
3
, has been shown to have
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Figure 3: Activity of Ga(NO
3
)
3
loaded PMMA and CaSO

4
beads on planktonic bacteria. Antimicrobial activity of PMMA (a-b) and CaSO

4

(c-d) loaded Ga(NO
3
)
3
beads on bacterial cultures of S. aureus ATCC 12913 and S. epidermidis ATCC 12228 over time. Data are expressed as

log reduction relative to empty (0.0%) PMMA/CaSO
4
beads. Values are reported as the mean ± SD. Statistical analysis was performed using

an analysis of variance (ANOVA) with Dunnett’s post hoc test; ∗ indicates 𝑝 < 0.05 relative to control.

antimicrobial activity against both Gram positive and Gram
negative bacteria in vitro and in vivo [24–26, 34, 35]. While
Ga(NO

3
)
3
has been approved by the FDA for the treatment

of pathological bone loss disorders [28–30], the direct use
for treatment of orthopaedic related infections, to our knowl-
edge, has not been evaluated.Therefore, the goal of this study
was to assess whether Ga(NO

3
)
3
could be incorporated into

and released fromPMMAandCaSO
4
beads for local delivery

into wounds as a potential treatment strategy for orthopaedic
related infections.

Given the limitations of this treatment modality, recently
there has been a resurgence of efforts to optimize this
intervention through use and/or incorporation of unique

antimicrobial agents alone or as combinations [4, 41, 42], as
well as experimental strategies using various compoundswith
antimicrobial activities [43–45]. Although these approaches
may offer a direct benefit to currently used antimicrobials,
the threat of antimicrobial resistance continues to be a major
limiting factor; moreover for those experimental strategies
the likelihood of their direct clinical use would be limited and
not available for some time. Due to the critical role of ferric
iron to both normal physiology and virulence for bacteria,
the use of Ga(NO

3
)
3
has been shown to have significant

antimicrobial activity against a number of clinically relevant
bacteria, including Staphylococcus spp., P. aeruginosa, and A.
baumannii [24–26]. Bone cements, including PMMA and
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Figure 4: Effect of Ga(NO
3
)
3
incorporation on bacterial colonization of PMMA and CaSO

4
. Colonization of Ga(NO

3
)
3
loaded PMMA (a-b)

or CaSO
4
(c-d), 2.4%, 4.7%, 9.09%, and 13.0% (w/w), by S. aureus ATCC 12913 and S. epidermidis ATCC 12228 over time, as determined by

CFU counts (log
10
CFU/mL per bead). Data is representative of mean ± SD. Statistical analysis was performed using an analysis of variance

(ANOVA) with Dunnett’s post hoc test; ∗ indicates 𝑝 < 0.05 relative to control.

CaSO
4
, are commonly used for local delivery to infected

sites to achieve high local concentrations. While these two
different carriers offer certain advantages over the other, a
major limiting factor is the compatibility of the antimicrobial
and/or agent being incorporated [1, 19]. As demonstrated in
Figure 2, herein we showed that Ga(NO

3
)
3
was compatible

for incorporation into and release from both PMMA and
CaSO

4
. Similar to the release of other previously charac-

terized antibiotics from PMMA [16, 18, 46, 47], release of
Ga(NO

3
)
3
was characterized by a large initial burst, with

mean detectable concentrations between 300 and 1500 𝜇M,
followed by a sustained release over the seven-day period.
For PMMA, incorporation of the lower percentages, 2.4–
4.7% (w/w), was observed to have a greater cumulative
release (59% and 37%, resp.) compared to those beads loaded

with the higher percentages (23–25%). Notably, although
Ga(NO

3
)
3
release was also observed fromCaSO

4
, cumulative

release was much lower in comparison (21–28%) and not
observed to increase with increasing amount of Ga(NO

3
)
3

incorporated. Although the exact reasons for this are not
entirely clear, there is a possibility that CaSO

4
may have

interacted with the gallium and subsequently inhibiting its
release. From this assessment of elution kinetics alone, our
results indicate that PMMA may be a more suitable carrier
for local delivery of Ga(NO

3
)
3
. Of note, while no effects of

incorporation of Ga(NO
3
)
3
on setting time were observed

with CaSO
4
directly, incorporation of increasing concentra-

tions of Ga(NO
3
)
3
(≥9.09% w/w) into PMMA did extend

the curing time significantly (∼1 hour). Because antibiotic
impregnated beads are prepared during surgical procedures,
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Figure 5: Activity of Ga(NO
3
)
3
loaded PMMA beads on established biofilms. Effects of Ga(NO

3
)
3
loaded (a) PMMA and (b) CaSO

4
beads

(% w/w) on established biofilms of S. aureus ATCC 12913 and S. epidermidis ATCC 12228 following overnight exposure. Data is expressed as
the log reductions (mean ± SD) relative to biofilms treated with unloaded control beads. Statistical analysis was performed using an analysis
of variance (ANOVA) with Dunnett’s post hoc test; ∗ indicates 𝑝 < 0.05 relative to control.

just prior to placement within wounds, our observations
indicate potential limitations to the use of the Ga(NO

3
)
3
with

PMMA, in particular concentrations >9.09%. Importantly,
while this is the first study to evaluate the incorporation
and release of Ga(NO

3
)
3
from bone cements, along the lines

of our findings are previous reports showing the utility of
bone cements, in particular PMMA, for delivery of antimi-
crobial agents other than antibiotics, including antimicrobial
peptides [44] and antiseptics, such as chlorhexidine and
quaternary ammonium compounds [45, 48], demonstrating
the compatibility of these materials for use with various types
of agents, including Ga(NO

3
)
3
despite limitations.

To be an effective treatment, agents incorporated into
PMMA or CaSO

4
should be appropriate for the organism(s)

suspected of causing the infection while also being eluted
locally at concentrations sufficient to achieve antimicrobial
activity. Consistent with results from the release kinetics
studies, the Ga(NO

3
)
3
loaded PMMA and CaSO

4
beads were

observed to have antimicrobial activity against the planktonic
cultures of S. aureus and S. epidermidis, as demonstrated
in Figure 3. Antimicrobial activity of the Ga(NO

3
)
3
loaded

beads was observed to be most effective during the first
3 days, coinciding with the higher elutions of gallium(III)
well above the inhibitory concentration against planktonic
bacteria, but rapidly losing activity at 7 days, coinciding
with release of levels of gallium(III) at levels below this
(≤13 𝜇M). In contrast to the antimicrobial activity observed
with the gallium loaded PMMA beads, the antimicrobial
activities of the gallium loaded CaSO

4
beads was much more

variable demonstrating limited activity against the bacteria
tested herein as compared to PMMA. As indicated above,
the differences in antimicrobial activity of Ga(NO

3
)
3
may in

part have been explained by interactions of the gallium with

CaSO
4
, thereby limiting activity, which would be consistent

with the lower cumulative release gallium as well as the
reduced antimicrobial activity despite detection of released
gallium. Our results demonstrating the activity of Ga(NO

3
)
3

against staphylococcal species are in line with previous
studies [25, 26] and demonstrate the utility of a treatment
modality utilizing Ga(NO

3
)
3
as a treatment strategy for

orthopaedic infections.
While antibiotic-loaded bone cements have been shown

to be highly effective against planktonic bacteria, use of this
treatment modality against biofilms are often limited [4, 18,
49]. This is partly due to the reduced metabolic activity of
bacteriawithin biofilms, limiting the activity ofmost available
antimicrobial agents as the mainmechanisms of action target
actively dividing cells, and the production of an extracellular
polymeric matrix surrounding the community, limiting the
diffusion of antibiotics into the biofilm [50, 51]. Because
of the association between biofilms and establishment of
orthopaedic infections [4] we also evaluated whether the
Ga(NO

3
)
3
loaded beads could limit bacterial colonization

(i.e., biofilm formation) of beads; moreover we assessed
whether they retained activity against established bacterial
biofilms. As demonstrated herein, the Ga(NO

3
)
3
loaded

PMMA beads, and to a lesser extent the gallium loaded
CaSO

4
beads, were observed to reduce bacterial colonization.

These findings are particularly important for PMMA, as
the beads are nonabsorbable and potentially can become
a foreign body that is subject to colonization by bacteria
following elution of the incorporated agent [36]. While the
ability of Ga(NO

3
)
3
beads to limit bacterial colonization

did diminish over time, our findings are similar to those
observed for antibiotic loaded beads, including vancomycin
and tobramycin [20]. Importantly, and in contrast to in vivo
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settings, the model used to evaluate surface colonization
was performed under highly stringent conditions with daily
subjections to bacterial inoculums (∼106), which would likely
be much greater than that encountered within a wound
containing a single infective dose. Future studies evaluating
colonization under in vivo conditions are warranted given the
limitations of our in vitro study.

In addition to the antimicrobial activity against plank-
tonic bacteria, Ga(NO

3
)
3
released from PMMA and CaSO

4

(Figure 5) was observed to have activity against preformed
biofilms of S. aureus and S. epidermidis. While antimicrobial
activity was observed against established biofilms, the effects
in comparison to those on planktonic bacteria weremarkedly
reduced, as indicated by the lower log reductions in bacteria,
highlighting the issues with treating biofilms. Although the
exposure to Ga(NO

3
)
3
released from PMMA as well CaSO

4

did not completely eradicate bacteria within the biofilms, our
findings demonstrate that Ga(NO

3
)
3
does retain some activ-

ity against biofilms in addition to the planktonic bacteria.This
is particularly important because biofilms are thought to play
a major role in surgical site infections [52, 53].

While our study provided preliminary evidence indicat-
ing the compatibility with bone cements and potential use
of Ga(NO

3
)
3
for treatment of orthopaedic related infections,

our current study does have several limitations. First, this
study was entirely conducted in vitro under ideal conditions
that do not accurately recapitulate in vivo conditions. As
such, to extend the impact of these findings, the results
from this study require further evaluation to determine the
effectiveness of Ga(NO

3
)
3
impregnated PMMA and CaSO

4

beads to reduce microbial burden within an in vivo envi-
ronment. Secondly, although antimicrobial activity following
exposure to Ga(NO

3
)
3
was observed against planktonic, and

to a lesser extent against established biofilms of S. aureus
and S. epidermidis, it is important to note that this activity
was largely dose-dependent and did not result in sterility.
This poses a particular clinical problem, as those organisms
remaining following treatment could contribute to relapse
of infection within the surgical sites. In light of recent
studies demonstrating enhanced activity of conventional
antimicrobials in the Ga(NO

3
)
3
, future studies evaluating

the use of Ga(NO
3
)
3
as a combined therapy, rather than a

monotherapy, could address this limitation and extend its
clinical applications [34]. A third limitation of this study was
the fact that we only evaluated incorporation and release
from a single type of PMMA and CaSO

4
. As differences in

elution kinetics have been observed between the different
types of commercially available bone cements [54, 55], it may
be relevant to evaluate release of Ga(NO

3
)
3
from different

sources to identify optimal delivery devices for release into
surgical sites. Lastly, while Ga(NO

3
)
3
is currently approved

for therapy of cancer-related hypercalcemia, the current
therapeutic regimens, based on intravenous infusion, allow
for serum levels of 10–20𝜇M [29, 30]. Based on the studies
herein, these levels would be ineffective, requiring levels
much higher for achieving antimicrobial activity against S.
aureus and S. epidermidis. While there have been stud-
ies extensively evaluating and determining Ga(NO

3
)
3
to

have minimal toxicity in vitro, the much higher levels of
Ga(NO

3
)
3
from PMMA and CaSO

4
well above those levels

previously tested warrant further investigation to evaluate
biocompatibility and effect on cell function, specifically on
osteoblasts and osteoclasts, to determine the limitations of
direct application to infected surgical sites.

5. Conclusions

The use of antibiotic loaded bone cements is a standard of
care used for the prevention and/or treatment of orthopaedic
infections. Herein, we show that Ga(NO

3
)
3
can be loaded

into and eluted from PMMA and CaSO
4
at concentrations

effective against both planktonic and biofilms of Staphylo-
coccus spp., commonly associated with orthopaedic related
infections. Collectively, our in vitro findings suggest that local
delivery of Ga(NO

3
)
3
may be an effective strategy for the pre-

vention and/or treatment of orthopaedic related infections.
Future studies utilizing animal models are needed to fully
characterize the clinical role for this treatment modality.
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Bone loss and fractures may call for the use of bone substituting materials, such as calcium phosphate cements (CPCs). CPCs
can be degradable, and, to determine their limitations in terms of applications, their mechanical as well as chemical properties
need to be evaluated over longer periods of time, under physiological conditions. However, there is lack of data on how the in
vitro degradation affects high-strength brushite CPCs over longer periods of time, that is, longer than it takes for a bone fracture to
heal.This study aimed at evaluating the long-term in vitro degradation properties of a high-strength brushite CPC in three different
solutions: water, phosphate buffered saline, and a serum solution.Microcomputed tomographywas used to evaluate the degradation
nondestructively, complemented with gravimetric analysis. The compressive strength, chemical composition, and microstructure
were also evaluated. Major changes from 10 weeks onwards were seen, in terms of formation of a porous outer layer of octacalcium
phosphate on the specimens with a concomitant change in phase composition, increased porosity, decrease in object volume, and
mechanical properties. This study illustrates the importance of long-term evaluation of similar cement compositions to be able to
predict the material’s physical changes over a relevant time frame.

1. Introduction

Bone loss and fractures, due to, for example, cancer or osteo-
porosis, may call for the use of bone substituting materials.
When bone regrowth is desired, resorbability is needed from
the bone repair material, where the ideal degradation rate
would be the same as that of the osseous tissue formation [1].
Calcium phosphate cements (CPCs) have the potential to be
used as such a bone repair material, as they can be designed
to slowly resorb over time and they allow bone ingrowth and
can stimulate bone formation [2]. In fact, there are already
several bone replacement products on the market based on
calcium phosphates [3]. However, since CPCs are inherently
brittle and therefore commonly not used alone, nor are
they approved for use alone, in load-bearing applications,
their mechanical as well as chemical properties need to be
evaluated over longer periods of time under physiological
conditions, to be able to determine when these cements could
be used and what their limitations are.

Depending on the type of CPC used, the materials have
different degradation rates in vitro: the cement can either be

stable or degrade through dissolution, by releasing calcium
and phosphate ions; disintegration, by fragmentation; and/or
conversion to a thermodynamically more stable phase [2, 4].
Upon in vitro incubation in foetal bovine serum (FBS) and a
phosphate buffered saline (PBS) solution containing calcium
ions for 4 weeks, Grover et al. found that brushite cements
exhibited a major loss in mass (almost 70% in FBS), an
increasing amount of hydroxyapatite (HA), and considerable
fragmentation of the cements [5]. However, the cements
studied had a remarkably low initial compressive strength
(1 ± 0.2MPa), likely due to the large amount of unreacted
beta-tricalcium phosphate (𝛽-TCP; cements consisted of
66wt% 𝛽-TCP and 34wt% brushite) and high liquid-to-
powder (L/P) ratio (0.6mL/g), therefore possibly having a
limited use clinically. In a subsequent degradation study
by Grover et al., the evolution of strength and porosity of
a brushite cement was studied and it was found that the
strength decreased almost by half (from 14 ± 2 to 8 ± 3MPa)
over a time period of 4 weeks, with a concomitant porosity
increase (from 21 ± 1 to 36 ± 1%). However, in this study, no
HA formation could be seen in neither PBS (exact content
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not stated) nor FBS up until the study was terminated after
almost 13 weeks of incubation, likely due to the presence of
pyrophosphate ions inhibiting the precipitation of HA [6]. de
Oliveira Renó et al. showed that ageing brushite cements in
Ringers solution for up to 4 weeks also lead to an increase in
porosity (not quantified) and a decrease in strength (from 5.3
± 0.9 to 1.8 ± N/A MPa) and concluded, since no crystalline
phases other than brushite and 𝛽-TCP were present, that
the degradation took place by dissolution of those two
phases [7]. Alge et al. found that dissolution was the key
degradationmechanism in amonocalcium phosphatemono-
hydrate (MCPM)/𝛽-TCP-based brushite cement, contrary
to a MCPM/HA-based brushite cement which underwent
conversion of brushite toHA,when specimenswere soaked in
PBS for up to 2 weeks [8]. After 4 weeks of in vitro incubation
of brushite cements in distilled water and simulated body
fluid (SBF, content not stated), Cama et al. showed conversion
of some of the brushite to small amounts of monetite, with
the presence of octacalcium phosphate (OCP) and increasing
amounts ofmonetite when aged in distilled water [9]. Bohner
et al. showed that the composition of brushite cements was
stable over time when incubated for just over 2 weeks in
deionized water under physiological temperature, whereas
monetite was formed when the temperature was increased
[10]. The above mentioned studies investigated the in vitro
degradation behaviour of low-strength brushite cements, that
is, having strengths lower than 15MPa (24 hours after setting),
with Cama et al. [9] being one exception (27.6 ± 3.3MPa).
Neither Alge et al. [8] nor Bohner et al. [10] evaluated the
strength of the cements.

Brushite cements with strengths of 74.4 ± 10.7MPa have
recently been developed [11], which may have an increased
potential for use in load-bearing applications where the load
is mainly compressive, for example, certain types of vertebral
compression fractures [12]. To the best of the authors’ knowl-
edge, no investigation of how in vitro degradation affects the
mechanical properties, porosity, and pore size distribution
including both macro- and microstructure of high-strength
brushite cements has been reported in the literature. The
degradation of these cements may be very different to that
of lower strength cements, in particular since the porosity is
generallymuch lower [13]. Finally,most previous degradation
studies have been terminated after 2–4 weeks of incubation
time [5–10, 14, 15], even though bone fracture healing takes
considerably longer than that (ranging from ∼6 weeks up
to several months or longer, depending on fracture site,
age, and health status of the injured patient) [16, 17]. Three
longer degradation studies have been undertaken (almost 13
weeks [6], 16 weeks [18], and 1 year [19]). However, in the
study by Grover et al. [6], neither porosity nor compressive
strength was evaluated after 4 weeks of incubation time, in
the study by Rousseau and Lemaı̂tre [18] no quantitative
data was presented, and in the study by Tan et al. [19] the
endpoint of porosity evaluation and phase composition was
after 14 days of in vitro incubation. Hence, there is a need
to evaluate the degradation properties of brushite cements,
in terms of, for example, mechanical strength, porosity, pore
size distribution, and phase composition over longer periods
of time, that is, longer than it takes for a bone fracture to

heal, especially for high-strength brushite cements. Such data
is of uttermost importance for predictions of when brushite
cements have the potential to be used clinically, not only
for an estimation of mechanical properties over time, but
also for the possible biological response, which also depends
on the porosity and its size distribution [2]. Knowledge of
the porosity and mechanical properties of these cements
over time is also important for the development and vali-
dation of computational models that include these types of
materials.

As a complement to previously used methods, micro-
computed tomography (micro-CT) is a method that can
be used to study material degradation behaviour. It is a
versatile visualization technique that can be utilised to image
internal structures of objects in the micrometer range. Its
nondestructive nature could make it ideal for longitudinal
evaluation of in vitro degradation properties as well as
for forming the base for and providing validation data to
computational models.

This study aimed to evaluate the long-term degradation
behaviour of a high-strength brushite cement. Micro-CT was
used to evaluate the degradation nondestructively, which has,
to the best of the authors’ knowledge, never been done before.
By usingmicro-CT, the degradation propagation in 3D aswell
as the macroporosity of the cement could be studied. Due
to its limited resolution, the evaluation was complemented
with gravimetric analysis, using a solvent exchange method
[13]. Compositional and microstructural analysis was also
performed, using X-ray diffraction (XRD) and scanning
electron microscopy (SEM). In order to evaluate how the
chemical surroundings of the cement affected its properties,
the degradation of the cement was studied in three different
liquids.

2. Materials and Methods

2.1. Cement Preparation. A high-strength CPC made of
brushite was the focus of this study. The same cement
composition has been thoroughly studied before, in terms of
initial porosity and mechanical properties [11, 13]. To prepare
the cement paste, MCPM (Scharlau, Sentmenat, Spain) was
first sieved to obtain particle sizes below 75 𝜇m. Sieved
MCPM was then mixed with 𝛽-TCP (Sigma-Aldrich, St.
Louis, MO, USA) in a 45 : 55 molar ratio, together with 1 wt%
disodium dihydrogen pyrophosphate (SPP; Sigma-Aldrich,
St. Louis, MO, USA) acting as a retardant [20]. Citric acid
(0.5M, aq.) was used as the liquid phase and was thoroughly
mixed with the powder phase (MCPM, 𝛽-TCP, and SPP) at
an L/P ratio of 0.22mL/g in a mechanical mixing device
(Cap-Vibrator, Ivoclar Vivadent AG, Schaan, Liechtenstein)
for 1min. Cylindrical specimens, 6mm in diameter, were
moulded and left to set for 5min at room temperature (RT,
21 ± 1∘C), before being immersed into 40mL of PBS (Sigma-
Aldrich, St. Louis, MO, USA; containing 0.01M phosphate
buffer, 0.0027M potassium chloride, and 0.137M sodium
chloride, pH7.4) and kept at 37∘C for 24 hours. After 24 hours,
the set specimens were wet-polished plane-parallel using
SiC paper, to a final height of 12mm (sample dimensions
according to ASTM F 451-08 [21]).
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2.2. In Vitro Degradation. Three different liquids were used
for the in vitro degradation experiments: double distilled
H
2
O, PBS (same composition as above), and a serum

solution. All nonsterilized liquids were sterilized (sterile
filtered) prior to use. The serum solution was prepared by
diluting 10% fetal bovine serum (HyClone,Thermo Scientific,
Cramlington, UK) in PBS (same composition as above), with
addition of 0.1 wt% sodium azide, as bactericidal agent, a
solution similar to what has previously been used in degra-
dation studies of brushite cements [5, 6], however herein
diluted in accordance with the recommendations specified
in ASTM F 732-00 [22]. These three liquids were selected to
simulate in vivo conditions (PBS, serum solution) but also
to investigate whether the in vitro testing can be simplified
(H
2
O). Cement specimens were sterilized in water under UV

light (having a peak wavelength of 254 nm, 45min per side)
prior to being immersed in the liquid, 20mL per specimen
(corresponding to a liquid-cement-volume ratio of 60 [5]),
and kept at 37∘C until testing in allocated experiments.
All liquids were refreshed once per week. Measurements
of the pH value of all liquids initially and after 5, 10, 15,
20, and 25 weeks (before refreshing) showed that it was
approximately neutral and stable throughout the experiment
(pH 6.6–7.5). All experiments were performed under sterile
conditions.

Two series of experiments were carried out, onewhere the
degradation was studied with micro-CT and one where the
degradation was studied in terms of mechanical properties,
phase composition using XRD, and SEM. The wet porosity
of the specimens was evaluated by solvent exchange in both
series [13]. A schematic of the experiments is shown in
Figure 1. Experiments were performed after the cements had
set for 24 hours in PBS at 37∘C (hereafter referred to as time
point 0) and after the cements had been kept in liquid for 5,
10, 15, 20, and 25 weeks, if not otherwise specified. For the
micro-CT study, the same cement specimens were analysed
at every time point.

2.3. Gravimetric Analysis by Solvent Exchange. Solvent
exchange has been thoroughly investigated and validated as
a wet porosity measurement method for brushite cements
in a previous study and more details about the method can
be found in [13], but it is briefly summarized as follows:
At every time point, the apparent volume, 𝑉

𝑎
, of each

specimenwas determined using a density kit (Mettler Toledo,
Greifensee, Switzerland) based on Archimedes’ principle. 𝑉

𝑎

was calculated using

𝑉
𝑎
=
𝑚air − 𝑚H

2
O

𝜌H
2
O
, (1)

where𝑚air is the mass of the wet specimen in air,𝑚H
2
O is the

mass of the wet specimen in water, and 𝜌H
2
O is the density

of water (approximately 1 g/cm3 at RT). Each specimen was
then immersed into 10mL of isopropanol (VWR, Fontenay-
sous-Bois, France) and kept at RT for approximately 24
hours. The mass of each specimen was recorded and the
total open porosity (i.e., pores that can be penetrated by the

isopropanol molecule), Φ, of the specimen was calculated
using

Φ (%) =
(𝑚air − 𝑚solvent) / (𝜌H

2
O − 𝜌solvent)

𝑉
𝑎

× 100, (2)

where 𝑚solvent is the mass of the specimen after 24 hours in
isopropanol (complete solvent exchange) and 𝜌solvent is the
density of isopropanol (0.786 g/cm3 at RT).

2.4. Volumetric Analysis by Micro-CT. Cement specimens (5
replicates per liquid) were analysed by micro-CT (SkyScan
1172, Bruker microCT, Kontich, Belgium) by placing them on
top of each other with the long axis oriented vertically in a
poly(methyl methacrylate) container filled with double dis-
tilledH

2
O.The scanner operated at a source voltage of 100 kV

and a current of 100 𝜇A and using a Cu-Al filter. Images
were acquired using an isotropic pixel size of 6.9𝜇m2. After
micro-CT scanning, specimens were sterilized (as described
above) prior to being immersed in fresh liquid and kept at
37∘C until the next time point. All liquids were refreshed
once per week. The micro-CT images were reconstructed
using NRecon (Bruker microCT, Kontich, Belgium). The
images were binarized to separate the specimen from the
background, using a global thresholding procedure. Thresh-
olds were visually determined for all acquired datasets at the
first time point and thereafter the average value was applied
to all specimens at all time points. Calculations of object
volume, closed porosity (i.e., pores not connected to the
surface in themicro-CT images), number of closed pores, and
distribution of closed pore sizes were performed with CTAn
(Bruker microCT, Kontich, Belgium). DataViewer (Bruker
microCT, Kontich, Belgium) was used for visualization of
cross sections and measurements of specimen diameters.
Pore size distribution in cements was analysed using volume-
equivalent sphere diameter and counting the number of pores
within different ranges. A lognormal distribution function
was found to describe the pore size distribution well and
has previously been described in the literature of hardened
cement pastes and concrete [23]. The distribution fitting tool
(dfittool) in MATLAB (version R2012a,TheMathWorks Inc.,
Natick, MA, USA) was used for the curve fitting.

2.5. Mechanical Testing. Cement specimens (12 replicates per
liquid and time point, plus 5 replicates per liquid from the
micro-CT study) were tested in quasi-static compression
using a materials testing machine (AGS-X, Shimadzu, Kyoto,
Japan), equipped with a 5 kN load cell, using a displacement
rate of 1mm/min. All specimens were polished plane-parallel
when needed (method described above) and were kept wet
until testing.

2.6. Phase Characterization. XRD (D8Advance, Bruker, AXS
GmbH, Karlsruhe, Germany) was used to analyse the phase
composition of the cements. Ni-filtered Cu K𝛼 irradiation, a
beam knife, and a theta-theta setup were used for the acquisi-
tion. Diffraction patterns were collected between 2𝜃 of 10 and
60 degrees, in steps of 0.02 degrees, using 0.25 seconds per
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Figure 1: Schematic of the experimental setup.The experiments were repeated for specimens kept in three different degradation liquids: H
2
O,

PBS, and serum solution.

step, with a sample rotation speed of 80 rpm. Cement spec-
imens were, after mechanical testing, ground and homoge-
nized into a single quantity of material, for each liquid. Six
specimens were taken at random from this quantity and anal-
ysed in XRD. Quantitative phase composition analysis was
performed using Profex (http://profex.doebelin.org/) [24] as
a graphical user interface for theRietveld refinement program
BGMN (http://www.bgmn.de/) [25, 26]. The reported result
was the mean of six independent measurements with the
repeatability taken as 2.77 × standard deviation according
to ASTM E177-14 [27, 28]. Crystalline models were taken
from PDF# 04-008-8714 [29] for 𝛽-TCP, PDF# 04-013-
3344 [30] for brushite, PDF# 04-009-3876 [31] for beta-
dicalcium pyrophosphate (𝛽-CPP), PDF# 04-009-3755 [32]
for monetite, and PDF# 04-013-3883 [33] for OCP. No other
phases were identified in the diffraction patterns.

2.7. SEM. Themicrostructure of cross sections of the cements
was visualized by SEM (TM-1000, Hitachi, Tokyo, Japan)
using a backscattered electron detector and an acceleration
voltage of 15 kV, at time points 0, 10, and 25 weeks. The spec-
imens were dried under vacuum for 24 hours before analysis

to ensure completely dry specimens. A gold/palladium layer,
approximately 5 nm thick, was sputtered onto the surface
prior to analysis.

2.8. Statistical Analysis. IBM SPSS Statistics (Version 19,
IBM Corp., Armonk, NY, USA) was used for the statistical
analysis. Analysis of variance (ANOVA) was used to compare
properties of the cements incubated in the three different
liquids at time points 0 and 25 weeks, at a significance level of
𝛼 = 0.05. Scheffe’s post hoc test was used to compare change
in volume over time. To compare porosities and compressive
strengths between groups and over time, Tamhane’s post hoc
test was used since Levene’s test did not confirmhomogeneity
of variances.

2.9. Correlation between Quasi-Static Compressive Strength
and Porosity. The porosity, as evaluated by gravimetric anal-
ysis, was correlated to the quasi-static compressive strength
for each cement specimen, by fitting an exponential equation
to the data [34]:

𝜎
𝐶
= 𝜎
𝐶0
𝑒−𝑞Φ, (3)
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Figure 2: Porosity as a function of degradation time in H
2
O, PBS,

and serum solution, 𝑛 = 12.

where 𝜎
𝐶
is the compressive strength, 𝜎

𝐶0
is the compressive

strength of a fully dense cement (zero porosity), Φ is the
porosity, and 𝑞 is a dimensionless constant. The curve
fitting toolbox (cftool) in MATLAB (version R2012a, The
MathWorks Inc., Natick, MA, USA) was used for the curve
fitting.

3. Results

3.1. Gravimetric Analysis by Solvent Exchange. The brushite
cements had an open porosity of approximately 13% after they
had set for 24 hours (see Figure 2). Since the cement spec-
imens were prepared in different batches, a small variation
in porosity could be seen at time point 0, with no significant
differences between H

2
O and serum solution (𝑝 = 0.059) and

between PBS and serum solution (𝑝= 0.438), but a significant
difference between H

2
O and PBS (𝑝 ≤ 0.001). Degradation of

the cement specimens resulted in a significant increase (𝑝 ≤
0.001) in porosity and following 25 weeks of degradation the
resulting porosity was 26.5 ± 3.6%, 33.8 ± 5.0%, and 21.3 ±
3.3% for cement specimens soaked in H

2
O, PBS, and serum

solution, respectively, with significant differences between all
groups (H

2
O/PBS: 𝑝 = 0.008; H

2
O/serum solution: 𝑝 = 0.018;

and PBS/serum solution: 𝑝 ≤ 0.001).
The change in specimen volume determined by gravimet-

ric analysis can be seen in Figure 3. A significant decrease
(𝑝 ≤ 0.01) in volume of 9.3 ± 1.7% could be seen when
specimens were kept in H

2
O for 25 weeks. For specimens

kept in PBS for 25 weeks, the decrease in volume was 8.7 ±
1.5%, and for those kept in serum solution the decrease was
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Figure 3: Normalized volume, determined by gravimetric analysis,
for specimens kept in H

2
O, PBS, and serum solution, 𝑛 = 12.

5.4 ± 2.5% (both significant in comparison to time point 0,
𝑝 ≤ 0.01).

3.2. Volumetric Analysis by Micro-CT. A comparison
between the closed porosity from micro-CT analysis, the
open porosity from solvent exchange, and the open porosity
determined by the combination of solvent exchange and
micro-CT analysis, for the same cement specimens, can
be seen in Figure 4. The closed porosity as observed by
micro-CT (Figure 4(a)) was similar for specimens kept
in H
2
O, PBS, and serum solution and decreased slightly

over time (from 2.8% on average to 1.8%). However, the
initial, open, porosity obtained from gravimetric analysis
(Figure 4(b)) was almost five times higher (approximately
13%), compared to what was observed with the micro-CT.
After 25 weeks in H

2
O, PBS, and serum solution, the porosity

from gravimetric analysis of these batches was 23.7 ± 1.8%,
26.7 ± 4.2%, and 22.2 ± 7.0%, respectively. The open porosity
was also determined from a combination of gravimetric
and volumetric analysis (Figure 4(c)), with the apparent
volume taken from micro-CT analysis, and the mass of a
wet specimen in air and the mass of a specimen after 24
hours in isopropanol taken from gravimetric analysis. This
porosity was similar to the open porosity determined solely
by gravimetric analysis, and after 25 weeks it was 24.0 ±
0.5%, 29.9 ± 4.7%, and 23.1 ± 7.7 % for specimens incubated
in H
2
O, PBS, and serum solution, respectively.

The volume of the specimens from the micro-CT study
(5 replicates) was determined in two different ways: by gravi-
metric analysis and by volumetric analysis (see Figure 1). The



6 BioMed Research International

0 5 10 15 20 25
0

2

4

6

Time (weeks)

Po
ro

sit
y 

(%
)

PBS
Serum

H2O

(a)

Po
ro

sit
y 

(%
)

0

10

20

30

40

0 5 10 15 20 25
Time (weeks)

PBS
Serum

H2O

(b)

Po
ro

sit
y 

(%
)

0

10

20

30

40

0 5 10 15 20 25
Time (weeks)

PBS
Serum

H2O

(c)

Figure 4: Comparison between (a) closed porosity determined by volumetric analysis, (b) open porosity determined by gravimetric analysis,
and (c) open porosity determined by gravimetric/volumetric analysis (𝑚air and 𝑚solvent in (2) taken from gravimetric analysis, 𝑉

𝑎
from

volumetric analysis), 𝑛 = 5.

object volume, determined by micro-CT, decreased during
degradation in all three liquids (Figure 5(a)), which was also
the case for the volume as determined by gravimetric analysis
(Figure 5(b)). The specimens kept in H

2
O and PBS lost most

volume over time, whichwas a significant decrease (𝑝 ≤ 0.01),
while specimens immersed in serum solution had a larger
object volume than the others after 25 weeks of degradation,
but still a significant decrease in comparison to time point 0
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Figure 5: Comparison between (a) normalized object volume from volumetric analysis and (b) normalized volume from gravimetric analysis,
for specimens kept in H

2
O, PBS, and serum solution, 𝑛 = 5.

(𝑝 ≤ 0.01). At the last time point of the study, the specimens
had lost 18.5 ± 1.0%, 17.9 ± 1.7%, and 12.0 ± 1.4% of object
volume, as determined by micro-CT (Figure 5(a)), and 18.0 ±
4.9%, 11.0 ± 0.6%, and 7.0 ± 2.2% of volume, as determined by
gravimetric analysis (Figure 5(b)), for specimens degraded in
H
2
O, PBS, and serum solution, respectively.
As the cements degraded, visual inspection revealed

fragmentation of the surface. From micro-CT cross sections,
changes on the outer surfaces of the cement specimens could
be seen for all cement samples from week 10 onward. After
25 weeks, a layered structure was more or less pronounced.
Representative cement cross sections can be seen in Figure 6.

The diameter of the cement core, that is, the diameter
excluding the thin outer layer that was formed, wasmeasured
for all specimens at time points 0, 5, 10, 15, 20, and 25 weeks.
The core diameter as a function of immersion time can be
seen in Figure 7. The specimens aged in H

2
O and serum

solution had a similar behaviour, whereas for specimens
kept in PBS the layer grew much thicker, together with a
concomitantly decreasing core diameter, in accordance with
Figure 6.

The number of closed pores was counted and analysed
over degradation time (see Figure 8). At time point 0, the
number of closed pores was 361 447 ± 57 575, 452 445 ±
103 883, and 329 866± 41 050 for specimens degraded inH

2
O,

PBS, and serum solution, respectively. In general, a decrease
in the number of closed pores over degradation time could
be seen, and after 25 weeks the number of closed pores
was 233 081 ± 25 932, 164 612 ± 2 743, and 278 668 ± 46 396

for specimens degraded in H
2
O, PBS, and serum solution,

respectively.
Histograms of pore diameter distributions (closed pores)

can be found in Figure 9, together with fits to a lognormal
distribution function.

The mean pore size was calculated from the lognormal
data fits for each time point. As can be seen in Figure 10, the
mean pore diameter at time point 0 was 27.8 ± 0.6 𝜇m, 28.3
± 1.8 𝜇m, and 26.6 ± 0.3 𝜇m for specimens degraded in H

2
O,

PBS, and serum solution, respectively, and decreased over 25
weeks for all three liquids, except for specimens soaked in
PBS which saw a rapid increase in mean pore diameter at
time point 25. After 25 weeks, the mean pore size was 25.0
± 0.6 𝜇m, 28.1 ± 0.6 𝜇m, and 25.2 ± 0.5 𝜇m for specimens
degraded in H

2
O, PBS, and serum solution, respectively.

3.3. Mechanical Testing. Quasi-static compressive strengths
of wet cements can be seen in Figure 11. Initialmean strengths
after 24 hours of setting were between 41.1 and 46.9MPa.The
strength of all specimens decreased significantly (𝑝 ≤ 0.01)
over time. After 25 weeks, the compressive strength was 26.0
± 6.4MPa, 16.6 ± 3.1MPa, and 19.9 ± 2.5MPa for specimens
degraded inH

2
O, PBS, and serum solution, respectively, with

no significant differences between H
2
O and serum solution

(𝑝 = 0.118) and between PBS and serum solution (𝑝 = 0.143)
and a significant difference between H

2
O and PBS (𝑝 =

0.005).
As a control, the quasi-static compressive strength of

specimens that had been analysed with micro-CT was tested
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Figure 6: Representative cross sections of cements at time points 0 (left), 10 (middle), and 25 (right) weeks degraded in H
2
O (top), PBS

(middle), and serum solution (bottom).
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Figure 7: Change of specimen core diameter over time inH
2
O, PBS,

and serum solution, 𝑛 = 5.

after 25 weeks of degradation in H
2
O, PBS, and serum

solution (see Figure 1), and the strength was 28.6 ± 3.9MPa,
17.9 ± 1.4MPa, and 25.9 ± 9.9MPa for specimens degraded in
H
2
O, PBS, and serum solution, respectively, which were not

significantly different to the strengths of the specimens in the
other series of experiments (Figure 1) (𝑝 ≥ 0.986).

3.4. Phase Characterization. XRD patterns from phase anal-
ysis of specimens kept in PBS, H

2
O, and serum solution for

0 and 25 weeks are shown in Figure 12 (one representative
pattern for each group and time point), together with refer-
ence patterns for the identified phases.The patterns collected
after 5, 10, 15, and 20 weeks (for each respective liquid) looked
similar to those shown in Figure 12.
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Figure 8: Number of closed pores as a function of time for cements
aged in H

2
O, PBS, and serum solution, 𝑛 = 5.

Figure 13 shows the accuracy of the Rietveld refinement,
for patterns collected at time points 0 and 25 weeks. These
specific patterns come from the refinement of patterns for
specimens kept in PBS, as these where considered represen-
tative. However, the OCP peaks were not as pronounced at 25
weeks for specimens kept in H

2
O and serum solution.

Initially, the specimens contained approximately 81 wt%
brushite, 8 wt% unreacted 𝛽-TCP, 7 wt% 𝛽-CPP (contam-
ination of the 𝛽-TCP powder), and 4wt% monetite (see
Figure 14). After 10 weeks, OCP appeared in the patterns for
specimens kept in PBS; however, for specimens that were
kept in H

2
O and serum solution, only very small amounts

(<1 wt%) of OCP could be detected. As can be seen in
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Figure 9: Representative histograms showing pore size distribution in cements degraded in H
2
O ((a) and (b)), in PBS ((c) and (d)), and in

serum solution ((e) and (f)). The black lines show a fit to a lognormal distribution. The largest pores had a diameter of about 800𝜇m and
typically 99.8% of the total number of pores had a diameter smaller than 100𝜇m.

Figure 14, the specimens kept in PBS contained more OCP
after 25 weeks compared to what was found for specimens
kept in H

2
O and serum solution.

Phase composition of cement specimens that had been
analysed with micro-CT was performed after 25 weeks as
a control (see Figure 1), and similar phase compositions as

for the other specimens were found for all three liquids
(data not shown). After 25 weeks, the outermost layer of the
cement specimens was scraped off and analysed separately
along with a piece of the core of the specimen, in thin film
XRD (same settings as for the powder XRD). These analyses
showed that the layer consisted of mostly OCP and that no
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Figure 10: Mean volume-equivalent sphere diameter as a function
of time in H

2
O, PBS, and serum solution, 𝑛 = 5.

OCP was present in the core of the specimen. Since the
Rietveld calculations were performed on XRD patterns taken
when the whole cement specimens, including both the core
and the outermost layer of the specimen, were ground and
homogenized into a powder, it is likely that the OCP present
in all cement specimens (Figure 14) actually came only from
the periphery of the specimens. This observation could also
explain that the specimens degraded in PBS had a greater
amount of OCP compared to H

2
O and serum solution, since

those specimens also revealed the thickest peripheral layer
(Figures 6 and 7).

3.5. SEM. Visualization of cements by SEM after 0, 10, and
25 weeks of degradation showed no apparent differences in
microstructure between different time points and between
the three liquids. Representative images of cements at time
points 0 and 25 weeks can be found in Figure 15.

SEM images of the outermost layer of the cement speci-
mens revealed a layered structure, as can be seen in Figure 16.

3.6. Correlation between Quasi-Static Compressive Strength
and Porosity. Figure 17 shows the correlations between quasi-
static compressive strength and porosity for specimens
degraded in the three different liquids. As expected, a clear
trend was seen for all three liquids: the compressive strength
decreased with an increase in porosity.

4. Discussion

The focus of this study was to evaluate the long-term in
vitro degradation properties of a high-strength brushite CPC
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Figure 11: Compressive strength for specimens kept in H
2
O, PBS,

and serum solution, 𝑛 = 12.
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solution after 0 and 25 weeks (one out of six measurements for each
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in different solutions. Initially, the cements had similar
physicochemical properties to those previously reported for
the same cement composition in terms of porosity (13.8 ±
0.9 versus 12.5 ± 1.6%), compressive strength (44.5 ± 9.0
versus 55.1 ± 10.2MPa), and phase composition (81 wt%
brushite, 8 wt% 𝛽-TCP, 7wt% 𝛽-CPP, and 4wt% monetite
versus 82wt% brushite, 8 wt% 𝛽-TCP, 6wt% 𝛽-CPP, and
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Figure 13: Representative XRD patterns showing the accuracy of the refinement, from time points (a) 0 weeks and (b) 25 weeks.
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Repeatability was equal to or better than 1.5 wt% for all groups.

4 wt% monetite) [13]. An increase in porosity with a con-
comitant decrease in strength over time was seen for all three
degradation liquids. The phase composition of the cements
was also affected by the degradation.

The increase in porosity, as determined by gravimetric
analysis, was on average 0.3–0.8 percentage points per week
(Figure 2). This is a lower porosity increase compared to
what has previously been reported by Grover et al. [6] (on
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0 weeks

Figure 15: Representative SEM images of cements at time points 0 (top) and 25 (bottom) weeks. Three different magnifications are shown.
This particular cement specimen was kept in H

2
O, but all three liquids showed similar microstructures.

Figure 16: SEM images showing the core and the outermost layer of a cement specimen, at two differentmagnifications.This specific specimen
had been kept in PBS.

average 3.8 percentage points per week, as determined by
helium pycnometry [6]). Moreover, the decrease in strength
over time was on average 0.8–1.0MPa per week (Figure 11),
compared to 1.5MPa per week [6]. However, these values are
not directly comparable as the study of Grover et al. [6] differs
in terms of cement composition and consequently physical
properties (initial strength, 14 ± 2MPa, and a higher porosity,
21 ± 1%) and degradation protocol (the study length was
shorter, 4 weeks, and the PBS was refreshed on a daily basis)
from the study herein. It can be noted that the initial porosity
is likely to have a large effect on the degradation rate.

The degradation of the brushite cements reflected the
changes that occurred on the cement surface, rather than any
changes happening in the core of the cements (Figures 6, 15,
and 16). After 10 weeks, the outermost layer of the cements
had changed macroscopically for specimens degraded in all
three liquids, which was also obvious from micro-CT cross
sections (Figure 6) and analysis of specimen core diameter
(Figure 7). Specimens in PBS showed greater differences in

terms of specimen core diameter and visual appearance of
cross sections, as compared to H

2
O and serum solution,

which had more similar appearances. Coming closer to the
end of the study (20–25 weeks), it was apparent that the
cements had degraded through considerable fragmentation.
The same degradation mechanism, that is, disintegration
of the cements, has been shown before, but for much
weaker brushite cements, containing considerable amounts
of unreacted 𝛽-TCP (initially 66wt%), and kept in a calcium-
containing PBS or undiluted FBS over a time period of 4
weeks [5]. Grover et al. found that specimens kept in FBS
degradedmuch faster compared to those kept in PBS (Table 1;
the change in mass was 16 percentage points/week in FBS
compared to 3 percentage points/week in PBS, on average)
due to the formation of amore stable phase (HA) in the latter,
thus slowing down the degradation rate.Their results contra-
dict the present findings; that is, the loss in volume (Figures
3 and 5) was herein on average the lowest for specimens
kept in serum solution (0.48 percentage points/week in object
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Figure 17: Correlation between compressive strength and porosity as evaluated by gravimetric analysis for specimens kept in (a) H
2
O, (b)

PBS, and (c) serum solution (𝑛 = 12 for all groups). Fits to (3) are shown as a continuous line and 95% confidence intervals are shown as dotted
lines.

volume, Figure 5(a), corresponding to approximately 0.22
percentage points/week in mass (calculated from the change
in Va and the density of the cement)) compared to H

2
O

(0.74 percentage points/week in object volume, Figure 5(a),

corresponding to approximately 0.37 percentage points/week
in mass) and PBS (0.72 percentage points/week in object
volume, Figure 5(a), corresponding to approximately 0.35
percentage points/week inmass). Grover et al. concluded that
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Table 1: Summary of in vitro degradation rates, in terms of average mass loss per week, of brushite cements found in the literature. A range in
degradation rate is given when several groups were studied, for example, variations in cement composition or variations in amount of liquid.
Only data from degradation experiments performed at 37∘C was included.

L/P ratio Liquid Time Degradation rate
[mass percentage points/week] Reference

0.22mL/g H
2
O 25 weeks 0.37 Present study

1.33mL/g H
2
O 16 days 7.1–8.9 [10]

0.22mL/g PBS 25 weeks 0.35 Present study
0.57mL/g PBS 90 days 1.5 [6]
0.5mL/g PBS 90 days 1.2–1.9 [19]
0.57mL/g PBS 28 days 2.1–4.8 [5]
0.8mL/g Ringers solution 28 days 2.8 [7]
0.5mL/g PBS 21 days 1.8 [15]
1 g/g PBS 14 days 2.9–11.7 [14]
1 g/g PBS 14 days 0.5–8.7 [8]
0.22mL/g Serum 25 weeks 0.22 Present study
0.57mL/g FBS 28 days 16.0 [5]
0.57mL/g FBS 90 days 4.4 [6]

FBS decreased the dissolution rate of brushite and inhibited
the formation of HA and that the refresh rate and compo-
sition of degradation media are critical to the degradation
mechanisms seen in vitro [5]. An overview of degradation
rates found in the literature for brushite cements can be found
in Table 1. Besides differences between degradation media, a
general trend for higher degradation rate with a higher L/P
ratio can be discerned, in accordance with the increase in
porosity that is generally found for higher L/P ratios. In fact,
our low L/P ratio and hence low initial porosity gave lower
degradation rates than previous studies.

The disintegration of the cement specimens seen in this
study can also explain the increasing variation in porosity
(by gravimetric analysis) that was seen to occur from 10
weeks onwards: pieces of the outermost layer of the cements
were falling off during gravimetric analysis, even though the
specimens were treated in a very gentle way. Hence, it is
important to evaluate not only the porosity change over time,
but also the change in volume (or mass) to be able to fully
characterize the degradation properties of the cements. The
fragmentation of the specimen surface can further explain
the high standard deviation found for the volume change,
as determined by gravimetric analysis (Figure 3). Comparing
SEM images of the specimens, taken after 24 hours of setting
and after the cements had degraded for 10 and 25 weeks,
it was evident that the microstructure of the cement cores
did not change throughout the study (time points 0 and 25
shown in Figure 15) but that the surface layer accounted for
most changes in the microstructure (Figure 16). Micro-CT
analysis also did not show any major differences in cement
core appearance throughout the study (Figure 6).

As expected, the porosity obtained by volumetric anal-
ysis was found to differ greatly from the one obtained
by gravimetric analysis (Figure 4). While solvent exchange
(gravimetric analysis) takes into account all pores that are

open and can be penetrated by the isopropanol molecule,
it neglects closed pores/pores with entrances smaller than
∼9 Å [13]; the micro-CT analysis can only account for pores
that have sizes larger than the resolution of the scanner (in
this case a voxel size of 6.9 𝜇m3). A previous study of the
pore size distribution of a similar cement (same composition,
though using a higher L/P ratio compared to the present
study), using mercury intrusion porosimetry, showed that
most pores had a size around 1 𝜇m, but smaller and larger
sizes were also present [35]. This emphasizes one of the
current major disadvantages of micro-CT analysis for the
determination of porosity of CPC specimens; it is highly
dependent on the resolution of the scanner, which at present
is not high enough to encompass most pores present in this
type of specimens. Nevertheless, the micro-CT (volumetric
analysis) was considered a good complement in terms of
analysis of closed macroporosity.

The number of closed pores was seen to decrease almost
linearly over time (Figure 8). Since most changes of cement
macro- and microstructure were seen to happen on the
surface of the specimens (Figures 6, 15, and 16), the formation
of the porous peripheral layer likely consumed closed pores,
resulting in a decrease in number of closed pores. Specimens
that were incubated in PBS saw the largest decrease in
number of closed pores, which is in agreement with this
reasoning. When micro-CT calculations were scrutinized,
it could be seen that when pores in the layered structure
were interconnected and in contact with the deionized water
surrounding the specimens during micro-CT analysis, such
pores were not interpreted as closed pores. However, as the
outer layer grew thicker over time, it is possible that at later
time points some of the pores within this layer were not
connected to the surface and, hence, were included in the
porosity analysis. This could explain the increase in mean
pore diameter that was seen at time point 25 for specimens
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kept in PBS (Figure 10). For the other degradation liquids and
time points, the mean pore diameter was seen to decrease
almost linearly over time and was rather similar for the
three liquids, likely a result of merging of pores in the
periphery of the specimens into a few pores with a larger
mean diameter, thus resulting in an overall decrease in the
mean pore diameter. However, as already mentioned, the
overall mean pore size of a similar cement showed that most
pores had a size around 1 𝜇m, but smaller and larger sizes
were also present [35], and this should not be confused with
themacro pore size obtained fromvolumetric analysis, taking
only closed pores having a size larger than the resolution of
the micro-CT scanner into account.

The Rietveld analysis revealed that the phase composition
of the cements changed over time; the amount of brushite
decreased with a concomitant increase in OCP (Figure 14).
The presence of OCP was barely noticeable in the cements
until after 10 weeks of degradation, further underlining the
importance of a long-term study. The formation of OCP
was most prominent for the cements degraded in PBS.
However, as mentioned above, the OCP was only present
in the outermost layer of the specimens and not in the
core of the specimens. OCP is often seen as a precursor
in the formation of HA [36], which would slow down the
degradation rate of the cements due to the chemical stability
ofHA. In fact, it has previously been shown that the formation
of HA retarded the degradation process in terms of mass loss
[5]. However, in the present study, the formation of OCP
did not seem to affect the rate of increase in open porosity
(from gravimetric analysis), decrease in object volume, and
decrease in compressive strength. An explanation for this
observation could be the difference in degradation protocols
between the studies, for example, composition of media and
refresh rate, but the initial composition of the cement (e.g.,
the addition of pyrophosphate ions) is also likely to affect the
degradation properties of the cement.

The compressive strength decreased almost linearly over
time but was still after 25 weeks higher than 20MPa, that is,
higher than reported trabecular bone strengths [37–39]. This
is much higher compared to previous degradation studies
of brushite cements that have focused on cements with a
rather low strength, most of them with initial strengths
lower than 15MPa (24 hours after setting) [5–7], with only
one exception (27.6 ± 3.3MPa [9]). Furthermore, when the
compressive strength was correlated to porosity (as evaluated
by gravimetric analysis), it was seen to fit well to (3) for
specimens degraded in all three liquids (Figure 17).

In this study, the degradation liquid was seen to affect the
properties of the cements while being incubated for 25 weeks.
The properties of the cements soaked in PBS were affected
in a different way compared to H

2
O and serum solution, for

example, in terms of the thickness of the outer layer. H
2
O is

the least representative liquid of physiological conditions but
is the easiest to employ; however, none of the liquids used
in this study can be directly comparable to the chemical and
biological environment in vivo.

Even though in vitro testing is not the same as in
vivo testing, in terms of, for example, chemical as well
as biological environment and fluid flow, in vitro testing

of CPCs can still be a good starting point to determine
when these cements could be used and what their limita-
tions are in terms of physicochemical properties. Another
limitation of this study is the limited resolution of the
micro-CT scanner, which makes it complicated to directly
compare the porosities determined by the volumetric analysis
with the one obtained by the gravimetric analysis. Future
studies could include micropore size distribution using,
for example, mercury intrusion porosimetry, as a comple-
ment to the macroporosity obtained by micro-CT analysis,
and the total porosity obtained by, for example, solvent
exchange.

In this study, it was shown that the in vitro degradation
properties of brushite cements underwent major changes
from 10 weeks onwards, for example, in terms of porosity,
formation of an outer layer of the specimens, object volume,
phase composition, and compressive strength. Hence, this
study shows the importance of long-term evaluation of
similar cement compositions in order to be able to predict
their appropriate use as bone repair materials.

5. Conclusions

Micro-CT, gravimetric, strength, compositional, and micro-
structural analyses were used to evaluate the degradation
of low-porosity, high-strength brushite cements over a time
period of 25 weeks in three different liquids: H

2
O, PBS, and

a serum solution. The loss in both volume and mass was
lowest for the specimens kept in serum solution, compared
to those kept in H

2
O and PBS, which had similar mass

and volume losses. The increase in porosity over time was
lower than in previous findings. By the end of the degra-
dation study, the strength of the cements was still higher
than reported trabecular bone strengths. The current study
has demonstrated the importance of performing long-term
studies when the in vitro degradation of cements is studied,
as important changes in the physical and chemical properties
of the cements were observed after 10 weeks of incubation
time. Micro-CT was found to be a useful analysis technique
to observe the degradation propagation in 3D. However, due
to the limited resolution of the micro-CT, the study also
highlighted the need to complement the micro-CT analysis
with other porosity measurement methods when evaluating
the properties of brushite cements or, alike, under in vitro
degradation.
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Mixed-phase TiO2 nanocomposite thin films consisting of anatase and rutile prepared on commercially pure Ti sheets via the
electrochemical anodization and annealing treatments were investigated in terms of their photocatalytic activity for antibacterial
use around dental implants. The resulting films were characterized by scanning electron microscopy (SEM), and X-ray diffraction
(XRD). The topology was assessed by White Light Optical Profiling (WLOP) in the Vertical Scanning Interferometer (VSI) mode.
Representative height descriptive parameters of roughness 𝑅

𝑎
and 𝑅

𝑧
were calculated. The photocatalytic activity of the resulting

TiO2 films was evaluated by the photodegradation of Rhodamine B (RhB) dye solution.The antibacterial ability of the photocatalyst
was examined by Aggregatibacter actinomycetemcomitans suspensions in a colony-forming assay. XRD showed that anatase/rutile
mixed-phase TiO2 thin films were predominantly in anatase and rutile that were 54.6 wt% and 41.9 wt%, respectively. Craters (2–
5𝜇m) and protruding hills (10–50 𝜇m) on Ti substrates were produced after electrochemical anodization with higher 𝑅

𝑎
and 𝑅

𝑧

surface roughness values. Anatase/rutile mixed-phase TiO2 thin films showed 26% photocatalytic decolorization toward RhB dye
solution.The number of colonizing bacteria on anatase/rutile mixed-phase TiO2 thin films was decreased significantly in vitro. The
photocatalyst was effective against A. actinomycetemcomitans colonization.

1. Introduction

Since the discovery of the photocatalytic oxidation for water
on titanium dioxide (TiO

2
) electrode in 1972 by Fujishima

and Honda [1], TiO
2
is believed to be the most promising

photocatalyst owing to its superior photoreactivity, nontox-
icity, chemical stability, low price, and repeated use without
substantial loss of catalytic activity [2–4]. Photocatalytic
water splitting has been the focus of interest for TiO

2
-based

photochemistry [5].The fundamentalmechanismunderlying
the photocatalytic killing has not beenwell established yet [6].

The photocatalytic activity of TiO
2
is significantly influenced

by various parameters including crystalline structure, impu-
rities, surface area, and density of surface hydroxyl groups
[7]. However, the most significant factor is its crystalline
structure. TiO

2
is usually used as a photocatalyst in two

crystal structures: rutile and anatase. Anatase generally has
a larger band gap (3.2 eV) than rutile (3.0 eV) with much
higher photocatalytic activity [2].The generation of electron-
hole pairs is detrimental to this photocatalytic efficiency of
the photocatalyst. Upon excitation by light with energy equal
to or higher than the band gap energy, the photon energy
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generates electrons excited from the valence band to the
conduction band and holes at the valance band on the TiO

2

surface. The hole in the valance band can react with H
2
O or

hydroxide ions adsorbed on the surface to produce hydroxyl
radicals, and the electron in the conduction band can reduce
O
2
to produce superoxide ions (O

2

−). Both holes and OH−
are extremely reactive with contacting organic compounds
[6, 8]. It was stated that these crystalline phases of TiO

2
,

consisting of mixed rutile and anatase with an appropriate
ratio, enhanced the photocatalytic properties [9]. For this rea-
son, many studies commonly used the conventional mixed-
phase photocatalyst powder Degussa P25 (Degussa Chemical
Company, Teterboro, New Jersey, USA) consisting of anatase
80% and rutile 20% [2, 6, 10]. However, continuously stirring
during the reaction process and their separation and recovery
after reaction are their disadvantages. Recently, the use of
immobilized thin TiO

2
film coatings on substrates forming

photocatalytical surfaces makes it possible to overcome these
disadvantages [6, 11]. Studies have been focused on the
development of immobilized TiO

2
photocatalysts for their

oxidative degradation of organic compounds as well as
microorganisms [4]. Anatase/rutile mixed-phase TiO

2
were

synthesized by various methods including sol-gel method
[12], sputtering [13], chemical vapour deposition [14, 15],
atomic layer deposition [16], plasma immersion ion implan-
tation [17], cathodic arc deposition [18], and anodization [19].
Among these methods, anodization is a cost-effective and
simple technique that allows controlled anatase/rutilemixed-
phase TiO

2
formation on the substrates by means of altering

the experimental conditions. To induce the TiO
2
phases,

generally an annealing treatment of as-prepared film at above
450∘C is necessary.

Various photocatalytic activity studies have been con-
ducted to develop antibacterial effect. Most of the studies
have tested the photocatalytic activity on E. coli [2, 6, 20].
Kim et al. [21] have used food-borne pathogenic bacteria,
S. choleraesuis subsp., V. parahaemolyticus, and L. monocyto-
genes, and established a batch type photocatalytic reactor in
order to investigate the bactericidal effect with various near-
ultraviolet (UV) irradiation time and TiO

2
concentrations.

Lee et al. [22] had modified a defense mechanism to nullify
B. anthracis in case of a probable microbial attack using
the photocatalyst technology. The antibacterial efficiency of
long wave UV-irradiated TiO

2
thin films as well as the

ultrastructural damage on bacterial cells was evaluated using
P. aeruginosa as a model by Amézaga-Madrid et al. [23].
The most common and significant complication of dental
implants is peri-implantitis which is closely related to the
colonization of peri-implantitis-associated bacteria. Among
these, Aggregatibacter actinomycetemcomitans is a gram-
negative, nonmotile coccobacillus that colonizes the human
oral cavity that jeopardizes the host’s defense mechanism
leading to peri-implantitis [24]. It is thereforemost important
to develop implant surfaces with antibacterial properties
for maintaining plaque-free surfaces on titanium dental
implants’ transmucosal components exposed to the oral
cavity. With the use of an appropriate anodization technique,
universal control of the required surface properties resulting
in reproducible photocatalytic anatase/rutile mixed-phase

TiO
2
thin films on almost any transmucosal component

of a dental implant with antibacterial properties can be
developed.

The present study is therefore designed to develop
anatase/rutile mixed-phase TiO

2
thin films by electrochemi-

cal anodization and annealing treatments in order to inves-
tigate their influence on the photocatalytic degradation of
RhB dye solution and the colonization of peri-implantitis-
associated bacteria Aggregatibacter actinomycetemcomitans
as an index of antibacterial photocatalytic activity in vitro.

2. Materials and Methods

2.1. Preparation of Samples. Commercially pure titanium
(cpTi) (ASTM B265-02) sheets in squares (10 × 10 × 1mm)
were used as substrates for the experiments. The surfaces
of the specimens were prepared by standard metallograph-
ical techniques. These sheets were ultrasonically cleaned in
acetone, distilled water, and methanol, respectively. These
untreated cpTi sheets were named as Group Ti. The electro-
chemical anodization was employed to form TiO

2
thin films

on the cpTi sheets. Anodization voltagewas performed under
40V and each Ti surface (anode) was electrochemically
anodized in 0.1MKOH electrolyte for 3 minutes at 20∘C [25].
Stainless steel was used as the counter electrode. In order to
convert the amorphous TiO

2
thin films into the crystallized

TiO
2
thin films, sheets were annealed at 550∘C in air for

1 h after anodization treatment [26]. These sheets containing
mixed-phase TiO

2
thin films consisting of anatase and rutile

were named as Group AR.

2.2. Artificial Saliva Preparation. Artificial saliva solution
was prepared from chemicals supplied by Merck, Germany
[27, 28]. Amounts of reagents are 0.40 g/L NaCl, 0.79 g/L
CaCl
2
H
2
O, 0.40 g/L KCl, 0.005 g/L Na

2
S 9H
2
0, 0.78 g/L

NaH
2
PO
4
H
2
O, and 0.35 g/L Urea-CO (NH

2
). The pH of

the artificial saliva solution was 6.30. The pH value of the
artificial saliva solution was measured and monitored using
a pH meter (WTW, InoLab 720, Germany).

2.3. Electrochemical Corrosion Study. Electrochemical cor-
rosion studies were carried out in the artificial saliva
solution using a potentiostat (Interface 1000 Potentio-
stat/Galvanostat/ZRA, Gamry Instruments Inc., USA) con-
trolled by a personal computer. Volume of glass corrosion test
cell was 1000mL. A conventional three-electrode systemwith
high-density graphite rod as a counter electrode, a saturated
calomel electrode (SCE) as reference electrode, and specimen
as a working electrode was used. Data acquisition was carried
out through a computer software (Framework, Version 6.04,
Gamry Instruments, USA), while data analysis was carried
out by Echem Analyst Software, Version 6.04, Gamry Instru-
ments, USA. Specimens were prepared by mounting into
epoxy resin. So, only square sheet surface of the specimens
was exposed to the artificial saliva solution. The specimens
were connected to a copper wire. All experiments were
carried out at room temperature.
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Open circuit potential (OCP) of the specimens was
measured before carrying out the electrochemical corrosion
experiments. OCP level was measured for durations of 2 to 3
hours, until the OCP was stabilized.

Tafel curves were obtained by polarizing the specimens
from −250mV to +250mV (versus SCE), with respect to the
OCP, at scan rate of 1.0mV/s. Tafel slopes were obtained from
Tafel extrapolation analyses.

Cyclic polarization tests were carried out from −500mV
(versus SCE) to apex potential and to final potential, which
was 0mV (versus SCE). Forward and reverse polarization
scan rates were 5 and 2.5mV/s, respectively. Cyclic (forward
and reverse) polarization technique was used to evalu-
ate tendency to localized corrosion (pitting) in corrosive
environment. Considerable hysteresis between the forward
and reverse polarization sweeps is an indication of the pit
formation.

2.4. Surface Characterization

2.4.1. White Light Interference Microscopy. The surface
topologies of the sheets were investigated with the White
Light Optical Profiling (WLOP) Wyko-NT1100 (Veeco
Instruments Inc., Plainview, NY, USA) at VSI (Vertical
Scanning Interferometer) mode, which is a noncontact
optical profiling system that provides high vertical resolution.
Two height descriptive parameters of roughness as 𝑅

𝑎
and 𝑅

𝑧

were used to quantify the surface roughness, where 𝑅
𝑎
is the

arithmetical mean roughness value from the profile mean
along a defined sampling line, and 𝑅

𝑧
is named as ten-point

mean roughness which is the mean of maximum peak-
to-valley height of 5 consecutive sections of the sampling
line.

2.4.2. Scanning Electron Microscopy. The surface morpholo-
gies of the sheets were observed using a scanning elec-
tron microscope (SEM; JSM5410, JEOL, Tokyo, Japan) at a
10 kV acceleration voltage and magnifications of ×500 and
×3500.

2.4.3. X-Ray Diffraction. The structure and phase of the
GroupTi weremonitored by utilizing a Philips PW3710 graz-
ing incidence X-ray diffractometer with a CuK𝛼 radiation
(scan range 20∘ to 80∘). A scan rate of 0.02∘/sec was used with
a grazing incidence of 0.5∘ for the Ti structure. The structure
and phase of the Group AR were monitored by utilizing
a Panalytical diffractometer (Phillips, Holland) using X-ray
diffraction data collected in the reflection Bragg-Brentano
geometry with a CuK𝛼 radiation under an applied voltage of
45 kV and a current of 40mA. A scan rate of 0.03∘/sec with
a grazing incidence of 0.45∘ was used for the Ti and TiO

2

structure.The scanning data were recorded in the 2𝜃 range of
20–73∘. The phase contents of rutile and anatase (%𝑊A) and
rutile (%𝑊R) for the anatase/rutile mixed-phase TiO

2
thin

films at Group AR were estimated by utilizing the obtained
patterns to determine weight percentage of the anatase phase

and rutile phase TiO
2
using Spurr-Myers’ equations [29]

provided as in the following:

%𝑊R =
1

1 + 0.884 × (𝐼A/𝐼R)
× 100,

%𝑊A =
1

1 + 1.26 × (𝐼R/𝐼A)
× 100,

(1)

where 𝐼R and 𝐼A are the peaks areas in counts per second
(c.p.s.) for the sharpest peaks for the (004) crystal plane
of anatase TiO

2
and (110) crystal plane of rutile phase

TiO
2
, respectively. The numbers 0.884 and 1.26 are scattering

coefficients [30, 31].

2.5. Photocatalytic Activity Evaluation. The photoactivity of
the anatase/rutile mixed-phase TiO

2
thin films was eval-

uated by studying their effect on the photodegradation of
RhB dye solution (item # R6626, Sigma-Aldrich). RhB is
a dye molecule, with a maximum absorption wavelength
of 554 nm, that reacts with photogenerated oxyradicals and
its loss may be monitored to evaluate the photocatalytic
activity of the synthesized TiO

2
samples using a UV-visible

spectroscopy. A 30W UV lamp irradiating a wavelength
of 254 nm was used as the irradiation source. Sheets were
irradiated in the perpendicular direction at a distance of 2 cm
measured from the UV source to the initial sample surface. 5
mL of aqueous RhB dye solution was placed in each chamber
to carry out the experiments with a starting concentration
of 0.5mg/L. RhB dye solution was pipetted onto each of the
glass chambers that contained sheets from both experimental
groups. Empty glass chambers served as the controls in this
photocatalytic activity evaluation assay and were named as
Group C. The decomposition of RhB dye was monitored
by measuring the absorbency at 554 nm (𝜆max) by a UV-
visible (UV-Vis) spectrophotometer (Perken Elmer Lambda
9 Spectrometer), and the degradation rate (%) was evaluated
by the following equation [32]:

𝐷 =
𝐶
𝑡

𝐶
0

× 100%, (2)

where 𝐷 is degradation rate and 𝐶
0
and 𝐶

𝑡
are the con-

centrations of the RhB dye solution at UV irradiation times
0 and 𝑡, respectively. To compare the rate of RhB dye
photodegradation, the absorption spectra of each sample
were recorded at timed intervals, up to 2 h (15min, 30min,
45min, 60min, 75min, 90min, 105min, and 120min). All
the experiments were conducted thrice, and mean values
were used as the final result.

2.6. Colony-Forming Assay for Antibacterial Effect. The tests
were performed using A. actinomycetemcomitans (ATCC
43718; ATCC, Rockville MD, USA). Bacteria cells were cul-
tured in brain heart infusion (BHI) broth (Thermo Scientific
Remel, Lenexa, KS, USA) overnight at 37∘C. Based on our
pilot studies, the bacteria were grown to mid-log phase,
centrifuged, and resuspended in trypticase soy broth to
an optical density of approximately 0.40 at the wavelength
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600 nm. Sheets from both experimental groups (𝑛 = 78
each) were placed into individual wells of the sterile 24-
well culture plates with their modified surfaces placed facing
upwards and bacteria cells were pipetted onto these sheets.
Bacteria grown on culture plates’ well bottoms were used
as controls in this antibacterial assay and were named as
Group D (𝑛 = 78). The culture plates were covered by
their lids to prevent medium evaporation. Half of each group
(𝑛 = 36 each) was exposed to UV irradiation (as UV (+)
condition) (254 nm) while being incubated in an anaerobic
environment (Modular Atmosphere Controlled System, DW
Scientific, Shipley, Yorkshire, UK) at 37∘C for 2 h, whereas the
other halves (𝑛 = 36 each) were kept in a black box avoiding
UV light penetration (as UV (−) condition) at the same
experimental conditions. The supernatant fluid from each
well was appropriately diluted and plated on TSBN media
(personal communication, S. S. Socransky, Forsyth Institute,
Cambridge, MA, USA) and incubated anaerobically for 4
days at 37∘C and the number of colonies (colony-forming
unit: CFU) was counted. TSBN was prepared as described
elsewhere [33]. Antibacterial activity was expressed as the
ratio of CFUs on each plate to those on the control group.

The power analysis was performed with PS Program
(Power and Sample Size Program: http://biostat.mc
.vanderbilt.edu/wiki/Main/PowerSampleSize) [34]. A pre hoc
power analysis at 80% power, 𝛼 = 0.05, Δ: 1.1, and SD: 1.5,
was performed, and it was determined that a minimum of 30
sheets in each group were necessary when comparing Group
AR, Group Ti, and Group D.

2.7. Statistical Analysis. All data were analyzed with the sta-
tistical package for social sciences, 22.0 (SPSS for Windows;
SPSS Inc., Chicago, Illinois, USA). The normality test of
Shapiro-Wilks was applied and the data were found normally
distributed. Interactions between parameters were defined
using the two-way analysis of variance (ANOVA) followed
by subsequent one-way ANOVA and Student’s 𝑡-test. If
one-way ANOVA suggested a significant difference between
means among the groups, when equal variances could be
assumed, post hoc testing was done using the Tukey HSD test;
otherwise, Tamhane’s𝑇2 test for thosewith unequal variances
was used. When the 𝑝 value was less than 0.05, the statistical
test was determined as significant. Data were expressed as
mean ± standard deviation.

3. Results

3.1. Electrochemical Corrosion Study

3.1.1. Open Circuit Potential. Open circuit potential (OCP)
is the potential at which an alloy is in equilibrium with the
environment. High OCP value means that the material is
stable in a certain corrosive environment. Figure 1 shows
the variation of the OCP level in the Group AR and Group
Ti specimens. As shown in Figure 1, Group AR specimen
showed higher OCP values than the Group Ti specimen,
which means Group AR specimen has higher corrosion
resistance than the Group Ti specimen.

Group AR

Group Ti

0 4000 6000 80002000
Time (s)

−0.4

−0.3

−0.2

−0.1

O
CP

 (V
 v

er
su

s S
CE

)

0.0

0.1

Figure 1: Open circuit potential (OCP) curves of the Group AR and
Group Ti specimens.
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Figure 2: Tafel curves of the Group AR and Group Ti specimens.

3.1.2. DC Corrosion Tests. The potentiodynamic polarization
curves (Tafel curves) were used to examine the electrochemi-
cal corrosion behaviour of the specimens. Figure 2 shows the
Tafel curves of the Group AR and Group Ti specimens.

As illustrated in Figure 1, Group AR specimens showed
higher corrosion potential and lower corrosion current den-
sity values than the Group Ti specimens.

TiO
2
coating (Group AR specimens) increased the corro-

sion potential and decreased the corrosion current density of
the specimens.

3.1.3. Cyclic Polarization Test. Figure 3 shows the cyclic polar-
ization curves of the Group AR and Group Ti specimens.
As shown in Figure 3, Group AR specimen showed higher
corrosion potential and lower corrosion current density
values than the Group Ti specimen which means that the
Group AR specimen has higher corrosion resistance than the
Group Ti specimen. Cyclic polarization was used to quali-
tatively evaluate tendency to pitting (localized corrosion) in
a corrosive environment. Hysteresis between forward and
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Figure 3: Cyclic polarization curves of the Group AR and Group Ti
specimens.

Table 1: 𝑅
𝑎
(arithmetical mean roughness) and 𝑅

𝑧
(ten-point mean

roughness) of the Groups Ti and AR determined by WLOP for
736×480 𝜇m2 areas. Data are presented as the mean ± SD (standard
deviation). Values are in micrometers (𝜇m).

Groups 𝑅
𝑎
(𝜇m) ± SD 𝑅

𝑧
(𝜇m) ± SD

Ti 1.51 ± 0.02 12.76 ± 0.04

AR 4.08 ± 0.02 42.40 ± 0.27

reverse sweeps during cyclic polarization is an indication of
pit formation. As shown in Figure 3, hysteresis (loop) was not
observed in the Group AR and Group Ti specimens.

3.2. Surface Characterization

3.2.1. White Light Interference Microscopy. Quantitative
roughness parameters 𝑅

𝑎
and 𝑅

𝑧
obtained from WLOP

analysis for 1 × 1.2mm2 areas for the Groups Ti and AR are
shown in Table 1. Three-dimensional images of the surface
topography of theGroups Ti andAR at×5.1magnification are
shown in Figure 4. 𝑅

𝑎
and 𝑅

𝑧
surface roughness parameters

values obtained from the Group AR quantitatively presented
higher height descriptive parameters of roughness (Table 1).

3.2.2. Scanning Electron Microscopy. Figure 5 shows surface
SEM images of sheets of cpTi (Group Ti) and the mixed-
phase TiO

2
thin filmphotocatalyst (GroupAR). It is observed

that cpTi surface has a flat texture and showed relatively a
smooth appearance.The surfacemorphology of the photocat-
alyst was affected by the electrochemical anodization. Craters
(2–5𝜇m) and protruding hills (10–50 𝜇m) were observed in
Group AR anodized in the KOH electrolyte, conferring a
more pronounced increase of surface roughness compared to
cpTi sheets in Group Ti.

3.2.3. X-Ray Diffraction. The phase compositions of the
obtained samples were characterized by XRD and the corre-
sponding XRD patterns are shown in Figure 6. There was no

anatase or rutile diffraction peaks observed in cpTi surfaces
in Group Ti. After anodization treatment and annealing at
550∘C for 1 h, the mixed-phase composition of the Group AR
was confirmed by its XRD patterns in Figure 6, where two
sharp peaks located at the 2𝜃 values of 38.4∘ and 27.4∘, which
are attributed to the diffraction of the (004) crystal plane
of anatase TiO

2
and the (110) crystal plane of rutile phase

TiO
2
, respectively, indicating the crystallinity of the structure.

Other characteristic peaks of the different crystalline phases
are also marked on the pattern (Ti: titanium; A: anatase; R:
rutile). Anatase and rutile contents (weight percentages) in
each sample were confirmed by using Spurr-Myers’ equations
(see (1)) and the corresponding results of anatase and rutile
were calculated as 54.6 wt% and 41.9 wt%, respectively.

3.3. Photocatalytic Activity Evaluation. The photocatalytic
performance of anatase/rutile mixed-phase TiO

2
thin films

in the degradation reaction of RhB dye solution was
tested. Figure 7 shows the photocatalytic activity of both
anatase/rutile mixed-phase TiO

2
thin films and cpTi surfaces

under irradiation by UV light. The degradation of original
RhB dye solution without photocatalyst was also plotted
for comparison on glass as the control group. RhB dye
concentration was decreased only by 4.4% and 2.4% (Group
Ti and Group C, resp.) by the irradiation of ultraviolet
for 120min without the photocatalyst. This decomposition
of RhB dye can be attributed to photolysis of RhB dye
by ultraviolet. On the other hand, when the anatase/rutile
mixed-phase TiO

2
thin films were used as photocatalyst, 22%

RhB dye was degraded in 60min, and the photocatalytical
activity of RhB dye was maintained up to 26% in 120min.

3.4. Colony-Forming Assay for Antibacterial Effect. UV irra-
diation had led to a significant decrease in the number of
bacteria for all groups (Groups Ar and Ti: 𝑝 < 0.01; Group
D: 𝑝 < 0.05). The number of bacteria decreased significantly
in Group AR after 120min of UV irradiation compared with
all the other groups (𝑝 < 0.01) while bacteria were still
detected after 120min in all groups. In both UV (+) and UV
(−) conditions no significant difference was found between
theGroupsTi andD.GroupAR showed statistically increased
number of bacteria in UV (−) conditions (Groups Ti and D,
𝑝 < 0.01) (Figure 8).

4. Discussion

The aim of this study was to develop antibacterial trans-
mucosal components of dental implants less prone to peri-
implantitis-associated bacteria colonization. This objective
was achieved via surface modification by electrochemical
anodization and annealing treatments. This study showed
that anatase/rutile mixed-phase TiO

2
thin films inhibited

adhesion of A. actinomycetemcomitans.
Based on previous studies, it is shown that surface rough-

ness of the exposed transmucosal components is related
with intraoral bacteria colonization over that surface [35].
In our subject, greater surface roughness can increase the
total surface area, therefore creating more available active
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Figure 4: Representative WLOP images of (a) Group Ti, and (b) Group AR at ×5.1 magnification for 1 × 1.2mm2 areas.

(a) (b)

Figure 5: Representative top-view SEMmicrographs of the (a) Group Ti, and (b) Group AR.

surface sites for reactions by higher photocatalytic reaction
potential. By gaining a better understanding of the surface
roughness and crystalline structure of different types of
transmucosal dental implant components, practitioners will
be better placed to utilize the most suitable part for any given
prosthetic indication and to interpret the antibacterial clinical
performance of these parts in relation to the patient needs and
intraoral usage sites.

TiO
2
is usually used as a photocatalyst in two crystal

structures: rutile and anatase. A postannealing is required to
crystallize amorphous TiO

2
into anatase, rutile, or brookite

structure [36]. In the present work, we aimed to form crys-
tallized mixed-phase TiO

2
thin films consisting of anatase

and rutile by annealing the electrochemically anodized sheets
at 550∘C after electrochemical anodization. Anatase/rutile
mixed-phase TiO

2
thin films obtained by electrochemical

anodization and annealing treatments were investigated by
the photodegradation of RhB dye solution in order to prove
photocatalytic activity. The rate of photodegradation was
monitored by the decrease in the absorption value of the peak
at 554 nm. Figure 7 shows the photodegradation efficiency
of RhB dye solution as a function of UV irradiation time
for the Groups Ti and AR as well as glass as control.
The decrease in the absorption spectra of the dye solution

was monitored at regular intervals of time. Compared to
the cpTi surfaces the anatase/rutile mixed-phase TiO

2
thin

films exhibited photocatalytic efficiency. After two hours
of irradiation under UV light, the RhB dye solution was
degraded 26% by the anatase/rutile mixed-phase TiO

2
thin

films. In order to elucidate and examine the above results, the
crystallinity of the sampleswas detected byXRDand is shown
in Figure 6 presenting several dominant peaks of anatase
and rutile phase after annealing process. They indicated two
sharp diffraction peaks at 2𝜃 = 38.4∘ and 27.4∘ that are
identified to be (004) crystal plane of anatase TiO

2
and the

(110) crystal plane of rutile phase TiO
2
, respectively. Anatase

and rutile contents (weight percentages) in each sample were
calculated as 54.6 wt% and 41.9 wt%, respectively (Figure 6).
Thus, electrochemical anodization treatment and annealing
(550∘C for 1 h) rendered a feasible and facile method to
grow anatase and rutile phase TiO

2
from cpTi. This photo-

catalytic efficiency obtained from the anatase/rutile mixed-
phase TiO

2
thin film containing about 54.6 wt% anatase

phase and 41.9 wt% rutile phase was maintained up to 26% in
120min. Our work illustrates that anatase/rutilemixed-phase
TiO
2
thin films show higher photodegradation efficiency

than the cpTi surfaces under UV in our run confirming
enhanced photoactivity of cpTi titanium by electrochemical
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anodization and annealing treatments. This increase at the
photocatalytical activity can be attributed to the difference
in band gap energy of anatase and rutile structures of mixed
TiO
2
films that were found to decrease the electron and hole

recombination rate leading to an increase in the absorption
of the surface organic species of the photocatalytic process
[8]. Another explanation proposed by Hurum et al. (2003)
is that, in mixed-phase TiO

2
under the presence of rutile

crystals, charges produced on rutile by visible irradiation are
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Figure 8: Descriptive analysis of adhesion of A. Actinomycetem-
comitans on all groups tested (Group Ti: cpTi surface; Group AR:
anatase/rutile mixed-phase TiO

2
thin film surface; GroupD: culture

plates’ well bottoms). Data are presented as the mean ± SD (𝑛 =
39) for all bars. Results were analyzed using the two-way analysis
of variance (ANOVA) followed by subsequent one-way ANOVA
and Student’s 𝑡-test. If one-way ANOVA suggested a significant
difference between means among the groups, post hoc analyses were
performed using Tukey HSD test, and Tamhane’s 𝑇2 test (∗𝑝 < 0.05,
and ∗∗𝑝 < 0.01).

stabilized through electron transfer to lower energy anatase
lattice trapping sites at the transition points between these
two phases [37]. Subsequent electron transfer moves the
electron from anatase trapping sites to surface trapping sites,
further separating the electron/hole pairs process [8]. The
efficiency of photocatalysts is determined by recombination
rates. Thus, rutile reduces the charge recombination rate of
anatase and acts as an antenna to extend the photoactivity
into visible wavelengths [37].

Electrochemical corrosion test results indicated that the
passive oxide coating on the Ti specimens enhanced the
corrosion resistance. Group AR specimens showed higher
corrosion potential and lower corrosion current density than
theGroupTi specimens,whichwas attributed to its protective
passive oxide coating (Figures 1–3).

Photocatalytic TiO
2
coatings create contact-active sur-

faces that destroy the viability of the contacting microbes
by photoenhanced formation of hydroxyl radicals [38]. This
photocatalytic killing effect has been used in studies to
eradicate bacteria around dental implants. Riley et al. (2005)
considered if photoactive dental implants coated with nanos-
tructured TiO

2
would eradicate E. coli when illuminated

with UV light. The photoactivity of dental implants was
established by photoenhanced decomposition of RhB dye
solution. Irradiation of dental implants with UV light was
found to be a suitable treatment for peri-implantitis [39]. In
their study, photocatalytic activity was questioned to find a
solution for peri-implantitis. But, the bacterium used was not
intraoral bacterium which would not be expected to mimic
the oral environment of a dental implant. Suketa et al. (2005)
reported the bactericidal effect of the TiO

2
photocatalyst to

be of great use for sterilizing the contaminated surface of
dental implants. Actinobacillus actinomycetemcomitans and
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Fusobacterium nucleatumwere chosen for their study as these
bacteria are responsible for the induction of inflammation
of the gingivae, destruction of the periodontal ligament
and alveolar bone associated with periodontal disease. The
viability of both types of bacteria on the photocatalytic
TiO
2
film was suppressed to less than 1% under UVA

irradiation within 120 minutes [40]. Similarly, we chose
A. actinomycetemcomitans for the colony-forming assay in
our study has been implicated as it is the causative agent
of several forms of severe periodontal disease [41]. UV
irradiation had led to a significant decrease in the number
of A. actinomycetemcomitans for all groups (Groups Ar and
Ti: 𝑝 < 0.01; Group D: 𝑝 < 0.05) showing a killing effect
of its own on all groups. Anatase/rutile mixed-phase TiO

2

thin films in Group AR significantly decreased the adhesion
of A. actinomycetemcomitans after 120min of UV irradiation
compared with all the other groups (𝑝 < 0.01) showing
a statistically significant photocatalytical killing effect in
addition to the UV irradiation’s killing effect. Antibacterial
effect against A. actinomycetemcomitans on anatase/rutile
mixed-phase TiO

2
thin films can be ascribed both to the

UV irradiation and photocatalytical activity of Group AR
containing crystal structures of anatase and rutile. But this
combined killing effect was not able to kill all the bacteria on
the surface of Group AR (Figure 8). In UV (−) conditions,
Group AR showed statistically increased number of bacteria
in UV (−) conditions (Groups Ti and D, 𝑝 < 0.01) depending
on its higher surface roughness values (Figure 4 and Table 1).
cpTi surfaces in Group Ti were observed to be smooth and
flat before electrochemical anodization (Figure 5(a)). Pho-
tocatalytically active anatase/rutile mixed-phase TiO

2
thin

filmswith surface features of craters (2–5 𝜇m) and protruding
hills (10–50𝜇m) onTi substrates (Figure 5(b)) were produced
after electrochemical anodization. This enhancement in the
bacteria number may be mainly attributed to the higher
surface roughness of the anatase/rutile mixed-phase TiO

2

thin films allowing higher bacterial adhesion.
Photooxidation reaction of the terminal sulfhydryl group

of CoA, which participates in many enzymatic reactions
involved in the respiratory chain and fatty acid oxidations,
is the reactive site of this molecule for the acyl transfer
reactions and it is detrimental to cell viability. Nonselective
actions of the highly oxidized species generated on the surface
of the illuminated TiO

2
are expected to oxidize the cell

membrane [42]. In this regard, a thorough understanding
of the photocatalytical effect on the cell killing mechanisms
of the human gingival soft tissues around dental implants
should be questioned in addition to its suggested killing effect
on oral bacteria around dental implants.

5. Conclusions

Anatase/rutile mixed-phase TiO
2
thin films fabricated by

electrochemical anodization and annealing showed pho-
tocatalytic performance. The photocatalytic mechanism of
TiO
2
film with mixed structure and the relationship between

the contents of anatase with rutile phase brought forth
antibacterial activity of these films which may further be

considered for the antibacterial improvement applications for
the transmucosal components of the dental implants. The
findings, however, have to be verified in clinical settings.
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TiO
2
coatings on metal substrates by cathodic arc deposition

technique,” Key Engineering Materials, vol. 264–268, pp. 549–
552, 2004.

[19] K. Lee, D. Kim, P. Roy et al., “Anodic formation of thick anatase
TiO
2
mesosponge layers for high-efficiency photocatalysis,”

Journal of the American Chemical Society, vol. 132, no. 5, pp.
1478–1479, 2010.

[20] J. C. Ireland, P. Klostermann, E.W. Rice, and R.M. Clark, “Inac-
tivation of Escherichia coli by titanium dioxide photocatalytic
oxidation,”Applied and EnvironmentalMicrobiology, vol. 59, no.
5, pp. 1668–1670, 1993.

[21] B. Kim, D. Kim, D. Cho, and S. Cho, “Bactericidal effect of TiO
2

photocatalyst on selected food-borne pathogenic bacteria,”
Chemosphere, vol. 52, no. 1, pp. 277–281, 2003.

[22] S.-H. Lee, S. Pumprueg, B.Moudgil, andW. Sigmund, “Inactiva-
tion of bacterial endospores by photocatalytic nanocomposites,”
Colloids and Surfaces B: Biointerfaces, vol. 40, no. 2, pp. 93–98,
2005.
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In the preliminary study, we have found an excellent osteogenic property of nanohydroxyapatite/chitosan/poly(lactide-co-
glycolide) (nHA/CS/PLGA) scaffolds seeded with human umbilical cord mesenchymal stem cells (hUCMSCs) in vitro and
subcutaneously in the nude mice. The aim of this study was to further evaluate the osteogenic capacity of nHA/CS/PLGA scaffolds
seeded with hUCMSCs in the calvarial defects of the nude mice. Totally 108 nude mice were included and divided into 6 groups:
PLGA scaffolds + hUCMSCs; nHA/PLGA scaffolds + hUCMSCs; CS/PLGA scaffolds + hUCMSCs; nHA/CS/PLGA scaffolds +
hUCMSCs; nHA/CS/PLGA scaffolds without seeding; the control group (no scaffolds) (𝑛 = 18). The scaffolds were implanted into
the calvarial defects of nudemice.The amount of new bones was evaluated by fluorescence labeling, H&E staining, and Van Gieson
staining at 4 and 8 weeks, respectively. The results demonstrated that the amount of new bones was significantly increased in the
group of nHA/CS/PLGA scaffolds seeded with hUCMSCs (𝑝 < 0.01). On the basis of previous studies in vitro and in subcutaneous
implantation of the nude mice, the results revealed that the nHA and CS also enhanced the bone regeneration by nHA/CS/PLGA
scaffolds seeded with hUCMSCs in the calvarial defects of the nude mice at early stage.

1. Introduction

Scaffold materials for bone tissue engineering are usually
divided into inorganic materials, natural biomaterials, and
synthetic polymer materials [1–3]. nHA [4], CS [5], and
PLGA [6] are the representatives for the three kinds of mate-
rials, respectively, in bone tissue engineering. Therefore, in
the preliminary study, we designed nHA/CS/PLGA scaffolds
and preliminarily proved that the nHA/CS/PLGA scaffolds
showed the higher compression and tensile modulus com-
pared with the nHA/PLGA, CS/PLGA, and PLGA scaffolds
(𝑝 < 0.05) [7].

In recent years, it has been reported that hUCMSCs have
similar characteristics with bone marrow-derived mesenchy-
mal stem cells (BMSCs). Itmight be used as a selection of seed
cells for bone tissue engineering [8, 9].

In our preliminary study, when hUCMSCs were seeded
onto nHA/CS/PLGA scaffolds the results showed higher
osteoinduction activity compared with hUCMSCs seeded
onto nHA/PLGA, CS/PLGA, or PLGA scaffolds in vitro
and subcutaneously in the nude mice [7]. It was implied
that PLGA combined with CS and nHA might result in an
acceleration of osteogenic differentiation for hUCMSCs.
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(a) (b)

Figure 1: The images in calvarial defects of nude mice. (a) The calvarial defects of 6mm in diameter. (b) The scaffolds were implanted into
the calvarial defects.

Nevertheless, the capacity of repairing bone defects is
a key factor to assess the osteogenic ability in bone tissue
engineering. Calvarial defect models of nude mice are used
commonly in bone tissue engineering [10–13]. The present
study was designed to make further evaluation on the
effects of nHA/CS/PLGA scaffolds seededwith hUCMSCs on
repairing the calvarial defects of nude mice.

2. Materials and Methods

2.1. Preparation of nHA/CS/PLGA Scaffolds. nHA/CS/PLGA
scaffolds were prepared as described in the preliminary study
[7]. Briefly, nHA (particle size (XRD) ≤ 40 nm, Nanjing
Emperor Nano Material Co., Ltd.), CS (degree of deacety-
lation: 85%∼95%, Zhejiang Golden-Shell Biochemical Co.,
Ltd.), and PLGA (PLA/PGA: 80 : 20, glass transition tempera-
ture: 45∼55∘C, viscosity of IV (dL/g): 0.15∼3.0, Jinan Daigang
Biomaterial Co., Ltd.) were prepared in the weight ratio of
10 : 10 : 80. PLGA was dissolved in chloroform to the concen-
tration of 10%. nHA and CS were added andmixed fully after
PLGA was completely dissolved. And then, sodium chloride
was added into the solutions in the volume ratio of 1 : 10.
The particle sizes of sodium chloride were between 150 and
250𝜇m.The solutionsweremixed uniformly. After ultrasonic
degassing, the solutions were poured into the molds and
stood for 24–48 h. And then, the solutions were hardened
and the scaffolds formed. The scaffolds were demolded and
dried for use. At the same time, nHA/PLGA (weight ratio:
20 : 80), CS/PLGA (weight ratio: 20 : 80), and PLGA scaffolds
were prepared.

2.2. nHA/CS/PLGA Scaffolds Seeded with hUCMSCs In
Vitro. hUCMSCs were obtained as described in the pre-
liminary study [7]. hUCMSCs at P3 were seeded onto
PLGA, nHA/PLGA, CS/PLGA, and nHA/CS/PLGA scaf-
folds, respectively, and maintained in an osteogenic medium
(DMEM/F12 medium (Sigma, USA) supplemented with 10%

fetal bovine serum (FBS, Gibco, USA), 10mmol/L sodium 𝛽-
glycerophosphate, 0.05mmol/L vitamin C, and 100mmol/L
dexamethasone (Sigma, USA)) for 2 weeks in vitro.

2.3. Procedure of Implantation. Totally 108 nude mice (NIH
strain, outbred, 8-week-oldmales) were preanesthetized with
pentobarbital sodium (30mg/kg) via intraperitoneal injec-
tion. The subcutaneous tissue, musculature, and periosteum
were dissected to expose the calvarium. Full-thickness defects
of 6mm in diameter were created in the central areas of cra-
nial bones using a saline-cooled trephine drill (Appledental,
Hong Kong, China). After being maintained in an osteogenic
medium for 2 weeks, the scaffolds seeded with hUCMSCs
were implanted into the calvarial defects. Six groups were
randomly divided according to the defects implanted with
different contents: (1) PLGA scaffolds + hUCMSCs; (2)
nHA/PLGA scaffolds + hUCMSCs; (3) CS/PLGA scaffolds +
hUCMSCs; (4) nHA/CS/PLGA scaffolds + hUCMSCs; (5)
nHA/CS/PLGA scaffolds without seeding; (6) the control
group (no scaffolds) (𝑛 = 18, Figure 1). All animal
experiments were approved by the Animal Care and Use
Committee, School of Medicine, Xi’an Jiaotong University.
All those surgeries were performed under anesthesia, with
minimized damages to the mice.

2.4. Sequential Fluorescent Labeling and H&E Staining. In
order to show themineralization areas of new bones, sequen-
tial fluorescent labeling was performed by giving intracuta-
neous injections with xylenol orange (90mg/kg, Xi’an Chem-
ical Reagent Factory, China), fluorescein sodium (3mg/kg,
Xi’an Chemical Reagent Factory, China), and tetracycline
(50mg/kg, Xi’an Chemical Reagent Factory, China) on the
back of nude mice at 1, 2, and 3 weeks after operation. At 4
weeks after operation, 12 nude mice from each group were
euthanized by using the overdose of sodium pentobarbital,
and the calvarial specimens with 2mm of contiguous bones
were then removed.
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Table 1: The percentages of fluorescence-labeled areas at 4 weeks after operation (𝑛 = 6).

Groups
nHA/CS/PLGA

scaffolds +
hUCMSCs

nHA/PLGA
scaffolds +
hUCMSCs

CS/PLGA scaffolds
+ hUCMSCs

PLGA scaffolds +
hUCMSCs

nHA/CS/PLGA
scaffolds without

seeding

The control
group

The percentages of
fluorescence-labeled
areas (%)

46.33 ± 9.07∗∗ 31.66 ± 18.72 25.33 ± 8.73 21.33 ± 7.02 11.00 ± 4.58 1.67 ± 3.78

The percentages (%) of fluorescence-labeled areas in nHA/CS/PLGA scaffolds + hUCMSCs group were higher than those of other groups, ∗∗𝑝 < 0.01.

Table 2: The percentages of the osteoid tissues and bone islands at 4 weeks (𝑛 = 6).

Groups
nHA/CS/PLGA

scaffolds +
hUCMSCs

nHA/PLGA
scaffolds +
hUCMSCs

CS/PLGA scaffolds
+ hUCMSCs

PLGA scaffolds +
hUCMSCs

nHA/CS/PLGA
scaffolds without

seeding

The control
group

The percentages of
the osteoid tissues
and bone islands (%)

51.50 ± 4.69∗∗ 32.63 ± 3.79 28.73 ± 3.18 27.09 ± 3.23 21.32 ± 2.88 0

The percentages (%) of the osteoid tissues and bone islands in nHA/CS/PLGA scaffolds + hUCMSCs group were higher than those of other groups, ∗∗𝑝 <
0.01.

The nondecalcified calvarial specimens from the 6 nude
mice in each group (𝑛 = 6) were made into the sections of
10 𝜇m in thickness. The sections were examined under the
fluorescence microscope (Leica, Germany). The areas of new
bones between the inner of red fluorescent bands and the
lateral of yellow fluorescent bands were located andmeasured
by Scion Image software (version beta 4.0.3). Measurements
of all sections were performed 3 times by one researcher in
this study. Fluorescence-labeled areas were expressed as the
percentages of the total defect areas.

After decalcified in 14% ethylenediaminetetraacetic acid
(EDTA) for 8 weeks, the 6 calvarial specimens from each
group (𝑛 = 6) were embedded in paraffin and were made into
H&E-stained sections. The sections were examined under
an optical microscope (Olympus, Tokyo, Japan). The osteoid
tissues and bone islands were located and measured by Scion
Image software, expressed as the percentages of the total
defect areas. Measurements of all sections were performed 3
times by one researcher in this study.

2.5. Van Gieson Staining. At 8 weeks, the remaining nude
mice were euthanized, and the samples of six nude mice in
each group were obtained by the above-mentioned method.
Briefly, the nondecalcified samples were embedded bymethyl
methacrylate and cut into the sections of 80𝜇m in thickness
by a bone-sectioning machine (Malto, Japan). The sections
were then stained with Van Gieson and examined under the
optical microscope. The new bones were measured by Scion
Image software, expressed as the percentages of the total
defect areas. Measurements of all sections were performed 3
times by one researcher in this study.

2.6. Statistical Analysis. All data were analyzed using statis-
tical software SPSS17.0 and expressed as means ± standard
deviation. The significance tests were performed by one-way
analysis of variance (ANOVA), followed by Bonferroni post

hoc test. 𝑝 value < 0.05 (∗) and 𝑝 value < 0.01 (∗∗) were
considered statistically significant.

3. Results

3.1. Sequential Fluorescent Labeling. At 4weeks, all nudemice
acted and ate normally after operation. The operation areas
showed mild swellings. The incisions were not infected and
healed well. Rejections were not observed in all groups. The
images of sequential fluorescent labeling exhibited fluores-
cent marks around the defects, except in the control group.
Red, yellow, and green fluorescence bands were irregularly
scattered as strips, rods, and bulks. No obvious boundaries
were detected between those fluorescence bands. In the group
of nHA/CS/PLGA scaffolds + hUCMSCs, the fluorescent
labeling was visible at the edges and centers of the defects and
the fluorescence-labeled areas showedmore extensive signals
compared with the other groups (𝑝 < 0.01) (Table 1). In
contrast, only weak fluorescence signals were found around
the defects in the control group (Figure 2).

3.2. Histological Examination. H&E-stained sections of cal-
varial defects at 4 weeks are shown in Figure 3. The scaffolds
were partially degraded, and the residue of scaffolds and the
loose fibrous connective tissue were found inside the scaf-
folds. In the group of nHA/CS/PLGA scaffolds + hUCMSCs,
bone islands were scattered around and inside the defects. In
the groups of nHA/PLGA scaffolds + hUCMSCs, CS/PLGA
scaffolds + hUCMSCs, and PLGA scaffolds + hUCMSCs,
bone islands could be occasionally observed around the
defects. The osteoid tissues could be found around and
inside the defects. However, in the group of nHA/CS/PLGA
scaffolds without seeding, the osteoid tissues were only found
around the defects, and the bone islands were not detected.
No osteoid tissues or bone islands were observed in the
control group (Figure 3). No infiltrated inflammatory cells
were detected in all groups. It was shown in Table 2 that
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Figure 2: The images of sequential fluorescent labeling at 4 weeks. (a) nHA/CS/PLGA scaffolds + hUCMSCs; (b) nHA/PLGA scaffolds +
hUCMSCs; (c) CS/PLGA scaffolds + hUCMSCs; (d) PLGA scaffolds + hUCMSCs; (e) nHA/CS/PLGA scaffolds without seeding; (f) the
control group (no scaffolds). The fluorescent labeling was visible around and inside the defects and the fluorescence-labeled areas were
more extensive compared with the other groups (𝑝 < 0.01) (a). Only weak fluorescence signals were found around the defects (f). Original
magnification: 50x.
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Figure 3: HE-stained sections of calvarial defects at 4 weeks. (A) nHA/CS/PLGA scaffolds + hUCMSCs; (B) nHA/PLGA scaffolds +
hUCMSCs; (C) CS/PLGA scaffolds + hUCMSCs; (D) PLGA scaffolds + hUCMSCs; (E) nHA/CS/PLGA scaffolds without seeding; (F) the
control group (no scaffolds). (G), (H), (I), (J), and (K) were the enlarged photographs of the rectangular frames in (A), (B), (C), (D), and (E),
respectively.The bone islands were scattered around and inside the scaffolds (A).The bone islands could be occasionally observed around the
defects. The osteoid tissues could be found around and inside the defects (B, C, and D). However, in the group of nHA/CS/PLGA scaffolds
without seeding, osteoid tissues were only found around the defects, and bone islands were not detected (E). No osteoid tissues or bone islands
were observed in the control group (F). BI: bone islands, OT: osteoid tissues, and S: scaffolds. Original magnification (A–F): 50x. Original
magnification (G–K): 300x.



BioMed Research International 5

(a) (b) (c)

(d) (e) (f)

Figure 4: Macroscopic observation of the defects at 8 weeks after operation. (a) nHA/CS/PLGA scaffolds + hUCMSCs; (b) nHA/PLGA
scaffolds + hUCMSCs; (c) CS/PLGA scaffolds + hUCMSCs; (d) PLGA scaffolds + hUCMSCs; (e) nHA/CS/PLGA scaffolds without seeding;
(f) the control group (no scaffolds). The defects were filled with new bones (a). No obvious boundaries were found between the new bones
and host bones (a–e). The defects were partially healed in the control group (f).

Table 3: The percentages of new bones at 8 weeks (𝑛 = 6).

Groups
nHA/CS/PLGA

scaffolds +
hUCMSCs

nHA/PLGA
scaffolds +
hUCMSCs

CS/PLGA scaffolds
+ hUCMSCs

PLGA scaffolds +
hUCMSCs

nHA/CS/PLGA
scaffolds without

seeding

The control
group

The percentages of
new bones (%) 74.30 ± 6.52∗∗ 61.66 ± 2.73 55.29 ± 8.76 49.46 ± 6.21 32.23 ± 4.67 0

The area percentages (%) of new bones in nHA/CS/PLGA scaffolds + hUCMSCs group were higher than those of the other groups, ∗∗𝑝 < 0.01.

the percentages of the osteoid tissues and bone islands in
the group of nHA/CS/PLGA + hUCMSCs were significantly
higher than those of other groups (𝑝 < 0.01).

At 8 weeks, in the group of nHA/CS/PLGA scaffolds +
hUCMSCs, the defects were filled with new bones. No
obvious boundaries were found between the new bones
and host bones. In the other groups except for the control
group, the defects were partially healed. Similarly, no obvious
boundaries were found between the new bones and host
bones (Figure 4). Van Gieson staining showed that most of
bone defects were replaced by the new bones and scaffolds
were largely degraded in the group of nHA/CS/PLGA +
hUCMSCs. There was no difference between the new bones
and host bones. There were lots of mature and cord-
like lamellar bones bridged with the host bones. In the
groups of nHA/PLGA scaffolds + hUCMSCs, CS/PLGA

scaffolds + hUCMSCs, PLGA scaffolds + hUCMSCs, and
nHA/CS/PLGA scaffolds without seeding, the remaining
scaffolds could still be observed. New block-style and island-
style bones were formed in the defect areas and the woven-
shaped collagen fibers were coarse and disorderly arranged
in these new bones. However, in the group of nHA/CS/PLGA
scaffolds without seeding, new bones were visible around the
defects, but invisible inside the defects (Figure 5).

New bones were the most in the group of nHA/CS/PLGA
+ hUCMSCs (𝑝 < 0.01) (Table 3). In the control group, the
defects were not repaired and filled by connective tissues.

4. Discussion

Nude mice lack the thymus, resulting in the obstacle of
generating T cells. Therefore, they are widely used in
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Figure 5: Van Gieson staining in the calvarial defects at 8 weeks. (a) nHA/CS/PLGA scaffolds + hUCMSCs; (b) nHA/PLGA scaffolds +
hUCMSCs; (c) CS/PLGA scaffolds + hUCMSCs; (d) PLGA scaffolds + hUCMSCs; (e) nHA/CS/PLGA scaffolds without seeding; (f) the
control group (no scaffolds). Most of bone defects were replaced by new bones and scaffolds were found degraded mostly. There was no
difference between new bones and host bones. There were lots of mature and cord-like lamellar bones bridged with host bones (a). The
remaining scaffolds could still be observed. New block-style and island-style bones formed inside the defects (b, c, d, and e). New bones were
visible around the defects but invisible inside the defects (e). There were no new bones found in the control group (f). NB: new bone; S:
scaffold. Original magnification: 300x.

the experiments on immunology, oncology, toxicology, and
other subjects of life science. Moreover, they have poor blood
supply and bone regeneration. Immunosuppression of nude
mice also causes their lack of key signals in the process of
bone repairing, leading to retarded bone regeneration [14, 15].
So the calvarial defects of nude mice are good models for
analyzing the repairing effect of scaffold materials on bone
defects.

Sequential fluorescent labeling has been widely used
in the researches on bone metabolism. The beginning of
calcification and the formation of new bones are confirmed
qualitatively by the method [16, 17]. In our study, the
nude mice were injected sequentially with xylenol orange,
fluorescein sodium, and tetracycline. Under the fluorescence
microscope, fluorescent bands of xylenol orange were shown
as bright red, fluorescein sodium as bright green, and tetra-
cycline as bright yellow. By this simple method, the process
of bone metabolism can be reflected.

Because the nondecalcified samples at 8 weeks were too
hard to be made into fluorescent-labeled sections due to
high degree of calcification, therefore the samples only at 4
weeks were made into the fluorescence-labeled sections. In
the study, our data showed obvious difference by fluorescent
markers between the group of nHA/CS/PLGA scaffolds
+ hUCMSCs and the other groups, suggesting that the
formation of new bones in the group of nHA/CS/PLGA

scaffolds + hUCMSCs was faster, compared with the other
groups.

The bone samples forHE stainingmust be demineralized.
The nucleus of cells at 8 weeks was stained as blue rather than
red, because the samples at 8 weeks needed to be decalcified
for a long time. So the sections of samples at 8 weeks were
stained by Van Gieson instead of H&E.

It was reported that the scaffoldswithout seeding repaired
bone defects mainly through bone conduction [18–20].
Firstly, the new vessels and bones grew from the edge to the
inside of defects. In other words, bone repairing occurred
from the joint of the host bones and scaffolds to the interior
of scaffolds. However, the scaffolds seeded with cells repaired
bone defects in two ways, that is, bone conduction and bone
induction [21, 22]. New bones were formed around and inside
the scaffolds. The main reason might be that the seeded
cells in the scaffolds are proliferated and differentiated into
osteoblasts, and new bones were formed finally. At the same
time, the mesenchymal cells around the defects in the host
bones are induced and differentiated into osteoblasts. It also
facilitates forming new bones. In this experiment, it was
shown that, in the group of nHA/CS/PLGA scaffolds without
seeding, the repairing process occurred around the defects.
At 8 weeks, the sections stained by Van Gieson showed the
lack of new bones in the center of calvarial defects. In con-
trast, in the groups of scaffolds seeded with hUCMSCs, new
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bones were found around and inside the defects. Our findings
suggested that osteogenesis of osteoblasts was promoted
only by bone conduction around the defects in the group
of nHA/CS/PLGA scaffolds without seeding. However, the
conduction and induction of bones simultaneously occurred
in the groups of nHA/CS/PLGA, nHA/PLGA, CS/PLGA, and
PLGA scaffolds seeded with hUCMSCs. In addition, most
of new bones were found in the group of nHA/CS/PLGA
scaffolds + hUCMSCs. It was implied that nHA/CS/PLGA
scaffolds contributed to osteogenic induction of hUCMSCs.

Degradability of scaffold materials is crucial for materials
in bone tissue engineering. Growth factors secreted by seeded
cells induce the aggregation of the osteoclasts via signal
conduction. In addition, these growth factors lead to the
degradation of materials [10]. In this study, it was shown in
H&E staining at 4 weeks (Figure 4) and Van Gieson staining
at 8 weeks (Figure 5) that nHA/CS/PLGA scaffolds were
mostly degraded or broken down into smaller particles.

As a kind of ideal inorganic bioactive material, the
particle sizes of nHA are small and its surface areas are
large. Unique surface properties of nHA, such as chemical
properties, surface topography, and surface energy, medi-
ate the bioactivity of specific proteins, such as fibronectin,
vitronectin, and laminin. Consequently, cell behaviors are
regulated, and the tissue regenerations are further promoted
[4, 23–25]. Therefore, nHA particles on the scaffolds might
lead to higher mineralization and more new bones. CS
is one of the most promising natural materials due to its
remarkable physicochemical and biological properties. CS is
widely available, and its hydrophilic surfaces can promote
the adhesion, proliferation, and differentiation of cells [26–
29]. It was reported that CS on the surface of PLGA scaffolds
promoted the osteogenic differentiation of cells [30]. In
addition, PLGA can be artificially synthesized with a well-
controlled degradation rate, and it has been utilized in bone
reconstruction due to its resorption and biocompatibility
[31, 32]. Therefore, the three materials were usually chosen
as raw materials of scaffolds. However, the compound of
the three materials was not reported. In the previous study,
we found that nHA/CS/PLGA scaffolds have better adhesion
and proliferation for hUCMSCs, comparedwith nHA/PLGA,
CS/PLGA, and PLGA scaffolds. The expression level of
alkaline phosphatase and osteocalcin was higher in vitro. The
formation of osteoid tissues was also more in subcutaneous
experiment [7]. Because of poor mechanical properties and
uncontrollable degradation properties, CS/nHA scaffolds
were not included in our previous study. In this study, we
found that the calvarial defects of nude mice were repaired
more effectively by the nHA/CS/PLGA scaffolds seeded
with hUCMSCs, compared with nHA/PLGA, CS/PLGA, and
PLGA scaffolds seeded with hUCMSCs.Theremight be three
reasons for the above process. (1) Bone repairing capability
of scaffolds are magnified when inorganic materials, natural
biomaterials, and synthetic polymer are combined, which
was already reported in related researches [33–37]. (2) It
was reported that the adhesion to the cells is improved
after the surface areas of scaffolds are increased [38]. The
particles of nHA and CS can increase the surface roughness
of PLGA scaffolds, leading to better cell-adhesive capacity.

(3) It was reported that better performance was achieved
when the nHA/chitosan compounds were developed [39,
40]. Therefore, nHA and CS in nHA/CS/PLGA scaffolds
probably had synthetic effects on repairing bone defects.
However, the specific mechanism of repairing bone defects
for nHA/CS/PLGA scaffolds seeded with hUCMSCs needs to
be further investigated.

It was reported that it was difficult to repair critical
calvarial defects in a short time [40].Therefore, it was crucial
to accelerate the repairing of calvarial defects. In the group
of nHA/CS/PLGA scaffolds + hUCMSCs, we found the areas
of osteoid tissues and bone tissues were the largest at 4 and
8 weeks, which was statistically significant. It was implied
that nHA/CS/PLGA scaffolds seeded with hUCMSCs could
accelerate the bone regeneration at early stage.

5. Conclusion

Our findings revealed that nHA and CS enhanced the
bone regeneration of nHA/CS/PLGA scaffolds seeded with
hUCMSCs in the calvarial defects of the nude mice at early
stage. nHA/CS/PLGA scaffolds seeded with hUCMSCs could
have wide applications in bone tissue engineering.
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Bone tissue engineering is an emerging field, representing one of the most exciting challenges for scientists and clinicians. The
possibility of combining mesenchymal stem cells and scaffolds to create engineered tissues has brought attention to a large
variety of biomaterials in combination with osteoprogenitor cells able to promote and regenerate bone tissue. Human adipose
tissue is officially recognized as an easily accessible source of mesenchymal stem cells (AMSCs), a significant factor for use in
tissue regenerative medicine. In this study, we analyze the behavior of a clonal finite cell line derived from human adipose tissue
seeded on poly(𝜀-caprolactone) (PCL) film, prepared by solvent casting. PCL polymer is chosen for its good biocompatibility,
biodegradability, and mechanical properties. We observe that AMSCs are able to adhere to the biomaterial and remain viable for
the entire experimental period. Moreover, we show that the proliferation process and osteogenic activity of AMSCs are maintained
on the biofilm, demonstrating that the selected biomaterial ensures cell colonization and the development of an extracellular
mineralized matrix. The results of this study highlight that AMSCs and PCL film can be used as a suitable model to support
regeneration of new bone for future tissue engineering strategies.

1. Introduction

The rapidly growing knowledge of cell biology and mate-
rial science has brought attention to the tissue engineer-
ing approach as a promising strategy, alternative to the
conventional autogenic or allogenic surgical techniques for
bone defects regeneration [1–3]. Tissue engineering is a
multidisciplinary field that is affected by three main agents
including cell source, scaffold biomaterial, and biochemical
agents. In particular, bone tissue engineering involves the
transplant of an appropriate scaffolding biomaterial alone
or in combination with cells, that is, osteoblast progenitors
and/or growth factors capable of osteogenic differentiation
necessary for bone repair and regeneration [3, 4].

In order to achieve the proposed aim, it is important to
select appropriate cell sources and biomaterials, since the cell-
scaffold interaction represents a crucial step for the success
of tissue engineering applications. One of the efforts in this
field is the use of mesenchymal stem cells (MSCs) as a
source for tissue engineering [5]. MSCs are undifferentiated,
nonhematopoietic cells of mesodermal derivation that are
present in a number of postnatal organs and connective
tissues, including bone marrow, trabecular bone, synovium,
umbilical cord, dental tissues, and skin [6–10], and have
the potential to differentiate into osteogenic, chondrogenic,
adipogenic, and endothelial lineages [11–14]. Bone marrow
mesenchymal stem cells (BMSCs) represent the most thor-
oughly studied source of MSCs for bone tissue regeneration.

Hindawi Publishing Corporation
BioMed Research International
Volume 2015, Article ID 323571, 12 pages
http://dx.doi.org/10.1155/2015/323571

http://dx.doi.org/10.1155/2015/323571


2 BioMed Research International

However, bone marrow is obtained through an invasive and
painful procedure.

In recent years, a promising population of MSCs has
been identifiedwithin adipose tissue, termed adipose-derived
mesenchymal stem cells (AMSCs). In fact, human adipose
is ubiquitous and can easily be obtained in large quantities
with very little donor site morbidity or patient discomfort.
Moreover, stem cell yields are greater fromadipose tissue than
from other stem cell reservoirs, a significant factor for use in
regenerative medicine, as many 1 × 107 AMSCs can routinely
be isolated from300mLof lipoaspirate, with greater than 95%
purity [15–18].

AMSCs have been extensively described in terms of stem-
ness [19, 20] and osteogenic differentiation capacity [18, 21],
andmany researchers have shown the potential use ofAMSCs
in combinationwith a variety of differentmaterials, including
ceramics, titan alloys, natural and synthetic polymers, and
natural or semisynthetic grafts for bone tissue engineering
[21–27], proposed for the treatment of bone pathological
conditions.

In our study, we decided to utilize the polyester poly(𝜀-
caprolactone) (PCL) in the form of film prepared by solvent
casting, since it is a nontoxic, biodegradable polymer, with a
slow degradation rate (months to years), which demonstrates
goodmechanical strength and biocompatibility [28–32]. PCL
has been widely investigated for different biomedical appli-
cations, such as drug delivery systems (nano- or micropar-
ticles), medical devices (e.g., sutures, wound dressing, con-
traceptive devices, and internal fixation devices), and tissue
engineering [33, 34].

Despite the publication of numerous reports on PCL for
bone tissue engineering destined for biomedical applications
[35–40], there is no literature describing the in vitro behavior
in terms of adhesion, vitality, proliferation, and osteogenic
differentiation of human AMSCs (hAMSCs) seeded onto
PCL film. Therefore, the objective of the study was to
demonstrate the potential of this cell-biomaterial model for
the proposed application, supporting and promoting the
research on hAMSCs and PCL in bone tissue engineering
strategies.

2. Materials and Methods

2.1. hAMSCs Cultures. hAMSCs line, named PA42, was
isolated from small fragments of subcutaneous adipose tissue
biopsy obtained during general surgery from a patient, after
signing an informed consent in accordance with a protocol
approved by the Local Ethics Committee of AOU-Careggi,
Firenze (Italy), for human studies (Rif.n.31-13). Briefly the
adipose tissue sample was minced into small pieces (0.5–
1mm) and digested for 3 hours at 37∘C in Ham’s F12 Coon’s
modification medium supplemented with 20% fetal bovine
serum (FBS) and 3mg/mL collagenase type I (C-0130, Sigma
Aldrich). The tissue was then mechanically dispersed by
pipetting and passed through a sterile 230 𝜇m stainless steel
tissue sieve. The undigested tissue trapped in the sieve was
discarded, while the infranatant containing the hAMSCs
fraction was collected and the cells were sedimented by cen-
trifugation at 300 g for 5min.The cells were resuspended and

primary culture was seeded in 100mm tissue culture plates
at 37∘C in humidified atmosphere with 5% CO

2
in medium

thus composed: Ham’s F12 Coon’s modification medium sup-
plemented with 20% FBS, 100 IU/mL penicillin, 100𝜇g/mL
streptomycin, and 1 ng/mL basic Fibroblast Growth Factor
(bFGF). The medium was refreshed twice a week and the
cells were used for further subculturing or cryopreservation
upon reaching 5 × 103 cells/cm2. From this point, primary
culture was expanded in growth medium (GM), Ham’s F12
Coon’s modification medium supplemented with 10% FBS,
100 IU/mL penicillin, 100 𝜇g/mL streptomycin, and 1 ng/mL
basic Fibroblast Growth Factor (bFGF), and/or differenti-
ated in specified medium according to the experimental
protocol.

2.2. hAMSCs Cloning. PA42 cells at the 3rd passage were
used for cell cloning. Cells in an active phase of growth were
cloned by the dilution plating technique. Cells were detached
with trypsin 1 : 250 0.4mg/mL in Dulbecco’s Phosphate
Buffered Saline (DPBS) without Ca2+ without Mg2+ with
EDTA 0.2mg/mL and with glucose 1mg/mL, resuspended in
Coon’s medium + 20% FCS. The cell suspension was diluted
to a concentration of 10 cells/mL in the following cloning
medium: Coon’s and 20% FCS supplemented with 25%
conditioned medium prepared from human fetal fibroblast
culture. The cell suspension was maintained in agitation and
0.1mL was rapidly distributed per well of a 96-well, half area
tissue culture plate. Each well was carefully observed and
the wells containing only one cell were scored. The cloning
culture was incubated at 37∘C in humidified air with 5%CO

2
.

When colonies reached the consistency of 500–1000 cells,
they were detached, collected, and first transferred in 24-
well plates and subsequently expanded in 60mmand 100mm
dishes.

2.3. Soft Agar Assay for Neoplastic Transformation. Neoplas-
tic transformed cells form colonies that grow progressively
in soft agar. A 35mm dish was coated with 1% agar prepared
in culture medium maintained liquid at 45∘C. The dish was
immediately cooled. Cells in growth phase were detached,
suspended in medium, diluted to double the required final
concentration, and maintained at 37∘C. 0.68% agar was
prepared inmedium andmaintained at 45∘C. Cell suspension
was mixed with an equal volume of 0.68% agar, distributed
into the agar coated dish to obtain a final concentration of
2.5 × 103 cells/dish, and immediately cooled. The cells were
cultured at 37∘C in humidified air with 5% CO

2
for 3-4 weeks

until the formation of colonies and their growth. Colonies
formed per dish were observed and counted in phase contrast
microscopy.

2.4. hAMSCs Characterization and Multipotency Evaluation.
The characterization of the PA42 cell line and the finite
clonal cell line, named PA42-C4, was performed by immuno-
cytochemical staining of the main stemness markers of
mesenchymal stem cells (CD44, CD105, and STRO1) and by
studying their multipotency toward both the adipogenic and
osteogenic phenotypes, as described below.
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2.4.1. Immunocytochemical Staining. PA42-C4 finite clonal
line was seeded in 24-well plate and grown in GM until
23–30% confluence. Then, cells were washed with DPBS
(two times), fixed in 4% paraformaldehyde PFA/DPBS for
10min, and washed with ultrapure water (three times). After
permeabilization with 0.2% PBS 1x/Triton X-100 solution for
15min and treatment with RNAse, samples were incubated
with primary antibody for CD44, CD105, STRO1, and CD45
(all Invitrogen) in PBS at 4∘C, overnight. The following day,
primary antibody was removed by extensive washes with
PBS and secondary antibody Alexa Fluor 488-conjugated
(Invitrogen) was incubated for 1 h at room temperature in
the dark. Subsequently, samples were washed with PBS and
observed by Laser Scanning Confocal Microscopy (LSCM).

2.4.2. Adipogenic Differentiation. PA42 cell line and PA42-
C4 finite clonal line were cultured with a specific adipogenic
medium (AM): Ham’s F12 Coon’s modification medium sup-
plemented with 10% (FBS), 100 IU/mL penicillin, 100 𝜇g/mL
streptomycin and 1 𝜇M dexamethasone, 1 𝜇M bovine insulin,
and 0.5mM isobutylmethylxanthine (IBMX). The medium
was refreshed twice a week.The expression of the adipogenic
phenotype was evaluated on cells cultured in AM or GM for
20 days by Oil Red O staining.

2.4.3. Osteogenic Differentiation. PA42 cell line and PA42-C4
finite clonal line were plated on tissue culture dishes at a cell
density of 1 × 104 cells/cm2 in GM and grown to 70–80% con-
fluence. Afterwards, the medium was switched to osteogenic
medium (OM): Ham’s F12 Coon’s modification medium sup-
plemented with 10% FBS, 100 IU/mL penicillin, 100 𝜇g/mL
streptomycin, 10 nM dexamethasone, 0.2mM sodium L-
ascorbyl-2-phosphate, and 10mM 𝛽-glycerol phosphate. The
medium was refreshed twice a week. The expression of the
osteoblastic phenotype was evaluated at 10 and 20 days from
induction by contemporary monitoring ALP activity and
mineralization by cytochemical staining. For ALP staining,
the cells were washed with DPBS (two times), stained with
a specific dye mixture: 5mg Naphthol-AS-MX phosphate
sodium salt, previously dissolved in 1mL dimethyl sulfoxide,
40mg Fast Red Violet LB, or Fast Blue BB, dissolved in
49mL Tris-HCl Buffer 280mM, pH 9.0 for 30min at 37∘C.
Then, the cells were washed with DPBS (two times), fixed in
4% paraformaldehyde (PFA)/DPBS for 15min, and washed
with ultrapure water (three times). ALP+ cells were stained
in red and nuclei counterstained in blue with Mayer’s acid
hemalum or with DAPI. Formineralization staining, the cells
were washed with DPBS (two times), fixed in 4% PFA/DPBS
for 15min, and washed with ultrapure water (three times).
Calcium mineral deposits were stained for 2min with 2%
Alizarin Red S, pH 6.0, and rinsed with water; calcium
mineralized deposits were stained in red-orange.

2.5. Preparation of PCL Film. Poly(𝜀-caprolactone) (PCL,
CAPA 6800, MW = 80000 g/mol) was kindly supplied by
Perstorp Caprolactones Ltd. (UK).

PCL solution at a concentration of 5%w/v was prepared
by dissolving the polymer in acetone (Sigma Aldrich) at 30∘C

under gentle stirring overnight. PCL film was prepared by
solvent casting of the polymeric solution. For this purpose
8mL of the solution was placed in a 12 cm diameter glass
Petri dish.The casted solutionwas left overnight in an acetone
closed chamber and dried for 1 day under a fume hood.
The dried film was removed from the Petri dish and left
under the fume hood for 24 h and kept under vacuum for
8 h to eliminate residual solvent. Afterwards, the PCL film
was divided into small round disks with a diameter of 14mm,
sterilized overnight in 70% ethanol, and extensively washed
in PBS.

Before cell seeding, all disks were incubated overnight in
GM, in order to promote and facilitate cell adhesion.

2.6. Investigation of Adhesion of hAMSCs on PCL Film.
Adhesion of hAMSCs, PA42-C4 finite clonal line, grown on
the PCL film, was investigated by analysis of fibronectin, the
main cell adhesion protein, and observation of cytoskeleton
fibers, using LSCM. hAMSCs were seeded on PCL films,
positioned in a 24-well plate, at a cell density of 5 ×
103 cells/well, and cultured in GM for 7 days. Afterwards,
samples were washed with DPBS (two times), fixed in
4% paraformaldehyde (PFA/DPBS) for 10min, and washed
with ultrapure water (three times). After permeabilization
with 0.2% PBS 1x/Triton X-100 solution for 15min, samples
were treated with RNAse in 2% bovine serum albumin
(BSA) in order to degrade RNA and to block nonspecific
sites.

Afterwards, samples were incubated with primary anti-
body for fibronectin (Sigma Aldrich) in PBS at 4∘C,
overnight.The following day, primary antibody was removed
by extensive washes with PBS, and secondary antibody Alexa
Fluor 488-conjugated (Invitrogen) was incubated for 1 h at
room temperature in the dark. Cytoskeleton fibers (F-actin)
were stained with phalloidin-Alexa Fluor 635 (Invitrogen)
for 45min a room temperature in the dark. Subsequently,
samples were washed with PBS and observed by Laser
Scanning Confocal Microscopy (LSCM).

2.7. Cell Viability and Proliferation on PCL Film. Viability of
the PA42-C4 clonal line and cytocompatibility on biomaterial
were assessed by staining of the samples with Acridine
Orange (AO). Cells were seeded on PCL film in 24-well
plate at a density of 2 × 104 cells and vitality was assayed
at specific end points (2, 4, 7, 10, 13, and 16 days). Samples
were washed three times with DPBS to remove dead cells
and serum proteins. Afterwards, they were incubated in
4mg/L AO solution (in PBS, 2mL/well) in the dark at room
temperature for 10min and washed three times with PBS.
The cells were immediately observed in phase contrast and
under fluorescence (BP365/FT395/LP397 filter set) with an
Axiovert 200M microscope, and images were acquired with
Axiovision Software on an AxioCam HRC 12 megapixel
camera (Carl Zeiss, Oberkochen, Germany). When stained
with AO, DNA and mitochondria emit metachromatic green
fluorescence (530 nm), and lysosomes, typically present in
suffering or damaged cells, emit red fluorescence (650 nm)
following excitation by ultraviolet (UV) light (365 nm).
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The proliferation rate of the PA42-C4 clonal line on
biomaterial was evaluated via 3-(4,5-dimethylthiazol-2-yl)-
2,5-diphenyl-tetrazolium bromide (MTT; Sigma Aldrich,
USA) assay. Cells were seeded on PCL film in a 24-well
plate at a cell density of 5 × 103 and incubated at 37∘C and
5% CO

2
. After 2, 4, 7, 10, 13, and 16 days of cell culturing,

samples were washed in DPBS and l mL of MTT solution
was added to each well. For conversion of MTT to formazan
crystals by mitochondrial dehydrogenases of living cells,
the plate was incubated at 37∘C for 4 h. For dissolution
of the dark-violet intracellular formazan, the supernatant
was removed and 300 𝜇L of 0.04N HCl in isopropanol, as
solvent, was added per well and plate shaken for 20min. The
optical density was read at a wavelength of 570 nm in cuvette
using BioPhotometer (Eppendorf). The same procedure was
performed for cells cultured on tissue culture polystyrene as
control. Each experimental point was performed in triplicate.

2.8. ALP Assay and Mineralization of hAMSCs on PCL Film.
The PA42-C4 clonal line was seeded on PCL film, positioned
in a 24-well plate, at a concentration of 1 × 105 cells/well.
After a week, the GM was replaced with OM containing the
fluorophore calcein 1 𝜇g/mL and incubated from 7 to 35 days.
At the end of the incubation, the cells were washed with
DPBS (two times), fixed in 4% PFA/DPBS for 15min, washed
with ultrapure water (three times), dried, and preserved at
4∘C until analysis. Each experimental point was performed
in quadruplicate and each experiment repeated three times.

2.8.1. ALP Assay. Each well containing differentiated PA42-
C4 cells on PCL film was incubated with 500𝜇L of 4-
methylumbelliferyl phosphate in 280mM Tris-HCl Buffer,
pH 9.0 for 30min at 37∘C. The reaction was stopped by the
addition of 2.5mL 0.1M NaOH. ALP activity was measured
with a spectrofluorometer LS55 (PerkinElmer) at 365 nm
(𝜆 excitation) and 445 nm (𝜆 emission) and expressed in
𝜇U/ngDNAusing a standard curve of 4-methylumbelliferone
from 50 nM to 10 𝜇M in 280mM Tris-HCl Buffer pH 9.0.

2.8.2. Calcium Mineralized Deposits Assay. Each well con-
taining differentiated PA42-C4 cells on PCL film was incu-
bated with 2mL of 50mM NaEDTA at room temperature,
overnight, in order to solubilize all the calcium mineralized
deposits.Then, the solutionwas transferred into a cuvette and
the fluorescence measured with a spectrofluorometer LS55
(PerkinElmer) at 494 nm (𝜆 excitation) and 517 nm (𝜆 emis-
sion) and expressed in 𝜇g/ng DNA, using a standard curve of
hydroxyapatite from 25 ng/mL to 500mg/mL, solubilized in
50mM NaEDTA.

2.9. Statistical Analysis. For proliferation analysis, statistical
processing was performed during the “log phase” of the
growth curves using (a) the linearity test by Student’s 𝑡-test
and the 𝑅2 coefficient of determination for each regression
and (b) the parallelism test by Student’s 𝑡-test to compare
growth curves of PA42-C4 grown on PCL film with the
growth curve of PA42-C4 grown on PS. For ALP and
mineralized calcium deposits assays the experiments were

carried out in quadruplicate and each experiment repeated
three times. All data were expressed asmeans ± SD. Statistical
differences amongmean values were analyzed using Student’s
𝑡-test.

All the results obtained on the biomaterial were compared
with those obtained by growing the cells on polystyrene (PS)
tissue culture, used as positive control. Data on PCL filmwere
not significantly lower than those obtained on PS which were
considered positive.

3. Results

3.1. Characterization of PA42-C4 Finite Clonal Line. The
plastic-adherent cell population derived fromhuman adipose
tissue, called PA42, was cloned at passage 3. Thirteen clones
were obtained and, among them, clone PA42-C4 was ran-
domly selected for subsequent characterization.

The PA42-C4 cell line showed an elongated and fusiform,
fibroblast-like shape, even if a greater number of cellular pro-
cesses were present compared to the fibroblasts (Figure 1(a)).
The PA42-C4 line did not show growth in soft agar after 4
weeks in culture, demonstrating no malignant transforma-
tion in cells (Figure 1(b)).

Immunofluorescent staining of PA42-C4, observed in
LSCM, has allowed the expression of specific stemness
markers on PA42-C4 surface, such as CD44, CD105, STRO1,
and CD45, to be analyzed. The results obtained highlight the
mesenchymal origin of the cell line, since CD44, CD105, and
STRO1 were intensely stained, in contrast to the hematopoi-
etic lineage marker CD45 which is negative (Figure 2).

The same positivity of the aforesaidmarkers was obtained
with the heterogeneous population of PA42, before cell
cloning (data not shown).

Afterwards, in order to verify their multipotency, both
of the cell lines, PA42 and PA42-C4, were differentiated into
adipogenic and osteogenic phenotypes.

PA42-C4 induction with AM for 10 days resulted in the
presence of small lipid droplets within some cells distributed
around the cellular nucleus, indicating the beginning of the
adipogenic differentiation. After 20 days, induction resulted
in an expanded cell morphology and the accumulation of
multiple intracellular lipid-filled droplets in a significant
fraction of the cells (Figures 3(a), 3(b), and 3(c)).

Osteogenic induction of the PA42-C4 line was assessed
with OMup to 20 days and observed during the entire period
of study, monitoring the ALP expression and the production
of mineralized calcium deposits.

Specifically, after 10 days, some cells began to express
ALP, although with slight or medium intensity, surrounded
by other negative cells. Finally, 20 days after the beginning
of osteogenic induction, almost all of the PA42-C4 cells were
strongly positive for ALP, with only a few, negative, scattered
cells (Figures 3(d), 3(e), and 3(f)). Control cells grown in GM
for the same time did not show any ALP+ cells.

Osteoblastic activity was evidenced by the production
of an osteoid matrix by PA42-C4 cell line cultured in OM,
obtaining an abundant deposition of a mineralized matrix
after 20 and 30 days from induction, in a time-dependent
manner. The area of matrix formation coincided with that
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Figure 1: Representative images of the PA42-C4 clonal cell line grown on PS (a) and on soft agar (b). Phase contrast microscopy. Objective
10x.
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Figure 2: Microscopic observations in LSCM of the main stemness markers on hADSCs. Images show the positive immunofluorescence
staining forCD44, CD105, and STRO1 (conventional green color) and negative immunofluorescence staining forCD45.Nuclei counterstained
with propidium iodide (conventional blue color) and cytoskeleton with phalloidin-Alexa Fluor 635 (conventional red color). Objective 10x.
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Figure 3: Multipotency evaluation of the PA42-C4 cell line. (a, b, c) Representative images of Oil Red O staining at time 0 and after 10 and
20 days of adipogenic induction; the intracellular lipids are in red and nuclei counterstained with Mayer’s acid hemalum are in blue. Images
acquired in brightfield microscopy. Objective 40x. (d, e, f) Representative images of Fast Blue BB staining at time 0 and after 10 and 20 days
of osteogenic induction; ALP+ cells are in blue and nuclei counterstained with propidium iodide are in fluorescent red. Images acquired
in brightfield microscopy for ALP+ cells and in epifluorescence for nuclei. Objective 40x. (g, h, i) Representative images of Alizarin Red S
staining at time 0 and after 20 and 30 days of osteogenic induction; mineralized calcium deposits are in red. Images acquired in phase contrast
microscopy. Objective 40x.

of Alizarin Red S staining. In contrast, control cells grown
in GM for the same time did not show any production of
calcium deposits (Figures 3(g), 3(h), and 3(i)). Phase con-
trast microscopy observations of PA42-C4 cells stained with
Alizarin Red S showed cell death and degeneration, observed
near large mineralized deposits 35 days after osteoinduction.

The same behavior, using AM or OM, was confirmed in
the heterogeneous population of PA42, before cell cloning
(data not shown).

3.2. Preparation of PCL Film. PCL samples for cell culture
experiments were prepared by solvent casting, a technique
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Figure 4: Representative photo of a disk of PCL film used in all of
the experiments.

allowing the obtainment of polymeric films with limited
thickness. This technique involves the dissolution of the
polymer into a suitable solvent, the casting of the solution
into a predefined mold, and the controlled evaporation of
the solvent leaving behind a polymeric film. Homogeneous
PCL samples were successfully prepared by optimizing the
processing parameters, such as the polymer concentration
and the volume of the cast solution. The use of an enclosed
chamber saturated with solvent atmosphere during the dry-
ing process allowed slowing down the solidification process
and thus the obtainment of a more uniform film surface
morphology and thickness.

Specifically, the PCL film utilized for the study has a
thickness of 70.35 ± 13.41 𝜇m (mean ± SD) (Figure 4).

3.3. Analysis of Cell Adhesion andCytoskeletalOrganization on
PCL Film. Attachment of cells is one of the most important
aspects of a scaffold. Microscopic examination in LSCM
of fibronectin, the main cell adhesion protein, of PA42-C4
grown on PCL film for 7 days has permitted the verification
of good adhesion of cells with intense staining localized over
the entire cell surface, showing no qualitative differences with
respect to PA42-C4 cells grown on PS, as control (Figure 5).

Cell morphology and cytoskeletal organization analysis,
determined by F-actin labeling with phalloidin-Alexa Fluor
635, has demonstrated the presence of stress fibers in PA42-
C4 grown for 7 days on PS and on a disk of PCL film.
Cells appeared spindle- or rectangular-shaped with multiple
cellular extensions and exhibited bundles of longitudinal F-
actin filaments usually aligned along themajor axis of the cell
body.No significant differences in the cytoskeletal framework
of PA42-C4 were found between the two supports (Figure 6).

3.4. Analysis of Cell Vitality and Proliferation on PCL Film.
In order to assess the cytocompatibility and viability of cells
on PCL film, the PA42-C4 line was stained with Acridine
Orange and observed by fluorescence microscopy at different
experimental points. The presence of red-orange emitted
fluorescence attributed to lysosomes typically present in
suffering or damaged cells was verified in less than 1% of the
total cells, confirming the suitability of PCL film (Figure 7).

Subsequently, to confirm cell viability and proliferation
on biomaterial, cells attached to film were quantified by

the UV absorbance from the MTT assay, evaluating the
mitochondrial activity, which proportionally increases with
cell proliferation.

This assay showed a consistent increase in absorbance
during all of the experimental period, confirming that good
proliferation of the PA42-C4 on PCL film was achieved
(linear regression 𝑅2 = 0.87). These data are comparable and
not significantly different compared to those obtained with
the PA42-C4 grown on the substrate of control, PS (Figure 8).

3.5. Alkaline Phosphatase (ALP) Activity of PA42-C4 on PCL
Film during Osteogenic Induction. Spectrofluorometric assay
was performed for PA42-C4 grown on PCL film cultivated in
osteogenic medium, in order to assess ALP activity at specific
experimental times, from 0 to 35 days of osteoinduction.

Results have shown a significant increase of the ALP
activity of PA42-C4 induced on PCL film from 14 days
of induction, reaching a maximum value up to 21 days,
correspondent to 41,53𝜇U/𝜇gDNAwith an increase of 7355%
with respect to time 0. This increase substantially remained
constant at 28 days and then decreased after 35 days of
induction.

A similar pattern, not significantly different with respect
to PCL film, was obtained in PA42-C4 induced on PS, as
control, during the entire study period (Figure 9).

TheALP activity was observed in brightfieldmicroscopic,
using a high lamp voltage in order to make the ALP+ cells
visible through the thickness of the PCL film.The ALP+ cells
are evident thanks to the Fast Red Violet LB staining, as
previously described in Materials and Methods (Figure 10).

3.6. Mineralization Analysis of PA42-C4 on PCL Film during
Osteogenic Induction. The formation of mineralized extra-
cellular matrix was assessed by spectrofluorometric assay,
quantifying the production of calcium deposits at different
experimental points, from 0 to 35 days of osteoinduction.The
quantity of calcium deposits obtained by the seeded cells and
induced on PCL filmwas compared to that obtained for PA42
differentiated on substrate control, PS.

The obtained results have shown a significant increase in
the production of calcium nodules by PA42-C4 induced on
PCL film starting at 14 days, reaching the maximum value at
35 days, corresponding to 111,53 ng/𝜇g DNA, with an increase
of 13337% with respect to time 0.

A similar pattern, not significantly different with respect
to PCL film, was obtained in PA42-C4 induced on PS, as
control, during the entire study period (Figure 11).

The production of calcium deposits was observed by
microscopic observation acquired in LSCM; in fact, calcium
nodules are evident thanks to the addition of fluorophore
calcein to the osteogenic medium during the entire experi-
mental period (Figure 12).

4. Discussion

Multipotent cells derived from adipose tissue represent an
attractive tool in regenerative medicine. The higher number
of hAMSCs yielded from lipoaspirates, able to differentiate
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Figure 5: Microscopic observation in LSCM of fibronectin (Alexa Fluor 488, conventional green color) of PA42-C4 grown on PCL film (a)
and on PS (b). Nuclei counterstained with propidium iodide (conventional blue color). Objective 20x.
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Figure 6: Microscopic observation in LSCM of cytoskeleton fiber (Alexa Fluor 635, conventional red color) of PA42-C4 cells grown on PCL
film (a) and on PS (b). Nuclei counterstained with propidium iodide (conventional blue color). Objective 20x.

into mesodermal lineages (osteogenic, adipogenic, chondro-
genic, and myogenic phenotypes) as well as the interesting
immunomodulating properties, implicit in MSCs, suggests
that they can be considered very promising for future appli-
cation in cell-based therapy.

In this study, we have isolated and characterized a single-
cell-derived clone of hAMSCs, carried out for investigating
the potential of a homogeneous population of MSCs in order
to obtain more coherent results with respect to the use of a
heterogeneous subset of cells obtained from adipose tissue,
as discussed by Guilak et al. [41]. Our results have shown that
the clone PA42-C4 has maintained the multipotentiality of
the heterogeneous population PA42, demonstrating its own
capacity to differentiate into the adipogenic and osteogenic
phenotypes, as assessed by the cytochemical staining per-
formed on cells, properly induced with specific differen-
tiating media. Moreover immunofluorescence analysis has

permitted the verification of the presence of the principal
markers largely recognized to be expressed on the surface of
MSCs, specifically CD44, CD105, and STRO1, confirming the
validity of our clone for further experiments.

Subsequently, we have analyzed the in vitro behavior of
the clonal human cell line, PA42-C4, in combination with
PCL film, since PCL has been widely investigated for tissue
regeneration applications. Nevertheless, there are no studies
in literature which take into consideration the above cellular
type and 2DPCLfilm. So, we have demonstrated the potential
of this cell-biomaterial model for future application in bone
tissue engineering.

PCL has good biocompatibility, inexpensive production
routes, tuneable biodegradation kinetics and mechanical
properties, and good blend-compatibility. In addition, by way
of its superior rheological properties and ease of shaping,
PCL has incredible processing versatility being suitable for
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Figure 7: Representative images of PA42-C4 grown on PCL film at different experimental points (2–16 days) and stained with Acridine
Orange.The nuclei andmitochondria appear green, while if cells are damaged or suffering, lysosomes should appear red-orange fluorescence
colored. Objective 20x.
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Figure 8: Analysis of the proliferation of PA42-C4 grown on PCL
film (red) and on PS (blue), carried out at specific experimental
points (2–16 days), using theMTTassay.The relative absorbance val-
ues were measured at 570 nm.The statistical analysis was performed
by linearity test and parallelism test between the two regression lines.
Image A shows a representative disk of PCL with violet crystals of
formazan produced fromMTT conversion by PA42-C4.

a wide range of techniques investigated for tissue engineering
scaffold fabrication [33]. Indeed, a number of processing
techniques have been applied to process PCL into scaffolds,
such as particulate leaching, phase separation, textiles, and

additive manufacturing techniques. This allows designing
and manufacturing PCL scaffold with tailored structural
features at the macro-, micro-, and nanoscale levels, such as
foam [42], microfiber constructs with a predefined network
of pores [43], and nanofibrous assemblies with high surface
area [44].

The ability of cells to recognize and interact with the
selected support represents the first essential step, without
which processes such as cell proliferation, migration, and
differentiation would not be possible. It is generally accepted
that well-formed actin stress fibers and adhesion would infer
stable attachment and cell survival on material surfaces [45].
For that purpose, in our study, we have verified the expression
of the adhesion protein fibronectin and the organization
and morphology of the cytoskeleton of PA42-C4 cells grown
on PCL film, demonstrating the achievement of good cell
adhesion to the biomaterial. Our results have not shown any
significant differences compared to those observed in cells
grown on PS, used as control.

Afterwards, we assessed cell viability/proliferation on
biofilm in order to confirm not only the cytocompatibility
of the biomaterial, but also that PA42-C4 cells are able to
proliferate on PCL film. We have found that the proliferation
process increases in a time-dependent manner, with no
significant differences compared to cells grown on PS, as
control, bringing evidence that PCL film does not affect
PA42-C4 proliferation capacity.
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Figure 9: Analysis of ALP activity in PA42-C4 induced on PCL film
(red) and on PS (blue) from 0 to 35 days. The values are the mean ±
SD of three independent experiments. Significance was obtained by
Student’s 𝑡-test, comparing the value of ALP activity to the different
time points with respect to time 0, for cells induced on PCL film
or on PS. ∗𝑝 < 0.001 versus respective time 0; #𝑝 < 0.005 versus
respective time 0; §𝑝 < 0.05 versus respective time 0.

50𝜇m

Figure 10: Representative observations of the PA42-C4 line on PCL
film induced in osteogenic medium up to 35 days. ALP+ cells are
stained with Fast Red Violet LB (red color) and nuclei with DAPI
(fluorescent blue color). Image acquired in brightfield microscopy
for ALP+ cells and in epifluorescence for nuclei. Objective 20x.

Finally, since bone regeneration represents our target, to
understand the osteogenic differentiation of PA42-C4onPCL
film and demonstrate the potential of our proposed model,
we have evaluated ALP activity and calcium deposition; these
parameters are widely used as markers for early and late
differentiation of osteoblast-like cells, respectively. Results
obtained have indicated that PCL film has supported pheno-
typic differentiation of hAMSCs by triggering the enzyme’s
activity and the production of a mineralized extracellular
matrix, confirming the suitability of the aforementioned
biomaterial to ensure the osteoblastic differentiation process.
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Figure 11: Analysis of mineralized calcium deposits in PA42-C4
induced on PCL film (red) and on PS (blue) from 0 to 35 days. The
values are the mean ± SD of three independent experiments. The
significance was evaluated by Student’s 𝑡-test comparing the value
of calcium deposits at different experimental points with respect to
time 0 for cells induced on PCL film or on PS. ∗𝑝 < 0.001 versus the
respective time 0; #𝑝 < 0.005 versus the respective time 0.
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Figure 12: Representative observations acquired in LSCM of the
PA42-C4 line on PCL film induced in osteogenic medium up to 35
days. Calcium deposits are stained with calcein (conventional green
color) and nuclei with propidium iodide (conventional red color).
3D projection of Z-Stacks of 23 optical sections with an interval of
3 𝜇m from each other. Objective 20x.

Overall, although the results obtained on PCLfilm are not
significantly different from those obtained by growing and
inducing cells on PS, used as control, the encouraging results
of this study in terms of cell adhesion, proliferation, and dif-
ferentiation of hAMSCs on PCL filmmake the hAMSCs/PCL
film a suitable model for further investigation, opening new
possibilities for the development of engineered constructs
with tailored structure, optimized for the regeneration and
3D in vitromodels of bone tissue.



BioMed Research International 11

Current literature reports the development of numerous
techniques of surface modification to increase cell adhe-
sion on synthetic polymers by modifying polymer sur-
face morphology (roughness) and/or hydrophilicity and by
immobilizing specific ECM derived peptides. In fact, it is
well demonstrated that these variations could improve the
interaction between cell and substrate, high cell viability, and
enhance bone formation capability [36, 38, 45–47].Moreover,
over the last decade, since polymers lack osteoconductiv-
ity, considerable attention has been directed toward their
combination with natural or synthetic bioceramics, such as
hydroxyapatite or calcium phosphate. This strategy has per-
mitted the creation of many composite scaffolds that imitate
the natural structure of bone with superior osteoconductive
property, stimulating MSCs to foster a favorable osteogenic
microenvironment [31, 40, 48, 49].

Keeping all of this inmind, it seems, therefore, reasonable
to carry out further studies to improve the properties of our
proposedmodel, hAMSCs/PCL film, for future application in
bone tissue regeneration.

5. Conclusion

This study has demonstrated that hAMSCs can be grown
and induced to differentiate in osteoblastic cells on PCL
film prepared by solvent casting, suggesting and promoting
research of new strategies to enhance and maximize the
cellular reply and differentiation on the substrate for future
use in bone tissue engineering applications. However, it is
still evident that in order to achieve more conclusive results
further in vivo studies are needed to optimize the biological
mechanism for osseous integration and regeneration using
the proposed cell-biomaterial model.
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This study assessed the efficacy of anorganic bonemineral coated with P-15 peptide (ABM/P-15) on tibia defect repair longitudinally
in both normal and osteoporotic rats in vivo. A paired design was used. 24 Norwegian brown rats were divided into normal and
osteoporotic groups. 48 cylindrical defects were created in proximal tibias bilaterally. Defects were filled with ABM/P-15 or left
empty.Osteoporotic statuswas assessed bymicroarchitectural analysis.Microarchitectural properties of proximal tibial defectswere
evaluated at 4 time points. 21 days after surgery, tibias were harvested for histology and histomorphometry. Significantly increased
bone volume fraction, surface density, and connectivity were seen in all groups at days 14 and 21 compared with day 0. Moreover,
the structure type of ABM/P-15 group was changed toward typical plate-like structure. Microarchitectural properties of ABM/P-
15 treated newly formed bones at 21 days were similar in normal and osteoporotic rats. Histologically, significant bone formation
was seen in all groups. Interestingly, significantly increased bone formation was seen in osteoporotic rats treated with ABM/P-15
indicating optimized healing potential. Empty defects showed lower healing potential in osteoporotic bone. In conclusion, ABM/P-
15 accelerated bone regeneration in osteoporotic rats but did not enhance bone regeneration in normal rats.

1. Introduction

Oneof themajor clinical challenges, in orthopedic and recon-
structive surgeries, is filling large osseous defects [1, 2]. Bone
defects can be due to trauma, surgical procedures, tumor
resection, or age-related skeletal diseases such as osteoporosis
[3]. Osteoporosis (OP) is a skeletal disorder affecting bone
tissue and is characterized by loss of bone mass to a critical
level, for bone fractures. Osteoporosis is a public health
care problem because of the increase in elderly population,
especially elderly women, who suffer additional bone loss due
to menopause [3, 4]. In this study an osteoporotic rat model
was used to mimic reduced bone quality as found in elderly
patients, who are characterized by bone loss related increased
fracture risk and decreased fracture healing potential [5].

Large bone defects require bone grafting in order to get
healing [6, 7]. Autograft has been the preferred graft material
and considered as gold standard. However, there are several
difficulties connected to the use of autograft material, for

example, getting adequate amount of material and morbidity
at donor site [7–10]. Furthermore the current allograft and
xenograft products might cause graft versus host reaction,
because the histocompatibility antigens from the graft are
different from those of the host [9].

Because of the problems associated with autograft, allo-
graft, or xenograft, bioactive graft materials are getting
increasing attention. These bone substitutes have attracted
great interest because of their potential to be a substitute
for autogenous bone, with no supply limits and low risk of
adverse effects [7].

The combination of anorganic bone mineral (ABM/P-
15) and synthetic peptide P-15 acts as a bioactive attach-
ment factor that aims to replicate type I collagen binding
mechanism with osteogenic precursor cells in bone tissue
[11, 12]. The ABM/P-15 has been tested in several animal
studies, presentingABM/P-15with properties similar to those
of autogenous bone [10, 13].The effectiveness of ABM/P-15 in
clinical dental use has been shown in a few studies [14, 15].The
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efficacy of ABM/P-15 in orthopedics has been addressed in a
number of animal studies [16, 17] but only one clinical study
has been done in human [18]. However, there is no published
literature on the effects of ABM/P-15 on bone defect repair in
vivo in particular osteoporotic model longitudinally.

It was hypothesized that ABM/P-15 would accelerate
bone regeneration in both normal and osteoporotic bones.
Thus the purpose of this study was to assess the efficacy of
ABM/P-15 on bone healing in normal rat and osteoporotic rat
defects, evaluated as histomorphometry on bone formation
and changes in microarchitecture.

2. Materials and Methods

2.1. ABM/P-15. Anorganic bone mineral is a microporous
bovine-derived hydroxyapatite. The P-15 peptide is synthetic
replica of the (766)GTPGPQGIAGQRGVV(780) sequence
in the 𝛼(I)chain of type I collagen. The P-15 sequence
has been shown to induce bone healing, similar to type
I collagen [13]. When bound to anorganic bone mineral,
P-15 peptide serves as a surrogate for collagen [19]. P-15
interacts with osteogenic precursor cells, which contains
𝛼2𝛽1-integrins.The binding of 𝛼2𝛽1-integrins to P-15 initiates
natural intra- and extracellular signaling pathways, inducing
the production of growth factors, bonemorphogenic proteins
[20], and cytokines. Ultimately, the injection of ABM/P-15
into a bony defect site might initiate new bone formation and
optimize the natural bone healing process [13]. ABM/P-15 (i-
Factor Putty, Cerapedics Inc., Westminster, USA) substitute
was donated by Ortotech (Kolding, Denmark), delivered in
form of putty in 5.0 cc syringes.

2.2. Animals. Twenty-four female brown Norwegian inbred
rats (BN/SsNOlaHsd), 4 months of age, with a mean body
weight of 194.5 ± 10.1 grams, were purchased from Harlan
Laboratories GmbH (Venray, Netherlands) and used in this
study. These rats were housed in the Biomedical Laboratory
Facility, University of Southern Denmark and were accli-
mated for two weeks prior to the experimental initiation.The
environment was temperature-controlled (21∘C ± 2∘C/40–
60% humidity). The normal rats received standard food,
and the ovariectomized rats were given a phytoestrogen-
free calcium deficient diet containing <0.15% calcium and
<0.1% phosphorus (Brogaarden, Lynge, Denmark) starting
two months before tibial defects were created. Body weight
was recorded over time, and physical activities were observed
daily. Housing conditions and applied experimental protocol
were in accordance with Danish Animal Research guidelines
and approved by theDanishAnimal Experiments and Inspec-
torates, with number 2011/561-1959.

2.3. Study Design. The schematic drawing in Figure 1 illus-
trates the study designs. The animals were divided into
two experimental groups. Group 1 had twelve normal rats,
and group 2 had twelve osteoporotic rats. In both groups,
the effects between ABM/P-15 and empty control on defect
healing were compared. Side location of ABM/P-15 and
empty defect in left or right proximal tibia was randomized.

After in vivo scanning, all tibias were harvested and prepared
for histologic and histomorphometric analyses (Figure 1).
Specific procedures are described below.

2.4. Surgical Procedures. Surgical procedureswere performed
at the Biomedical Laboratory, University of Southern Den-
mark.

2.4.1. Ovariectomy (OVX). Animals were anesthetized with
0.3mL/100 g of bodyweight of Hypnorm (VetaPharma Ltd.,
Leeds, UK) and Midazolam (B. Braun, Melsungen, Ger-
many) mixture subcutaneously. Initial analgesics were given,
0.2mL/100 g of bodyweight of Temgesic (RBPharmaceuticals
Limited, Berkshire,UK).Once anesthetized, the animalswere
shaved on the lumbar part of the back. A midline dorsal
skin incision was made. Blunt dissection of the connective
tissue between skin and muscle layer gave access to the
abdominal wall. The muscular layer was perforated 2 cen-
timetres lateral of the dorsal midline to gain access to the
abdominal cavity. The ovary, located surrounded by a large
fat pad, was pulled out the incision and fixated. Two ligatures
of absorbable 5.0 ethilon sutures were placed between the
uterine horn and the ovary. The ovary was safely cut off
and the uterine horn was placed back into the abdominal
cavity. The muscle layer was closed with absorbable 5.0
sutures. Bilateral ovary resection was performed from the
same initial median incision. After resection, the wound
was carefully closed in layers with 4.0 ethilon sutures. After
surgery, analgesic, Temgesic 0.2mL/100 g of bodyweight, was
administered subcutaneously three times a day for three days.

2.4.2. Tibial Surgery for Creating Defect (Called “Surgery”
Below). These animals were anesthetized by the same
method as described above. When anaesthesia was achieved,
both hind limbs were shaved. An incision, approximately
8mm in length was made on medial proximal tibia. Blunt
dissection of connective tissue gave access to the medial
surface of proximal tibia. A defect was created with a 2mm
diameter k-wire and a 2.8 diameter drill in a frontal plane
from medial side towards the lateral cortical shell. The
cylindrical defects had a diameter of 2.8mm and a depth of
3mm, thus a total volume of 18.47. Care was taken not to
drill through the lateral cortical shell.The defect was cleansed
for bone remnants and blood. The defect was either filled
with ABM/P-15 or left empty. After filling the defect, the
wound was closed in layers with 4.0 ethilon sutures. In total,
forty-eight proximal tibial cylindrical defects were created
in twenty-four rats. Analgesics, Temgesic 0.2mL/100 g of
bodyweight, were administered three times a day for 4 days
postoperatively. The animals were allowed to move without
any restrictions.

2.5. Micro-CT Scanning and Microarchitectural Analysis. All
rats were scanned in vivo with a high-resolution micro com-
puted tomographic system (vivaCT40, Scanco Medical AG,
Brüttisellen, Switzerland) using 55 kVp and 72𝜇A.During the
induction of osteoporosis period, the osteoporotic rats were
in vivo micro-CT scanned at 3 time points: (1) right after
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Groups

Animals 24 brown Norwegian rats 

24 proximal tibia defects either 
filled with ABM/P-15 or left empty 

24 proximal tibia defects either 
filled with ABM/P-15 or left empty 
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Tibiae harvested and prepared for histology and histomorphometric analyses

Day 0

Day 7

Day 14

Day 21

Day −90

Day −7

In vivo 𝜇CT scanning

Ovariectomized rats, N = 12Normal rats, N = 12

Figure 1: Study design. Schematic flowchart drawing illustrates the study design and the preparation of the bone samples. After in vivo 𝜇CT
scanning at four time points, 42 tibias were harvested from 21 rats. The proximal ends of each tibia containing the defect site were decalcified
and embedded in paraffin for histomorphometric analyses.

ovariectomy at the same day (defined as week day −90, that is,
3 months before tibia surgery); (2) one week before the tibia
surgery (day −7); (3) day of surgery (day 0, preoperatively).
During the defect healing period, both groups were scanned
with in vivo micro-CT at four time points, immediately
following surgery at the same day serving as baseline (day
0, postoperatively), day 7, day 14, and day 21 postoperatively,
respectively.

All scans were based on the same control file, and the
same region of interest was scanned.During in vivo scanning,
the rat was anesthetized using Isoflurane (IsoFlo vet, Abbott
Laboratories Ltd., Berkshire, England). The rat was initially
placed in a chamber filled with isoflurane to reach acceptable
anaesthetic condition, and the anaesthesia was maintained
with amask during scanning process. Each scan took approx-
imately 30min and created 381 micro-CT images slices. All
scanned micro-CT images resulted in 3D reconstruction
cubic voxel sizes of 10.5 × 10.5 × 10.5 𝜇m3 (2048∗2048∗2048
pixels) with 32-bit gray levels. The images were segmented
using the segmentation techniques described in detail previ-
ously [21, 22] to obtain accurate 3D imaging datasets.

The changes of microarchitectural properties in proximal
tibial cortical bone during development of osteoporosis
were evaluated. These parameters were cortical porosity (%),
bone surface density (mm−1), bone surface to volume ratio
(mm−1), pore size (𝜇m), and cortical thickness (𝜇m).

The changes of microarchitectural parameters in prox-
imal tibial cancellous bone during development of osteo-
porosis were also quantified. These parameters were bone
volume fraction (BV/TV) [23], bone surface density (BS/TV),
bone surface-to-volume ratio (BS/BV), structuremodel index
(SMI), connectivity density (mm−3), trabecular separation
(TbSp∗), degree of anisotropy (—), and trabecular thickness
(TbTh∗).

The progress of defect healing bone mass was evaluated
similar to above description for cancellous bone.

2.6. Histomorphometry. Three weeks after surgery, rats were
euthanized using CO

2
and the tibiae were harvested and

prepared for further histology and histomorphometry.
Stereological histomorphometry was used to quantify

volume fractions of tissue inside the defect area using an
Olympus BX 51 Microscope (Ballerup, Denmark). Bone
samples were fixed in 4% formaldehyde. Specimens were
dehydrated in graded ethanol 77–96% and then paraffin
embedded for classical histomorphometry of bone formation
parameters [24]. Each bone sample was sawed into 3 sections
of 3 sectioning levels (4 𝜇m thickness with 500𝜇m separation
between each sectioning level, thus 9 sections per specimen).
All sections were stained with haematoxylin and eosin.

Stereological software (newCAST, Visiopharm, Den-
mark) was used to quantify volume fractions in predefined
regions of interest (ROI), being the defect area. Volume
fractions of bone, fibrous tissue, ABM/P-15 remnants, and
marrow cavity were estimated by using point-counting tech-
nique [25].Three sections were chosen in order to reduce the
variance of the estimates [26]. The quantified area fraction
of bone was defined as newly formed bone. Micro-CT could
not distinguish between bone and ABM/P-15 remnants in the
defect area. This was taken into account when comparing
with micro-CT data.

2.7. Statistical Analysis. All results are expressed as mean for
group ± SD. One-way ANOVA and Friedman test were used
to calculate possible differences between groups. Post hoc
multiple comparisons were adjusted using Bonferroni test
or Dunnett’s test as appropriate for normal and nonnormal
distributed data. Histomorphometric parametric data was
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Figure 2:Microarchitectural changes during the induction of osteo-
porosis. Graphic presentation of the development of osteoporosis
in ovariectomized rats. 12 rats were ovariectomized three months
prior to the surgery for creating defect. Bone loss was expressed
as mean for each parameter. Significantly deteriorated microarchi-
tecture could be observed after 11 weeks, with reduction in bone
volume fraction (BV/TV) 65.5% and connectivity density (CD)
77.5%, and more importantly these changes remained constant.
Cortical thickness (CoTh), trabecular thickness (TrTh), and degree
of anisotropy (DA).

analyzed with Student’s paired 𝑡-test or nonparametric data
withWilcoxon Rank as appropriate. 𝑃 value less than 5% was
considered significant.

3. Results

3.1. Animals. The mean weight gain of the animals in the
osteoporotic group was 48.4 grams (SD = 34.2 grams) in
contrast to the normal group, which showed a nonsignificant
mean weight gain of 28.0 grams (SD = 34.5 grams) during the
study period.

Three animals were lost from the normal group during
the 𝜇CT scanning period due to anaesthesia, leaving nine rats
for further analysis. No animals were lost in the osteoporotic
group. Three sections in normal group and two sections in
osteoporotic group were damaged during the preparation
procedure, were unusable for histological analysis, and were
excluded. Nine normal group rats and twelve osteoporotic
group rats were included in the analysis.

3.2. Microarchitectural Analysis of Osteoporotic Bone during
the Induction Period. The animals in the OVX group showed
marked decreases in bone volume fraction (65.8%, 𝑃 <
0.0001) and connectivity density (77.8%, 𝑃 < 0.0001),
indicating a marked loss of cancellous bone during the
induction period prior to surgery, that is, three months after
OVX (Figure 2). Decrease was also seen in bone surface
density (57.1%, 𝑃 < 0.0001) and trabecular thickness (9.1%,
𝑃 = 0.0006) three months after OVX. In contrast significant
increases were seen in bone surface-to-volume ratio (40.4%,
𝑃 = 0.0001), structure model index (252.2%, 𝑃 < 0.0001),

and trabecular separation (118.9%, 𝑃 = 0.0017) three months
after OVX. Degree of anisotropy showed only significant
increase between day −90 and day −7 before surgery (5.9%,
𝑃 = 0.0265) (Table 1).

For cortical bone, cortical porosity was not changed
(18.2% reduction, 𝑃 = 0.1794) three months after OVX
(Figure 2 and Table 2). Seven days before surgery, significant
decreases were seen in bone surface density (24.3%, 𝑃 =
0.0001) and bone surface-to-volume ratio (22.2%, 𝑃 =
0.0001). Significant increase was also seen for pore size
(66.7%, 𝑃 = 0.0018) after three months. Cortical thickness
showed a small increase after threemonths (1.8%,𝑃 = 0.0003)
(Table 2).

3.3. Microarchitectural Analysis of Calcified Material in
Cylindrical Defect Region

3.3.1. Changes in Microarchitecture in Normal Rats. Seven
days after surgery, degree of anisotropy decreased for the
empty group (𝑃 = 0.002), but the ABM/P-15 group showed
increase from day seven to day fourteen (𝑃 = 0.037).

Fourteen days after surgery, bone surface density (𝑃 <
0.001) and connectivity density (𝑃 < 0.001) increased
for both the empty group and the ABM/P-15 group. Only
ABM/P-15 group decreased in trabecular thickness (𝑃 <
0.001) (Figure 3).

Twenty-one days after surgery, bone volume fraction
increased for both the empty group (𝑃 < 0.001) and the
ABM/P-15 group (𝑃 < 0.001) (Figure 3). Structure model
index decreased for the empty group (𝑃 < 0.001) and for
the ABM/P-15 group (𝑃 < 0.001). Trabecular separation
decreased for the empty group (𝑃 < 0.001) and for the
ABM/P-15 group (𝑃 < 0.001).

Bone surface-to-volume ratio decreased for the empty
group (𝑃 < 0.001) after twenty-one days but increased after
fourteen days from 28.3mm−1 to 39.6mm−1 for the ABM/P-
15 group (𝑃 < 0.001) (Table 3).

3.3.2. Changes in Microarchitecture in Osteoporotic Rats.
Seven days after surgery, trabecular thickness decreased for
the empty group (𝑃 < 0.001) (Figure 3). Degree of anisotropy
decreased only for the empty group (𝑃 = 0.001).

Fourteen days after surgery bone surface density (𝑃 <
0.001) and connectivity density (𝑃 < 0.001) increased for
both the empty group and the ABM/P-15 group. Bone volume
fraction increased for the empty group (𝑃 < 0.001) (Figure 3).

Structure model index decreased after fourteen days,
for the empty group (𝑃 < 0.001). Trabecular separation
decreased both for the empty group (𝑃 < 0.001) and for
the ABM/P-15 group (𝑃 < 0.001). A decrease in trabecular
thickness for the ABM/P-15 group (𝑃 < 0.001) was seen after
fourteen days (Figure 3).

Twenty-one days after surgery, bone surface-to-volume
ratio was decreased only for the empty group (𝑃 < 0.001).
An increase in bone volume fraction for the ABM/P-15 group
was seen after twenty-one days (𝑃 < 0.001). Structure model
index decreased after twenty-one days, for the ABM/P-15
group (𝑃 < 0.001) (Table 4).
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Figure 3: Microarchitectural changes after surgery for creating defect in the normal and the osteoporotic rats. Microarchitectural parameters
of the tibial defect areas in normal and osteoporotic rats are presented. Square points represent values from empty groups. Round points
represent ABM/P-15 groups. Values are expressed as mean ± SD for groups and are depicted in normal group (a, c, e, g) and in osteoporotic
group (b, d, f, h).
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Table 1: 3D microarchitectural properties (mean ± SD) of cortical bone in osteoporosis induction period.

Cortical
porosity (%)

Bone surface
density (mm−1)

Bone surface-to-volume
ratio (mm−1) Pore size (𝜇m) Cortical thickness

(𝜇m)
D −90 (𝑁 = 12) 2.4 ± 1 5.48 ± 0.53 5.62 ± 0.54 0.03 ± 0.004 0.28 ± 0.02
D −7 (𝑁 = 12) 2.9 ± 1 4.15 ± 0.51 4.37 ± 0.52 0.04 ± 0.008 0.32 ± 0.02
D0 (𝑁 = 12) 2.8 ± 1 5.41 ± 0.7 5.69 ± 0.72 0.05 ± 0.02 0.28 ± 0.03
ANOVA P = 0.1794 P < 0.001 P < 0.001 P = 0.002 P < 0.001
Difference between groups NS D −7 < D −90, D0 D −7 < D −90, D0 D −90 <D −7 <D0 D −7 > D −90, D0
D0 = day 0, D−7 = day−7, andD−90 = day−90 before bone surgery. Values are expressed asmean for group, measured on both hind legs ± standard deviation.
NS = no significance. 𝑃 values < 0.05 are considered significant.

3.4. Histology. Defects in the ABM/P-15 group showed obvi-
ous remodelling and new bone formation in direct apposition
to ABM/P-15 in both normal and osteoporotic rats. Most
of the remnant ABM/P-15 particles in the defects were
completely surrounded by newly formed bone. The contact
surfaces between newly formed bone andABM/P-15 particles
were in general solid and continuous (Figure 4). The defects
that were left empty showed considerable more bone growth
in normal bone than in osteoporotic bone.

3.5. Histomorphometry. Therewas no difference in new bone,
fibrous tissue, residual unabsorbed ABM/P-15 or marrow
cavity, between the empty group and the ABM/P-15 group,
in normal rats (Figure 5).

In osteoporotic rats, the empty group had 17.7% of new
bone in the defect area, which was significantly less than
39.9% new bone in the ABM/P-15 group (paired 𝑡-test 𝑃 <
0.0001). The empty group showed 43.8% fibrous tissue and
38.4% marrow cavity in the defect area, which both were
significantly more than 31.6% fibrous tissue (paired 𝑡-test 𝑃 =
0.0005) and 13.9% marrow cavity (paired 𝑡-test 𝑃 < 0.0001)
in the ABM/P-15 group. 14.6% residual unabsorbed ABM/P-
15 was seen in the ABM/P-15 group.

4. Discussion

In this study, the effects of ABM/P-15 on bone defect healing
were investigated in tibia defect models in both normal and
osteoporotic rats [27]. The changes in microarchitectural
parameters were significant for all groups during the observa-
tion period of twenty-one days. Histomorphometry revealed
significantly improved defect repair in the osteoporotic
ABM/P-15 group compared with the empty group. These
results indicate that ABM/P-15 significantly promoted new
bone formation in osteoporotic bone but did not accelerate
new bone formation in normal bone. These results did
support our hypothesis that bone repair in osteoporotic
bone was significantly accelerated by ABM/P-15, but not
that ABM/P-15 would enhance bone repair in normal bone.
Furthermore, histology demonstrated extensive new bone
formation adjacent to ABM/P-15 with direct contact between
bone and ABM/P-15. These findings suggest that ABM/P-15
grafting material provides osteoconductive and osteoinduc-
tive properties, both being important characteristics of an
ideal bone graft substitute [28–30].

A few studies have tested the effects of ABM/P-15 on
different types of bone defects in small and large animal
models, but no longitudinal studies have been done.

We have recently demonstrated the efficacies of ABM/P-
15 on bone formation and implant fixation in sheep, and these
effects were at least as good as allograft [31]. Scarano et al.
[32] showed that ABM/P-15 enhanced new bone regeneration
in 8mm tibial cortical defects in rabbits. The newly formed
bone surrounding the residual P-15 particles after 4 weeks
was more mature compared with bone formed in untreated
empty defects. Wojtowicz et al. [33] found accelerated and
increased bone formation in 8mm segmental femur defect in
rats treatedwithGFOGER, a triple helical peptide that similar
to ABM/P-15 binds to the 𝛼2𝛽1-integrin receptor. A clinical
pilot study by Gomar et al. [18] showed full consolidation
healing in delayed and nonunion extremities fractures in
twenty of twenty-two human cases. Full consolidation was
determined radiographically as callus formation in the full
thickness of the bone.

Some studies have reported that ABM/P-15 did not
promote new bone formation. Sarahrudi et al. [34] showed
reduced production of new bone in defects treated with
ABM/P-15 compared with empty control defects after 8 to
12 weeks, in a 5mm segmental rabbit femur defect. Mardas
et al. [35] demonstrated that ABM/P-15 failed to promote
bone healing in critical sized rat calvarial defects, compared
with untreated controls. There was no significant difference
between treatment group and control group 60 days or 120
days postoperatively.

In the present study the effect of ABM/P-15 on osteo-
porotic bone defects was evaluated. We observed a decrease
in cancellous bone volume fraction of 66.2%, a decrease in
trabecular thickness of 9.1%, and a decrease in connectivity
density of 77.8% after three months. Cheng et al. [36] showed
a 19.5% decrease in bone mineral density of the lumbar spine
in a rat after three months. Heiss et al. [37] showed a 15.7%
decrease in bone mineral density also after three months.
Campbell et al. [38] showed a 37% decrease in cancellous
bone volume fraction, in rat proximal tibiae after eight weeks.
Furthermore, they showed significant decrease in trabecular
thickness and connectivity density. Boyd et al. [39] have
observed similar development after three months. In this
study cortical thickness showed a 1.8% increase after three
months. Similar changes in cortical bone have been reported
in earlier studies [38]. The changes in cancellous bone in
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Figure 4: Histological images of defect repairs for both normal and osteoporotic rats. Histology images of defects in normal bone (a, c, e)
and osteoporotic bone (b, d, f) are shown. Black arrows indicate residual ABM/P-15 particles inside the defect areas. Size lines in bottom right
corner represent 1mm (a–d) and 250 𝜇m (e and f).

ovariectomized rats were similar to reported ongoing changes
in human normal aging bone and osteoporotic bone [40].
Thus this model was highly clinically relevant.

Histological and histomorphometric analyses did not
show improved bone defect healing in normal rats, when
comparing the ABM/P-15 group with the empty group after
twenty-one days.This supports the finding of an earlier study
[34]. One explanation would be that the defect area was too
small (2.8mm in diameters) to expect impaired bone regen-
eration in normal bone. Interestingly, bone volume fraction
of the ABM/P-15 group in osteoporotic rats reached the same
level as the ABM/P-15 group in normal rats indicating that
ABM/P-15may optimize the healing potential in osteoporotic
bone. Histomorphometry results showed similar fractions

of bone in the defect areas of the ABM/P-15 treated groups
in both normal and osteoporotic rats. In osteoporotic rats,
the bone repair potential was impaired. It was thus of great
interest to see a significant improvement of bone formation
in the ABM/P-15 group compared with the empty group (𝑃 <
0.001) in osteoporotic bone. Slight decreases in bone volume
fractions were observed in both ABM/P-15 groups after seven
days. An initial inflammatory process, as described byTsiridis
et al. [41] before bone regeneration begins, might explain this.

Bone surface density in osteoporotic rats and connectivity
density in all rats showed highest increase after fourteen
days. From day fourteen to day twenty-one both parameters
decreased. For the ABM/P-15 groups, this development could
indicate that new bone initially was formed on the surface of
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Figure 5: Results from histomorphometrical analysis of defect repairs for both normal and osteoporotic rats. Results of histomorphometric
analysis for normal and osteoporotic rats 21 days after surgery are presented. Each dot represents mean value of three measurements 500𝜇m
apart in one defect. Horizontal lines express mean for group.

the ABM/P-15 grafting material, then the increase, followed
by a new bone formation inside the ABM/P-15 material,
and then the decrease. These events could also explain the
development in bone surface-to-volume ratio, where an ini-
tial increase was observed, followed by a decrease after

twenty-one days in both the ABM/P-15 groups in both
normal and osteoporotic rats.

Trabecular thickness in the ABM/P-15 groups, both nor-
mal and osteoporotic rats decreased significantly from day
zero to day fourteen. As a consequence of increased bone
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tissues, structure types were changed toward a typical plate-
like structure, while the structure types in the empty groups
remained a typical rod-like structure.

Histologically, substantial bone growth was observed
around ABM, indicating that it accelerated bone formation.
This might be explained by increased and strengthened cell
adhesion due to actin filaments and stress fibres. Further-
more, cells adhered toABM/P-15 have been shown to increase
osteoblastic gene expression for BMP-2, BMP-7, and alkaline
phosphatase and to increase matrix deposition [20]. Palmieri
et al. [42] demonstrated an upregulation of 11 miRNA genes,
involved in osteogenesis and bone remodelling, in human
osteoblast-like cells cultured with P-15 peptide. Histological
findings in this study indicated that ABM/P-15 had osteoin-
ductive properties [42]. In our study, ABM/P-15 defects had
an initial bone volume fraction of 30.2% at day 0, because
of the inserted graft material. It was expected that ABM/P-15
would be resorbed over time. By day twenty-one, 9.5% of total
defect area volumewasABM/P-15material in normal rats and
14.6% in osteoporotic rats. Sherman et al. [10] showed 9±7.3%
residual of ABM/P-15 in the observation site six months after
surgery in an ovine lumbar interbody fusion model. This
suggested that the reabsorbing process of ABM/P-15 started
within the first weeks of bone healing. Assuming that a part
of the graft material has been reabsorbed and replaced by
newly formed bone, there could be a tendency to improved
bone regeneration in ABM/P-15 treated defect in normal
bone.

Taken together, ABM/P-15 accelerated bone regeneration
in osteoporotic bone to the same extent as in normal
bone on several parameters such as bone volume fraction,
surface density, connectivity density, and trabecular thickness
suggesting that ABM/P-15 did accelerate bone healing in
osteoporotic bone, but not in normal bone.

Despite the above-mentioned literatures, the efficacy of
ABM/P-15 on defect repair in vivo longitudinally has not
been investigated, more importantly not in an osteoporotic
model. Thus, the present study tried to elucidate the effects
of ABM/P-15 on bone defect healing in both normal and
osteoporotic rat tibias. This design was highly clinically
relevant and particularly important for osteoporotic patients.
Thus, this studywas able to answer to efficacy ofABM/P-15 on
bone defect repair and whether results derived from normal
bone could be similar to those from osteoporotic bone.

There are several limitations of the study. A group treated
with ABM alone (without P-15 coating) could have been
used to serve as a control group, which could have helped
clarifying the specific effect of the P-15 coating. Additionally,
a group treated with autograft would have provided insight
to whether ABM/P-15 could be an alternative to autograft as
gold standard grafting material for orthopaedic surgery.

Day zero bone volume fraction values in the two empty
groups were not identical. This could be a bias in comparing
the empty groups. Although the same techniques were used,
the bone volume fractions in the two empty groups on day
zero were not identical. This small (1.5% versus 2.6%) but
significant difference was due to uncleaned bone fragments
left inside the holes and could cause a bias in comparing the
empty groups.

ABM/P-15 and newly formed bone could not be differ-
entiated with micro-CT scanning, because of overlapping of
image grey values with similar density profiles. This could
have been a weakness in evaluating new bone formation by
micro-CT. We solved this problem by using histology and
histomorphometry to evaluate new bone formation at sacri-
fice. Due to remnants of ABM/P-15 in the defect site, it was
not possible to blind the histological analysis of the bone
specimens.

The empty groups showed a relative good healing poten-
tial in this rat model. Therefore the tibial defects in this study
were not critically sized.

In conclusion, this study showed that ABM/P-15 signif-
icantly enhanced bone defect repair in a 2.8mm cylindrical
proximal tibia defect in osteoporotic rats, while ABM/P-15
did not accelerate bone defect repair in normal rats.
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Porous ceramic scaffolds with shapes matching the bone defects may result inmore efficient grafting and healing than the ones with
simple geometries. Using computer-assisted microstereolithography (MSTL), we have developed a novel gelcasting indirect MSTL
technology and successfully fabricated two scaffolds according to CT images of rabbit femur. Negative resin molds with outer
3D dimensions conforming to the femur and an internal structure consisting of stacked meshes with uniform interconnecting
struts, 0.5mm in diameter, were fabricated by MSTL. The second mold type was designed for cortical bone formation. A ceramic
slurry of beta-tricalcium phosphate (𝛽-TCP) with room temperature vulcanization (RTV) silicone as binder was cast into the
molds. After the RTV silicone was completely cured, the composite was sintered at 1500∘C for 5 h. Both gross anatomical shape
and the interpenetrating internal network were preserved after sintering. Even cortical structure could be introduced into the
customized scaffolds, which resulted in enhanced strength. Biocompatibility was confirmed by vital staining of rabbit bonemarrow
mesenchymal stromal cells cultured on the customized scaffolds for 5 days.This fabricationmethod could be useful for constructing
bone substitutes specifically designed according to local anatomical defects.

1. Introduction

The repair of bone defects by tissue grafting is a major clinical
application of cell-based therapies inmodern orthopedic and
maxillofacial surgery. However, conventional harvesting of
bone for autografts is invasive and can damage the donor-
site, while allografts present obvious risks of rejection and
viral transmission [1]. A superior option is to seed smaller
bone fragments or cultured stem cells onto scaffolds with
osteoconductive or osteoinductive properties [2]. Calcium
phosphate grafts have been applied for bone reconstructive
surgery [3]. A close fit between the defect site and the
artificial bone substrate is important for improving bone
healing and stress transduction [4], but it has proven difficult

to tailor ceramic scaffolds to fit specific defects. For this
reason, ceramics are generally used as granules or beads
instead of single structures [5], which makes the material
difficult to use when the anatomic geometry of the repair
site is of major concern for the reconstructive outcome,
such as for maxillofacial surgery.Therefore, ceramic scaffolds
customized according to the external anatomic contours of
the defect site could improve clinical outcome.

Computer-aided techniques play an increasingly impor-
tant role in modeling, designing, and manufacturing,
including the production of biological tissue substitutes.
Microstereolithography (MSTL) is a micromanufacturing
process used to fabricate three-dimensional (3D) structures
conforming to predetermined specifications. The process
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Figure 1: The schematic illustration for the main steps in design and fabrication of anatomically shaped ceramic scaffolds with or without a
cortical bone structure by microstereolithography (MSTL).

achieves superior replication of design specifications com-
pared to all other 3D printing technologies and so is a
promising methodology for producing scaffolds with com-
plex 3D microstructures for tissue engineering. However,
direct MSTL-based scaffold fabrication requires biodegrad-
able photocurable biomaterials, which is currently very lim-
ited [6–11]. In contrast, MSTL-based indirect SFF technology
can be employed to produce 3D biocompatible scaffolds by
a lost-mold shape forming process using MSTL to obtain
a negative mold, filled with castables, and subsequently
remove the mold to get a 3D scaffold [12]. By using MSTL
technology to fabricate a resin scaffold mold, the scaffolds
can be formed subsequently using a variety of biomaterials
with known internal microstructure, durability, and biocom-
patibility, such as hydroxyapatite [12], calciumphosphate [13],
and chitosan/gelatin [14].

Both chemical dissolution [15] and thermal decomposi-
tion have been used for the removal of themoldwhile keeping
scaffold shape and biomaterial properties. However, chem-
ical dissolution requires large concentrations of chemically
resistant binders that may weaken the sintered body [16, 17].
During the thermal decomposition, the thermal contraction
mismatch between the scaffold and mold can distort or
fracture the scaffold [18]. Although wax is conventionally
used for lost-mold processing and results in little stress on
the scaffold during removal, wax was currently only used
for the fabrication of bioscaffolds with simple geometries
and its resolution was limited [19–21]. In contrast, gelcasting
is a molding technique using a concentrated ceramic or
metallic powder slurry containing monomers that polymer-
ize to form a sturdy and durable yet precisely shaped cross-
linked gel scaffold after casting [21–23]. Room temperature
vulcanization (RTV) silicone rubber has low viscosity, good

flowability, low shrinkage, and high temperature resistance.
We predicted that the slurry produced by mixing a ceramic
powder into the RTV silicone will both conform to the resin
mold and, once set by polymerization, show little shrinkage
or damage during the lost-mold process, therebymaintaining
the as-molded geometry with high resolution. Thus, this
gelcasting indirect MSTL-based technique could yield bone
scaffolds with complex anatomical shapes and highly defined
internal structures to match bone defects for hard tissue
reconstruction.

In this study, a segment of rabbit femur was used as a
bone-defectmodel for reconstruction and𝛽-tricalciumphos-
phate (𝛽-TCP) was chosen as ceramic material for scaffolds.
We established a gelcasting indirectMSTL fabrication process
and fabricated 𝛽-TCP scaffolds shaped according to CT
measurements of the bone and with a well-designed internal
lattice network for stem cell growth. The scaffolds were
fabricated either with or without a cortical bone structure
to investigate if such a biomimetic structure could enhance
mechanical strength and reflect fine surface details. Assess-
ment of morphology and mechanical properties of both
scaffold types revealed accurate shape matching between
mold and scaffold, as designed, and scaffold strength with the
range of cancellous bone. Rabbit’s bone marrow mesenchy-
mal stromal cells (BM-MSCs) were viable after 5 days in vitro
in these scaffolds, confirming biocompatibility.

2. Materials and Methods

2.1. Customized Scaffold Design according to CT Data. The
main steps in scaffold design and fabrication are shown
schematically in Figure 1. As the target template (i.e., a
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Figure 2: The design of negative mold for the scaffolds without and with cortical bone structure. (a) The external shape according to the
anatomical contour of the femoral segment and (b) the design of the internal strut networks, which have the inverse morphology of the
channels in the scaffolds; (c) and (d) show the section view of the designed negative mold without and with cortical structure design,
respectively. A gap of 0.5mm between outer shell and lattice is set to introduce a cortical bone-like structure.

bone-defect model), an anatomical 3D surface model was
reconstructed according to the CT data scanned from the
rabbit proximal femur and converted into stereolithography
(STL) file format using a commercially available computer
software program (Mimics 10.0; Materialise Co. Ltd., Leuven,
Belgium).

A 3D orthogonal network of interpenetrating, round
pores (diameter = 500 𝜇m) was designed for the internal
structure. Then, a 3D STL model of the mold with inverse
morphology of the target ceramic scaffold was obtained. In
order to mimic the nature bone and improve the mechanical
properties of the scaffold, a second near-identical mold was
also designed allowing for cortical bone structure (0.5mm in
thickness). The top and bottom of this mold were designed
as open faces together with sealed sides to facilitate filling of
the viscous ceramic slurry and to allow gas to escape from the
mold. Magic’s 10 (Materialise Co. Ltd., Leuven, Belgium) was
used in this process.

2.2. Microstereolithography-Based Indirect Fabrication Scaf-
fold. A microstereolithography system equipped with a
helium-cadmium ultraviolet laser (LC-500, Melles Griot,
Carlsbad, CA) was used to produce the resin models. The
laser power was adjusted to 25 𝜇W using neutral density
filters. “Slice” contour data were generated from the 3D STL
data to guide the laser beam in the 𝑋-𝑌 plain for hardening
of the UV-curable resin. The UV laser path (Vx-y = 3mm/s)
was controlled by a computer-connected reflection mirror.
Intricate 3D 33 structures were fabricated by stacking up
cross-sectional resin slices (slice thickness ∼80 𝜇m, Vz =
1mm/s) according to the predesigned STL data. The negative
UV-cured resin molds fabricated by microstereolithography

were sonicated in 80% Ethanol for 30min to remove the
unsolidified resin.

Room temperature vulcanization silicone was used to
make the 𝛽-TCP slurry (70wt% solids). After removal of
unsolidified resin by washing, 𝛽-TCP slurry was filled com-
pletely into the fabricated resin mold in the direction as
shown in Figure 2. The scaffold samples were allowed to
set at room temperature overnight for the silicone to cross-
link completely. Subsequently, the samples were sintered at
1,500∘C. A dwell time was added at 600∘C for the removal of
the mold resin.

2.3. Morphological Study. Stereomicroscopy was employed
to assess outer shape and pore microstructure of the molds
and scaffolds. CT examinations were performed using a
microfocus X-ray CT system (100 𝜇A, 90 kV). The heights
of the molds and the sintered scaffolds were measured with
digital calipers. The mean cross-sectional pore diameter (±
standard deviation) and the porosity were calculated by
measuring 30 pores/sample from reconstructed micro-CT
scans.

2.4. Mechanical Study of the Ceramic Scaffold by MSTL. The
mechanical testing was performed using a universal testing
machine. All samples were compressed at 1mm/min. After
the ultimate compressive force was measured, the ultimate
compressive strength was calculated. Young’s modulus was
then derived from the stress-strain curve.

2.5. Cell Viability Analysis. Rabbit’s BM-MSCs were isolated
and expended as previously described [24]. The BM-MSCs
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Figure 3: The negative UV-cured resin mold fabricated by microstereolithography. (a)–(c): the mold for scaffolds without cortical design;
(d)–(f): themold for scaffolds with cortical design. (a) and (d) are the side views; (b) and (e) are the top views; (c) and (f) are the bottom views.
(g) and (h) showed the location of boxes in (b) and (e) by larger magnification. (i) showed the edge design for producing the cortical bone-like
structure, where the box area in (h) was amplified. The white arrow indicates one of the lattice struts connecting between the internal lattice
network and the outer shell.

were seeded into each scaffold at 3.0 × 106 in 100 𝜇L in
low-glucose Dulbecco’s-modified Eagle’s medium (DMEM;
GIBCO, Grand Island, NY) containing 10% fetal bovine
serum (GIBCO) and 1% penicillin-streptomycin. Culture
media were exchanged every 2 days. After 5 days of culture,
samples were harvested and stained using a live/dead cell
double staining kit (DOJINDO, Kumamoto, Japan). After
washing by phosphate-buffered saline (PBS), each samplewas
immersed in calcein-AM/propidium iodide (PI) dual staining
solution and incubated for 15min at 37∘C. The samples
were examined using a fluorescence stereomicroscope as
previously described [25].

2.6. Statistics. All values are presented as mean ± standard
deviation. Differences among experimental groups were
assessed by two-tailed Student’s 𝑡-test. A 𝑝 < 0.05 was
considered statically significant.

3. Results

3D STL data derived from the CT images were used for
computer-assisted microstereolithography (3D printing) of a
resin mold with an internal lattice structure (Figure 1). In
turn, the resin mold was used for gelcasting of a ceramic
scaffold. The outer shape of the fabricated scaffold was
identical to the anatomical structure of the scanned femur,
and an interconnected channel network with round channels
(diameter = 500𝜇m) at 45∘ to the ceramic slurry filling
direction was retained after mold burnout. The STL data
for mold fabrication were derived as shown in Figure 2. To
introduce a cortical bone-like structure,modifiedmolds were
also constructedwith a gap of 0.5mmbetween outer shell and
lattice (Figure 2(d)).

Figure 3 shows the detailed microscopy structures of
sample UV-cured resinmolds produced byMSTL.The lattice
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Figure 4: The anatomically shaped ceramic scaffolds fabricated by indirect rapid prototyping technique. (a)–(c) are the scaffolds without
cortical design; (d)–(f) are the scaffolds with cortical design; (g)–(i) are the STL data of the template bone. (a), (d), and (g) are the side view;
(b), (e), and (h) are the top view; (c), (f), and (i) are the bottom view.

network with inverse morphology to the internal channels
in the scaffold exhibited consistent geometry (Figures 3(b)
and 3(c)). A gap between the outer shell and internal lattice
network was incorporated in the design to allow for cortical
bone formation (Figures 3(e) and 3(h)). A few lattice struts
were designed to connect the internal and outer parts in
the cortical design mold (Figure 3(i)). The surface of the
lattice struts in the mold was highly textured due to the thin-
layer MSTL process (Figure 3(i)). Thus, these molds share
many of the morphological characteristics of previous molds
produced by rapid prototyping [26, 27].

After filling the mold with ceramic slurry, sintering, and
mold burnout, 𝛽-TCP scaffolds both with and without corti-
cal structure were produced. The sintered scaffolds retained
the external bone contour specified by STL data (Figure 4).
A bone cortex-like structure was produced by filling the
gap incorporated in the modified “cortex design” molds

(Figures 4(d)–4(f)), and these modified scaffolds exhibited
more anatomical details than the noncortical design scaffolds.

A micro-CT study of the sintered scaffolds confirmed
reproduction of the external shape of the template bone (Fig-
ure 5). In addition to preserving bone surface morphology,
the surfaces of the cortex design scaffolds exhibited nutrient
vessel-like structures (white arrow, Figure 5), resulting from
the removal of the out resin lattice struts in the cortex
design resin mold. Reconstructed images showed that both
the cortex design and noncortex scaffolds had a consistent
and continuous internal porous network without occlusions.

Morphometric measurements (Table 1) showed that the
resin molds (both types) were produced as designed, with
only a 0.04mm difference in height (5.31mm as designed
versus 5.33 or 5.35mm). However, the ceramic scaffolds
shrank by about 9% on average during sintering. The cross-
sectional diameter of the pores as measured by micro-CT
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Table 1: The height, pore diameters (cross section), and the porosity of ceramic samples.

Scaffold types
The height of the customized TCP scaffolds

Pore diameters (mm) Porosity (vol%)Designed
(mm)

Resin mold
(mm)

Sintered
(mm)

Shrinkage
(%)

Without cortical bone (𝑛 = 7) 5.31 5.33 ± 0.09 4.90 ± 0.17 8.02 ± 3.48 0.45 ± 0.03 26.57 ± 1.05
With cortical bone (𝑛 = 8) 5.31 5.35 ± 0.05 4.86 ± 0.24 9.11 ± 4.56 0.44 ± 0.02 18.25 ± 1.69
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Figure 5: The reconstruction images from micro-CT scanning of the sintered scaffolds. The white arrow indicates nutrient vessel-like
structures resulting from the removal of the struts connecting the internal lattice and outer shell.

was 0.45 ± 0.03mm for the scaffolds without cortical design
and 0.44 ± 0.02mm for those with cortical design, only ∼10%
smaller than the design diameter (0.50mm) and well within
the range required for bone tissue engineering applications
[28]. As the cortical structure occupied some of the lattice
space (Figure 2(d)), the porosity of scaffolds with cortical
structure was ∼31% lower than that of scaffolds without
cortical structure.

The stress-strain curve showed that the compressive stress
on sintered scaffolds gradually increasedwith compress strain
until load drop indicative of ultimate compression strength
(Ult. Comp. strength) (Figure 6(a)). BothUlt. Comp. strength
and Young’s modulus were higher in the scaffolds with
cortical structure (𝑛 = 7, 𝑝 < 0.05) (Figures 6(b) and 6(c)),
suggesting that the thicker cortex-like structure enhanced
scaffold strength and prevented damage to the porous inter-
nal structure. The Ult. Comp. strength of both scaffold types
was comparable to trabecular bone (0.6−15MPa [29]; thus
well suited for bone tissue engineering applications [11].

By Calcein-AM/PI staining, we tested scaffold biocom-
patibility by evaluating the viability of rabbit BM-MSCs

after culturing for 5 days (Figure 7). Many viable (calcein-
stained) rabbit’s BM-MSCs were attached on the porous
surface of the customized scaffolds with few (PI-stained)
apoptotic cells scattering among them. Further observation
with higher magnification fluorescence microscopy revealed
that the cells on the pore surface took on the stretched or
spindle-like shape typical of cultured BM-MSCs. Therefore,
biocompatibility criteria were satisfied.

4. Discussion

We fabricated ceramic scaffolds with the external shape and
internal porous structure specified by a resin mold designed
based on boneCT imaging and constructed usingmicrostere-
olithography. Moreover, these scaffolds demonstrated good
biocompatibility for growth of bone marrow mesenchymal
stromal cells. This two-step (indirect) MSTL-based method
allowed for the construction of anatomically complex scaf-
folds using ceramic material (beta-tricalcium phosphate) of
knownmalleability and biocompatibility and somay facilitate
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Figure 6: The mechanical properties of the sintered ceramic scaffolds. (a) The stress-strain curve; (b) ultimate compression strength; (c)
Young’s modulus. Error bars represent standard deviation (SD), 𝑛 = 7. The asterisk (∗) indicates a statistically significant difference between
the static group and the perfusion group (𝑝 < 0.05).
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Figure 7: Fluorescence microscopy images of the rabbit BMSCs cultured on the ceramic scaffolds for 5 days. Calcein-AM/PI double staining
was performed to study the cell viability. (a) was observed by 4x objective lens and (b) was observed by 10x objective lens (green, living cell;
red, apoptotic cell).
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the rapid production of scaffolds that conform to specific
bone defects for optimal surgical repair.

MSTL creates complex 3D structures by curing resin
using UV lasers, so direct fabrication of scaffolds would
require UV-curable biomaterials rather than biomaterials
with knownbiocompatibility and osteoinductive capacity [4].
To overcome this limitation, we used MSLT to design and
create resin molds for beta-tricalcium phosphate scaffolds.
However, differences in thermal response between the resin
and scaffold material can create cracks in the scaffold during
sintering [30]. Indeed, we attained only small ceramic par-
ticles (rather than complete scaffolds) in preliminary exper-
iments using traditional water-based formulations such as
polyvinyl alcohol as the slurry binder (data not shown), likely,
because the ceramic scaffold shrank during sintering and
was therefore broken up by the resin lattice struts. We tested
RTV silicone rubber as a binder owing to its low viscosity
and good flowability, which would facilitate complete filling
of the mold. In addition, we also speculated that the low
shrinkage and high temperature resistance of RTV would
help overcome the thermal mismatch between the resinmold
and the raw ceramic material (𝛽-TCP). After sintering, the
customized ceramic scaffolds exhibited the anatomical details
incorporated into the mold design and the specified internal
lattice structure without obvious cracking as revealed by
microscopic and micro-CT examination (Figures 4 and 5).
Preservation of mold design structure may have been aided
by inclusion of a dwell time at 600∘C during heating, thereby
minimizing shrinkage and damage of the ceramic before the
resin mold became soft. Although the mechanical strength
of these scaffolds was still within the range of trabecular
bone and thus insufficient for use in load-bearing regions
(Figure 6), this two-step process may be amenable to the
use of stronger binder materials for gelcasting. Moreover,
strength was augmented by a modified mold including an
external gap for formation of cortex-like bone.

A higher solid loading of ceramic powder (%wt) in
the slurry will enhance the mechanical strength of the sin-
tered ceramic scaffold, but the viscosity would also increase
dramatically, impeding complete mold filling and possibly
damaging the delicate resin strut network. To avoid poor
mold filling and strut damage, the internal porous structure
was designed at 45∘ (Figure 2) rather than the traditional
90∘ to the expected slurry filling direction (top to bottom).
This choice was based on our preliminary flow simulation
experiments, which demonstrated that this design will dis-
tribute the fluid more homogenously in the network under
a given inlet pressure (data not shown). Therefore, this strut
network design may have also facilitated even dispersion of
the ceramic slurry into the molds without significant mold
damage.

The scaffolds with cortical design better reflected the
anatomical details of the template bone compared to scaffolds
without cortical design (Figure 4) and even exhibited nutrient
vessel-like structures on the surface (Figure 5). In addi-
tion, this cortical design also enhanced scaffold mechanical
strength (Figure 6). Therefore, the mechanical properties
of artificial bone grafts can be modulated by geometric
design elements like cortical bone-like structure. However,

incorporation of cortex-like bone would also restrict blood
vessel invasion from host tissue and reduce space for cell
growth. Therefore, it may be useful to combine the cortical
and noncortical designwithin a single scaffold or usemultiple
fitted scaffolds with and without cortical design for certain
graft applications.

Dual calcein/PI staining showed that rabbit BM-MSCs
could be cultured successfully on the customized scaffolds
(Figure 7). The cells showed typical BM-MSC morphology,
indicating that these scaffolds had no notable adverse effects
on cell growth or phenotype in this short-term in vitro
study. As cells may undergo apoptosis in the internal scaffold
after prolonged static culture, in our future work, we will
employ hydrodynamic culture system [25, 31] to evaluate the
biocompatibility for a prolonged culture period. It is also
necessary to evaluate the customized scaffolds using a large
animalmodel with a normal immune system to confirm their
regenerative performance in vivo.

5. Conclusions

Anatomically shaped 𝛽-TCP ceramic scaffolds were fab-
ricated successfully by a novel gelcasting indirect MSTL
approach. Both the external anatomic shape of the template
bone and the designed internal network were preserved after
mold burnout. Cortical structure could be introduced by
modifying the mold and this strengthened the scaffold. In
addition, these 𝛽-TCP scaffolds exhibited good biocompat-
ibility.Therefore, it may be possible to treat bone defects with
geometrically tailored bone substitutes.
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Millions of patients worldwide remain inadequately treated for bone defects related to factors such as disease or trauma. The
drawbacks of metallic implant and autograft/allograft use have steered therapeutic approaches towards tissue engineering solutions
involving tissue regeneration scaffolds.This study proposes a composite scaffold with properties tailored to address the macro- and
microenvironmental conditions deemed necessary for successful regeneration of bone in defect areas. The biodegradable scaffold
composed of porous beta-tricalcium phosphate particles and collagen type I fibers is prepared from a mixture of collagen type-I
and 𝛽-tricalcium phosphate (𝛽-TCP) particles via lyophilization, followed by dehydrothermal (DHT) processing. The effects of
both sterilization via gamma radiation and the use of DHT processing to achieve cross-linking were investigated. The impact of
the chosen fabrication methods on scaffold microstructure and 𝛽-TCP particle-collagen fiber combinations were analyzed using
X-ray diffractometry (XRD), scanning electron microscopy (SEM), Fourier transform infrared spectroscopy (FTIR), differential
scanning calorimetry (DSC), and microcomputerized tomography (𝜇-CT). Electron spinning resonance (ESR) analysis was used
to investigate free radicals formation following sterilization. Results revealed that the highly porous (65% porosity at an average of
100 𝜇m pore size), mechanically adequate, and biocompatible scaffolds can be utilized for bone defect repairs.

1. Introduction

Accidents, fractures, osteoporosis, tumor removal, and
hereditary diseases where large bone defects may occur
necessitate appropriate methods for the regeneration of lost
tissues [1]. Many clinical approaches to bone repair and
regeneration have been reported. Autografts use, the current
gold standard for treating critical-sized bone defects, is lim-
ited by factors such as donor site morbidity, the risk of bone
resorption, and poor availability and there is thus growing
interest in bone graft substitutes [2, 3]. The dry weight of the
natural bone matrix consists of 75% inorganic material, cal-
cium phosphate, and around 22% organic material, collagen
alongwith low amounts of proteoglycans, peptides, and lipids
[4].The extracellular matrix, which is composed of a network

of collagen fibrils offering an environment for cell prolifera-
tion and migration, can be decellularized. However, the risk
of pathogen or disease transfer has led, instead, to the devel-
opment of scaffolds that can mimic the ECM in in vitro con-
ditions [5]. Scaffolds that can be used for bone regeneration
are fascinating as they have the ability to be produced with
desirable properties, can be sterilized to display low immuno-
genicity, shaped to the defect site, optimized, and altered
accordingly, and can be used in combination with cells and
growth factors [1]. Materials used in bone grafts must allow
for osteoblasts to interact with other osteoblasts, proliferate,
and migrate [6].

Materials used for scaffolds must be biocompatible, bio-
degradable, mechanically strong, and osteointegrative. Ce-
ramic materials are commonly used in clinical applications;
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hydroxyapatite (HA) is one of the most widely used ceramics
in medicine. Even though HA displays high mechanical
strength, it does not possess interconnected porosity, a feature
essential to the vascularization of newly formed tissue. Fur-
thermore, as HA is nonbiodegradable it cannot be replaced
with new bone tissue over time [7]. To avoid such limita-
tions we have preferred the incorporation of highly pure
and porous 𝛽-TCP particles (SupraBone (BMT Calsis Co.,
Turkey)) in the scaffolds developed in our study. 𝛽-TCP has
a Ca/P ratio very similar to that of natural bone tissue, is
biodegradable, and can be produced to exhibit ideal pore sizes
[8]. However, this material cannot be used alone in the regen-
eration of bone due to its brittleness. For this reason it is more
effective to use TCP in conjunction with the primary compo-
nents of bone such as collagen.The use of collagen-only scaf-
folds is also not desirable due to its early degradation within
the body and low resistance [9]. Furthermore, there are diffi-
culties associatedwith the combination of collagenwith other
biopolymers as internal shear stresses between the materials
tend to compromise the mechanical integrity of the scaffold
[8]. Hybrid scaffolds that unite the elasticity of collagen
and the high mechanical resistance of 𝛽-TCP offer viable
solutions to the current problems encountered in hard tissue
engineering [6, 10].

Many methods can be employed to create pore of desired
size, density, and interconnectivity in tissue engineering
scaffolds [11]. Chemical approaches, where the removal of
solvents involves arduous processing, carry a risk of causing
tissue damage if residue remains within the material [12];
we have thus utilized a lyophilization technique in our study
to achieve porosity. As the 𝛽-TCP and collagen composite
scaffolds are likely to degrade/disintegrate before new tissue
is formed, they need to be cross-linked for in vivo use. Agents
such as diphenylphosphoryl azide (DPPA) and glutaralde-
hyde (GTA) have previously been used to cross-link collagen
[13]. Even though the cross-linking agents are able to give fast
and effective results, the complete removal of solvents used in
the process is not always successful. To achieve cross-linking
whilst avoiding the possibility of such adverse effects, a non-
chemical method, namely, dehydrothermal (DHT) process-
ing, can be used. As strong links between the ceramic phase
and organic phase of the collagen/𝛽-TCP scaffolds can be
formed via DHT processing, degradation time is increased,
cell proliferation is increased, and controlled release of
growth factors becomes possible [3].

In this work, porous collagen/𝛽-TCP composites were
prepared by acid-treating the collagen, dispersing fine 𝛽-TCP
particles throughout the mixture, and lyophilizing in order
to obtain desired uniform microenvironments within the
composites. To minimize early degradation of the scaffold in
the body, DHT processing to cross-link the collagen/𝛽-TCP
scaffoldwas used.The effects of cross-linking and sterilization
parameters on 𝛽-TCP particles and collagen properties were
investigated.

2. Materials and Methods

2.1. Preparation of Porous 𝛽-TCP/Collagen Scaffolds. Colla-
gen type-I (RUP, Czech Republic) was dispersed in a diluted

acetic acid solution (0.1 N) at room temperature. To com-
pletely dissolve collagen, themixturewas stirred for 5minutes
using an overhead blender at the speed of 500 rpm. In order
to deliver the maximum amount of ceramic particles without
compromising the handling and wettability properties of the
final graft material; an 80 : 20w/w ratio was selected for 𝛽-
TCP/collagen mixture. A designed amount of 𝛽-TCP pow-
ders was slowly added into the collagen suspension by stir-
ring. 𝛽-TCP (SupraBone, 0,5–1mm particle size) was kindly
donated by BMT Calsis Health Technologies, Co., Turkey.
This particle size was found suitable since bigger ceramic
particles could lead to lower packing density and fragile
structure. After the addition of 𝛽-TCP, the slurrymixture was
stirred for 3 minutes at a speed of 250 rpm. The slurry was
casted into a Teflon mold (dimensions 5mm × 25mm ×
100mm) and stored at −80∘C for 3 hours [14]. Subsequently,
the frozen mixture was lyophilized to obtain a porous
collagen/𝛽-TCP composite. After freeze-drying the porous
composites, the matrices were placed into the vacuum oven
for dehydrothermal processing at 3mbar and 110∘C operating
conditions for 1, 3, and 5 days. It should be noted that the
shorter treatment timesmay lead to incomplete cross-linking
while longer periods could effect the chemical structure.
Some of the bone grafts were sterilized by using gamma
irradiationwith an average prescribed dose of 25 kGy at room
temperature, whilst a control batch remained unsterilized for
comparative analysis purposes.

2.2. Characterization of Scaffolds. The crystalline phases of
the porous composites were determined with an X-ray
diffractometer (XRD) using the RIGAKU, RINT 2000 sys-
tem. The surface morphology of 𝛽-TCP/collagen scaffolds
was examined using a scanning electronmicroscope (SUPRA
50VP, Germany). The scaffolds were sputter-coated with
gold-palladium alloy before SEM imaging. The operated
voltage was set at 20 kV. FTIR analysis was carried out to
determine components of𝛽-TCP/collagen scaffolds and char-
acterize the interactions between 𝛽-TCP particles and colla-
gen fibrils using an attenuated total reflection system on a
(BRUKER TENSOR 27, USA) spectrometer. Further analysis
involving Fourier transform infrared (FTIR) spectroscopy
was adopted using the KBr pellet method and FTIR spectra
were recorded at 4.0 cm−1 resolution. A dry system was used
to prevent atmospheric moisture. Differential thermal analy-
ses (DTA) were performed for the determination of thermal
transitions. The thermal behaviors of the 𝛽-TCP/collagen
scaffolds were also investigated by thermogravimetric anal-
ysis (TGA), and differential thermal analysis (DTA) using
the NETZSCH thermal analyzer (STA 449 F3 JUPITER,
Germany). For TG-DTA measurement, the heating rate was
set at 10∘C/min under flowing air. An X-band Electron
Spin Resonance (ESR) spectrometer (Bruker ELEXSYS E580,
USA), fitted with a TE

102
cavity and operating at 9.85GHz

microwave frequency and 100 kHz magnetic-field modula-
tion frequency, was used to test all samples in this study.

In order to reveal mechanical properties, three-point
bending strength tests were carried out using a Zwick/Roell
Z250mechanical tester.The size of the specimens was ∼5mm
× 12,5mm × 50mm.The 0,2N load was applied over a 10mm
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Figure 1: Characteristics of the collagen/𝛽-TCP scaffolds. (a) Macroscopic image, (b) SEM image of gamma irradiation sterilized scaffold
(×1000).

span and at themidpoint of the 12,5mm × 50mm surface. All
tests were performed using a crosshead speed of 2mm/min.
The compression strength of porous scaffolds was also
measured using a Zwick/Roell Z010 mechanical tester at a
crosshead speed of 2mm/min.The samples were rectangular
in shape, with dimensions 5mm in height and 10mm ×
10mm in cross section. During compression test, the 0,25 N
load was applied until densification of the porous samples
started to occur.

A micro-CT system (SkyScan 1172, USA) was used to
quantify the 3Dmicrostructural properties of the collagen/𝛽-
TCP scaffolds. Isotropic slice data were obtained by the
system and reconstructed into two-dimensional images and
analyzed to produce 3D images for quantitative architectural
parameters. The data were further analyzed by the software
CT Analyzer (SkyScan, USA). Porosity, pore sizes, and pore
distribution were measured from the constructed 3D model.

To evaluate the degree of water uptake, the cross-linked
scaffold samples with the specific dimensions (10mm ×
12mm × 5mm) were accurately weighed (𝑊

0
) and immersed

in 3mL PBS solution at 37∘C according to [15]. The samples
were reweighed at regular time intervals (𝑊

𝑆
) to find the

equilibrium swelling. The water uptake was defined as (𝑊
𝑆
−

𝑊
0
) × 100/𝑊

𝑆
.

2.3. Cell Culture Assays. The scaffolds consisting of collagen
and 𝛽-tricalcium phosphate (TCP) were cut to size of 24mm
× 47mm prior to the commencement of the experiment. To
assess the possible cytotoxicity of the scaffolds, they were
seeded with a commonly used osteosarcoma cell line, MG63.
The cells were exclusively cultured for this experiment using
a specifically supplemented medium consisting of 𝛼-MEM,
10% FBS, 1% L-glutamine, 1% antibiotics, and antimycotic.
Prior to seeding, scaffolds were cut to a specific size (6mm ×
6mm) and then soaked in fully supplementedMG63medium
for 30min. To assess initial seeding efficiency, the scaffolds
were then seeded in a sterile Petri dish. 0.5 × 106 cells were
seeded in each scaffold in a volume of 100 𝜇L supplemented
MG63 medium. The cell suspension was seeded with 5 sepa-
rate volumes of 20𝜇L to ensure a homogenous distribution
within the scaffold. It was also hoped that this method of

seeding would prevent cell suspension leaking from the scaf-
folds until cell attachment was achieved. The scaffolds were
then incubated (37∘C at 5%CO

2
) for 2 hrs before being trans-

ferred to individual wells of a 24-well plate. Once transferred,
the wells were topped up with 1mL supplemented MG63
medium. After 24 hrs, half the wells were topped up with an
additional 1mL supplemented MG63 medium (bringing the
volume of half the wells to 2mL).This was intended to assess
if medium volume affected cytotoxicity and scaffold integrity.
The scaffolds were imaged at 2 hrs, 24 hrs, 48 hrs, 72 hrs, and
192 hrs. The pH of the supplemented MG63 medium was
tested prior to seeding and again after the experiment was
complete.

For the disintegration experiment, eight scaffolds (cut to
the same dimensions as those used in the seeding exper-
iment) were used to assess and monitor the levels of dis-
integration within a number of mediums: DMEM, 𝛼MEM,
supplemented MG63 media, and PBS. The scaffolds were cut
and immediately transferred to individual wells of a 24-well
plate. Each well was then topped up with their designated
medium (3x scaffolds were each soaked in DMEM, 𝛼MEM,
supplemented MG63 media, and PBS). The scaffolds were
imaged every 30min for the first 5 hrs and twice again at
24 hrs. Immediately following the initial imaging at 24 hrs,
an attempt was made to transfer the scaffolds to new wells
with images being taken again immediately after. This was
intended to evaluate whether themoving of the scaffolds after
2 hrs of postseeding could have affected the integrity of the
scaffolds.MTT analysis was carried out to evaluate cell viabil-
ity at 45 hrs and 70 hrs (𝑛 = 4 × 3) using manufacturers pro-
tocols. A standard curve was made using the same methods
as those previously mentioned with cell numbers of 0.2 × 106
to 1 × 106.

3. Results

3.1. Scaffold Characterization. Figure 1 shows the morphol-
ogy and structure of collagen/𝛽-TCP scaffolds.The composite
scaffolds were white and opaque with a spongy appear-
ance (Figure 1(a)) and exhibited an interconnected porous
structure (Figure 1(b)). 𝛽-TCP particles were distributed well
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Table 1: Thermal properties of collagen/𝛽-TCP scaffold.

Groups Total weight loss (%) ∗𝑇
𝑑
(∘C) ∗∗𝑇

𝑚
(∘C)

Sterile sample 33,3 133,3 46,6
Nonsterile sample 28,6 120,0 53,3
∗Temperature at degradation. ∗∗Temperature at denaturation.
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Figure 2: FTIR spectra of the sterile and nonsterile collagen/𝛽-TCP
scaffolds.

and homogeneously in the skeleton network of collagen
fibrils. The interconnected porous scaffold structures have
beneficial effects on cell proliferation, migration, and nutri-
tive transportation in bone tissue engineering. It was also
noted that the organic and inorganic phases were combined
appropriately following gamma sterilization.

In the FTIR spectra (Figure 2), adsorption bands were
clearly detected, which corresponded to 𝛽-TCP (PO

4

3−: 1000,
600, and 580 cm−1) and collagen (COO−: 1630, 1543, and
1452 cm−1), respectively. The FTIR data shows the collagen
and ceramic phases have not undergone significant change
following poststerilization.

XRD investigations detected a peak profile of collagen/𝛽-
TCP scaffold overlapped with the product of 𝛽-TCP pow-
der. Mineralogical analysis results examined in sterile and
nonsterile samples were found to contain [Ca

3
(PO
4
)
2
] phase.

Collagen type-I did not peak in XRD analysis due to its
amorphous structure but peak between 25 and 35∘ in sterile
and nonsterile samples revealed the presence of amorphous
structure. There are not any differences observed between
sterile and nonsterile samples peakwhen graphics overlapped
(Figure 3).

Following thermal analyses, a three-stage degradation
was observed in TG-DTA analysis that determines the weight
loss. The first endothermic peak in thermogram that related
with weight loss indicates evaporation of water. Second
exothermic peak in the range of 200–400∘C implies collagen
degradation. A noticeable difference between theDTA results
of sterile and nonsterile samples was not seen. Sterile and
nonsterile samples exhibit similar thermal behavior (Table 1).

There is no ESR signal obtained from irradiated scaffolds.
In the absence of fluctuation in 3500-Gauss magnetic field of
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Figure 3: XRD patterns of collagen/𝛽-TCP scaffold.

Table 2: Compressionmodulus of scaffolds at 1-, 3-, and 5-day DHT
processing time (𝑛 = 3).

Treatment time 1 day 3 days 5 days
Sterile (MPa) 2,32 ± 0,11 3,07 ± 0,15 2,22 ± 0,11
Nonsterile (MPa) 3,67 ± 0,18 3,45 ± 0,17 2,19 ± 0,1

Table 3: Scaffold parameters assessed by micro-CT analysis.

Parameter Amount
Total porosity (%) 65,63
Open porosity (%) 65,54
Surface density (1/mm) 8,84
Pixel size (𝜇m) 13,72

free radical formation, we concluded that free radical forma-
tion was not observed in scaffolds after gamma sterilization
at 25 kGy dose irradiation.

In order to see the effects of DHT processing times on the
mechanical properties, compression tests were performed.
The summary of themechanical properties is given inTable 2.
It was noted that a DHT processing time of 3 days is optimal,
since after this point the compressionmodulus of the samples
showed declination. In addition to the compression tests,
a three-point bending test was also performed. According
to three-point bending tests, Young’s modulus and strength
values for the sterile samples were found as 14.12 ± 0, 7MPa
and 0.77 ± 0, 03MPa (𝑛 = 3), respectively.

Detailed analysis results of micro-CT images are given in
Table 3. The representative micro-CT images of the scaffolds
were shown in Figure 4. Scaffolds have an open and porous
architecture with porosity of around 65,63% in the dry stage.
It was found that the ceramic phase integrated into thematrix
had amicro- and nanopore structure and this had an effect on
these results.

The results of the water uptake experiment performed
for the cross-linked scaffolds revealed that all the scaffolds
reached the equilibrium swelling point in less than 48 hours.
As observed in Figure 5, water content of the scaffolds was
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Figure 4: Micro-CT images of a 𝛽-TCP/collagen scaffold. (a) Top-view of scaffold. (b) Side-view of scaffold.
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Figure 5: Water uptake of the 𝛽-TCP/collagen scaffolds after 48
hours. Error bars show means ± standard deviation for 𝑛 = 3.

inversely proportional to the DHT processing time (DHT1,
DHT3, and DHT5 denote 1, 3, and 5 days of DHT treatment).

3.2. In Vitro Disintegration Tests. Disintegration was evident
in all four mediums within just 1 hr of being immersed.
Within 5 hours, the disintegration had reached a point where
the scaffolds had begun to disintegrate (Figure 6). After
24 hrs, the scaffolds had become so disintegrated that they
could not be transferred to another well. The scaffolds had
become too soft and could not be handled.

The initial seeding of the scaffolds was considered suc-
cessful given that each scaffold accepted the supplemented

MG63 medium (30min soaking) and cellular solution with-
out leaking. It was noted when soaking and seeding the
scaffolds that when more time was given to the scaffolds to
accept a solution, they retained the solution better (Figure 7).

After 2 hours incubation (37∘C at 5% CO
2
), however, all

of the scaffolds had begun to leak and significant volumes of
solution containing both cellular debris and scaffold debris
were clearly visible escaping from the scaffolds. The scaffolds
were transferred to 24-well plates and images taken of the
leaked solution. Significant segments of scaffold can clearly
be seen in Figure 8 with small clumps of cells remaining
unattached from the dish surface.

After 24 hrs, it was difficult to distinguish cellular debris
from the mass of scaffold debris that had departed from the
main scaffold body but nevertheless some cell attachment
remained present (Figure 8).

Disintegration of the scaffolds continued 48 hrs after
seeding. Within 192 hrs (8 days) all of the scaffolds had
completely degraded and broken down into small fragments.
These fragments are thought to be the TCP component of the
scaffolds. Live/Dead staining was carried out on scaffold seg-
ments 192 hrs after seeding (Figure 9) and several segments
of scaffold showed high cell viability. Fragments were taken
from several scaffolds that had completely disintegrated/
degraded with each showing a higher than expected cell
viability.

DuringTheMTT evaluation, a standard curve producing
an 𝑅2 value of 0.99 with the lowest cell number used for the
curve was 0.2 × 106, just 40% of the original seeding density.
Within just 45 hrs, cell viability had dropped below this value
and continued to drop up to 70 hrs.

4. Discussions

In this study, a flexible and biocompatible composite scaffold
of collagen and𝛽-tricalciumphosphate was preparedwithout
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(a) (b) (c) (d)

(e) (f) (g) (h)

(i) (j) (k) (l)

(m) (n) (o) (p)

Figure 6: Morphology of scaffolds soaked in four different mediums. (a)–(d) 1 hr after soak. (e)–(h) 5 hrs after soak. (i)–(l) 24 hours after
soak. (m)–(p) After transfer (24 hours). (a), (e), (i), (m) Alpha-MEM. (b), (f), (j), (n) DMEM. (c), (g), (k), (o) MG63 supplemented medium.
(d), (h), (l), (p) PBS.

using a chemical cross-linker (via dehydrothermal process-
ing, DHT) and the effects of the process on the mechanical,
thermal, and biocompatibility properties of collagen/𝛽-TCP
scaffolds were examined. For this purpose, a mixture of
ceramic and collagen phases was prepared and subjected to
freeze-drying, resulting in cross-linked scaffolds.

The duration of DHT processing was found to have a crit-
ical influence on the mechanical features of the scaffolds pre-
pared.The results from compression testing revealed that a 3-
day processing time resulted in scaffoldswith highermechan-
ical strength. Increasing the time of exposure to 5 days was
found to increase the amount of collagen denaturation in
the scaffolds. Although the increase of DHT temperature
improves cross-link density, the increase in DHT processing
time was found to be inversely proportional to cross-link
density, coherent with reported literature [16]. However, the
compressive modulus of the scaffolds, determined to be
between 2.2 and 3.0MPa, remains significantly higher than
those of similar scaffolds reported in literature [16–19].

FTIR analysis results have established that the collagen
fibers were cross-linked via DHT. Additionally, the FTIR
spectrum indicates that gamma irradiation further increased
cross-link density. Bands up to a width of 1200 cm−1 belong
the PO

4

−3 of 𝛽-TCP [20]. Although the amide-I (1639 cm−1),
amide-II (1543 cm−1), and amide-III (1452 cm−1) bands of
collagen are quite similar to those of unmodified collagen, the
increase in cross-link density due to the interaction between
carboxyl and amino groups has led to a shift in the wavenum-
ber and decrease in the area below the peak [21]. Addi-
tionally, a cross-link between lysine and alanine may have
occurred due to DHT processing; however, this may remain
hidden in the FTIR spectra [16].

Thedenaturation temperature of collagenwas found,with
differential scanning calorimetry analysis, to be about 50∘C.
Whilst the denaturation temperature (𝑇

𝑑
) causes the destruc-

tion of the triple-helix structure of collagen, the degradation
temperature (𝑇

𝑚
) relates to the breaking of covalent bonds

within the collagen molecule [22]. Several factors including
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(a) (b)

(c) (d)

Figure 7: Images of the initial seeding of the scaffolds. (a) and (c) 2 hrs after seeding. (b) and (d) 24 hrs after seeding. (a) and (b) ×4
magnification. (c) and (d) ×10 magnification.

(a) (b) (c)

(d) (e) (f)

Figure 8: Scaffold morphology after seeding. (a) and (d) 48 hrs after seeding. (b) and (e) 72 hrs after seeding. (c) and (f) 192 hrs after seeding
((a)–(c) 1mL well volume; (d)–(f) 2mL well volume).
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(a) (b)

Figure 9: Live/Dead staining carried out on scaffold segments 192 hrs after seeding. (a) 4x magnification. (b) 10x magnification.

the collagen isolation technique, type of collagen, and water
content will affect the denaturation temperature [23]. Whilst
DHT processing improves cross-link density, it also simulta-
neously leads to the denaturation of collagen molecules [24].
Along with this, the moisture content of the scaffold or the
accumulation of solvent within it will change the denatura-
tion temperature [16] and to overcome this problem we have
utilized a lyophilization procedure prior to cross-linking.

Gamma irradiation (standard dose recommended by the
European Pharmacopeia) was used for the sterilization of
the collagen/𝛽-TCP scaffolds [25]. Although the formation
of free radicals is not detected with electrospin resonance
(ESR), gamma radiation is known to impede the mechanical
properties of the material and speed the degradation process.
To overcome this issue a DHT sterilization method, also
described in literature [26], could be opted.

The swelling capacity of the scaffolds carries great impor-
tance for tissue culture in terms of cell growth and differen-
tiation [27]. Whilst water absorption was seen in scaffolds
subjected to 1 day of DHT processing, water absorption
levels remained constant for scaffolds, which underwent
longer DHT processing times. Swelling capacities depend on
collagen and 𝛽-TCP content as well as cross-link density. A
reported study has found a higher swelling ratio, possibly due
to the utilization of only collagen matrix [21].

The scaffolds prepared in this study did not cause cyto-
toxic effects. A Live/Dead staining analysis found a high
level of cell viability, implying that collagen/𝛽-TCP scaffolds
remaining did not negatively affect cell survival. During in
vitro disintegration tests, 𝛽-TCP particles disintegrated from
the scaffolds. This could be attributed to the excessive cross-
linking of the scaffold [28] or long DHT processing times
[29].This disintegration could give increased surface area and
vascularization when implanted.

5. Conclusion

In this study, we have successfully developed porous collagen/
𝛽-TCP scaffolds with an interconnected pore structure with
𝛽-TCP particles homogeneously distributed in the network
of collagen fibrils. We have found that these scaffolds display
complete biocompatibility, superior mechanical properties
and can offer ease of handling. They are able to bend and

be rolled, making it suitable for wide range of indications
in terms of handling. The optimal DHT time was obtained
by using data from characterization studies. Collectively,
the findings from this study suggest that these cross-linked
collagen/𝛽-TCP scaffolds fabricated via dehydrothermal pro-
cessing show great potential for use in bone tissue engineer-
ing applications.
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3Inserm UMR-S 1159, “Réhabilitation Chirurgicale Mini-Invasive et Robotisée de l’Audition”, 75018 Paris, France

Correspondence should be addressed to Daniele Bernardeschi; daniele.bernardeschi@psl.aphp.fr

Received 22 May 2015; Accepted 7 July 2015

Academic Editor: Giuseppe Cama

Copyright © 2015 Daniele Bernardeschi 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.

Objective. To evaluate the cutaneous and the inner ear tolerance of bioactive glass S53P4 when used in themastoid and epitympanic
obliteration for chronic otitis surgery. Material and Methods. Forty-one cases have been included in this prospective study.
Cutaneous tolerance was clinically evaluated 1 week, 1 month, and 3 months after surgery with a physical examination of the
retroauricular and external auditory canal (EAC) skin and the presence of otalgia; the inner ear tolerance was assessed by bone-
conduction hearing threshold 1 day after surgery and by the presence of vertigo or imbalance. Results. All surgeries but 1 were
uneventful: all patients maintained the preoperative bone-conduction hearing threshold except for one case in which the round
window membrane was opened during the dissection of the cholesteatoma in the hypotympanum and this led to a dead ear. No
dizziness or vertigo was reported. Three months after surgery, healing was achieved in all cases with a healthy painless skin. No
cases of revision surgery for removal of the granules occurred in this study.Conclusion. The bioactive glass S53P4 is a well-tolerated
biomaterial for primary or revision chronic otitis surgery, as shown by the local skin reaction which lasted less than 3 months and
by the absence of labyrinthine complications.

1. Introduction

Bioactive glass S53P4 (BG) is a bioactive material that elicits
a specific biological response at the interface of material and
tissue resulting in the formation of a bond between them [1].
It is a silica-based biomaterial with bone bonding properties
[2, 3], osteoconductive and osteoproductive in promoting
migration, replication, and differentiation of osteogenic cells
[4, 5]. The material is a mixture of oxides composed by
53% SiO

2
, 23% Na

2
O, 20% CaO, and 4% P

2
O
5
. After the

interaction with body fluids, the rapid ions exchange forms
a Si-rich layer that interacts with Ca2+ and PO4

3− to allow the
crystallization of hydroxyl carbonate apatite over the surface
of the granules [6]. Together with this chemical mechanism,

a cellular mechanism promotes osteostimulation and new
bone formation: the bioactive glass stimulates the growth and
maturation of osteoblasts and promotes the maintenance of
osteoblastic phenotype [7, 8] that produces the bone matrix
guided by the hydroxyapatite layer formed over the granule’s
surface. Studies in vivo demonstrated that when implanted
in a cavity created in the tibia of rats in contact with bone
marrow, it promotes the new bone formation and, 8 weeks
after implantation, animals implantedwith BGhad 50%more
bone formation than the control group [9, 10].

Furthermore, the BG has the unique property of being
antibacterial over many aerobic and anaerobic bacteria [11,
12]. The inhibition of bacterial growth is probably due to the
release of ions at the first stage of implantation which causes
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elevation of the pH and of the osmotic pressure. Moreover,
the BG can suppress Staphylococcus aureus and Pseudomonas
aeruginosa biofilms formation on titanium alloy disc in vitro
[13, 14].

Clinical studies regarding the use of BG have been
published in orthopedic (trauma [15, 16], benign bone tumors
[17], and chronic osteomyelitis [18, 19] surgeries) and cranio-
facial (frontal [20, 21], maxillary [22] sinus surgery) fields.

Few reports have been published in ear surgery concern-
ing the rehabilitation of canal-wall-down mastoidectomies
[23–25]. Unlike long bones, themastoid bone contains cells in
contact with air.Themastoid cavities are covered bymodified
respiratory epithelium with ciliated and secretory cells and
the bone does not contain bone marrow. Moreover, the
mastoid cavities are in direct contact with the inner ear that
contains auditory and vestibular hair cells whose functioning
is dependent of inner ear fluids ionic composition [26–28].

The aim of this prospective observational uncontrolled
study was to assess the cutaneous (retroauricular and the
external auditory canal) and inner ear tolerance of the BG
S53P4when used for obliteration of canal-wall-down (CWD)
and canal-wall-up (CWU) mastoidectomies.

2. Material and Methods

This study, carried out between May 2013 and January 2015,
was authorized by the ethical institutional board, and all
patients gave their written consents for the use of their
personal clinical data. The bioactive glass S53P4 is produced
by BonAlive Biomaterials Ltd. (Turku, Finland) and has been
approved for clinical use in 2004 in Europe and in 2007 in the
United States.

The tolerance of the material was clinically evaluated for
the skin of the retroauricular and external auditory canal
(EAC) 1 week, 1 month, and 3 months after surgery with
physical examination and otoscopy under microscope. The
presence of pain was also evaluated during the same exam-
ination. The presence of otorrhea and infection was also
investigated.

Inner ear tolerance was evaluated clinically with the pres-
ence of vertigo and/or dizziness and with bone-conductive
pure-tone audiometry performed one day after surgery.

Forty-one cases (39 patients, two operated bilaterally)
were included: there were 22 males and 17 females.The mean
age was 46 ± 15 years (mean ± SD, range 16–79 years).
There were 25 right side and 16 left side cases. The mean
preoperative bone-conduction hearing threshold calculated
at 0.5, 1, 2, and 3 kHz was 32 ± 17.2 dB.

All patients were operated on general anesthesia with
facial nerve monitoring system NIM-Response 2 and NIM-
Response 3 (Medtronic, Jacksonville, FL, USA). After bacte-
riological sampling collected with a swab in the EAC and/or
in the mastoid cavity, a retroauricular skin incision and a
C-shaped muscoloperiosteal flap were performed. Fibrous
tissue (temporalis fascia, retroauricular fibrous tissue, peri-
chondrium, and pericranium) was harvested. Cartilages
from cymba, cavum conchae, and tragus were sampled and
thinned using Precise Cartilage Knife (Kurz, Tuebingen, Ger-
many). Afterwards primary (𝑛 = 10) or revision (𝑛 = 25)

Table 1: Results of perioperative bacteriological test (𝑛 = 41).

BACTERIA 𝑁

Aseptic 18
Staphylococcus 8
(i) aureus (𝑛 = 4)
(ii) Coagulase negative (𝑛 = 2)
(iii) Epidermidis (𝑛 = 1)
(iv) Association (𝑛 = 1)
Pseudomonas aeruginosa 3
Candida 2
(i) albicans (𝑛 = 1)
(ii) parapsilosis (𝑛 = 1)
Streptococcussanguinis 1
Stenotrophomonas maltophilia 1
Propionibacterium sp. 1
Turicella otitidis 1
Proteus mirabilis 1
Aspergillus niger 1
Association of bacteria 4

CWD or CWU (𝑛 = 6) mastoidectomy was performed. A
cholesteatoma was found in 23 cases. After the removal of
the lesion, the reconstruction started with the middle ear
(tympanic drum grafting and ossiculoplasty) and was fol-
lowed by mastoid and epitympanic obliteration using the
BG granules (size 0.5/08mm) previously moistened with 3
cc of saline solution. The granules were carefully covered
by cartilage and fibrous tissue in the reconstructed EAC
(Figure 1), and particular attention was taken to ensure that
the reconstructed EAC reached the level of the lateral skin of
the meatoplasty.Then, the reconstructed EAC was filled with
MeroGel ear packing (Medtronic, Jacksonville, FL, USA).

Perioperative antibioprophylaxis with amoxicillin/clavu-
lanate was performed in all patients and it was continued
until it has been adapted to the results of the periopera-
tive bacteriological test. The treatment was delivered for 14
days following recommendations for chronic otitis [29] and
cochlear implant surgeries [30] with mastoid obliteration.
Ear drops of ofloxacin were administered to all patients for
1 month.

3. Results

All the mastoid cavities and epitympanic spaces were filled
with a volume of granules between 4 and 5 cc. In all the
cases, cartilage and fibrous tissue were enough to allow a
complete covering of the exposed granules in the EAC even
in multioperated ears; there was no need to perform a mus-
coloperiostal flap to cover the granules.

Results of bacteriological test are shown in Table 1. In
23 cases (56%) bacteria or fungus was found, sometimes in
association (𝑛 = 5).

All but 1 patient conserved the preoperative bone-
conductive hearing threshold; this patient had an opening
of the round window membrane during the dissection of
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(a) (b)

(c)
Figure 1: Surgical view of left ear after reconstruction of the external auditory canal andmastoid obliteration with bioactive glass granules. (a)
After reconstruction of middle ear in a canal-wall-down mastoidectomy; (b) after positioning of the granules; (c) at the end of the procedure
before skin closure: note the mastoid completely obliterated by the granules (black oval) covered by cartilage (black stars).

the cholesteatoma in the hypotympanum and experienced
ipsilateral total hearing loss postoperatively. Contrariwise,
three cases of preoperative lateral semicircular canal fistulas,
where an opening of the posterior labyrinth occurred dur-
ing surgery, maintained the preoperative bone-conduction
hearing threshold. Postoperative bone-conductive hearing
threshold was 28 ± 18.4 dB (𝑛 = 40, deaf patient excluded).

Seven days after surgery, the retroauricular skin was
healthy in all patients but 1; the latter experienced retroauric-
ular swelling without inflammation of the skin and moderate
aseptic otorrhea; this patient was treated conservatively.

Five patients (12%) complained of otalgia without any
sign of inflammation. No vertigo or dizziness was reported
by patients.

One month after surgery, retroauricular skin was healthy
in all patients. Skin of the EAC showed somedegree of inflam-
mation with swelling of the posterior wall in 13 cases (32%).
All cases were successfully treated with the positioning of an
ear pop wick and administration of ear drops (association
of antibiotics and corticosteroid) for 14 days. One patient
experienced purulent otorrhea due to Pseudomonas aerugi-
nosa infection that was successfully treated with intravenous
ceftazidime for 14 days. One patient presented uncovered
granules in the EAC due to cartilage resorption: this patient
underwent revision surgery under local anesthesia to cover
the exposed granules in the EAC two months after the
primary surgery.

Three months after surgery, healing was achieved in all
patients. No cases of retroauricular or EAC skin inflamma-
tion were reported, with a healthy skin in the retroauricular
and EAC examination (Figure 2).

4. Discussion

The use of biocompatible materials has been reported for
many years in otologic surgery. In this field, especially in revi-
sion surgeries and/or in multioperated ears, the availability
of autologous materials could be a challenge for the otologic
surgeon.Moreover, the possibility of the donor-sitemorbidity
and the risk of resorption over time should be kept in mind
when choosing them for reconstruction. This is why a lot of
reports in the literature described the use of biocompatible
materials either in ossicular chain replacement prosthesis
and/or mastoid obliteration, with excellent results.

Regarding mastoid obliteration, either autologous mate-
rials (muscular flap [31], bone [32], bone pate [33], cartilage
[34], and fat [35]) or biocompatible materials (silicon blocks
[36], hydroxyapatite cement [37], and titanium posterior wall
prosthesis [38]) have been already described.

The BG is a bone-substitute material that allows the
restoration of bone stock by resorption and further apposi-
tion of new bone from a differentiated tissue.

In the orthopedic field, other bone-substitute mate-
rials such as bioresorbable bioactive ceramics (calcium
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(a) (b) (c)

Figure 2: Preoperative (a) and postoperative (b) physical examination and postoperative otoscopy (c) of a patient operated for the obliteration
of a canal-wall-down mastoidectomy with BonAlive granules, 3 months after surgery.

phosphates, hydroxyapatite, and tricalcium phosphate) are
most commonly used as osteoconductive bone graft sub-
stitute [39, 40]. The main differences between these bone
substitutes have already been described [6].

In ear surgery, the use of biphasic ceramic (BC), a mix-
ture of hydroxyapatite and tricalcium phosphate with fibrin
sealant, has been described by some authors for the rehabili-
tation of CWDmastoidectomies [29, 41–43]. However, some
cases of infection of the implanted material and subsequent
revision surgery in order to remove the granules have been
reported.

WeusedBCas an obliteratingmaterial for the obliteration
of the mastoid and epitympanic cavities from 2006 to 2013 in
130 cases. Our results on the first 59 cases with a minimum
follow-up of 1 year were retrospectively reviewed [29]. The
same surgical technique as well as the same antibiotherapy
was applied in this prospective study using the BG. From
a surgical point of view, the BG is easier to manage than
BC with fibrin sealant, since with the latter positioning of
the granules in the mastoid cavity should be performed
within 10 minutes following the preparation. Furthermore,
the granules of BC are larger than the granules of BG and this
makes the obliteration of smaller spaces (as e.g., the anterior
epitympanum) more difficult.

Regarding the cutaneous tolerance, in our series, BC
granules were removed because of infection or pain in 4
patients. These complications occurred early in the postop-
erative period. Conversely, no case of revision surgery for
removal of granules with the use of BG has been observed in
the present study. With the surgical technique, the surgeons,
and the antibiotherapy being the same in the two studies, this
difference might be due to the antibacterial property of the
BG: indeed, the results of our preoperative bacteriological
tests showed that all the bacteria we found were sensitive to
the BG mechanism of action in vitro [11, 12, 14]. Moreover,
even in case of fungus infection, we did not observe any
infection of the implanted material even if the BG properties
have not been tested yet against fungus in vitro.

Furthermore, we wondered about the inner ear tolerance
of the BG. Because of the increase of pH and osmotic pressure
in the hour following the placement of the granules, it was
proved that this material does not have adverse side effects
on the labyrinthine structures. All but one patientmaintained
the preoperative bone-conduction threshold, and no patient
complained of vertigo even in case of opening of the posterior
labyrinth during the dissection of the cholesteatoma. The
only patient that experienced immediate postoperative sen-
sorineural hearing loss underwent the opening of the round
windowmembrane during the surgery, and hence the hearing
loss can be attributed to the surgical procedure rather than an
inner ear toxicity.

The first report on the use of BG S53P4 BonAlive in ear
surgery was realized by Stoor et al. [23]; they retrospectively
reviewed 7 patients treated for mastoid obliteration with
BG and they focused only on the size of postoperative
cavities without any concern about the inner ear tolerance.
Similarly, Silvola [24], in a prospective study carried out on
14 patients, did not observe any infection of the granules
and described a good skin tolerance. But Sarin et al. [25],
on a retrospective study on 26 patients treated over a 25-
year period, experienced 2 cases of recurrent postoperative
otorrhea, 1 case of opened wound, 1 case of exposed BG
granules in the EAC, and 1 case of profound deafness, but
no statement was made concerning the cause of this hearing
loss.

In the present study, we did not observe any adverse
reaction toBGgranules; only one patient had to be reoperated
because there were uncovered BG granules in the EAC one
month after surgery. However, this also occurred with the
use of BC in a larger percentage of patients, suggesting an
incomplete recovering of the granules rather than an adverse
effect of the biomaterial. In our opinion, attentive coverage
of the granules with cartilage is essential and mandatory.
As already reported [24], fibrous tissue is not enough and
this could expose the implanted material to infection and/or
extrusion.
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In conclusion, this prospective study focused on the tol-
erance of BG demonstrated that the BG S53P4 is a very well-
tolerated material for mastoid and epitympanic obliteration.
Anatomical and functional results need to be evaluated in a
longer follow-up period.
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effects of bioactive glasses on clinically important aerobic
bacteria,” Journal of Materials Science: Materials in Medicine,
vol. 19, no. 1, pp. 27–32, 2008.

[13] D. C. Coraça-Huber, M. Fille, J. Hausdorfer, D. Putzer, and M.
Nogler, “Efficacy of antibacterial bioactive glass S53P4 against
S. aureus biofilms grown on titanium discs in vitro,” Journal of
Orthopaedic Research, vol. 32, no. 1, pp. 175–177, 2014.

[14] L. Drago, C. Vassena, S. Fenu et al., “In vitro antibiofilm activity
of bioactive glass S53P4,” Future Microbiology, vol. 9, no. 5, pp.
593–601, 2014.

[15] K. Pernaa, I. Koski, K. Mattila et al., “Bioactive glass S53P4 and
autograft bone in treatment of depressed tibial plateau fractures:
a prospective randomized 11-year follow-up,” Journal of Long-
Term Effects of Medical Implants, vol. 21, no. 2, pp. 139–148, 2011.

[16] J. Rantakokko, J. P. Frantzén, J. Heinänen et al., “Posterolateral
spondylodesis using bioactive glass S53P4 and autogenous
bone in instrumented unstable lumbar spine burst fractures. A
prospective 10-year follow-up study,” Scandinavian Journal of
Surgery, vol. 101, no. 1, pp. 66–71, 2012.

[17] N. C. Lindfors, J. T. Heikkilä, I. Koski, K. Mattila, and A.
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Polyetheretherketone (PEEK), which has biomechanical performance similar to that of human cancellous bone, is used widely as
a spinal implant material. However, its bioinertness and hydrophobic surface properties result in poor osseointegration.This study
applies a novel modification method, arc ion plating (AIP), that produces a highly osteoblast compatible titanium dioxide (TiO

2
)

coatings on a PEEK substrate. This PEEK with TiO
2
coating (TiO

2
/PEEK) was implanted into the femurs of New Zealand white

male rabbits to evaluate its in vivo performance by the push-out test and histological observation. Analytical results show that
AIP can prepare TiO

2
coatings on bullet-shaped PEEK substrates as implant materials. After prolonged implantation in rabbits,

no signs of inflammation existed. Newly regenerated bone formed more prominently with the TiO
2
/PEEK implant by histological

observation. The shear strength of the bone/implant interface increases as implantation period increases. Most importantly, bone
bonding performance of the TiO

2
/PEEK implant was superior to that of bare PEEK. The rutile-TiO

2
coatings achieved better

osseointegration than the anatase-TiO
2
coatings. Therefore, AIP-TiO

2
can serve as a novel surface modification method on PEEK

for spinal interbody fusion cages.

1. Introduction

The herniated intervertebral disc (HIVD) is the most com-
mon spinal disorder. The annulus fibrosus is damaged or
weakens when an intervertebral disc is injured such that the
nucleus pulposus bulges out or even extrudes posteriorly.This
compresses the spinal cord or spinal nerves resulting in pain,
paresthesia, muscle atrophy, weakness, and even paralysis,
adversely affecting quality of life and ability to work [1, 2].
Severe HIVD frequently requires spinal surgery.

Spondylodesis, or spinal fusion, is the common surgical
method. Because the intervertebral disc does not regenerate,
a spinal interbody fusion cage is implanted between two
vertebrae to support the upper and the lower vertebrae and
then fuses after a discectomy. Currently, using a polymeric
polyetheretherketone (PEEK) spinal interbody cage is the
most common technique. This is a radiolucent to X-rays and
noncytotoxic material. In addition, its lower elastic modulus,
which resembles that of human cancellous bone, avoids the
stress shielding effect and prevents vertebral collapse and
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osteopenia syndrome [3–5]. Niu et al. [6] indicated that when
a titanium (Ti) spinal interbody fusion cage was used, the
vertebrae collapsed, enlarging the space between vertebrae
and the possibility of cage dislodgement. The stress shielding
effect is cited as the cause.

As PEEK is a bioinert [7] and hydrophobic [8] material,
its osteoblast attachment and growth are poor. Generally, a
few months are needed for osseointegration of the vertebrae
into the spinal interbody fusion cage, and patients must
wear a neck collar or back brace for several weeks after
spondylodesis. To promote the osseointegration of PEEK,
two methods, bulk modification and surface modification,
have been proposed. The former produces a biomedical
composite by mixing PEEK with bioactive hydroxyapatite
(HA) [9], tricalcium phosphate (𝛽-TCP) [10], and strontium-
containing hydroxyapatite (Sr-HA) [11]. The latter treats
PEEK with plasma [12] and chemicals [13] and applies a
functional coating [14, 15]. However, when PEEK is mixed
with bioactive ceramic materials, the tensile strength and
toughness of PEEK-based biomedical composites decrease
as the amount of materials added increases. Additionally,
the elastic modulus of these biomedical composites increases
substantially such that the biomechanical property of PEEK
is no longer similar to that of human cancellous bone
[3–5]. Conversely, surface modification, which only alters
the surface of PEEK, does not adversely affect its intrinsic
properties. Modifying the surface of PEEK is therefore the
better approach when used in a spinal interbody fusion cage.

The surface of titanium dioxide (TiO
2
) generates neg-

atively charged –OH− groups in humid environments, fol-
lowed by binding with Ca2+ and PO

4

3− to form a bone-like
apatite, inducing osteoblast attachment and growth [16, 17].
Moreover, TiO

2
has excellent osseointegration ability based

on animal experiments [17, 18]. In a previous report, we
successfully deposited a TiO

2
coating with various ratios

of anatase to TiO
2
(A-TiO

2
) and rutile to TiO

2
(R-TiO

2
)

on a PEEK substrate by low-temperature arc ion plat-
ing (AIP) [19]. Their protective [20], photocatalytic activ-
ity/antimicrobial properties [21] and osteoblast compatibility
[22] were then elucidated comprehensively. These studies
demonstrated that TiO

2
coating significantly improves the

osteoblast compatibility of PEEK and in particular R-TiO
2

phase structure exhibits better performance than A-TiO
2

phase structure.
This study assesses the in vivo osseointegration capacity

of PEEK implants coated with TiO
2
in an animal model. TiO

2

coatings with A-TiO
2
or R-TiO

2
are examined. The aim is

to evaluate the ability of the proposed spinal implant in a
clinical application to shorten the osseointegration period for
the spinal implant and bone tissue.

2. Experimental

This research focuses on the methodology used to deposit
TiO
2

coatings with A-TiO
2

or R-TiO
2

phase onto a
PEEK implant surface under proper deposition parameters.
Osseointegration performance is thereafter systematically

Ti
target

View port

To pumping
system

Arc power
supply

Substrate bias
supply

O2/Ar gas

6mm 

Figure 1: Schematic illustration of AIP equipment and photograph
of the bullet-shaped PEEK implant.

Table 1: Parameters for deposition of TiO
2
coatings.

Deposition parameter 60A 0V 90A 50V
Target Ti
Working pressure (Pa) 0.5
Deposition time (min) 20
Target voltage (V) 20
Target current (A) 60 90
Substrate bias (−V) 0 50
Crystal structure of TiO

2
coating A-TiO

2
R-TiO

2

investigated to determine the effect of the crystal structure
on PEEK implants coated with TiO

2
.

2.1. Preparation and Characterization of the Implant. The
bullet-shaped PEEK implants had a diameter of 𝜑 4.0mm × 𝐿
6.0mm.They were cleaned in an ultrasonic alcohol bath and
then dried prior to deposition. Deposition was carried out
in a typical low-temperature AIP system. Figure 1 presents
the schematic diagram of the AIP equipment and an image
of an implant specimen. TiO

2
coating was prepared in

three steps: bombardment with argon ions, deposition of
the bottom titanium layer, and deposition of TiO

2
coating.

Bombardment with argon ions cleaned and preheated the
substrate, and the bottom titanium layer enhanced adhesion
of the substrate to TiO

2
coating. Table 1 shows detailed

deposition conditions, through which TiO
2
coatings with the

full crystal structure of A-TiO
2
and R-TiO

2
were obtained by

controlling target current and substrate bias voltage.
The crystal structures of TiO

2
-coated PEEK implants

were analyzed using a Bruker D8 multipurpose thin-film X-
ray diffractometer with Cu K𝛼 radiation (1.540 Å). A Hitachi
S-4800 cold field emission scanning electron microscope
(FESEM) was used to observe the surface and cross-sectional
morphologies of TiO

2
-coated PEEK implants.

2.2. Surgical Procedure. The animal experiment protocol was
reviewed and approved by the Institutional Animal Care
and Use Committee (IACUC) of Taichung Veterans General
Hospital. Twenty-four specific pathogen-free (SPF) New
Zealand white male rabbits were divided randomly into three
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Figure 2: (a) Intraoperative image of implant placement. (b) Illustration of implant placement.

groups, that is, eight rabbits per group.The PEEK implant, A-
TiO
2
/PEEK implant or R-TiO

2
/PEEK implant, was implanted

into a distal femur in each rabbit.
All surgical devices, instruments, and specimens were

sterilized to prevent bacterial infections. The rabbits were
anesthetized by intravenous injection of anesthetics and
antibiotics. A scalpel was utilized to incise the skin and
muscle of the leg and expose the femur surface. Implantation
sites were prepared using an orthopedic drill with a diameter
of 3mm.The holes were widened gradually until the final size
was suitable for the 4-mm implant. During drilling, the area
was continuously flushed with saline to reduce mechanical
and thermal damage to the femur. The implant was then
inserted into the hole and pushed into the marrow cavity
using finger pressure (Figure 2).The fascia and skinwere then
suturedwith 3-ONylon suture.One implantwas inserted into
left and right femora of each rabbit. Betadine was again used
to disinfect the surgical area. After surgery, antibiotics were
administered to prevent wound infection. Wound healing
was monitored continuously.

After implantation periods of 4, 8, and 12weeks for groups
PEEK, A-TiO

2
/PEEK, and R-TiO

2
/PEEK, respectively, two

rabbits in each time point for each group were euthanized
with carbon dioxide and their femur with the implant
was excised. The femora samples were then placed into
formaldehyde (37%) to fix bone tissues. Subsequently, the
three femora samples were used to evaluate the fixation
degree of implant/bone tissues by push-out test, and the
other one is used to examine the bone/implant interface by
histological observation. Finally, the total eighteen rabbits
were used in the animal experiment, and the remaining six
rabbits were provided against unexpected needs.

2.3. Push-Out Test. The excised femora sample was mounted
onto a special platform using epoxy. An Algol JSV-H1000

automatic vertical test stand with a Handy HF-1000 digital
force gauge was used to conduct the push-out test under
a displacement speed of 1mm/min. Peak force between
bone tissues and the implant was acquired from the load-
displacement curves. The thickness of cortical bone contact-
ing the implant was measured and calculated as the mean of
measurements at five sites chosen randomly for determining
the bone-implant contact area. Each piece of data of the push-
out test was calculated from three femora samples to give an
average result and a standard deviation. In addition, those
data were also analyzed by 𝑡-test for statistical significance,
and 𝑝 values < 0.05 were considered significant. The shear
strength between bone tissues and the implant was derived
as follows:

Shear strength (MPa) = Peak force
Bone-implant contact area

=
Peak force

𝜋 × Implant diameter × Cortical bone thickness
(N/mm2)

(1)

After the push-out test, the disrupted implants were fixed
in formaldehyde solution and then dehydrated in ethanol
solutions graded at 75–100%. To further assess osseointe-
gration, the fracture microstructures between the implant
surface and bone tissues were examined by FESEM with
energy dispersive spectrometer (EDS) element mapping for
failure mode analyses.

2.4. Histological Observation. To examine the interface
between bone and the implant, the excised femora were
dehydrated in graded ethanol solution, followed by cold
mounting in epoxy using a Struers CitoVac vacuum impreg-
nation unit, allowing the epoxy to penetrate bone tissues. A
Struers Accutom-50 precision cut-off and grinding machine
was utilized to slice off 100-𝜇m thin sheets. Specimens were
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Figure 3: XRD patterns of the (a) PEEK implant, (b) A-TiO
2
/PEEK

implant, and (c) R-TiO
2
/PEEK implant.

then stained with Hematoxylin and Eosin (H&E) and their
histomorphology was characterized via optical microscopy
(OM) to assess the bone bond condition.

3. Results

3.1. Crystal Structure and Microstructure of TiO
2
-Coated

Implants. Figure 3 shows the X-ray diffraction (XRD) pat-
terns of the three implants. A TiO

2
coating with complete

crystal structures was deposited successfully on the irregular
PEEK implant surface using low-temperature AIP (<170∘C).
No XRD peaks corresponding to the PEEK implant before
and after TiO

2
coating process changed, suggesting that the

PEEK substrate was not degraded during surface modifica-
tion with TiO

2
coating. The phase structure of TiO

2
coating,

by the XRD pattern, can be controlled by adjusting the target
current and substrate bias voltage during deposition via the
AIP system. The growth mechanism behind this has been
previously investigated [21, 23].

Figure 4 shows the FESEM surface and cross-sectional
morphologies of the TiO

2
-coated PEEK implants. Due to the

high ionization efficiency and high ion kinetic energy in the
AIP process [19], TiO

2
coating was continually bombarded

with titanium ions during the growth process, increasing
substrate temperature and adatom mobility. Thus, TiO

2

coating appears as dense crystalline columnar structures.The
film thickness of A-TiO

2
and R-TiO

2
coatings was 1.31 ±

0.06 𝜇m and 1.61 ± 0.04 𝜇m, respectively (Figures 4(a) and
4(b)). The reasons for the effect of coating parameters on
TiO
2
coating thickness were elucidated previously [21]. Based

on the surface morphology for both A-TiO
2
and R-TiO

2

coatings, macroparticles, which have been known to be a
result of metal titanium microdroplets in conjunction with
titanium ions emitted from the titanium cathode during the
deposition process in AIP system, were observed in Figure 4
[22]. These microdroplets react with oxygen during their
flight to the substrate surface to form partial or full oxide,

called as “macroparticles,” thereby increasing surface rough-
ness of the TiO

2
-coated implants. Based on the previous

results, the average roughness of A-TiO
2
and R-TiO

2
coatings

is 1.49 ± 0.08 𝜇m and 1.58 ± 0.06 𝜇m, respectively, using
a surface roughness tester [22]. Fortunately, a roughened
surface promotes osteoblast cell proliferation and cell dif-
ferentiation due to the induced release of growth factors
and cytokines from the adhered osteoblast cells [24, 25].
In addition, roughened surfaces promote mechanical inter-
locking between bone tissues and implant [26]. According
to the explanation of this phenomenon, subsequent in vivo
osseointegration performance will provide a positive benefit.

3.2. Clinical Observations. During the experimental period,
two rabbits died of diarrhea with suspected foodborne E. coli
at 8 weeks after implantation (confirmed by autopsy). The
remaining rabbits did not present any signs of inflammation
or an adverse tissue response, confirming that the PEEK
implant and TiO

2
coating are not cytotoxic.

3.3. Shear Strength of the Bone-Implant Interface. Successful
osseointegration is characterized by stability between implant
and bone tissues [27].Thepush-out test can precisely quantify
the degree of fixation between an implant and bone tissues
[28]. Figure 5 shows push-out test results for the three
implants at 4, 8, and 12 weeks after implantation. The shear
strength between bone tissues and implant increased as
implantation time increased. At 12 weeks, the shear strength
of the PEEK implant was 2.54MPa, that of the A-TiO

2
/PEEK

implant was 3.02MPa, and that of the R-TiO
2
/PEEK implant

was 6.51MPa, leading to the conclusion that the PEEK
implant had the poorest shear strength. Shear strength can
be enhanced by TiO

2
coating when the TiO

2
-coated PEEK

specimen is implanted in bone tissues. The R-TiO
2
coating

had the best fixation.
To identify the failure mode between implant and bone

tissues after the push-out test, FESEMwas applied to observe
fracture morphology of the implant surface at 12 weeks
after implantation as shown in Figure 6. New bone had
fully peeled off from the surface of the unmodified PEEK
implant (Figure 6(a)), indicating that failure occurred at the
bone/PEEK implant interface. Thus, the osseointegration
capacity of an unmodified PEEK implant is poor. After TiO

2

coating was applied, the large area of residual new bone
tissues adhered to the surface of the two TiO

2
/PEEK implants

(Figures 6(b) and 6(c)), where evident composition analysis
of residual bone tissue on the R-TiO

2
/PEEK implant was

confirmed by EDS element mapping in Figure 6(d). These
analytical results indicate that TiO

2
coating has superior abil-

ity to induce new bone growth and achieve bone ingrowth.
However, slight detachment of A-TiO

2
coatingwas also found

in the A-TiO
2
/PEEK implant. It results in failure of the A-

TiO
2
/PEEK implant which occurred at internal fracture of

bone tissues and interface failure of A-TiO
2
coating/PEEK

implant interface. The R-TiO
2
/PEEK implant surface was

almost completely covered with new bone tissues and the R-
TiO
2
coating at the end of the R-TiO

2
/PEEK implant did not

detach from PEEK implant surface. Therefore, failure mode
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Figure 4: FESEM surface and cross-sectional morphologies of the (a) A-TiO
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/PEEK implant and (b) R-TiO
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Figure 5: Shear strength between bone tissues and implant for the three implants at 4, 8, and 12 weeks after implantation. ∗𝑝 < 0.05 compared
to PEEK implant at 4 weeks after implantation.

for the R-TiO
2
/PEEK implant was internal fracture of bone

tissues. Overall, the R-TiO
2
/PEEK implant exhibits good film

adhesion between the R-TiO
2
coating and PEEK implant as

well as good bonding between new bone tissue and the R-
TiO
2
/PEEK implant, implying excellent osseointegration at

the implant/bone interface.

3.4. Bone Bonding Response at the Bone-Implant Interface.
Osseointegration is defined as direct anchorage of an implant
by the formation of bony tissue around the implant without
fibrous tissue at the bone-implant interface [29]. The effects
of an implant on new bone growth can be determined by
histological observation. Figure 7 shows histological sections
of the three implants at 4, 8, and 12 weeks after implantation.
At 4 weeks, new bone generated by bone remodeling had
formed mature lamellar bone that directly contacted the
TiO
2
/PEEK implant, indicative of excellent osseointegration

performance.Thus, the TiO
2
coating exhibits good osteoblast

compatibility and rapidly activates bone remodeling. Subse-
quently, the coating induced adhesion and proliferation of
osteoblasts to the implant surface and differentiation into
osteocytes for the production of new bone tissues and later
bone bonding. Conversely, new lamellar bone on the surface

of the unmodified PEEK implant was not completely mature
and did not bond fully with the implant. The response of
the implant in the marrow cavity (located far from the
cortical bone) at 4 weeks after the implantation indicated that
regenerated bone tissues were growing onto the TiO

2
/PEEK

implant surface. This new bone is the result of bone tissue
repair, which proliferated from the endosteum of cortical
bone. Due to the osteoconductive effect, new bone tissues
grew inward to the implant surface in the marrow [30].
These findings indicate that the TiO

2
coating has excellent

osteoconductivity and promotes new bone growth on the
TiO
2
/PEEK implant surface with connections to cortical

bone. However, the surface of the unmodified PEEK implant
was covered with fibrous tissue, implying that bone bonding
did not occur between the implant and cortical bone. Fibrous
tissue growth is likely caused by the micromovement in the
PEEK implant and poor stability in the early implantation
period [31].

When the implant period was extended to 8 weeks,
immature osteogenesis existed in the cortical bone around
the unmodified PEEK implant. New bone was maturing at 12
weeks after implantation; however, fibrous tissue was identi-
fied at the interface between the unmodified PEEK implant
and bone tissues. This indicates that the osseointegration
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Figure 6: Fracture morphology of (a) PEEK implant, (b) A-TiO
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/PEEK implant, and (c) R-TiO

2
/PEEK implant with (d) its composition

analysis of bone tissues and implant interface after the push-out test at 12 weeks of implantation.

capacity of the unmodified PEEK implant was very limited,
even when the implantation period was extended. At 8 weeks
after implantation, histological sections of the TiO

2
/PEEK

implants in the marrow cavity reveal that new bone was
maturing and osteocytes covered the TiO

2
/PEEK implant

surface, showing that the TiO
2
coating, due to its osteo-

conductive effect, can trigger quick bone remodeling. The
new bone was mature and closely integrated with the TiO

2

coating in the cavity at 12 weeks after implantation (Figure 7).
However, by comparison, for TiO

2
coatings with different

phase structures, the degree of bone bonding between new
bone and the R-TiO

2
/PEEK implant was significantly better

than that betweenA-TiO
2
and the PEEK implant. In addition,

some gaps existed between the A-TiO
2
coating and new bone

in some areas and detachment of the A-TiO
2
coating was

found.

4. Discussion

Reports indicate that the success rate of implantation is
determined mainly by osseointegration [32]. Osseointegra-
tion is measured as the stability between an implant and bone
tissues. Implant stability can then be divided into primary
stability (just implanted) and secondary stability. Primary

stability is due to mechanical engagement with cortical bone,
and it is affected by the quality of bone into which the
implant is inserted, the surgical procedure, and implant type.
Secondary stability is regeneration and remodeling of bone
tissues around the implant after insertion, that is, osseointe-
gration [33]. To achieve stability between bone and implant,
one must increase the osseointegration rate by roughening
the implant surface or creating bioactivity on the surface of
the implant.The relevant literatures reported that roughening
an implant surface by only 1 𝜇m can increase contact bone
growth [34]. A rough and porous surface can increase
mechanical interlocking of an implant with bone tissue and
induces adhered osteoblasts to secrete growth factors and
cytokinins which subsequently increase the proliferation,
differentiation, and fusion capacity of osteoblasts [26]. On
the other hand, when TiO

2
is immersed in simulated body

fluid (SBF), its surface binds with water molecules and forms
negatively charged –OH− functional group. This negatively
charged functional group absorbs Ca2+ to the TiO

2
surface

for nucleation and attracts PO
4

3− and Ca2+ to form apatite
layer onto the TiO

2
surface [16, 35]. Additionally, Ca2+ on the

TiO
2
surface can also absorb protein [36]. These changes in

the TiO
2
surface will induce osteoblasts to attach and grow,

increasing bone tissue growth and thus implant stability [37].
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2
/PEEK implants at 4, 8, and 12 weeks after implantation.

Notably, PEEK is a bioinert [7] and hydrophobic [8]
material that does not induce osteoblasts to attach and grow.
Immature bone tissue did not attach well to the surface
of the PEEK implant and unfavorable fibrous tissue was
produced, indicating poor stability and poor bonding with
bone tissues (Figure 7). The push-out test results indicate
that the bone tissues detached completely from the PEEK
implant surface, resulting in unsatisfactory shear strength
between implant and bone tissues. On the other hand,
the average surface roughness of the TiO

2
coating formed

by AIP was about 1.5 𝜇m reported in a previous study
[22]. Researchers believe that the rough surface initially
enhances the mechanical interlocking of the TiO

2
/PEEK

implant with bone tissues, thus improving primary stability.
Furthermore, the TiO

2
coating surface has negatively charged

–OH− functional groups.These groups produce a hydrophilic
surface and induce Ca2+ and PO

4

3− nucleation, followed
by the formation of apatite layer. The reaction provides a
good growth environment of osteocytes to trigger quickly
bone remodeling. Therefore, the secondary stability of the
TiO
2
/PEEK implants is enhanced by the osteoconductive

effect, which induced cortical bone endosteum to regenerate
bone tissue and grow inward into the marrow covering the
TiO
2
/PEEK implant. Finally, mature regenerated bone tissue

bonded with the TiO
2
/PEEK implant, indicating superior

osseointegration.
Furthermore, the effect of TiO

2
phase structure on

osteoblast compatibility is demonstrated in our previous
study [22]. The analytical results reveal that the AIP-TiO

2
-

coated specimens (including different ratios of A-TiO
2
and

R-TiO
2
phase structures) had better osteoblast cell adhesion,

proliferation, differentiation, and bone formation (osteo-
pontin, osteocalcin, and calcium content) than bare PEEK
polymers. The R-TiO

2
coating particularly possesses best

osteoblast compatibility due to the abundance of negatively
charged –OH− groups on its surface. This finding agrees
with push-out test results (Figure 5) and histological exam-
ination findings (Figure 7) in this study, indicating that shear
strength and bone bonding response of the R-TiO

2
coating

were significantly better than those of the A-TiO
2
coating.

Our previous work also reported that film adhesion and
protection properties of the A-TiO

2
coating are slightly worse

than those of the R-TiO
2
coating [20]. Hence, although the

A-TiO
2
coating provides osteoconductivity for bonding with

bone tissues (lower than that of R-TiO
2
), the A-TiO

2
coatings

unfortunately detached during the long implantation period,
leading to limited improvement in shear strength from bone
tissue such that the shear strength of the A-TiO

2
/PEEK
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implant was only 1.19 times greater than that of the PEEK
implant and that of the R-TiO

2
/PEEK implant was 2.6 times

greater.
Overall, the AIP-TiO

2
coating surface modification tech-

nique improves the osseointegration of PEEK implants. In
terms of bone bonding between implants and new bone
tissues, performance from best to worst is R-TiO

2
/PEEK

implant >A-TiO
2
/PEEK implant≫ PEEK implant. However,

overall strength of the new bone/coating adhesion and
coating/substrate adhesion follows the order R-TiO

2
/PEEK

implant≫ A-TiO
2
/PEEK implant > PEEK implant.

5. Conclusions

This study applied AIP to prepare A-TiO
2
and R-TiO

2

coatings on bioinert PEEK implants. The improvement of
osseointegration capacity in PEEK implant after AIP-TiO

2

coating surface modification was systemically investigated.
Analytical results indicate that surface roughness and sur-
face electrochemical properties of the TiO

2
coating can

improve the mechanical interlocking and osteoinductive
and osteogenic activity of the TiO

2
/PEEK implant, further

enhancing stability between implant and bone tissues.There-
fore, the degree of bone bonding response and shear strength
at the interface between the TiO

2
/PEEK implants and regen-

erated bone tissues are significantly better than those of
the bare PEEK implant. The R-TiO

2
/PEEK implant achieves

better osseointegration than the A-TiO
2
/PEEK implant due

to the abundance of negatively charged –OH− groups on
its surface. Further study of the R-TiO

2
/PEEK implant for

clinical application as a spinal implant is warranted.
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Carbonate apatite (CO
3
Ap), the form of apatite found in bone, has recently attracted attention.The purpose of the present studywas

to histologically evaluate the tissue/cellular response toward the low-crystalline CO
3
Ap fabricated using a dissolution-precipitation

reaction with set gypsum as a precursor. When set gypsum was immersed in a 100∘C 1mol/L Na
3
PO
4
aqueous solution for 24 h,

the set gypsum transformed into CO
3
Ap. Both CO

3
Ap and sintered hydroxyapatite (s-HAp), which was used as a control, were

implanted into surgically created tibial bone defects of rats for histological evaluation. Two and 4 weeks after the implantation,
histological sections were created and observed using light microscopy. The CO

3
Ap granules revealed both direct apposition of

the bone matrix by osteoblasts and osteoclastic resorption. In contrast, the s-HAp granules maintained their contour even after 4
weeks following implantationwhich implied that therewas a lack of replacement into the bone.The s-HAp granules were sometimes
encapsulatedwith fibrous tissue, andmacrophage polykaryonwas occasionally observed directly apposed to the implanted granules.
From the viewpoint of bone remodeling, the CO

3
Ap granules mimicked the bone matrix, suggesting that CO

3
Ap may be an

appropriate bone substitute.

1. Introduction

The golden standard for the reconstruction of bone defects
is believed to be an autograft because it demonstrates
osteoconduction, osteoinduction, and osteogenesis without
causing any immunological response [1–4].However, surgical
intervention of the host site to harvest the bone that is
required for an autograft is a serious drawback [5]. Moreover,
the amount of collectable bone is limited, particularly in the
case of dental treatment. Therefore, bone defects are usually
augmented using artificial bone substitutes in combination
with or without an autograft.

At present, sintered hydroxyapatite [s-HAp: Ca
10
(PO
4
)
6

(OH)
2
] and sintered 𝛽-tricalcium phosphate [𝛽-TCP:

Ca
3
(PO
4
)
2
] are often used in dentistry. Although the

inorganic component of bone mainly comprises apatite, it is
not the highly crystalline form HAp but the low-crystalline
carbonate form CO

3
Ap [6]. s-HAp has been used in clinical

applications instead of CO
3
Ap because CO

3
Ap thermally

decomposes at the high temperature required for sintering.
However, we propose a fabrication method of CO

3
Ap blocks

by a compositional transformation reaction based on the
dissolution-precipitation reaction using a precursor. In this
reaction, a calcite block that was fabricated by exposing
Ca(OH)

2
compact to CO

2
is immersed in a phosphate

salt solution [7]. When calcite is immersed in an aqueous
solution, calcite dissolves and supplies Ca2+ and CO3

2−, as
shown in (1). No further reaction will occur if water contains
no other ions. However, if the solution contains phosphate
salt, the solution is supersaturated with respect to CO

3
Ap.
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Therefore, Ca2+, PO4
3−, and CO3

2− precipitate as CO
3
Ap, as

shown in (2).

CaCO3 → Ca2+ +CO3
2− (1)

Ca2+ + PO4
3− + CO3

2− +OH−

→ Ca10−a (PO4)6−b (CO3)c (OH)2−d
(2)

Based on this dissolution-precipitation reaction, calcite
transforms to CO

3
Ap,maintaining itsmacroscopic structure.

On the other hand, gypsum has a self-setting property.
Therefore, CO

3
Ap in any shape can be fabricated when set

gypsum is used as a precursor.The gypsum dissolves in water
to supply Ca2+, as shown in

CaSO4 → Ca2+ + SO4
2− (3)

If the solution contains PO4
3− and CO3

2−, the solution
is supersaturated with respect to CO

3
Ap; therefore, Ca2+,

PO4
3−, and CO3

2− would be precipitated as CO
3
Ap (see (2))

that is similar to the case when calcite is used as a precursor.
In the reaction, CO3

2− can be supplied by adding carbonate
salt to the phosphate salt solution [8] or from the atmosphere,
particularly when the phosphate salt solution is alkaline.

CO
3
Ap fabricated in this manner is thought to be a

promising artificial bone substitute. However, few histolog-
ical examinations have been conducted for CO

3
Ap, and no

histological examination was reported for CO
3
Ap fabricated

using set gypsum as a precursor.
Therefore, the objective of this studywas to investigate the

tissue response to CO
3
Ap fabricated from set gypsum using

s-HAp as a control.

2. Materials and Methods

2.1. CO
3
Ap Granules. B-type carbonate apatite (CO

3
Ap)

granules were prepared using set gypsum as a precursor
that is similar to the method previously described [9]. First,
set gypsum was fabricated by mixing calcium sulfate hemi-
hydrate (CaSO

4
⋅1/2H
2
O, Wako Pure Chemical Industries,

Kyoto, Japan) and distilled water at a water-to-powder ratio
of 0.5. After the gypsum paste was allowed to set at room
temperature for 24 h, it was crushed and sieved to obtain 200
to 400𝜇m granules.

Further, the gypsum granules were immersed in a 1mol/L
Na
3
PO
4
(Wako Pure Chemical Industries) aqueous solution

at 100∘C for 24 h.

2.2. Sintered HAp Granules. s-HAp was fabricated by sinter-
ing commercially obtained hydroxyapatite powder (HAP200;
Taihei Chemical, Osaka, Japan). HAp powder (0.2 g) was
placed in a stainless steel mold and uniaxially pressed with
an oil pressure press machine (Riken Power; Riken Seiki,
Niigata, Japan) under 5MPa. HAp compacts were heated in
an electronic furnace at 5∘C/min until 1200∘C and sintered at
that temperature for 4 h and then cooled inside the furnace.
s-HAp was crushed and sieved to obtain 200 to 400 𝜇m
granules.

2.3. Characterization. Composition and the crystallite size
of the specimens were determined using an X-ray diffrac-
tometer (XRD: D8 Advance, Bruker AXS GmbH, Karlsruhe,
Germany) operated at 40 kV and 40mA. The diffraction
angle was continuously scanned from 10∘ to 60∘ in 2𝜃 at a
scanning rate of 2∘/min. Specific surface area of both granules
was measured using Brunauer-Emmett-Teller method utiliz-
ing adsorption of nitrogen gas using a surface area analyzer
(Gemini 2375, Micromeritics, Norcross, GA, USA). Further-
more, Fourier transformed infrared (FT-IR) spectroscopy
analysis was performed with an FT-IR spectrometer (Spec-
trum 2000LX; Perkin-Elmer Co. Ltd., Kanagawa, Japan), and
results were recorded in the wave number range of 370–
7800 cm−1. Then, the CO

3
content in the apatitic structure

was estimated using themethod reported previously [10].The
porosity of both materials was calculated based on the bulk
density of specimens and the density of HAp and expressed
as a percentage as shown in the following equation:

Porosity = 100×
𝑑HAp − 𝑑specimen

𝑑HAp
, (4)

where𝑑specimen and𝑑HAp are the apparent density of specimen
and theoretical density of HAp (3.16 g/cm3).

Also, morphological observations of both granules were
performed using scanning electron microscopy under an
accelerating voltage of 15 kV (S-3400N, Hitachi High-
Technologies, Tokyo, Japan).

2.4. Surgical Procedure. Forty-eight 8-week-oldmale Sprague
Dawley rats (each weighing approximately 200–250 g) were
used in this study. In this study, Guide for the Care and
Use of Laboratory Animals, National Research Council,
USA, was strictly observed and all animal experiments were
conducted under the approval of the ethical committee of
animal experimentation of the university (approval number:
A24-221-0).

Under systemic anesthesia, the tibial bones of both legs
were carefully exposed by exfoliation. After dissection of
the periosteum, artificial bone cavities of 1.5 × 5.0mm were
prepared in the cortical bone of both tibiae by drilling with a
round bur attached to a dental handpiece [11].The bone cavity
was reconstructed up to the level of the previous bone surface
with granules that were sterilized in an autoclave at 105∘C for
60min.The skin flap was then closed with suturing. After the
surgery, buprenorphine (Lepetan, Otsuka Pharmaceutical,
Tokyo, Japan) was injected as an analgesic.

2.5. Histological Procedure. Two and 4 weeks after implanta-
tion, the animals were euthanized and fixed with a solution
containing 4% paraformaldehyde and 5% glutaraldehyde in
0.1mol/L phosphate buffer at pH 7.4. Tibial bones were
carefully exposed by exfoliation and extracted and then
immersed in the samefixative for 1week at room temperature.
After decalcification with Plank-Rychlo solution [12] for
24 h, specimens were dehydrated through a graded series of
ethanol and N-butyl glycidyl ether followed by embedding
in an epoxy resin (Quetol 651; Nisshin EM, Tokyo, Japan).
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Figure 1: Scanning electron microscopic images of CO
3
Ap (upper) and s-HAp (lower) granules. Original magnification: ×270 (left), ×5000

(right).

The specimens were sectioned in 1 𝜇m thick slices using
an ultramicrotome (ULTRACUT S; Reichert-Nissei, Tokyo,
Japan), stained with toluidine blue, and then examined under
lightmicroscope for the detection of graftedmaterial and new
bone formation.

3. Results

Figure 1 shows the SEM images of both CO
3
Ap and s-HAp

granules. The density was somewhat higher in s-HAp gran-
ules. In case of CO

3
Ap granule, morphologies of needle-like

gypsum crystal structure remained, which were covered with
many fine granular crystals. On the surface of s-HAp granule,
typical grain structure was observed. Other characteristics of
both CO

3
Ap and s-HAp granules are summarized in Table 1.

Figure 2 summarizes the powder XRD patterns of the
granules used in this study. Set gypsum granules were found
to be CaSO

4
⋅2H
2
O (Figure 2(a)), and set gypsum immersed

in Na
3
PO
4
solution demonstrated a broad apatitic peak,

indicating that it had undergone a compositional transforma-
tion from gypsum to low-crystalline apatite (Figure 2(b)). In

Table 1: Crystallite size, specific surface area, and the porosity of the
specimen.

Crystallite
size (nm)

Specific
surface area

(m2/g)
Porosity (%)

CO3Ap 51.1 48.5 64.2
s-HAp 173.2 0.7 54.2

contrast, the s-HAp granules revealed a sharp peak typical for
high crystalline HAp (Figure 2(c)).

Figure 3 summarizes the FT-IR spectra of the gran-
ules used in this study. Set gypsum granules demonstrated
absorption bands in three wave number regions: 1700–
1600 cm−1, 1300–1000 cm−1, and 700–600 cm−1 (Figure 3(a)).
The set gypsum immersed in Na

3
PO
4
solution revealed

apatitic peaks along with a carbonate peak typical for B-type
carbonate apatite in which CO3

2− is replaced with PO4
3−.

The CO
3
content in the apatitic structure was estimated

as 1.4mass% from the FT-IR spectra. However, the s-HAp
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Figure 2: Powder XRD patterns of set gypsum before (a) and after
(b) treatment in 1mol/L Na

3
PO
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solution at 100∘C for 24 h and of

sintered hydroxyapatite (c).
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Figure 3: FT-IR spectra of (a) set gypsum, (b) gypsum after treat-
ment in 1mol/L Na

3
PO
4
solution at 100∘C for 24 h, and (c) sintered

hydroxyapatite. The arrow indicates the additional absorption band
assigned to a stretching vibration of CO3

2− of B-type carbonate
apatite, in which the PO4

3− lattice site is substituted by CO
3
.

granules revealed an apatitic peak but no peaks correspond-
ing to CO3

2− (Figure 3(c)).
Figure 4 summarizes the histological pictures of CO

3
Ap

granules 2 weeks after implantation. The CO
3
Ap granules

were almost circumscribed by the newly formed bone
(Figure 4(a)).The contact between the new bone and CO

3
Ap

was intimate and direct without any intervention of soft
tissue. Direct contact of cells, probably osteoblasts and osteo-
clasts, was observed on some surfaces of the CO

3
Ap granules

(Figures 4(b) and 4(c)).
Figure 5 summarizes the histological pictures of the

CO
3
Ap granules 4 weeks following implantation. At 4 weeks,

some granules were in direct contact with the new bone
(Figures 5(a) and 5(b)); however, otherwise the surface of the
granules was surrounded by a number of osteoclastic cells
(Figure 5(c)). Direct deposition of the bone matrix onto

the CO
3
Ap granules by osteoblasts was observed

(Figure 5(b)). Consequently, the newly formed bone at
the implanted area, including the CO

3
Ap granules, appeared

to undergo normal bone remodeling.
Figure 6 summarizes the histological pictures of s-HAp

2 weeks after implantation. The s-HAp granules were sur-
rounded by connective tissue 2 weeks after implantation
(Figure 6(a)). Some multinucleated giant cells (MNCs), pos-
sibly macrophage polykaryon, were directly apposed to the
s-HAp granules. These giant cells revealed a uniform stain-
ability of cytoplasm with a number of nuclei, and their size
was >50 𝜇m.Therefore, these cells were thought to be foreign
body giant cells and not osteoclasts (Figure 6(b)).

At 4weeks following implantation, the boundary between
the s-HAp granules and surrounding bone was clearly distin-
guishable (Figure 7(a)).The amount of new bone formed at 4
weeks after implantation was larger than that after 2 weeks.
The s-HAp granules retained their original size and shape
(Figure 7(b)).

No inflammatory reaction that was characterized by the
migration of immunocompetent cells was observed around
the implanted granules regardless of their composition. All
granules demonstrated excellent tissue response.

4. Discussion

A clear difference was observed between the CO
3
Ap and s-

HAp granules with respect to osteoconductivity. New bone
was formed around the CO

3
Ap granules without fibrous

tissue as early as 2 weeks after implantation. Moreover,
osteoblastic cells and bone matrix deposition were found
on the surface of the CO

3
Ap granules at 2 weeks after

implantation. In contrast, the s-HAp granules were sur-
rounded by fibrous tissue at this stage. Therefore, no direct
contact between osteoblasts and s-HAp was observed at this
stage. Although the s-HAp granules were also bonded to the
bone, these differences demonstrated that CO

3
Ap had higher

osteoconductivity than s-HAp. These results are consistent
with a previously reported cell study, although the precursor
we employed is different. Nagai et al. used human bone
marrow cells (hBMCs) and evaluated the effect of CO

3
Ap

on cell response. It was demonstrated that hBMCs incu-
bated on CO

3
Ap demonstrated a much higher expression

of osteoblastic markers of differentiation, such as type I
collagen, alkaline phosphatase, osteopontin, and osteocalcin,
than hBMCs incubated on s-HAp [13].

Furthermore, a clear difference was observed between
CO
3
Ap and s-HAp with respect to their resorption capa-

bility. In case of CO
3
Ap, MNCs with Howship’s lacunae

were observed around the CO
3
Ap granules at all stages.

The morphology of these cells was very similar to that of
osteoclasts at the bone remodeling front. In contrast, for the s-
HAp granules,multinucleated and extremely large cells with a
dimension of >50𝜇m were observed at an early stage. These
cells produced no resorption lacuna and their morphology
was not similar to that of osteoclasts that are characterized
by the abundant endosome. Instead, the cells resembled the
macrophage polykaryon.
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Figure 4: Histologic sections of defects filled with CO
3
Ap (∗) after 2 weeks of implantation. (a, b) Direct bone deposition to CO

3
Ap is

detected (arrowheads). Howship’s lacunae (black arrows) formed by multinucleated cells (MC), probably osteoclasts, are observed around
CO
3
Ap. (c) There are some cells (red arrows) that have a similar morphology to osteoblasts (OB) around CO

3
Ap.
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Figure 5: Histologic sections of defects filled with CO
3
Ap (∗) 4 weeks after implantation. (a, b) Direct contact with new bone to CO

3
Ap is

observed, and the outline of CO
3
Ap is somewhat irregular (black arrows). (b) Remodeling of the material, which is engaged by the coupling

of osteoblastic (OB) and osteoclastic cells (OC), is observed. Direct deposition of the bone matrix onto CO
3
Ap by osteoblasts is indicated

(arrowheads). (c) Howship’s lacuna (blank arrows) formed by osteoclast is observed around the CO
3
Ap.
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Figure 6: Histologic sections of defects filled with s-HAp 2 weeks after implantation. (a) Most surfaces of HAp granules are surrounded by
connective tissue. (b) Amultinucleated cell (MNC) is observed around the s-HAp granules.ThisMNC is characterized by a uniform cytosolic
stain with a smaller number of endosomal structures.
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Figure 7: (a, b) Histologic sections of defects filled with s-HAp 4weeks after implantation. Direct bone contact to s-HAp is observed (arrows).
The outline of the s-HAp granules did not change in comparison with those after 2 weeks following implantation.

The mechanism of calcium phosphate resorption is still
under debate. Dersot et al. reported that s-HAp was not
resorbed by osteoclasts; however, it was resorbed by MNCs,
which did not have tartrate-resistant acid phosphatase activ-
ity (a typical marker for osteoclasts); instead, it had a non-
specific esterase (a typical macrophage marker) [14]. Wada et
al. reported that 𝛽-TCP was not resorbed with osteoclasts;
however, it was resorbed by MNCs. No ruffled border was
observed, and acid phosphatase was easily inactivated by
tartrate [15]. On the contrary, several researchers reported
that calcium phosphates were resorbed by osteoclasts. Baslé
et al. reported that both biphasic calcium phosphate and
bovine bone apatite were resorbed by osteoclasts, and bovine
bone apatite was resorbed by osteoclasts [16]. Yuasa et al.
reported that low-crystalline apatite that was fabricated by
setting reaction of apatite cement was resorbed by osteoclasts
[17]. It should be noted that the mechanism of calcium
phosphate resorption could be different in different studies.
The composition of calcium phosphates and the crystallinity
are different.However, the fact that these characteristics differ
may present the opportunity for a comparative study in the
future.

Our s-HAp results were consistent with the findings
of previous papers in that MNCs were observed around

the s-HAp granules. Macrophage polykaryon is also known
to create resorption pits. However, the pits tend to be very
shallow and small [18]. This implies that the extracellular
degradation activity of macrophage polykaryon is relatively
low. In addition, the dissolution rate of high crystalline mate-
rials, including s-HAp, is small [1, 19, 20]. Because of the lower
resorption ability of macrophage polykaryon and because s-
HAphas a lowdissolution rate,MNCs cannot dissolve s-HAp.
Therefore, the outline of s-HAp was preserved even 4 weeks
after implantation.

Appearance of osteoblastic cells around the granules of
𝛽-TCP has been reported to always be followed by the
resorption of thematerial byMNCs [15]. In the present study,
s-HAp was juxtaposed by MNCs in the early stage, and the
granules were encapsulated by the new bone at the later stage.
Therefore, it is possible that the juxtaposition of MNCs to s-
HAp in the early stage plays a role in the subsequent bone
formation.

In summary, unlike conventional s-HAp, the newly
developed CO

3
Ap demonstrated bone-like remodeling char-

acteristics in the bone cavity, such as osteoblastic direct
bone formation and osteoclastic resorption. These traits are
thought to be critical for a bone substitute material. However,
the limitation of the present study is that we employed
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a rodent small-defect model. In an actual bone augmentation
procedure, a large volume of bone graft material is applied to
the desired region. In the present study, the cellular response
toward the material could be clarified; however, when the
material is applied in a large volume, cell penetration and/or
vascularization among the graft material granules may play
a critical role in the success of bone augmentation. In future
studies, the actual bone augmentation capability of CO

3
Ap,

such as in alveolar bone preservation or in large defect filling,
should be elucidated.

5. Conclusions

Low-crystalline CO
3
Ap revealed higher osteoconductivity

when compared with high crystalline s-HAp. CO
3
Ap gran-

ules demonstrated both resorption by osteoclastic cells and
direct bone formation by osteoblastic cells, and these charac-
teristics are similar to that of the bone.Thus, CO

3
Ap granules

are an ideal artificial bone substitute. Further studies are
required based on the results obtained in this study.
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A technique for synthesizing biocompatible hydrogels by cross-linking calcium-form poly(𝛾-glutamic acid), alginate sodium,
and Pluronic F-127 was created, in which alginate can be cross-linked by Ca2+ from Ca–𝛾-PGA directly and 𝛾-PGA molecules
introduced into the alginate matrix to provide pH sensitivity and hemostasis. Mechanical properties, swelling behavior, and blood
compatibility were investigated for each hydrogel compared with alginate and for 𝛾-PGA hydrogel with the sodium form only.
Adding F-127 improves mechanical properties efficiently and influences the temperature-sensitive swelling of the hydrogels but
also has a minor effect on pH-sensitive swelling and promotes anticoagulation. MG-63 cells were used to test biocompatibility.
Gelation occurred gradually through change in the elastic modulus as the release of calcium ions increased over time and caused
ionic cross-linking, which promotes the elasticity of gel. In addition, the growth of MG-63 cells in the gel reflected nontoxicity.
These results showed that this biocompatible scaffold has potential for application in bone materials.

1. Introduction

Tissue engineering aims to create wound-covering bioma-
terials for skin-related diseases and biological body parts
as alternatives to transplanted harvested tissues and organs.
One example, hydrogel, has been exploited for medical and
pharmaceutical applications for scaffolding or covering for
the last three decades [1]. The three-dimensional networks of
hydrogels offer excellent chemical and mechanical stability
[2]. The junction zones within hydrogels can be chemical
or physical cross-links. Chemical hydrogels have permanent
network structures formed by irreversible covalent bonds,
but the covalently cross-linked networks may lead to toxic
effects from free unreacted covalent cross-linking agents
or organic solvents. Physical hydrogels are nonpermanent

network structures formed by various reversible cross-links.
These can be ionic bonds, hydrogen bonds, or hydrophobic
interactions [3]. However, the reversible cross-links have
rather poor mechanical properties for some applications.
Therefore, enhancing their strength and durability could
make physical hydrogels more applicable as biomaterials.

Alginate is used extensively as a hydrogel component
because of its many advantages, such as hydrophilicity, high
swellability, nontoxicity, and easy preparation [4, 5]. Algi-
nate hydrogels also have the biocompatibility required for
successful medical and pharmaceutical use; their high water
content enhances the superhydrophilic diffusing surface, and
low interfacial tension minimizes transport resistance for the
adsorption or release of solutes [6]. Alginate is a natural
substance that can be designed and developed in various
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medical and pharmaceutical ways. However, its gelation
process has been inconvenient and not suitable for practical
use.

Polyglutamic acid (PGA) is a natural linear polymer
which is copolymerized from the amino acid glutamic acid,
which is formed by peptide bonds between the amino group
and the carboxyl group at the end of the glutamic acid side
chain. It can be synthesized by bacilli such as Bacillus subtilis
and obtained from bacterial fermentation [7].

Pluronic F-127 is a triblock copolymer of poly(ethylene
oxide)-poly(propylene oxide)-poly(ethylene oxide) (PEO-
PPO-PEO), which has a nominal molecular weight of 12 500
and an average formula of EO

99
PO
67
EO
99

[8]. Aqueous
solutions of F-127 at concentrations of 15–20wt% and higher
are liquid when refrigerated, but gel upon warming [9]. This
gel formation process has been extensively studied [10–13]. It
has been shown that gel formation occurs due to progressive
dehydration of the polymer micelles with increase in temper-
ature, leading to increased chain entanglement.

We aimed to study biocompatibility and cytocompatibil-
ity of different proportions of F-127 with alginate-calcium-
PGA (described as A-CP-F) in hydrogels prepared via a
casting method.There are two advantages to using this blend
as a bone tissue engineering material.

The blended hydrogel can provide mechanical strength,
so A-CP-F gels would bemore suitable for clinical application
than a simple hydrogel. In this study, these A-CP-F gels were
subject to hydrophilic tests, tensile tests, protein adsorption,
and blood coagulation tests to demonstrate the clinical
applicability of the A-CP-F matrix.

2. Materials and Methods

2.1. Materials. Sodium alginate (Acros, USA) with molecu-
lar weight about 22 kD was used without further purifica-
tion. Sodium-form and calcium-form 𝛾-PGA (Vedan Enter-
prise Corporation, Taiwan) with molecular weight about
1MD, calcium chloride (Shimakyu Chemical Co., Japan),
MTT (3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyltetrazolium
bromide; 5mg/mL in DMEM culture medium and serum),
ascorbic acid 2-glucoside (AA2G) (Hayashibara Co. Ltd.,
Japan), human serum albumin (HAS) (Mw: 66000), and
human plasma fibrinogen (HPF) (Mw: 341000) (Calbiochem,
USA) were used. Pluronic F-127 (Sigma, USA) was used
without further purification. All solutions of F-127 weremade
by using the cold method described by Hyun et al. [9],
whereby F-127 was added to water at ambient temperature
before dissolution at refrigeration temperature.

2.2. Preparation of Gel Samples. A 1.5 wt% homogeneous
alginate solution was prepared by dissolving sodium algi-
nate powder in deionized water at room temperature for
24 h under stirring. Calcium-PGA powder was dissolved
in deionized water at room temperature under stirring for
2 h to form a homogeneous solution of 3 wt%. Then F-127
solution was mixed with Ca-PGA solution at seven ratios,
and 20mL of the alginate solution was cast onto a glass plate.
Finally, 20mL of the Ca-PGA-F-127 solutionwas poured over

Table 1: Preparation and composition of hydrogel blends.

Ingredient Designation
Alginate
CaCl
2

A-C
Na-PGA (with CaCl

2
) A-NP

Ca-PGA
0% F-127 A-CP
5% F-127 A-CP-5F
10% F-127 A-CP-10F
15% F-127 A-CP-15F
20% F-127 A-CP-20F
25% F-127 A-CP-25F
30% F-127 A-CP-30F

the alginate to form a hydrogel. For comparison, sodium
alginate hydrogel was soaked in either 10 wt% CaCl

2
, 3 wt%

Na-PGA, or 3wt% Ca-PGA aqueous solution. The resulting
hydrogels were labeled as in Table 1. All these hydrogels were
rinsed with deionized water to remove residual solutions and
dried at 60∘C for 1 d in an oven.

2.3. Swelling Ratios Test. We measured the swelling behavior
of the gels under different pHwith normal saline solution and
different temperatures of deionized water, and samples of 1 ×
1 cm2 were dried in an oven for 2 h at 105∘C [14]. Then, the
samples were placed in a humidifying chamber at 37∘C with
90% relative humidity and weighed at specific time points.
The swelling ratios of the samples were calculated as follows:

SR =
𝑊wet
𝑊dry
, (1)

where𝑊wet and𝑊dry represent the weights of the film in the
wet and dry states, respectively.

2.4. Water Retention Capacity Test. A piece of swollen
hydrogel was weighed (𝑊

𝑖
) and placed in a tube. After

centrifugation at 2000, 8000, and 16000 g at 25∘C for 5min,
the sample was carefully removed and weighed (𝑊

𝑡
) [14].The

water retention percentage was calculated using the following
formula:

WR% =
𝑊
𝑡
−𝑊
𝑑

𝑊
𝑖
−𝑊
𝑑

× 100, (2)

where𝑊
𝑑
is the dry weight of the sample.

2.5. Tensile Tests. The tensile strength and breaking elonga-
tion of the blended hydrogels were measured with a tensile
tester (MTS 810; Material Test System, USA) according to
ASTM D882-02. The dry samples were prepared by vacuum
drying at 40∘C overnight. The specimens were cut into a
specific dog-bone shape (11.5 cm long, 2.5 cm wide at the
ends, and 0.6 cm wide in the middle). The thickness of each
specimen was measured.Themeasurement was conducted at
a crosshead speed of 10mm/min under a tensile preload of
10 kg.
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2.6. Adsorption of Proteins. The adsorption of HAS and HPF
was measured. A piece of hydrogel of 1 × 1 cm2 was immersed
in 5mL of pH 7.4 PBS containing 2mg/dL HSA or HPF at
37∘C for 24 h under 100 rpm shaking. Afterwards, the samples
were gently taken out and rinsed five timeswith PBS, followed
by placing them in 1 wt% aqueous solution of sodiumdodecyl
sulfate (SDS), and shaken for 60min at room temperature
to remove the protein adsorbed on the surface. The protein
content of each sample wasmeasured using the BCA reagents
(Pierce). The absorbance at 562 nm was measured using a
spectrometer to calculate the concentration of protein [15].

2.7. Evaluation of Platelet Adhesion. The determination of
platelet adhesion and thrombus formation followed pub-
lished procedures [16]. Briefly, platelet-rich plasma (100𝜇L)
was placed on test hydrogels (1 × 1 cm2) at 37∘C for 30 and
60min, respectively. The platelet counts at baseline (about
4 × 105 𝜇L−1) and after adhesion were measured using a
hematology analyzer (CA-620;Medonic, Sweden).The extent
of platelet adhesion relative to the platelet-rich plasma control
was calculated as follows:

Platelet adhesion (%) =
𝑛
0
− 𝑛
𝑡

𝑛
0

× 100, (3)

where 𝑛
0
is the count at baseline and 𝑛

𝑡
is the count after

adhesion.

2.8. Blood Coagulation Test. The in vitro coagulation times,
including the activated partial thrombin time (APTT), were
measured using a blood coagulation tester (CA-50; Sys-
mex Corp., Japan). A sample of 1 × 1 cm2 was placed in
50𝜇L platelet-poor plasma and incubated at 37∘C for 1min,
followed by adding 50𝜇L APTT reagent. After incubation
for 3min, 50 𝜇L CaCl

2
was added. The APTT was then

determined.

2.9. Cell Culture, Dose-Response Assays, and MTT Assays.
MG-63 osteosarcoma cells were seeded at 3000 cells/cm2 in
6-well plates under differentiating conditions until the assay
endpoint. For dose-response assays, cells were seeded in 96-
well plates at 30 000 cells/cm2 for 24 h and then dosed with
glycosaminoglycans, alternative agents, or controls in 10-fold
dilutions from 100mg/mL to 100 pg/mL. Adenylate kinase
activity (for membrane integrity) was measured using the
ToxiLight assay kit (Cambrex Corporation) [17].

MTT assay followed the procedures given in the literature
[18]. Cell proliferation was measured on A-C, A-NP, and A-
CP-F series and on a control glass disc.

2.10. Statistical Analysis. Microsoft Excel was used to cal-
culate standard deviations and statistically significant differ-
ences between samples using two-tailed Student’s 𝑡-test. For
all quantitative assays, each assay condition was performed
in triplicate and the results were repeated in at least two
independent experiments. A 𝑃 value 0.05 was defined as
statistically significant.
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Figure 1: Swelling ratios of A-C, A-NP, A-CP, and A-CP-F series
hydrogels with normal saline at different pH.

3. Results

3.1. Swelling Ratios Test. TheF-127 hydrogel had pH-sensitive
swelling behavior. The swelling ratios for A-CP were 1.49
and 0.71 under pH 4 and pH 10, respectively, without F-127,
while the average ratios for F-127 hydrogel were 1.21 and 0.52,
respectively (Figure 1). The swelling ratio decreased as F-127
increased (Figure 2).

3.2. Water Retention Capacity Test. The water retention
capacity of A-CP was higher than that of A-C and A-NP
(Figure 3). This is in the same order as the swelling ratio
shown in Figure 1.

3.3. Tensile Properties. With progressive 5% increases in F-
127 content, the tensile strength was 1.56, 1.18, 1.37, 1.07, 1.41,
and 1.22 times that of A-CP hydrogels, while the breaking
point was 2.56, 3.56, 3.44, 2.72, 2.94, and 3.11 times that of
A-CP hydrogels (Figure 4).

3.4. Biocompatibility Test. The surface densities of adsorbed
HSA and HPF on the A-CP surface were lower than those of
A-CP-F and A-C (Figure 5).

After 90min incubation, platelet adhesion for the A-CP-F
series was much higher than that of the A-CP, A-NP, and A-C
hydrogels (Figure 6).

The APTT and PT of A-CP-F series hydrogel were about
62% and 84% of that of the blank plasma control (Figure 7).
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3.5. In Vitro Cytocompatibility of the Hydrogels. As shown in
Figure 8, MG-63 cells proliferated at a higher growth rate on
the surfaces of all the alginate base hydrogels after 3 days.
A-NP, A-CP, and A-CP-F series hydrogels all exhibited high
viability for MG-63.
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Figure 4: Tensile strength and breaking elongation of A-CP-F series
hydrogels.
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4. Discussion

Four kinds of alginate hydrogels (A-C, A-NP, A-CP, and
A-CP-F series) were compared for mechanical properties,
biocompatibility, and cytocompatibility. The swelling ratios
decreased as F-127 increased because F-127 strongly interacts
with the other compositions and wraps around the polymer
chains due to their tight structure. Also, the linear chain
of F-127 causes these blends to be more hydrophobic than
the A-CP blends [18]. The similarly higher water retention
capacities of A-CP and A-CP-F hydrogels suggest that the
water retention is related to the hydrophilicity of the hydrogel
because of the presence of highly hygroscopic 𝛾-PGA. The
higher tensile strength and breaking points for F-127 blends
compared with A-CP hydrogels indicate that the blending of
F-127 caused the surface of the hydrogel to become smoother
because of the F-127 polyethylene oxide group [19]. In the
adsorption test, the fact that A-CP exhibited less adsorption
of serum proteins can be attributed to the carboxyl groups
of 𝛾-PGA. F-127 has many hydrophobic polypropylene oxide
groups. Therefore, the adsorption of HAS and HPF was
improved by blending F-127 with A-CP hydrogel [20]. In the
platelet adhesion test, adhesion was much higher for the A-
CP-F series, which may be attributed to the higher HPF/HSA
ratio of the A-CP-F series, which promoted the adhesion of
platelets. The APTT and PT of A-CP-F series hydrogels were
less than those of the plasma control. Both A-CP and the A-
CP-F series hydrogel contain Ca2+ (coagulation factor IV),
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which would activate factors VII, IX, X, and II (prothrombin)
[21]. This indicates that F-127 loading does not reduce blood
coagulation on the A-CP surface. The test cell lines, MG-
63, proliferated on all the alginate hydrogels, A-NP, A-CP,
and especially the A-CP-F series, from 7 days of culture,
showing that these hydrogels are noncytotoxic and should be
a candidate for biomedical applications.

It is known that Ca2+ acts as a bridge that triggers the
cross-linking and formation of hydrogels, but the higher the
Ca2+ concentration, the worse the hydrogel. Alginate has
hydrophilicity and high swellability originally but only forms
a hydrogel with the aid of Ca2+, but Ca2+ might eliminate
useful properties of alginate during the gelation process.
Therefore we investigated the exceptional hydrogel formed by
mixing 𝛾-PGAwith alginate; Ca2+ still acts as crossing bridge
in the preparation process.

Traditionally, alginate gel beads are prepared from
sodiumor potassium alginate solution in an aqueous solution
of calcium ions, typically from calcium chloride (CaCl

2
),

to make alginate-calcium chloride hydrogel. The gelation of
CaCl
2
in varying cross-linking densities and a polymer con-

centration gradient within the gel influences the properties of
alginate hydrogels, and the amount and nature of retained liq-
uid substantially affect the porosity and mechanical strength
of gel networks as well. Calcium alginate has recently been
used as a cell delivery vehicle for in vivo tissue engineering
research and as a drug carrier that can be easily degraded by
enzymes in the organism and eliminated from the body. A
major disadvantage to the use of CaCl

2
is that its gelation

kinetics are difficult to control, and the resulting structure
is not uniform, so the rate of degradation of typical alginate
hydrogels varies. It is improved by joining PGA with sodium
alginate solution or calcium alginate. In this method, CaCl

2

was used as the adjuvant instead.
Hydrogel is used in various ways in medication because,

in the swollen condition, its three-dimensional structure is
formed by polymer chains with soft and flexible character-
istics similar to natural tissue. Good hydrogels have several
critical abilities that maintain three-dimensional networks
andwater retentiveness in use. However, the tighter the three-
dimensional networks, the lesser the swellability of hydrogel,
but the looser the structure, the poorer the maintenance.

Increasing the calcium content promoted the cross-
linking density and reduced the molecular weight between
cross-links in the alginate hydrogels. The increased cross-
linking density reduces swellability, flexibility, and retentive-
ness of hydrogels resulting from the more compact calcium
linkage network. The copolymerized A-Na-PGA hydrogels
and A-Ca-PGA hydrogels overcame the defect because PGA
has more hydrogen bonds in the carboxyl group replacing
calcium-formed ionic networks. The carboxyl groups on
the polymer chain residues of PGA are highly sensitive to
pH, which creates flexible, highly absorbing, and smoother
hydrogels. All the investigations of alginate hydrogels suggest
that these hydrogels, especially A-Ca-PGA hydrogels, can
lead to successful application formedical and pharmaceutical
utilization.

5. Conclusion

As calcium plays a major role in bone metabolism, Ca-PGA
has a positive effect on the reconstruction of bone. Therefore
these A-CP-F series gels are applicable as injectable bone
repair material. The molecular weight between cross-links
and the cross-linking density of the hydrogels were char-
acterized from the equilibrium swelling theory. Increasing
the calcium content increased the cross-linking density and
reduced the molecular weight between cross-links in the
alginate hydrogels. Therefore, the A-CP-F composite could
serve as a useful bone substitute for repairing bone defects.
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Postoperative infections are a major concern in patients that receive implants. These infections generally occur in areas with poor
blood flow and pathogens do not always respond to antibiotic treatment. With the latest developments in nanotechnology, the
incorporation of antibiotics into prosthetic implants may soon become a standard procedure. The success will, however, depend
on the ability to control the release of antibiotics at concentrations high enough to prevent the development of antibiotic-resistant
strains. Through additive manufacturing, antibiotics can be incorporated into cementless femoral stems to produce prosthetic
devices with antimicrobial properties. With the emerging increase in resistance to antibiotics, the incorporation of antimicrobial
compounds other than antibiotics, preferably drugs with a broader spectrum of antimicrobial activity, will have to be explored.This
review highlights the microorganisms associated with total hip arthroplasty (THA), discusses the advantages and disadvantages of
the latest materials used in hip implants, compares different antimicrobial agents that could be incorporated, and addresses novel
ideas for future research.

1. Introduction

The increased use of cementless femoral components in THA
[1], combined with the increased occurrence of THA [2],
advocates a significant and growing market for these devices.
Most cementless femoral stems are produced from wrought
titanium alloys [3], by using conventional manufacturing
processes that include rolling, forging, machining, surface
modification, finishing, cleaning, and sterilisation (Figure 1).
Metal additive manufacturing (AM) is not used in any of
the current commercial cementless hip stem manufacturing
processes.

Proximal surfaces of titanium alloy femoral stems are
often coatedwith plasma spraying to provide a porous surface
for bone ingrowth (osseointegration, Figure 2(a)). Although
bone ongrowth (Figure 2(b)) also facilitates fixation on a
roughened, nonporous surface, it provides less tensile sup-
port than bone ingrowth [4].

Clinically approved first-generation wrought titanium
alloys have crystal structures consisting of a combination of
𝛼-phase (hexagonal close packed) and 𝛽-phase (body centred
and cubic) orientations [4]. Second-generation titanium alloy
consists mostly of a 𝛽-phase microstructure with lower
elastic moduli, compared to first-generation titanium and
cobalt alloys or stainless steel and reduces stress shielding,
a phenomenon that occurs due to a mismatch between the
elastic modulus of bone and implant material [5]. Of all
alloys, titanium is the most used one due to its excellent
biocompatibility, resistance to corrosion, high strength, and
ductility [4, 6].

Concerns regarding the release of aluminium ions from
titanium alloys such as Ti-6Al-4V have been raised. Alu-
minium has been correlated to the onset of diseases such
as Alzheimer’s and cytotoxicity has been reported from
excessive concentrations of vanadium [7, 8]. These concerns
have been mitigated by developing diamond-like carbon
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Figure 1: Simplified process chain for titanium alloy cementless femoral stems (adapted from [19]).
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Figure 2: Schematic representation showing the difference between bone ingrowth (a) and bone ongrowth (b).

(DLC) film that prevents the release of elemental ions from
alloys [9].

A serious concern regarding THA devices is the increas-
ing trend in revisions due to infection [3, 10]. According to
Kurtz et al. [10], the number of THA infections in the United
States of America alone may exceed 16000 by 2020, with an
estimated treatment cost of $527.9 million. With a current
infection rate of approximately 1% for primary THA, failure
to reduce the risk of infection will only lead to increased
infection rates during revision surgeries. Furthermore, the
burden regarding treatment costs associated with infection
will continue to increase. Considering the above, combined
with the morbidity and psychological strain put on the
patient, it is clear that infection of THA is still a serious issue
inhibiting the success of the procedure and the quality of life
of many patients.

Selective laser melting (SLM) and electron beam melting
(EBM) are powder bed fusion AM processes, during which
three-dimensional (3D) parts are formed in a layer-by-layer
fashion.This enables the design andmanufacturing of a range
of products with unique features that were previously difficult
or near impossible to assemble. The latest developments in
AM triggered a renewed interest in the use of AM technology,
especially in the design and production of medical implants
with enhanced performance and novel functionalities [11,
12]. The novelty, we believe, lies in the ability to administer
multiple dosages of an antimicrobial drug in situ, from the
implant [13, 14]. By administering the drug directly to the site
of infection, postoperative surgery and removal and cleaning
of the prostheses may be avoided. If refined, this technology
could replace many of the current once-off drug release
devices that are either coated with antimicrobial compounds

or modified with the incorporation of acrylic drug-loaded
bone cements.

Implants produced with AM are used in specific cases
to reduce stiffness and patient-specific geometries [15–18]. A
cementless hip stem with enhancements such as a built-in
drug delivery system requires the design of a new process
chain. In this paper the focus falls on the application of AM in
the design of cementless hip stems with novel drug delivery
properties.

2. Infection

Infections acquired from implants are difficult to treat.
Antibiotics administered, whether orally or intravenously, do
not always reach the implant due to restricted blood flow
[21]. The surface of implants, on the other hand, is rapidly
coveredwith proteins and glycoproteins produced by the host
[22]. This results in a “conditioned surface” that supports
adhesion of bacteria [23]. Once adhered, the bacteria secrete
polysaccharides and formbiofilms to protect themselves from
antibiotics. Destruction of a biofilm is extremely difficult,
as shown in the treatment of Pseudomonas aeruginosa and
Staphylococcus aureus biofilms [24, 25]. In both cases the level
of antibiotics required for treatment is much higher than the
minimum inhibitory concentration (MIC), which is not a
practical solution. In severe cases, often seen with prosthetic
joints, the only treatment options available include debride-
ment [26], one- or two-stage arthroplasty [27], resection
arthroplasty [28], removal of the implant [29], or amputation
of the limb [30]. Recent reports highlight the increased
risk and occurrence of mortality rates associated with deep
chronic infection [30, 31]. Pathogens isolated from prosthetic
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Figure 3: A total hip replacement femoral stem concept with
internal channels (adapted from [20]).

joint infections (PJIs) after THA and total knee arthroplasty
(TKA) are listed in Table 1.

Treatment of infected femoral stems remains an area of
debate [32]. The choice between procedures depends on the
type of infection, time laps after surgery, damage to tissue
and bone, condition of the implant, andmiscellaneous factors
which are situation specific [27]. One option to prevent the
formation of bacterial biofilms is to use antibiotic-loaded
bone cement (ALBC, Table 2). Although the method is well
established and is an accepted practice, concerns about
the development of antibiotic-resistant bacteria, due to the
elution of antibiotics at levels below MIC, have been raised
[33]. This has prompted investigation into incorporation of
alternative antimicrobial compounds into bone cement. van
Staden et al. [34] incorporated nisin, a lantibiotic produced
by Lactococcus lactis subsp. lactis, into bone cement and
succeeded to control the growth of S. aureus in vivo in a
mouse model. Campoccia et al. [14] showed that implants
coated with silver nanoparticles killed most bacteria within
the first few days after surgery and the implant retained
its antimicrobial properties for 30 days, with no significant
decline in activity.

The latest development is cementless fixation of implants
and the elution of antimicrobial compounds from within
femoral stems [13]. However, conventional manufacturing
processes do not allow for intricate geometries and features
of custom-designed hip implants [35]. In a recent study
titanium alloy cubes with a novel drug delivery design were
constructed from Ti6Al4V ELI (Extra Low Interstitial) pow-
der with LaserCUSING (an AM process) with vancomycin
incorporated in channels of the cubes. Controlled release
of vancomycin could be achieved with approximately 50%
of the vancomycin released within the first 17 h [13]. The
authors managed to sustain the delivery of vancomycin for
as long as 100 h by reinjecting the channels that were sealed
with hydrophilic polyethersulfone membranes. This study
proved that refillable implants may be a novel way to control
postoperative infections.

Femoral stems used in total hip replacement (THR)
therapy are usually manufactured from wrought material by
subtractive processes. Mueller et al. [20] used selective laser
melting (SLM) to produce a prototype femoral stem similar
to that shown in Figure 3. Although EBM (electron beam
melting) acetabular cups have been approved [36], heavy load

Table 1: Pathogens isolated from prosthetic joint infections after
total hip arthroplasty (THA) and total knee arthroplasty (TKA),
adapted from [40].

Species or group Percentage

Staphylococcus aureus 22
Polymicrobial composition 19
Coagulase-negative staphylococci (CNS) 19
Unidentified Gram-negative rods 20
Streptococcus spp. 9
Anaerobic bacteria 6
Microorganisms representing 5% and less of the
cultured species:
Enterococcus spp.
Corynebacterium spp.
Listeria monocytogenes
Mycobacterium tuberculosis
Candida albicans
Brucella suis
Geotrichum spp.

bearing prostheses, such as femoral hip stems manufactured
by AM technologies, have not been approved by the United
States Food and Drug Administration (FDA) [37] and more
extensive clinical trials will have to be performed [38].
The eventual realisation of cementless femoral stems with
functional enhancements, such as integrated drug delivery
features, could also be beneficial in the treatment of infection.
This could mobilise a patient during the interim period of a
two-stage exchange or could be used as a permanent implant
in a one-stage revision.

3. Treatment

Postoperative infection is classified as either an “early” infec-
tion that occurs within 2 months after surgery or a “delayed”
infection that occurs between 3 and 24 months after surgery
[39]. In pursuit of best practices in infection management,
Zimmerli and Ochsner [39] developed a decision making
algorithm based on time elapsed after surgery, infection type,
state of the implant and surrounding tissue, and comorbidity
factors. Regardless of the procedure used, success cannot
be guaranteed. Infection rates for revision surgeries are
typically higher than those recorded for primary arthroplasty.
Persistent infections may result in amputation or even death
[29, 30].

3.1. Early Debridement with Retention. The option of treating
a prosthetic joint infection with debridement and retention
of the implant is subdued to very strict criteria, for example,
stability of the implant, stage of infection, overall health
of the patient, and the patient’s tolerance to aggressive
antibiotic therapy, whether it is administered intravenously or
orally [41]. Despite all precautions taken into consideration,
infections caused by S. aureus remain a problem in THA and
TKA [42].
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Table 2: Commercially available, FDA-approved ALBC cements.

Product Current distributor Antibiotic Concentrationa FDA approval
Simplex P Stryker Tobramycin 1.0 g 2003
Refobacin Rb Biomet Gentamicin 0.5 g 2003
Palacos R+Gb Heraeus Medical Gentamicin 0.5 g 2003
Smartset GHV DePuy Gentamicin 1.0 g 2004
VersaBond AB Smith & Nephew Gentamicin 1.0 g 2004
Cemex Genta Exactech Gentamicin 1.0 g 2004
CMW1 DePuy Orthopedics Inc. Gentamicin 1.0 g 2005
Smartset GMV DePuy Orthopedics Inc. Gentamicin 1.0 g 2008
aPer 40 g bone cement.
bOriginally developed as one product.

3.2. One-Stage and Two-Stage Exchange Arthroplasty. In one-
and two-stage exchange arthroplasty, antibiotics are admin-
istered for a minimum of two weeks before surgery. One-
stage exchange arthroplasty is only performed if pathogens
isolated from the infected area were positively identified and
if the patient’s bone material is still healthy [43]. Two-stage
exchange arthroplasty, on the other hand, is performed on
patients with abscesses and sinus tracts [39, 44]. In both pro-
cedures the infected soft tissue is debrided and the implant,
plus accompanying bone cement if present, removed. In
one-stage exchange arthroplasty the bone is “keyed” to
form a rough surface before the addition of ALBC. The
tissue surrounding the infection site is treated with selected
antibiotics based on the identified pathogens, the implant is
fixed into place, and the wound is closed [45]. If the infection
is not eradicated, a two-stage revision is performed, in which
case the implant is removed, infectious bone and tissue are
debrided, and a temporary spacer of antibiotic-loaded bone
cement is implanted to control the infection [39]. If the
implant is fixed too solidly, it may be necessary to bivalve
the femur to remove the femoral stem [43]. The patient is
kept on antibiotics for 3 weeks to 7 months and has limited
mobility during this period [40].The second stage starts with
removal of all the antibiotic-loaded beads or bone cement
spacer material and testing for the persistence of antibiotic-
resistant bacteria [43], in which case the interim period of
antibiotic treatment is extended. The new implant, usually
composed of cemented components and an ALBC prophy-
lactic, is then inserted [43]. Once the new implant is fixed
in place, the wound is closed and the patient is monitored
extensively [39]. Buchholtz et al. [45] reported a 77% success
rate with one-stage revision. Success rates as high as 86 to
100% were reported when patients were thoroughly screened
and pretreated with the correct antibiotics [39]. Two-stage
exchange arthroplasty has a higher success rate (>90% suc-
cess) compared to one-stage exchange arthroplasty [43, 44].

3.3. Resection Arthroplasty. Resection arthroplasty is also
referred to as modified Girdlestone arthroplasty [53]. The
procedure is usually performed on patients with a high
surgical risk and not fit to be exposed to one- or two-
stage revision arthroplasty [54]. Indications for secondary
resection arthroplasty are numerous and include infection
with bacteria resistant to several antibiotics, poor condition

of surrounding soft tissue, inadequate bone stock, and overall
poor health of the patient.

The entire THR prosthesis (femoral and acetabular sec-
tions) plus bone cement (in the case of cemented THA) is
removed, and the joint space and surrounding tissue are
debrided and drained of any abscess and purulence [54].
Resection of the femur is performed at the intertrochanteric
line and acetabular osteophytes are removed [53].The wound
is then drained and closed. Ossification normally occurs
between the femur and the acetabulum [55]. The disadvan-
tage of this procedure is that the joint is stiff, leaving the
patient with considerable disability, and it is therefore only
performed as a last resort.

3.4. Prophylactic Strategies. The first 6 h postimplantation is
considered the most critical when newly implanted material
is most vulnerable to infection [60]. It is thus not surprising
that prophylactic strategies to control bacterial colonisation
on THR femoral stems receive so much attention [60,
61]. Despite many concerns raised about the emergence of
antibiotic-resistant bacteria [32, 39] and the use of ALBC in
primary cemented hip replacements, antibiotics remain the
most used prophylactic treatment in primary and revision
arthroplasties [60]. This is also the standard procedure used
in the fixation of femoral stems reintroduced in second-stage
treatments [43, 60].

Initially, antibiotics were mixed into the poly(methyl
methacrylate) (PMMA) matrix at the discretion of the
surgeon. This often led to inadequate concentrations of
antibiotics added, unpredictable elution characteristics, and
adverse effects on the mechanical properties of bone cement
[62]. Furthermore, mixing of antibiotics into PMMA did
not guarantee even distribution. The range of FDA-approved
ALBC cements currently available is listed in Table 2.

Gentamicin is usually the preferred antibiotic, as it is
active against Gram-negative and Gram-positive bacteria
[63], remains active when used in combination with other
antibiotics, such as vancomycin [33], and is stable at tem-
peratures generated during the exothermic polymerisation of
PMMA bone cement [56, 64]. Release of gentamycin from
PMMA occurs in two stages; an initial burst release, typically
within the first 24 h [62], followed by a steady sustained
release for an extensive period [65]. In some reports the
transition from burst to sustained release is described as an
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Figure 4: Cumulative release of gentamicin from PMMA (adapted
from [56]).

additional stage [62]. A generic curve showing the cumulative
release of gentamicin over time is shown in Figure 4. In an
ideal situation, the cumulative concentration of gentamicin
released should reach high levels over a short period, followed
by almost no release [66].

Lewis [62] studied the release of drugs from implants
and related them to different drug delivery mathematical
models. Some models do not account for the hydrophobic
properties of PMMA and are considered inaccurate [62].
Despite modified versions of drug release models, studies
performed with the same CMW1 gentamicin bone cement
produced more than one best fit result [66].

A serious problem with the sustained subinhibitory
levels of gentamicin release from PMMA is the provocation
of antibacterial resistance [60]. In a study by Neut et al.
[67] during which gentamicin-loaded PMMA beads were
cultured after retrieval from patients, 68% of the 28 identified
bacterial strains exhibited resistance towards gentamicin.
This further emphasizes the current need for the investiga-
tion into more efficacious drug delivery strategies and the
thorough integration of the involved processing technologies
and disciplines to gain a better understanding towards the
eventual development of such combination devices.

4. Additive Manufacturing (AM) as
Enabler Technology

Severalmethods have been proposed to prevent bacteria from
colonising cementless femoral hip stems [68]. However, most
of these methods focused on processing the external surface
of the implant. Only a few studies reported on the release
of antimicrobial compounds from metallic implants [68].
Linezolid, a synthetic antibiotic, imbedded into mesoporous
silica and then incorporated into pores of a 316L stainless steel
pin, prevented the colonization of S. aureus ATCC 29213 on
the surface of the implant [68]. This opened the possibility
of incorporating prophylactic antimicrobial compounds and
osteoinductive supplements into preformed channels of an
implant.

Most of the current literature, however, inevitably results
in once-off release strategies without the possibility to tailor
drug release after implantation. Furthermore, devices seem to
be investigated by adding functionality through postprocess-
ing operations rather than developing integrated devices with

multiple drug delivery capabilities [69]. Such products would
fall under the FDA regulatory classification of combination
devices, which have their own regulatory requirements before
clinical acceptance [70].

This creates an area for the development of novel process
chains investigating AM processes as enabler technologies.
However, in developing these process chains it is important
to identify the different roles of stakeholders, especially
as these process chains would encompass interdisciplinary
communication [71]. Involved parties need to understand the
fundamental perspectives across disciplines to collaboratively
achieve an efficacious design. This implies moving from a
vertical (or line) based perspective, where each party focuses
solely on their own expertise, to amore lateral based perspec-
tive, where each party understands the fundamental topics
from all the other involved disciplines to correctly translate
and incorporate them into their own subpart of the design.

Modern AM technologies are based on the paradigm
developed in the late 1980s with liquid based stereolithog-
raphy (SLA), which is considered the cornerstone of rapid
prototyping (RP) [72]. Rapid prototyping was initially used
to create nonfunctional parts. However, as new technologies
emerged, RP evolved into the manufacture of functional
parts. These layer-by-layer processes are collectively coined
AM [73]. Within these technologies, two powder bed fusion
processes, electron beam melting (EBM) and selective laser
melting (SLM), are highlighted. In contrary to subtractive
processes, in which an object is fabricated by removing of
a large volume of starting material, the AM technologies, as
the name suggests, are characterised by adding material, thus
allowing for the manufacturing of intricate geometries and
efficient use of material [58, 73].

According to Cronskär et al. [74], the production cost
of highly customised femoral hip stems can be reduced by
35% if AM (electron beam melting, EBM) is used with
sufficiently large batch sizes, as a collection of parts with
different geometries can be built simultaneously. In another
study, Dehoff et al. [75] calculated a 50% cost reduction in the
manufacturing of a thin-walled aerospace bracket using AM
with appropriate processing conditions. From studies such
as these, it is clear that AM technology poses an attractive
alternative for manufacturing of new generation drug/device
combination hip implants. Metal AM processes such as EBM
and SLMcan therefore play an important role as enabler tech-
nology within the process chains of next generation implants.

In general, the AM process consists of (i) generation
of a Standard Triangulation Language (STL) file, (ii) file
verification and repair, (iii) creation of a build file, (iv)
construction of the implant, and (v) cleaning and finishing.
Digitalmanufacturing starts with CADmodelling and export
of the design in STL format. Once an STL file is generated,
it needs to be verified and defects need to be removed
[57]. Creation of the build file requires a number of steps
and concepts that have to be taken into consideration. The
first step is orientation of the implant. Due to the layer-
by-layer nature of AM, all parts will inherently have “stair
stepping” (Figure 5), except if all features are completely
vertical or horizontal [76]. This effect can be minimised by
decreasing the thickness of the layers, which in turn will
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Figure 5: Schematic representation of the stair stepping effect
obtained when slicing for finite layer approximation from the
original CAD geometry (adapted from [57]).

increase building time.The layering or “slicing” of the implant
is specified in the respective software package used during
preprocessing of the build file.

Implants are built from the bottom up, one layer at a time.
Once the implant is finished, it is removed from themachine,
support structures are removed, and the implant is cleaned.
Some implants require postprocessing such as wax or bronze
infiltration to strengthen the structure. Refining processes
are, for example, sand-blasting, grinding, or polishing, and
various heat treatments.

4.1. Electron Beam Melting. With EBM, fully functional and
nearly fully (>99%) dense metallic parts can be created
without the need for additional binder materials [77, 78].
An electron beam in a vacuum is used to melt the metal
powders layer-by-layer [58]. A simplified schematic of the
EBM process is presented in Figure 6.

The electron beam is supplied with a tungsten filament
electron gun, which emits electrons when heated in excess of
2500∘C under vacuum [77]. The nominal operating voltage
for the electron gun is 60 kV.The electron beam is positioned
and controlled by deflection coils to scan andmelt the powder
on a preheated table to form layers ranging from 0.05 to
0.2mm [58, 73]. Once a layer is completely scanned, the build
table is lowered by the layer thickness and a fresh supply
of powder is deposited from the powder depots. A powder
coating blade then moves across the build table to ensure
an even spread of powder. The layer in question is again
scanned by the electron beam and the process is repeated
until all layers are formed. Postprocessing operations include
machining such as drilling ormilling and heat treatment, that
is, annealing [79] and hot isostatic pressing (HIP) [80].

4.2. Selective LaserMelting. Selective lasermelting (SLM) has
been developed more recently and involves the production
of complex three-dimensional, near net shape, metallic parts
in a layer-by-layer manner. Thermal energy, produced by a
focused fiber laser beam, selectively scans, melts, and fuses
metallic powder particles on a powder bed, creating near
full density (>99%) parts [81, 82]. Part densities as high as
99.81 ± 0.1% have been reported using SLM-processed Ti-
6Al-4V ELI [47]. A simplified schematic presentation of the
SLM process is shown in Figure 7.

The SLM process, as the name implies, uses energy
from a laser beam instead of an electron beam to fuse the
powder particles by heating it beyond melting temperatures.

Part being made

Electron gun assembly

Powder 

Electron beam

Electron beam 
focusing lens

Electron beam 
deflection coil 

Build table

Powder coating 
blade

Inert atmosphere

Figure 6: Schematic representation of the EBM process (adapted
from [58]).

A layer of powder is evenly spread across the building plate
followed by the scanning of the two-dimensional geometry
in question. The build platform then is lowered by the preset
layer thickness (typically 30 to 70𝜇m) [59] before a fresh
layer of powder is deposited and evenly spread by the coating
blade. Powder not used is recycled [48]. The build chamber
is flushed with nitrogen or argon gas to avoid oxidation
[76]. Postprocessing includes the removal of support struc-
tures, usually by mechanical means such as machining or
light chiseling. Further treatment is often necessary, that is,
by machining, to reduce roughness or a number of heat
treatments procedures aimed at relieving residual stresses,
tailoring the microstructure, and reducing porosity [48, 83].
Parts produced by SLM have a layer of partially sintered
powder particles around their surface geometries.Markwardt
et al. [84] found that osseointegration of human osteoblasts is
promoted by these surfaces.The compliance of these surfaces,
however, has not yet been tested according to international
specifications for medical implants.

5. Ti-6Al-4V ELI Powder

A significant percentage of cementless stems are made from
Ti-6Al-4V ELI powder. Grade 23 Ti-6Al-4V ELI is widely
used in the manufacturing of medical implants and devices.

5.1. Surface Texture. As-built parts produced with SLM gen-
erally have a lower surface roughness than its EBM counter-
parts. In-house measurements on SLM parts have revealed
an average of absolute values for deviations from a central
plane (𝑅

𝑎
) to be typically around 10 𝜇m while values ranging

from 15 to 22𝜇m have been reported for EBM [85]. These
surfaces have good machinability and if required, parts can
be finished to have surface roughness below 1.0 𝜇m.However,
these inherent rough surfaces have proved to promote bone
ingrowth in several investigations for both SLM and EBM
[84, 86], while the surface chemistry has also been shown
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Figure 7: Schematic representation of the SLM process (adapted from [59]).

to conform to international standards [85]. Surfaces can also
be made bioactive through postprocesses such as NaOH
and HCl soaking to enhance its osteoconductive properties
[87]. Utilisation of these as-built rough surfaces eliminates
the need of extra postprocessing operations such as plasma
spraying or grit blasting, reducing time, and waste in the
process chain, resulting in more resource efficiency.

5.2. Tensile Properties. Not all literature specifies whether Ti-
6Al-4V (grade 5) or Ti-6Al-4V ELI (grade 23), which has
reduced content percentage of interstitial impurity atoms, has
been used. In this review, only publications explicitly stating
that grade 23 powder alloy was used are discussed. This alloy
has been specifically selected for discussion on the basis of
its FDA approval for production of cementless hip stems and
its availability in powder form, conforming to international
specifications, from the respective manufacturers of laser
and electron beammelting machines. As-built titanium alloy
parts generatedwith the SLMprocess have appropriate tensile
and yield strengths but lack the necessary ductility.This is due
to the resultant microstructure of the as-built material, which
contains ametastable acicular martensitic (𝛼) structure [49].
With EBM, the as-built microstructure is dominated by an
acicular 𝛼 phase but also includes a small percentage of 𝛽
phase, yielding a brittle part. Consequently, for both of these
processes, ductility needs improvement with appropriate
postprocessing operations. Tailoring of the microstructure
by using different heat treatments can transform the SLM
𝛼 phase to the more ductile 𝛼 + 𝛽 phase which render
these materials comparable to their wrought counterparts
[47, 52, 84, 88].

Table 3 summarizes some of these results and compares
them to the tensile properties specified in ASTM F136-
08 for wrought Ti-6V-4V ELI used in surgical implant
manufacturing [46]. By applying suitable postprocesses, such
as machining, polishing, and heat treatment strategies, the
properties can be improved significantly. Depending on
the intended application, trade-offs should be considered
between the advantages of rough surfaces for bone ingrowth
and required mechanical properties. Considering the above
and the values in Table 3, it can be concluded that the tensile

properties of Ti-6Al-4V ELI manufactured with SLM and
EBM with appropriate postprocesses adhere to the standard
specification as set out for the currently used wrought
counterpart. An area of concern, however, regarding parts
produced by these processes is fatigue strength.

5.3. Fatigue Strength. International standards for fatigue
strength specify that the head region and neck region of a
femoral stem have to withstand 10 million cycles of loading,
as determined according to the test described in ISO 7206-
6:1992 [89]. Characterisation of fatigue properties of SLM
parts is, however, based on standardised specimen geometries
and does not necessarily account for unusual geometries [83].
Properties from standardised specimens may vary to that
of unconventional parts, due to the random distribution of
porosity which is an inherent issue in the current state of
the SLMmanufacturing process [48, 83]. Techniques such as
preheating of the powder bed may improve SLM processes
[90]. Hot isostatic pressing (HIP) reduces porosity to almost
negligible levels and is reported to increase fatigue strength
[83]. Although promising results have been published [74],
inconsistencies, likely due to randomporosity due to subopti-
mal processing parameters [91], are preventing the successful
commercialization of load-bearing devices.

6. Summary

6.1. Conclusions. Postoperative infections of THAs still
remain a devastating complication. The high financial bur-
den, morbidity, and psychological affliction further empha-
size the need for continual improvement and evaluation
of prevention and treatment alternatives. While promising
results have been reported in recent literature, some issues
still remain, allowing room for improvement, for example,
the delivery of multiple doses through implants instead of
employing once-off delivery strategies. With the evolution
of AM technologies such as SLM and EBM which allow
the direct manufacture of near net shape metallic parts,
drug delivery functionality can be designed into cementless
femoral stems to attend to aforementioned shortcomings.
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Table 3: SLM and EBM as-built (heat treated) tensile properties in comparison to ASTM F136-08.

Process/standard Machine Tensile strength
[MPa]

Yield strength
[MPa] % elongation Heat treatment Reference

ASTM F136-08a N/A 860 795 10 (minimum) — [46]
ASTM F136-08b N/A 825 760 8 (minimum) — [46]

SLM Concept laser M2 1211–1262
(950–1060)

1100–1150
(890–1030) 7.2–9 (6.5–11.7) Recrystallisation

annealing [47]

SLM Concept laser M2 ±1200 (1000–1100) >1000 (925–1000) <10 (12–18) HIP [48]

SLM LM-Q (custom built) 1267 ± 5 (948 ± 27) 1110 ± 9
(899 ± 27) 7.28 ± 1.12 (13.59 ± 0.32) Beta annealing [49]

EBM Arcam A2 928 N/A 3% — [50]
EBM Arcam S400 928 ± 9.8 869 ± 7.2 9.9 ± 1.7 — [51]c

EBM Arcamd 904 ± 6 (902 ± 8.7) 802 ± 7.9
(807 ± 8.4) 13.8 ± 0.9 (14.8 ± 0.5) HIP [52]

aSpecified for diameters of 4.75 to under 44.45mm.
bSpecified for diameters of 44.45 to under 63.50mm.
cSamples were machined for a smooth surface but no heat treatment was done.
dMachine not specified, and although not explicitly stated by the authors, it is suspected that as-built samples were first machined considering the elongation.

This however brings new challenges pertaining to the devel-
opment of such implants, which fall under the classification
of combination devices. For example, intraosseous delivered
drugs may behave differently than that of intravenous or
orally administered formulations. Bolus injections of 250
and 500mg vancomycin, intraosseously, have been admin-
istered successfully without eliciting toxic side-effects [92]
while, in a different study, no significant difference between
intraosseous and intravenous administration of morphine
sulphate was observed [93]. Drug delivery dosages can also
be a combination of four formulations, diffusing at a defined
rate while the reservoir is continuously replenished over six
weeks by microsphere formulations, as described by Wang
et al. [94]. Successful incorporation of such formulations
will eliminate the need for administering multiple dosages,
further enhancing the functionality of such implants. Such
functional enhancements also bridge the once-off, single
formulation release of current strategies to enable in situ
administration of different drugs formulated according to
release requirements.

6.2. Future Work. Various research avenues flow from the
development of such a device. From a pharmaceutical per-
spective it is important that each new drug formulation be
assessed to determine its optimal administration route and
concentration, as this can differ depending on the biochem-
ical, pharmacodynamic, and pharmacokinetic properties of
each drug. The release mechanism as well as the internal
implant design is directly affected by this.

Consequently, an iterative design process with simulation
of mechanical properties should ensue to establish a feasible
internal channel and reservoir design that strives tominimize
the detrimental effect of material removal from the bulk
structure. As such devices do not exist, there is a requirement
for the development and evaluation of new process chains
in order to demonstrate the most efficient manufacturing
method for a given design. Such chains should be evaluated

specifically for resource efficiency during small batch as well
as its capability for series production.

It is evident that such an endeavour is inherentlymultidis-
ciplinary in nature. Therefore, procedures for the integration
of stakeholders across different disciplines into development
teams which can provide a more comprehensive basis of
knowledge inserts from various perspectives are important.
A knowledge platform for effective collaborationwould aid in
elucidating interactions between aspects regarding involved
disciplines which otherwise are often overlooked.

Conflict of Interests

The authors declare that there is no conflict of interests
regarding the publication of this paper.

References

[1] M. S. Lehil and K. J. Bozic, “Trends in total hip arthroplasty
implant utilisation in the United States,”The Journal of Arthro-
plasty, vol. 29, no. 10, pp. 1915–1918, 2014.

[2] OECD, Health at a Glance 2013: OECD Indicators, OECD Pub-
lishing, 2013.
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Nowadays, S53P4 bioactive glass is indicated as a bone graft substitute in various clinical applications. This review provides an
overview of the current published clinical results on indications such as craniofacial procedures, grafting of benign bone tumour
defects, instrumental spondylodesis, and the treatment of osteomyelitis. Given the reported results that are based on examinations,
such as clinical examinations by the surgeons, radiographs, CT, and MRI images, S53P4 bioactive glass may be beneficial in the
various reported applications. Especially in craniofacial reconstructions like mastoid obliteration and orbital floor reconstructions,
in grafting bone tumour defects, and in the treatment of osteomyelitis very promising results are obtained. Randomized clinical
trials need to be performed in order to determine whether bioactive glass would be able to replace the current golden standard of
autologous bone usage or with the use of antibiotic containing PMMA beads (in the case of osteomyelitis).

1. Introduction

Bone graft substitutes are commonly used to replace and
regenerate bone lost due to trauma, infection, disease, or for
stability around implanted devices [1]. Current genera-
tion biomaterials are designed to stimulate specific cellular
responses at the molecular level. This generation of bioma-
terials is both bioactive and degradable and might be osteo-
conductive or osteoinductive [2]. Bioactivity refers to any
interaction or effect that materials have on cells to activate
specific responses [3, 4]. Such a promising biomaterial is
bioactive glass, an osteostimulative material that is cur-
rently used as bone graft substitute and in the treatment of
osteomyelitis. Osteostimulation refers to osteoblast cell
recruitment and/or differentiation and osteoblast activation

to produce new bone in a bony environment [5]. Osteostim-
ulation should not be confused with osteoinduction, which is
the ability ofmaterials to recruit stem cells to differentiate into
bone forming cells and form ectopic bone. Also it should not
be confused with osteoconduction, which is the possibility
for bone to grow along the material, in other words only
providing a scaffold for bone formation [6]. Bioactive glass
is an osteostimulative material; thus it is osteoconductive and
serves as a scaffold for bone formation in vivo, but it is not
fully osteoinductive since it will only form new orthotopic
bone (whereas osteoinductive materials are able to form
ectopic bone).

After implantation of S53P4 bioactive glass, surface
reactions ensure deposition of a calcium phosphate layer
when exposed to (body) fluid. Sodium, silica, calcium, and
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calcium phosphate on bioactive glass surface

Release of ions that increase pH and osmotic 
pressure of the microenvironment of the granules
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Figure 1: An illustration of the surface reactions of bioactive glass after implantation. When bioactive glass is implanted in a septic bone
defect it will exchange alkali from the glass surface with the hydronium in the surrounding microenvironment, which will increase the local
pH.The release of ions of the glass surface will also increase the osmotic pressure locally. A silica gel layer will be formed near the glass surface
to which amorphous calcium phosphate precipitates and subsequently will crystallise into natural hydroxyapatite. The hydroxyapatite will
induce the osteostimulative effect by activating osteogenic cells. This figure was kindly provided by BonAlive Biomaterials Ltd.

phosphate ions are released from the surface and increase
the local pH and osmotic pressure. Thereafter, a silica gel
layer is formed on the glass surface, and amorphous calcium
phosphates precipitate on this layer. These amorphous struc-
tures then crystalize to natural hydroxyapatite, which starts
the activation of osteoblasts for the formation of new bone
[7–9]. This mechanism of action is illustrated in Figure 1.
Because of the continuous reactions and layer formation, the
glass will finally be absorbed [7, 8]. The surface reactions not
only are beneficial for the formation of new bone but also
ensure that bioactive glass contains antibacterial properties
and potentially promotes angiogenesis [10–17].

Various compositions of bioactive glasses have been
developed because of their composition-dependent promis-
ing bone forming properties, antibacterial properties, and
degradability. This review focuses on S53P4 bioactive glass
(BonAlive Biomaterials Ltd., Turku, Finland), with the spe-
cific composition (by weight) of 53% SiO

2
, 4% P

2
O
5
, 23%

Na
2
O, and 20% CaO [8, 9].This composition is used increas-

ingly in clinical practice in various bone graft applications
and in treatment of osteomyelitis. S53P4 bioactive glass is
indicated to facilitate and stimulate bone formation and bone
defect healing and to have an antibacterial effect in various
applications [9]. S53P4 bioactive glass is mostly used in
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a granular form (0.8–3.15mm), but sometimes it is used in the
form of nonporous plates or discs in various shapes. The aim
of this review is to provide a literature overview of reported
clinical outcomes in different applications of S53P4 bioactive
glass. The focus is on its application in bone defect healing
and osteomyelitis treatment.

2. Clinical Application of S53P4 Bioactive
Glass in Craniofacial Surgery

Thefirst reported applications of S53P4 bioactive glass in clin-
ical practice were performed in craniofacial surgery (Table 1).
Conventional reconstructions of orbital floors and other
facial bones are usually performed with autologous bone or
cartilage grafts [39, 40]. However, interest has arisen in the
use of alloplastic materials to eliminate the disadvantages of
autologous graft usage such as donor site morbidity and lim-
itations in size, shape, quality, or quantity [39].

Suominen andKinnunen [18] reported defect reconstruc-
tion of facial bones with bioactive glass granules and plates.
S53P4 bioactive glass granules and plates were implanted
in 36 sites in thirteen patients. Granules were used in sub-
periosteal pockets of facial bones and to obliterate frontal
sinuses, whereas plates were used for the reconstruction
of orbital walls. Prospective middle face radiographic and
computed tomographic (CT) imaging results were promis-
ing, showing that the material was well tolerated by the
body. Moreover, no refractures were observed up to one year
postoperatively. Subsequently, further trials were published,
demonstrating additional positive bone healing results with
S53P4 bioactive glass in facial reconstructions. For the use
of bioactive glass plates, used in orbital floor reconstructions,
good clinical outcomes have been reported.No complications
due to the use of bioactive glass have been observed in
standard postoperative, clinical examinations, CT and/or
magnetic resonance (MR) images, and radiographs. Surpris-
ingly, the bioactive glass plates did not show degradation [19–
21]. It is not completely clear why degradation has not been
observed. It has been hypothesized that no degradation could
have taken place because of the structure of the plates, since
they are solid and rigid, and pores are lacking. In plates, the
surface area per volume is much smaller than in granules,
such that the reactivity in plates is less than in granules.
Peltola et al. [20] described only slight new bone formation
after two years in the lower surface of the bioactive glass
plates by histological evaluation of two cases. As already
mentioned, the lack of bone formation is probably caused by
the fact that plates are not porous and therefore obstruct the
osteostimulative effect of the bioactive glass. In addition, this
may hamper mechanical interlock with surrounding bone
tissue [4, 41]. More recently, Stoor et al. [21] studied the
performance of a new drop shaped S53P4 bioactive glass plate
to repair orbital floor fractures in a prospective clinical study,
with two years of follow-up in twenty patients. No adverse
tissue reaction was associated with the material, and due to
the anatomical drop shape, the implants could successfully
maintain the orbital volume while compensating for the
retrobulbar adipose tissue atrophy. Again, no degradation
was observed in this study.

In frontal sinus obliteration, small size bioactive glass
granules (0.5–0.8 and 0.8–1mm) have been used for treat-
ment in 24 patients suffering from chronic frontal sinusitis
[22]. During follow-up (ranging from three months to 13.1
years) several clinical examination tests were performed,
including standard clinical examinations by the surgeons, CT,
and standard hematologic tests.These tests showed new bone
formation between bioactive glass granule remnants aswell as
bone bridging in between the individual granules. Descrip-
tion of remnants in this study implies a slow degradation of
S53P4 bioactive glass granules in vivo. All patients reported
being satisfied with the treatment and good clinical outcomes
were observed. Observed complications were not related to
the use of S53P4 bioactive glass.

There is no consensus in literature about a gold standard
procedure in nasal septal perforation repair [42]. Stoor et
al. [23, 24] investigated the possibility of repairing septal
perforationswith S53P4 bioactive glass discs (220–1300mm2;
a thickness of 2mm). One or two bioactive glass discs were
used as graft material in eleven patients and when available
crushed autologous cartilage or bone from the operative site
was used.The number of patients where cartilage or bonewas
used was not reported. Treatment with bioactive glass discs
was successful in 10/11 [23] and 22/23 patients [24]. In both
studies, the perforation in one patient could not be closed due
to a near total septum perforation after hypophysis surgery.
After a follow-up of 2–37 months, the septal perforations
were closed, without observed infections, in both studies. No
extrusion of the bioactive glass was observed. Two patients
suffered from a small recurrent perforation, repaired during a
second operation, without further reperforation [23, 24].The
authors did not report bone ingrowth or degradation of the
bioactive glass discs. Although the patient group was small
and some details in the reported cases were lacking, the use
of S53P4 bioactive glass discs seemed to be a good option for
the treatment of septal perforations.

Turunen et al. [25] used bioactive glass granules (0.8–
1mm) in combination with corticocancellous bone chips
(average size 1 × 3 × 5mm), harvested from the patient’s iliac
crest, for maxillary sinus floor augmentation. As a control,
autologous bone chips alone were used for filling the anterior
part of the contralateral sinus. Again promising results were
obtained as witnessed by histology of biopsies (49–62 weeks
postoperatively), scanning electron microscopy (SEM), and
energy-dispersive-X-ray analysis.Thicker bone lamellae were
found in the bioactive glass in combination with autologous
bone group than in the group with only autologous bone
chips. Bone quantity did not differ significantly between
groups. In the contact areas, bone grew on the glass surface,
connecting the granules. The authors concluded that the use
of bioactive glass granules combined with autologous bone
chips for augmentation of the maxillary sinus floor reduced
the amount of bone needed and formed the same quantity
of bone in the defect as autologous bone chips alone [25].
This is a very promising finding, but in clinical practice it
may be favourable not to use autologous bone at all since
it requires a second surgery site with associated compli-
cations (e.g., donor site morbidity) and costs [1, 43, 44].
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Table 1: Summary of reviewed publications with S53P4 bioactive glass used in craniofacial surgery procedures.

Reference Clinical indication

Number of
treated
patients

with S53P4
implants

Application
form

Number of
successful
treatments

Complications
related to S53P4

implant
Study design

Follow-up
period

[months]

Examinations
during

follow-up

Suominen
and
Kinnunen
[18]

Facial
reconstructions

36 sites in 13
patients

Granules
(0.63–0.8 and
0.8–1mm)
and plates

(8 × 10–15 ×
29mm, 1.5,
2.0, 2.5, or

3.0mm thick)

36
1 reoperation for
repositioning of
orbital roof

Prospective
single centre
cohort study

12 (average,
range: 6–26)

Clinical
examination,
radiographs,
and QCT

Aitasalo et
al. [19]

Orbital floor
reconstructions of
blowout fractures
and zygomatico-

maxillary
fractures

34

Plates in 3
different sizes
(diameter: 20,
25, or 30mm,
1–1.5mm
thick)

33 1 removal due to
incorrect size

Retrospective
single centre
cohort study

10.9
(average,

range: 6–12)

Clinical
examination
by an ear,
nose, and
throat

surgeon, an
ophthalmolo-
gist, and a
radiologist.
Laboratory
tests for
infection,
liver and
kidney

functions

Peltola et al.
[20]

Orbital floor
reconstructions of
blowout fractures,
zygomaticomaxil-
lary fractures, and
tumour removal

43 Plates (sizes
not reported) 40

3 reoperations
due to

inappropriate
size and shape

Retrospective
single centre
cohort study

24

Clinical
examination

by the
surgeon, oph-
thalmologist,
examination
of CT and

MRI images,
and

laboratory
tests for

infection and
kidney
function

Stoor et al.
[21]

Orbital floor
reconstructions of
blowout factures

20

Drop shaped
in 2 sizes

(1.5mm thick
and

31 × 25mm
or

34 × 26mm)

20 None
Prospective
single centre
cohort study

32 (average,
range: 6–71)

Clinical
examination

by the
surgeon,

examination
CT and MRI

Peltola et al.
[22]

Frontal sinus
obliteration 42

Granules
(0.5–0.8 and
0.8–1.0mm)

39

None, but 2
reobliteration
cases due to
mucocele

1 reobliteration
due to

insufficient
closure of the

nasofrontal duct

Prospective
single centre
cohort study

73.2
(average,
range:
3–13.1)

Clinical
evaluation by
the surgeons,
examination

by CT
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Table 1: Continued.

Reference Clinical indication

Number of
treated
patients

with S53P4
implants

Application
form

Number of
successful
treatments

Complications
related to S53P4

implant
Study design

Follow-up
period

[months]

Examinations
during

follow-up

Stoor et al.
[23]

Septal perforation
repair 11

Disks (200–
1300mm2,
2mm thick)

8

1 near total
septum

perforation
could not be

closed
2 small
recurrent

perforations

Prospective
single centre
cohort study

Range: 2–37
Clinical

examination
not reported

Stoor and
Grénman
[24]

Septal perforation
repair 23

Disks (200–
1300mm2,
2mm thick)

22

1 near total
septum

perforation
could not be

closed
5 reoperations
because of a

small recurrent
perforation:
closed with

bioactive glass,
successfully

Prospective
single centre
cohort study

28 (average,
range:
12–68)

Clinical
examinations

Turunen et
al. [25]

Maxillary sinus
floor augmentation 17

Granules
(0.8–1.0mm)
mixed with
autologous
bone chips

17 None
Prospective
single centre
cohort study

17 (average,
range: 7–30)

Examination
of biopsies by
SEM, EDXA

and
histologically

Sarin et al.
[26]

Mastoid
obliteration 26

Plates and
granules
(sizes not
reported)

21

1 reoperation
due to

inadequate
fascia coverage
2 postoperative
otorrhea cases
which were
debrided

2 ears which
were not dry

Prospective
single centre
cohort study

42.5
(average,
range:
1–182)

Clinical
examinations

Silvola [27] Mastoid
obliteration 16

Granules
(0.5–0.8 and
0.8–1.0mm)

14

1 revision due to
ruptured skin
1 meatoplasty
because of too
extensive filling

Prospective
single centre
pilot study

26 (average,
range: 7–48)

Clinical
outcome

obtained by a
grading
system

Stoor et al.
[28]

Mastoid
obliteration 7 Granules

(0.5–0.8mm) 6

1 infection
(related to
conservative
treatment

instead of the
S35P4)

Prospective
single centre
case study

57 (average,
range:
22–98)

Clinical
examina-
tions, CT
imaging (1
patient)

Laboratory
tests for

infection and
kidney

functions
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For this reason additional research and clinical evidence on
the usage of S53P4 bioactive glass granules in maxillary sinus
floor augmentation is needed.

Inmastoid obliteration for the treatment of chronic otitis,
S53P4 bioactive glass granules were used in three different
studies [26–28]. Stoor et al. [28] were the first to describe
this treatment, and they did not observe complications due
to the bioactive glass granules. The size of the cavity in the
mastoid cell area decreased in all seven treated patients. In
2012, both Sarin et al. [26] and Silvola [27] described the use of
S53P4 bioactive glass granules in mastoid obliteration. Sarin
et al. reported a 92% success rate (success was reported as
achieving a dry, smaller, or nonexistent cavity) after a median
follow-up period of 34.5 months. Silvola described dry ears
in all sixteen patients within a month after obliteration but
also absence of symptoms, easy views into the canals, and
normal skin in most of the patients. Only two patients with
complications were observed. One of the patients needed
revision because of ruptured skin. The other patient was
revised because of too extensive filling. After revision both
patients performed well. Most patients included in this study
had a long history of cleaning problems and treatment-
resistant otorrhea, but treatment with bioactive glass granules
was successful for the reported follow-up period (up to five
years postoperatively) [27].

In all aforementioned studies, beside good clinical out-
comes, cosmetic results were described to be good as well. In
orbital wall reconstruction, eyes were in the correct position
postoperatively, and in septal perforation repair the septum
was straight. Moreover, all studies described the absence of
foreign body responses and infections, which are two major
advantages of bioactive glass over other synthetic materials
used in head and neck surgery [22]. Absence of infections
is thought to be a result of the material’s antimicrobial
properties [9, 12, 15, 17]. The results of the reported studies
indicate that S53P4 bioactive glass is a promising bone
substitute material for craniofacial bone graft applications,
with high potential in regeneration of lost bone.

3. Clinical Application of S53P4 Bioactive
Glass in the Treatment of Osteomyelitis

Osteomyelitis is an infection of bone and bone marrow.
Currently, osteomyelitis is commonly treated with surgical
implantation of polymethyl methacrylate (PMMA) beads,
mixedwith antibiotics, in the anatomical area of osteomyelitis
after extensive debridement and pulse lavage [45]. These
antibiotic PMMA beads must be removed by subsequent sur-
gical intervention, usually after two weeks [46, 47]. With the
discovery that S53P4 bioactive glass possesses antimicrobial
properties [12, 15, 17], the treatment of chronic osteomyelitis
by S53P4 bioactive glass granules was clinically investigated
(Table 2) [29–32]. Antibacterial properties are a result of a
local pH increase that is caused by the exchange of alkali ions
with protons in solution (body fluid) [17]. The release of salt
ions contributes to a higher osmotic pressure, which is also
indicated as an antimicrobial factor [7–9], as illustrated in
Figure 1.

Romanò et al. [29, 30] compared the use of bioactive glass
granules to two local antibiotic delivery therapies (antibiotic
loaded hydroxyapatite with calcium sulphate; a combination
of tricalcium phosphate and teicoplanin-loaded deminer-
alised bone matrix) and found comparable results after
approximately 22 months. At a mean follow-up of 21.8
months, no recurrent infections were observed in 92.6% of
the patients treated with S53P4 bioactive glass granules. Of
the patients treatedwith antibiotic loaded hydroxyapatite and
calcium sulphate compounds, 88.9% was infection-free. In
86.3% of the patients treated with a mixture of tricalcium
phosphate and an antibiotic loaded demineralized bone
matrix, no reinfection was observed. A significant difference
was found in wound healing: less prolonged serum wound
leakage was observed with the treatment of S53P4 bioactive
glass granules [29, 30]. This indicates that the treatment of
osteomyelitis with S53P4 bioactive glass granules was at least
as successful as the current treatment, if not even better.
These findings are important, as it is known that bacteria
(also the ones that can cause osteomyelitis) can become
resistant to antibiotics [46, 48, 49].The antimicrobial working
mechanism of S53P4 bioactive glass is completely different
from the working mechanism of antibiotics, which might
make it more reliable in the long run. However, it has yet to
be investigated if bacteria can develop resistance against this
treatment as well.

Others have also reported successful treatment of chronic
osteomyelitis in clinical practice. McAndrew et al. [32]
describe a fully treated bone infection in three treated
patients. The follow-up at 14 to 21 months showed no radi-
ological evidence of osteomyelitis during this period, with
good integration of bioactive glass and surrounding bone.
This was also observed in an earlier study by Lindfors et al.
[31], who described the successful treatment of chronic
osteomyelitis by S53P4 bioactive glass granules in eleven
patients. In this study, again, no adverse effects of bioactive
glass were observed.The clinical outcome was good or excel-
lent in nine patients (mean follow-up of 24 months). Two
cases that did not score good or excellent had complications
due to haematoma or because of infections in the muscle
flap (no signs of osteomyelitis on X-rays). The reason for
the formation of the haematoma could have been attributed
to improper filling of the defect with S53P4 bioactive glass
granules [31]. Filling the cavity was found to be extremely
important, since improper filling could lead to reinfection
of the bone as has also been described by Romanò et al.
[30]. The other study also had a patient with infection of
the muscle flap, with recurrent osteomyelitis after two years
as a result. These two cases indicate that not only proper
filling but also treatment of the soft tissue surrounding the
bone is important. Moreover, another very important issue
in the treatment of osteomyelitis is the formation of new
blood vessels during the regeneration of the bone, to prevent
sepsis [49]. There are indications that S53P4 bioactive glass
has angiogenic potential. However, evidence is scarce and
is only based on in vitro findings [11]. The angiogenic effect
could provide a crucial link in the bone healing cascade and
remains an important topic for future research.
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Table 2: Summary of reviewed publications with S53P4 bioactive glass as treatment for chronic osteomyelitis.

Reference Clinical
indication

Number of
treated

patients with
S53P4

implants

Application
form

Number of
successful
treatments

Complications
related to S53P4

implant
Study design

Follow-up
period

[months]

Examinations
during

follow-up

Romanò et al.
[29, 30]

Chronic
osteomyelitis 27

Granules
(size not
reported)

25
2 recurrences of
infection (with 1

fracture)

Retrospective
single centre
cohort study

21.8 (average,
range: 12–36)

Clinical and
laboratory
evaluation

and
radiographs

Lindfors et al.
[31]

Chronic
osteomyelitis 11

Granules
(0.5–0.8,
0.8–1.0,

1.0–2.0, and
2.0–3.15mm)

10

1 recurrence due
to improper
filling of the

cavity

Retrospective
multicentre
cohort study

24 (average,
range: 10–38)

Clinical
examinations

and
radiological
evaluation

McAndrew et
al. [32]

Chronic
osteomyelitis 3

Granules
(size not
reported)

3 None
Retrospective
single centre
case study

17.3 (average,
range: 14–21)

Radiological,
haematologi-

cal, and
biochemical
examinations

The success rate of S53P4 bioactive glass granules in the
treatment of osteomyelitis is 25/27 [30], 3/3 [32], and 9/11
[31], which provides success in 90% of all reported cases. In
contrast, the treatment with gentamicin-PMMA beads of 100
patients suffering from osteomyelitis succeeded in 78% of the
patients [47]. It has to be noted that 92%of the patients treated
with gentamicin-PMMA beads healed after revisions during
the treatment period.Thus the treatment with bioactive glass
can be concluded to be at least as effective as the standard
procedure but has the additional benefit that it is a single
stage procedure, whereas the standard procedure requires
two operations. With only one surgical procedure needed
there is a smaller chance for occurrence of comorbidities, the
hospital stay will be shortened, and healthcare costs will be
reduced. Moreover, S53P4 bioactive glass allows remodelling
to natural bone over time, which ensures conservation of
bone stock. This is important as many of these patients
ultimately require additional surgery later in life (e.g., joint
replacement). More prospectively gathered clinical data in
well-defined study cohorts is needed to determine if S53P4
bioactive glass will replace the antibiotic containing PMMA
beads as the current gold standard treatment of osteomyelitis.
Most preferably such studies should utilize a randomized
controlled trial setup, which will make a direct comparison
possible.

4. Clinical Application of S53P4 in
Spondylodesis and Depressed Tibial
Plateau Fractures

Limited clinical results are available for use of S53P4 bioac-
tive glass in instrumented posterior spondylodesis with
transpedicular screw fixation. In the treatment of degener-
ative spondylolisthesis, autogenous bone grafting is still the
gold standard procedure [33]. Because of the disadvantages
associated with autologous bone harvesting, S53P4 bioactive

glass was investigated as a possible alternative treatment
(Table 3). Two prospective long-term follow-up studies on
S53P4 bioactive glass granules (1-2mm) and autologous bone
grafts as bone graft substitutes for the treatment of unstable
lumbar spine burst fractures have been reported [33, 34].
In both studies, autologous bone grafts were used as a
control and implanted in the contralateral side. Subjective
satisfaction after 11 years of follow-up was better than before
treatment in fifteen out of seventeen patients. The results of
CT scans indicated good fusion of bone with S53P4, with
fusion rates of 71% [34] and 88% [33]. However, these results
are poor when compared to those of the autologous bone
grafts, which have a fusion rate between roughly 80 and 100%
[33, 34]. In the study by Frantzén et al. [33] subjective patient
satisfaction was evaluated before and after surgery, resulting
in more satisfied patients post-operatively in most cases
(only one was unchanged and one worsened). The subjective
patient satisfaction in the study by Rantakokko et al. [34] was
excellent in two cases, good in five, and fair in three. No poor
satisfaction was reported. Visual analogue scale (VAS) pain
scores decreased in almost all patients [33, 34]. However, it is
hard to correlate these rates solely with the use of bioactive
glass since in all patients autologous bone was implanted
contralateral to the bioactive glass side.

Since the bioactive glass granules show low fusion rates,
it is needed to be concluded that bioactive glass granules, in
its current form, cannot be used as a stand-alone solution
for posterolateral fusion. Reasons for the bioactive glass not
to perform as expected could be the high rotational and
compressional forces that are present in the spine. Those
forces are not present in other reported applications (e.g.,
craniofacial applications). High rotational forces in spinal
indications have so far not been studied in depth.

Similar to the spine, the tibial plateau is a mostly
compressive but still multidirectional load-bearing bone



8 BioMed Research International

Table 3: Summary of reviewed publications with S53P4 bioactive glass for spondylodesis or treatment of depressed tibial plateau fractures.

Reference Clinical
indication

Number of
treated

patients with
S53P4

implants

Application
form

Number of
successful
treatments

Complications
related to S53P4

implant
Study design

Follow-up
period

[months]

Examinations
during

follow-up

Frantzén et
al. [33] Spondylodesis 17

Granules
(1.0–

2.0mm)
15

1 subjective
outcome was

unchanged after
132 months
1 subjective
outcome was
worse after 132

months
VAS score at 132
months: 3.5
(range: 0–8)

Prospective
single centre
cohort study

132

Clinical
examination,
VAS pain score
list, subjective
satisfaction
grades, and

examinations on
CT, MRI, and

DEXA

Rantakokko
et al. [34] Spondylodesis 10

Granules
(size not
reported)

10

3 subjective
outcomes were
fair after 120
months

5 were good
after 120 months
2 were excellent
after 120 months
VAS score at 120
months: 1.0
(range: 1–4)

Prospective
single centre
cohort study

120

Clinical
examination,
subjective
patient

satisfaction,
VAS pain score
and Oswestry
disability

questionnaires,
and CT and

DEXA
evaluations

Heikkilä et
al. [35]

Depressed
lateral tibial

plateau fractures
14

Granules
(0.83–

3.15mm)
14 None

Prospective
single centre
randomized

study

12

Clinical
examination by
orthopaedic
surgeons, CT
evaluation, and
subjective and
functional
evaluations

structure. The standard treatment for depressed tibial pla-
teaus is treatment with autologous bone grafts [35]. Only one
study was found on the use of S53P4 bioactive glass in the
treatment of depressed tibial plateau fractures. Heikillä et al.
[35] performed a randomized study to test the applicability
of S53P4 bioactive glass granules in tibial fractures. In this
study, patients with a depressed unilateral tibial plateau
fracture were divided randomly into two groups. One group
was treated with S53P4 bioactive glass granules (size 0.83–
3.15mm) and the other with conventional autologous bone
grafts. At one-year follow-up, no differences were found
between the two groups in clinical examination, functional
tests, and radiological examinations. Also in long-term
follow-up (up to eleven years), no significant differences
between groups were observed based on CT assessment [50].
The results show that S53P4 bioactive glass granules are a
possible material to use in tibial plateau fracture treatment.
However, the treated patient group was small.

5. Clinical Application of S53P4 as
Bone Graft Material after Benign Bone
Tumour Resection

In the grafting of bone defects that are a result of tumour
removal, autologous bone grafts are the standard [51].
Because of aforementioned reasons, bioactive glass has also
been studied for treatment of this clinical indication (Table 4)
[36–38]. In one randomized trial comparing to autologous
bone grafts [36], at twelve months after implantation, small
and large cavities could not be observed in CT images
anymore in patients grafted with autologous bone, indicating
that the bone had completely remodelled. This was signif-
icantly different from the bioactive glass group, in which
large cavities only started to diminish after twelve months.
However, after 24 months no significant difference in the
small cavities was observed between the two groups anymore,
and after 36 months of follow-up there was no difference in
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Table 4: Summary of reviewed publications with S53P4 bioactive glass as bone graft material in benign bone tumour treatment.

Reference Clinical
indication

Number of
treated

patients with
S53P4

implants

Application
form

Number of
successful
treatments

Complications
related to S53P4

implant
Study design

Follow-up
period

[months]

Examinations
during

follow-up

Lindfors et al.
[36]

Grafting of
benign bone
tumours

14
Granules

(1.0–2.0 and
3.15–4.0mm)

11

1 reoperation
due to a residual

cyst
2 fractures due
to not following
immobilization

advice

Prospective
single centre
randomized

study

36

CT and X-ray
evaluation
and blood
sample

examinations

Lindfors [37]
Recurrent
aneurysmal
bone cyst

1 Granules
(0.5–0.8mm) 1 None A single case

study 24

X-ray
examination
and clinical
evaluation on
function and
growing

Lindfors et al.
[38]

Grafting of
benign bone
tumours

11
Granules

(1.0–2.0 and
3.15–4.0mm)

11 None

Prospective
single centre
randomized

study

168 (average,
range: not
reported)

Clinical
examination,
X-ray, MRI,
and CT

evaluation

large cavities either. A significant difference was observed in
the cortical thickness, which increased more in the bioactive
glass group than in the autologous bone graft group. Bone
remodelling was slower around bioactive glass, but sclerotic
tissue seemed more prone to form in this group, as was
observed on plane radiographs. In a revision after two years
(due to a residue cyst), it was observed that the granules (the
ones that were still present) had incorporated very well with
the surrounding bone. Complications were observed in both
groups. However, the S53P4 material was not related to these
complications.

21 of the 25 patients of a study by Lindfors et al. [36] were
followed up in a long-term study (average follow-up of 14
years) [38]. This follow-up confirmed the observations that
the newly formed bone with bioactive glass as bone graft was
more sclerotic and the cortex was thicker than with the use
of autologous bone grafts. Furthermore, no ectopic bone was
found in the surrounding soft tissue, which is expected given
the fact that bioactive glass is considered osteostimulative and
not osteoinductive. Bioactive glass remnants were still visible
in six out of eight large bone defects but not in the smaller
sized bone defects. This indicates a very slow degradation of
the bioactive glass granules when grafted in a large defect.
Remodelling of bone was also observed in a case study of a
three-year-old child [37]. Already after two years the bone
had remodelled to its normal shape and had grown in length.
Additionally the range of motion of the proximal and distal
interphalangeal joints was 90∘, which can be considered as
fully restored to the normal range [52].

The reported findings by Lindfors et al. [36–38] showed
promising clinical treatment results. Although new bone
formation is not as fast as that with the currently used graft
(autologous bone), the remodelling of the bone seems better

in the long term with denser bone and thicker cortex. In
small defects, the differences in bone remodelling between
bioactive glass and autologous bone grafts were even smaller.
To obtain more confidence in this treatment, a prospective,
randomized, multicentre study would be beneficial, since the
results that are reported so far are all from the same medical
centre with the same surgeons.

6. Discussion and Future Recommendations

This review of the clinical evidence for the use of S53P4 bioac-
tive glass showed good results in various clinical indications
reporting a follow-up up to fourteen years postoperatively.
One of the major advantages of S53P4 bioactive glass com-
pared to autologous bone grafts (the gold standard treatment
in most of the discussed applications) is its “off-the-shelf”
nature and excellent bone healing capacity. Additionally, it
can protect against bacterial adhesion and colonization on
its own surface and possesses antimicrobial properties by
hampering bacterial growth. In contrast to the two-stage
osteomyelitis treatment with antibiotic containing beads,
S53P4 bioactive glass offers a one-step treatment solution
that eliminates an additional operation procedure which will
cost extra time, tools, and added risks for the patients [43].
Moreover, the antimicrobial working mechanism of S53P4
bioactive glass is completely different from that of antibiotics,
which might make it more reliable in the long run, with the
increasing prevalence of antibiotic resistant bacteria [46, 48,
49].

S53P4 was the only bioactive glass in this review because
this composition of bioactive glass is most commonly used
in clinical practice to date [9]. However, the development
of 45S5 bioactive glass was reported earlier than that of
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the S53P4 variant [53].The reason why S53P4 is used more in
clinical practice is not clear. The only difference between the
two compositions noted in literature is the faster degradation
of the 45S5 composition, which could be beneficial in some
clinical applications [9]. However, to the knowledge of the
authors, the two have never been compared. Moreover, it is
not clear how effective the 45S5 composition is in inhibiting
bacterial growth. Comparison of the two compositions is
needed in order to draw conclusions on their differences and
application possibilities.

According to long-term findings, S53P4 bioactive glass
degrades slowly with remnants still visible fourteen years
after implantation [38]. However, with the use of granules,
bone incorporates well and the newly formed bone tissue
is stable, also with bioactive glass remnants still present
[22, 33, 34, 38]. S53P4 granules are enhancing new bone
formation to a larger extend than bioactive glass plates [18].
The main explanation for this might be the intergranular
porosity.The S53P4 bioactive glass plates used in orbital floor
reconstruction were appropriate for this application since the
main function is providing stability. This will also be reached
without the full integration into the surrounding bone.

It is noteworthy that in none of the reported papers
foreign body reactions or infections were observed in the
studied patients, regardless of the clinical application. Some
of the studied procedures are susceptible for infections, for
example, the treatment of nasal septal perforation. Because
of its antimicrobial effects, the treatment of osteomyelitis
became a new indication for S53P4 bioactive glass. This
is even more beneficial since the current treatment with
antibiotics is rapidly becoming problematic due to the rise
in antibiotic resistant bacteria. With clinical success rates at
least comparable to the gold standard procedure [30, 31, 47],
itmight become the gold standard treatment for osteomyelitis
treatment in the future. More experience with the treatment
would be of great benefit, since two studies already have
taught us that success is strongly dependent on proper
debridement and filling of the osteomyelitic defect [30, 31].
Moreover, it is important to gain more experience since the
material choice will always be based on the experience and
preference of the surgeons. They will choose a material that
they believe will provide the best clinical results and lowest
complication rates for the individual patients [39]. Lindfors
et al. [37] show that in the treatment of benign bone tumours
S53P4 bioactive glass is very promising. Considering all the
positive results, S53P4 bioactive glass seems an effective
treatment of osteomyelitis and benign bone tumours. For
future research, prospective, randomized, multicentre clini-
cal studies will be needed to evaluate and further strengthen
the use of bioactive glass in the applications for osteomyelitis
treatment and benign bone tumour grafting procedures.

Results obtained in spondylodesis procedures did not
match the expectations based on other clinical indications
[33, 34]. Current treatment with autologous bone has been
proven to be more effective (88% against 100% total fusion
rates). Therefore, it is possible that treatment with bioactive
glass granules may be less effective in spondylodesis appli-
cations. More clinical research is needed to provide further

insights into this topic, especially the influence of rotational
and compressive forces on the efficacy of S53P4 bioactive
glass treatment. However, in a small group of patients treated
for a depressed tibial plateau fracture results were good [50],
and this would suggest that load-bearing applications are
possible as well, as long as the material is well contained and
shear forces are low (these conditions are met in the tibia
plateau but not in the spine).Thus, further research is needed
to study the load-bearing capacity of bioactive glass and to
delineate conditions where it may or may not be used safely.

To date, evidence on the in vivo angiogenic potential of
S53P4 bioactive glass has not been published, to the knowl-
edge of the authors. As indicated in literature, angiogenesis
is a very important process in bone repair [54]. Especially
in large bone defects, lack or slow (neo)vascularization may
result in necrosis at the central region of the bone grafts,
leading to its ultimate failure [54]. The positive long-term
results of the clinical trials with S53P4 bioactive glass in
large defects suggest that vessels had grown in, to provide
nutrients and oxygen to the cells within the material in order
to form new bone. However, no direct evidence is reported.
Neovascularization could provide a crucial link in the bone
healing cascade and remains an important topic for future
research.

Another factor that should be investigated is the influence
of granule size in the various applications. In a rabbit model,
it has been reported that bone growth was significantly
more abundant in bone defects filled with granules of 0.68–
0.8mm than with 0.2–0.25mm sized granules [55]. However,
these granule sizes were not used in the reported clinical
applications that were discussed in this review. No differences
due to granule size have been reported in human bone repair
studies so far.

7. Conclusions

This literature review provides evidence that S53P4 bioactive
glass can be an effective treatment of bone defects in various
clinical situations. Long-term follow-up studies reported
excellent results. Although resorption is usually not com-
pletely accomplished, the application of S53P4 bioactive glass
in craniofacial surgery applications and grafting of benign
bone tumour defects could be beneficial, especially when
autologous bone grafting is risky or impossible.

Treatment of osteomyelitis with S53P4 bioactive glass
is safe and effective even in one-stage treatment options,
without the addition of local antibiotics. Adequate debride-
ment, proper defect filling, and adequate containment of the
bioactive glass granules are essential.More clinical and health
economic cost-effectiveness data is needed to determine
if S53P4 bioactive glass can replace antibiotic containing
PMMA beads as the current standard of osteomyelitis, most
preferably utilising randomized controlled trials.
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The goal of this study was the preparation, physicochemical characterization, and microbiological evaluation of novel hydrox-
yapatite doped with silver/polydimethylsiloxane (Ag:HAp-PDMS) composite layers. In the first stage, the deposition of polyd-
imethylsiloxane (PDMS) polymer layer on commercially pure Si disks has been produced in atmospheric pressure corona
discharges. Finally, the new silver doped hydroxyapatite/polydimethylsiloxane composite layer has been obtained by the thermal
evaporation technique. The Ag:HAp-PDMS composite layers were characterized by various techniques, such as Scanning Electron
Microscopy (SEM), Glow Discharge Optical Emission Spectroscopy (GDOES), and X-ray photoelectron spectroscopy (XPS). The
antimicrobial activity of theAg:HAp-PDMS composite layer was assessed againstCandida albicansATCC 10231 (ATCC—American
Type Culture Collection) by culture based and confirmed by SEM andConfocal Laser ScanningMicroscopy (CLSM)methods.This
is the first study reporting the antimicrobial effect of the Ag:HAp-PDMS composite layer, which proved to be active againstCandida
albicans biofilm embedded cells.

1. Introduction

One of themajor problems encountered inmodernmedicine
is to find new materials that can be integrated in the human
body without being rejected by the host tissue. For this pur-
pose, in the recent years, researchers worldwide have focused
on the development of novel hybrid materials, by combin-
ing the polymer science and nanotechnology, for different
biomedical applications, such as drug delivery [1–4] or biom-
imetic implants [1, 5–9]. In order to be successfully integrated
in the human body, the nanoengineered materials must have
specific properties, like a good biocompatibility and biode-
gradability.

Hydroxyapatite (HAp), with the chemical formula
Ca
10
(PO
4
)
6
(OH)
2
, belonging to the family of calcium phos-

phate ceramics is a good candidate for various biomedical
applications. Due to its similarity to the mineral phase of
human bone tissue and its outstanding properties, such as
biocompatibility, bioactivity, osteoconductivity, porosity,
and long degradation times [10–13], it has been widely used
in orthopedic surgeries as coating material for hip and
knee prosthesis or for bone reconstructions [13, 14]. It has
been also used in dentistry, as filler in dental prosthesis
[13, 14]. However, previous studies have shown that patients
with implants coated with pure hydroxyapatite are more
likely to develop microbial biofilm associated infections
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[10, 15]. The biofilm associated infections are implicated in
the etiology of 80% of human infections [8], being char-
acterized by slow onset, middle intensity symptoms, chronic
evolution, and resistance to antibiotic treatment [16], requir-
ing complex multidrug treatment strategies [17]. One of the
proposed solutions for this problem was to embed silver (Ag)
nanoparticles in the structure of HAp.

It is well known that silver exhibits high antimicrobial
activity against a large number of bacterial and fungal strains
[18, 19].The silver nanoparticles attach to the bacterial cellular
membrane causing modification of its permeability, thus
disturbing the respiratory function [18, 20]. Furthermore, in
order to better improve the biological properties of hydrox-
yapatite, different polymers can be incorporated in its matrix.
This way, both the properties of the host material and of the
polymer can be preserved [21, 22]. One of the polymers used
for this purpose is polydimethylsiloxane (PDMS), member
of the group of polymeric organosilicon compounds. PDMS
exhibits a series of very appealing properties, such as high
thermal, ultraviolet (UV) and oxidative stability, very low
glass transition temperature (−123∘C), low surface energy,
hydrophobicity, high gas permeability, low permeability to
water, low electrical conductivity, and physiological inertness
[21, 23], thus making it a good candidate for improving the
HAp mechanical properties. According to Mark [24], PDMS
is part of a group of promising polymers with low surface
energy for biological applications that have the capacity to
effectively liberate the absorption of biofoulants. Moreover,
recent studies conducted by Brady and Singer [25] have
shown that the great freedom of free rotation silicon-oxygen
back to bone obstructs the possibility of forming dipolar
or hydrogen bonds with complementary functional groups
of biofoulants. Lin et al. [26] in recent studies on synthesis
and antimicrobial activities of polysiloxane-containing qua-
ternary ammonium salts on bacteria and phytopathogenic
fungi have shown that polysiloxanes are especially attractive
as they proved particularly high static and dynamic flexibility
in many solvents, high permeability, and special surface
properties.

In particular, PDMS layers are extensively used inmedical
implants and biomedical devices becoming a preferred soft
substrate for culturing different types of cells [27] due to their
biocompatibility [28], nontoxicity toward many species of
organisms, and biodegradability [29].

Therefore, it is expected that a hybrid material consti-
tuted of silver doped hydroxyapatite and PDMS will exhibit
improved mechanical, biological, and antimicrobial prop-
erties, thus making it an excellent candidate for numerous
biomedical applications.

In this study we reported for the first time the evalua-
tion of antifungal biofilm activity on silver doped hydrox-
yapatite/polydimethylsiloxane (Ag:HAp-PDMS) composite
layer. For these biological studies the silver doped hydroxyap-
atite/polydimethylsiloxane (Ag:HAp-PDMS) composite layer
was formed after the deposition by thermal evaporation
technique of three layers of Ag:HAp on a silicon substrate
previously coated with a PDMS layer.

The Ag:HAp-PDMS composite layers were investigated
by various techniques such as Scanning ElectronMicroscopy

(SEM), Glow Discharge Optical Emission Spectroscopy
(GDOES), and X-ray photoelectron spectroscopy (XPS).The
antimicrobial and antibiofilm activity of the Ag:HAp-PDMS
composite layer were assessed against Candida albicans
ATCC 10231 strains by culture based and confirmed by Con-
focal Laser Scanning Microscopy (CLSM) methods.

2. Experimental Section

2.1. Sample Preparation

2.1.1. Silver Doped Hydroxyapatite (Ag:HAp) Nanoparticles.
In order to synthesize the silver doped hydroxyapatite
(Ag:HAp) precursors of calcium nitrate [Ca(NO

3
)
2
⋅4H
2
O,

Aldrich, USA], ammonium hydrogen phosphate
((NH
4
)
2
HPO
4
, Wako Pure Chemical Industries Ltd.) and sil-

ver nitrate (AgNO
3
, Alpha Aesare, Germany, 99.99% purity)

were used. Controlled amounts of ammonium hydrogen
phosphate and silver nitrate were dissolved in ethanol. After
adding distilled water, the solution was stirred vigorously for
24 h at 40∘C. In a separate container, a stoichiometric amount
of calcium nitrate was dissolved in ethanol with vigorous
stirring for 24 h at 40∘C. The Ca-containing solution was
added slowly to the P-containing solution and then aged
at room temperature for 72 h and further at 40∘C for 24 h.
The composition ratios in the Ag:HAp (𝑥Ag = 0.5) sol were
adjusted to have [Ca + Ag]/P as 1.67 [30, 31]. The obtained
Ag:HAp nanopowders were treated at 800∘C for 6 hours.

2.1.2. Deposition of PDMS Polymer Layer on Commercially
Pure Silicium (Si) Disks. The PDMS layers have been pro-
duced in atmospheric pressure corona discharge starting
from liquid precursors of vinyl terminated polydimethyl-
siloxane. The details regarding the experimental set-up and
the procedure of PDMS layer generation on metallic sub-
strates was presented in [32, 33].

2.1.3. Deposition of Ag:HAp Nanoparticles on a Silicon Sub-
strate Previously Coated with a PDMS Layer. The Ag:HAp
(𝑥Ag = 0.5) powder treated at a temperature of 800∘C for 6
hours has been deposited by thermal evaporation technique
as solid layer on a silicon substrate previously coated with a
PDMS layer [34]. By this technique theAg:HApnanoparticles
(source material) are evaporated in vacuum. The vapour
particles travel directly to the substrate where they condense
to a solid state. A HOCH VACUUM Dresden installation
was used under environment conditions. The pressure in
the deposition chamber was in the range of 8 ⋅ 10−5 torr.
The time range for a deposition cycle was around 120min.
The substrate was maintained at room temperature and at
ground electrical potential.The Ag:HAp powder evaporation
temperature was 1100∘C. The tungsten boat temperature
during the Ag:HAp powder evaporation is in the range of
1178–1205∘C.Thedistance between substrate and boat is 5 cm.

The evaporation time measured during deposition is
situated in the range 20 sec for a maximum current intensity
of 𝐼 = 75A and in the range of 15 sec for a maximum current
𝐼 = 80A. Taking into account the deposition characteristics
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such as the total amount of HAp totally deposited (in mg)
and the substrate-boat distance, the calculated evaporation
velocities were V

1
= 0.167mg/s or V

1
∼ 8.3 nm/s. The calcu-

lated thickness of the deposited Ag:HAp: 50% layer, in the
experimental conditions presented above, on a silicon sub-
strate is about 480 nm [34]. In the presence of a PDMS layer
on the substrate, the Ag:HAp evaporated particles diffuse into
the PDMS layer during their travel to the substrate.When the
Ag:HAp particles stop in the polymer layer they transfer their
energy to the polymer. Thus, the local temperature increases
and as the polymer is heated, the thermal condition of a new
compound generation is assured. In the following sections,
the obtained composite layer is investigated by different
methods.

2.2. CharacterizationMethods. Themorphology of the mate-
rial was studied using a Quanta Inspect F Scanning Elec-
tron Microscope (SEM). The elemental local analysis of the
coatings was performed using an energy dispersive spectro-
scope (EDS) detector from X-EDS (Energy Dispersive X-Ray
Spectroscopy). Operating conditions were an accelerating
voltage between 2 and 25 keV (depending on the ratio
signal/noise) with samples tilted at 25∘C to get the optimal
take off angle (30∘) allowing a dead time around 20–30%
and a collecting time of 90–120 s. The top surface analysis of
the samples was studied by Glow Discharge Optical Emis-
sion Spectroscopy (GDOES) [35] using a GD Profiler 2 from
Horiba/Jobin-Yvon. Glow Discharge Optical Emission Spec-
troscopy (GDOES) is an essential technique for direct analy-
sis of bulk solids and for elemental surface analysis and depth
profiling of thin films and industrial coatings [36]. The X-
ray photoelectron spectroscopy (XPS) measurements were
performed using aVGESCA 3MK II XPS installation (𝐸𝑘𝛼 =
1486.7 eV). The vacuum analysis chamber pressure was 𝑃 ∼
3× 10−8 torr.The XPS recorded spectrum involved an energy
window 𝑤 = 20 eV with the resolution 𝑅 = 50 eV with 256
recording channels. The XPS spectra were processed using
Spectral Data Processor v 2.3 (SDP) software. After Shirley
background subtraction, the deconvolution of theXPS curves
was conducted by using a fitting procedure based on the
summation of Gaussian functions. When irradiated with X-
rays, electrons from the inner shells cause the apparition of
several peaks with different shapes in the analyzed spectra.
Due to the characteristics of the measurement device that
can lead to distortions and the ionization process, the peaks
can be considered a convolution of Lorentz and Gaussian
functions.TheLorentz function is associatedwith the lifetime
broadening described by the uncertainty principle which
depicts the relation between the lifetime and the energy
of the ejected electrons, whereas the Gaussian function is
associated with the measurement process. Theoretically, in
some cases, the complexity of the obtained spectra comprises
asymmetries caused by photoelectric peaks. Moreover, when
selecting a line shape for fitting experimental data, both
the background shape and theoretical considerations must
be taken into account. Since the energy of the radiation
is not monochromatic and the electron analyzer resolution
(pass energy) was 𝑅 = 50 eV, the obtained spectra were
processed using a Gauss function. Furthermore, it is well

known that the Lorentz component increases for spectral
lines with high binding energy. As a result, in this case,
the Lorentz component is negligible. The hardness (𝐻)
and Young’s modulus (𝑌) of the films were determined by
nanoindentation experiments with a Berkovich indenter.The
hardness and Young’s modulus were extracted from nanoin-
dentationmeasurements using approach similar to theOliver
and Pharr analysis method [37–39]. In order to avoid sub-
strate interaction effects, the indentation depth is about 10%
roughly of film thickness.

2.3. Antibiofilm Activity. The antibiofilm activity of the
obtained composites carried out against Candida albicans
(C. albicans) biofilms was quantified at 24 hours and 48
hours. In this purpose, C. albicans ATCC 10231 (500 𝜇L of
0.5McFarlandmicrobial suspension in sterile saline obtained
from 24 h microbial cultures) was grown on the thin films
immersed in 4mL culture medium (liquid yeast peptone
glucose, YPG). At intervals of 24 hours and 48 hours the
thin films were removed from the culture medium, washed
in sterile saline solution in order to remove the nonadherent
yeast cells, introduced into sterile saline (1mL), and then
vortexed for suspending the microbial cells embedded in
the biofilm formed on the thin films specimens. This whole
procedure was repeated for thin films colonized with fungal
biofilms for 48 hours.The density of themicrobial suspension
obtained by removing the formed biofilms at 24 h and 48 h
was measured spectrophotometrically at 620 nm. Duplicate
thin films specimens were washed in saline solution, fixed
in cold methanol, and prepared for CLSM examination [40].
In this purpose, the specimens were stained for 2 minutes
with ethidium bromide and visualized in reflection and
fluorescence modes by using a TCS SP confocal microscope,
equipped with a 10X HCX PL FLUORITE objective, with a
numerical aperture NA of 0.3. An Ar ion laser (488 nm) used
to simultaneously acquire both reflection and fluorescence. A
lateral resolution of about 600 nm was achieved [41].

3. Results and Discussions

The morphology and the features of the composite layers
formed after the thermal evaporation of the Ag:HAp nano-
particles and their consecutive deposition on a PDMS layer/Si
substrate were studied by Scanning Electron Microscopy
(SEM). The Ag:HAp based coating covers entirely the Si sub-
strate surface (with a diameter of 20mm) while the PDMS
layer was deposited only on a circular area with a diameter of
10mm. An image of the interface zone between the Ag:HAp-
PDMS composite layer and the Ag:HAp layer is presented
in Figure 1(a). It can be observed that the polymer acts
as a matrix for the Ag:HAp coating. Both the Ag:HAp-
PDMS composite layer and the Ag:HAp layer are compact,
homogeneous, and with no cracks. Two high resolution SEM
images of the Ag:HAp-PDMS composite layer are presented
in Figure 1(b).

In order to investigate the elements components and the
chemical modification generated on PDMS and its effect on
silver doped hydroxyapatite film formation on the surface
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(a) (b)

Figure 1: SEM image of (a) interface zone between the Ag:HAp-PDMS composite layer and the Ag:HAp layer; (b) Ag:HAp-PDMS composite
layer with two different magnifications.
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Figure 2: Survey spectra of Ag:HAp-PDMS composite layer.

of PDMS, X-ray photoelectron spectroscopy (XPS) measure-
ments were performed. XPS high resolution spectra of the
C 1s, Si 2p, O 1s, Ca 2p, P 2p, and Ag 3d regions were
obtained. Figure 2 displays the survey spectra of Ag:HAp-
PDMS composite layer. The measured binding energy (𝐸

𝐵
)

scale was referenced to a C 1s at the 𝐸
𝐵
value of 284.8 eV [42].

The accuracy for 𝐸
𝐵
’s assignments is ±0.2 eV. XPS spectral

peaks for C 1s (Figure 3(a)) were deconvoluted into fiveGaus-
sian components attributed to C 1s binding energies of the
C–C, C–H, and C=O. In the opinion of Serra et al. [43]
the peak positioned at 284.4 eV, corresponds to C–C and C–
H bonds. The peak at 284.7 eV can be designated to C–C
group which is the primary chemical band of pure PDMS
[44, 45]. On the other hand, the peak at 285 eV related to
C–C bond represents a part of adsorbed carbon on sample
surface together with the C–C bond in PDMS [46]. By Prieto
et al. [47] the peak at 285.0 eV is assigned to C–C and C–
H hydrocarbon bonds. The peak at 286.1 eV can be assigned

to either (O–C) or carbonyl (O–C=O) groups, respectively
[48, 49]. According to Prieto et al. [47] the peak at 286.1 eV
is due to C–OH and C–O bonds. The peak positioned at
283.4 eV could correspond to C-metal bonds, showing a
chemical interaction between Ag and contaminants from
surface layer.

Figure 3(b) shows the high resolution XPS spectra of
oxygen O 1s for Ag:HAp-PDMS composite layer. The O 1s
photoelectron peak was deconvoluted into four Gaussian
components. According to previous studies presented by
Zemlyanov et al. [50], the first component placed at 530.5 eV
can be assigned to the lattice oxygen (Ag–O–Si) of the
Ag:HAp-PDMS thin film. According to the literature data
on the oxygen and hydroxyl adsorption on Ag [51], the
desorption temperature of the observed O 1s peaks allows
attributing the peak at 531.1 eV to surface OH (O𝛾−ads) groups.
This result is also in good agreement with previous studies of
Kawabe et al. [52] believing that two oxygen species, that is,
O− andOH−, may be included in the resolved peak at 531.1 eV.
The peak at 532.3 eVmay be attributed to the oxygen linked to
a phosphorous atom as in PO4

3− ions [53]. In conformity with
previous XPS results reported by Jeon and Kang [54], Carroll
et al. [55], and Xu and Khor [53], the small component at
534.0 eV can be assigned to absorbed oxygen (Si–O) and O–
C–O bonds. Figure 3(c) shows the high resolution XPS peak
of Si 2p core level. Si 2p spectra can be separated into three
Gaussian components.

The peak at 101.8 eV can be attributed to Ag–O–Si link-
ages [56]. According to [53] and Mekki et al. [57], the bind-
ing energy of SiO4

4− was centred at 102.3 eV. The peak at
103.1 eV was allocated to Si–O–Si linkages [58]. The Ca 2p
spectrum of the Ag:HAp-PDMS composite layer exhibits a
well-resolved doublet with a Ca 2p

3/2
component and a Ca

2p
1/2

component (Figure 3(d)).
The XPS spectral peaks for Ca 2p

1/3
were decomposed

into a twoGaussian components at around 350.6 and 351.2 eV
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Figure 3: High resolution XPS spectra of C (1s) XPS peaks (a), O (1s) XPS peaks (b), Si (2p) XPS peaks (c), Ca (2p) XPS peaks (d), P (2p)
XPS peaks (e), and Ag (3d) XPS peaks (f) of the Ag:HAp-PDMS composite layer.

[53]. The XPS spectral peaks for Ca 2p
3/2

were decomposed
into two Gaussian components. The first peak located at
347.8 eV and the second peak located at about 348.3 eV show
that the calcium atoms are bonded with a phosphate group
(PO4

3−) [53]. After the deconvolution data processing, the P
2p photoelectron line consists of two Gaussian components

that were established at 133.1 eV and 133.7 eV. These values
are in the range of binding energies determined for hydrox-
yapatite [59, 60]. The high resolution XPS spectra and
curve-fitting results of phosphorous P 2p for Ag:HAp-PDMS
composite layer are exhibited in Figure 3(e). Stoica et al.
showed [61] that the P 2p photoelectron line consists of one
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single peak at 𝐸
𝐵
position of 133.4 eV. The high resolution

XPS spectra of the Ag 3d region obtained from Ag:HAp-
PDMS composite layer is presented in Figure 3(f). The Ag
3d spectrum exhibits a broad doublet with an Ag 3d

5/2

and Ag 3d
3/2

component. The XPS spectral peaks for Ag
3d were decomposed into six Gaussian components located
at 366.7 eV, 368.2 eV, 369.5 eV, 374.2 eV, 374.4 eV, and 375.8
assigned to silver ions in Ag+ andAg2+, Ag

2
O (Ag+), andAg–

O and Ag–Ag, in good agreement with literature values [62–
65].

XPS results revealed that the silver from Ag:HAp-PDMS
composite layer was assigned to Ag+, Ag2+, Ag

2
O (Ag+), Ag–

O, and Ag–Ag silver ions. These results showed that there
was some kind of interaction between Ag from Ag:HAp and
polydimethylsiloxane. On the other hand, the GDOES anal-
ysis has shown that during the deposition process there are
some interactions of Ag:HAp particles with the polymer and
thus the formation of a new composite material. Moreover,
this study develops a novel and facile method to produce
a new composite based on Ag (Ag:HAp-PDMS composite
layer) which can be used for large-scale applications. The
reproducibility, applications, and the price of the new prod-
ucts are not limited due to use of expensive precursors, such
as tetraethoxysilane or due to the complicated synthesis route.

The GDOES spectra of the Ag:HAp-PDMS composite
layer, presented in Figure 4, indicate that the Si, O, C, H
(atoms specific to a PDMS layer) [66], P, Ca, Ag, and O
(atoms specific to a Ag:HAp layer) [67] depth profile curves
have similar temporal behaviour [34]. There is not any sharp
increasing or decreasing in their depth profile curves as in
the case of multilayer analysis [68]. Therefore, in correlation
with the SEM and XPS analysis, the GD results indicate that
during the thermal deposition process the Ag:HAp particles
interact with the PDMS layer previously deposited on the
silicon substrate determining the formation of a composite
material.

The hypothesis of Si and O atoms redistribution in the
bulk of the Ag:HAp-PDMS composite and their possible
involvement in the Si–O, Si–O–Ag, and Si–O–P bonds
formation is also sustained by their depth profile curves in
comparison with the Si and O depth profile curves observed
in a PDMS layer [66] presented in Figure 4. The Si depth
profile curve decreasing only after the Ca depth profile curve
(and all the other elements) drop down can indicate not only
the silicon involvement in the silicon oxides structures, Si–O–
Ag, or Si–O–P bonds formation but also the incorporation of
SiO4

4− ions in the hydroxyapatite doped with silver structure
by the mechanism of SiO4

4−/PO4
3− ions substitution as was

suggested by the XPS studies presented above.
The hardness (𝐻) and Young’s modulus (𝑌) of our

Ag:HAp layer on a silicon substrate are 2.7GPa and 98GPa
and 2.6GPa. For Ag:HAp-PDMS composite layer on a silicon
substrate the 𝐻 and 𝑌 values are 3.28GPA and 85GPa,
respectively. For Ag:HAp nanoparticles deposited on a silicon
substrate previously coated with a PDMS layer (Ag:HAp-
PDMS) the 𝑌 modulus is lower than that for Ag:HAp layer
while the 𝐻 modulus is greater than that for Ag:HAp layer.
The values of𝐻 and 𝑌moduli are influenced by the presence

of PDMS. The values obtained for 𝐻 and 𝑌 moduli are in
agreement with existing literature for crystalline samples
[69].

The fungal infections represent an emerging medical
problem, particularly in immunocompromised patients [70].
Fungal pathogens can exhibit various mechanisms of resis-
tance to common antifungals [71]. An important role in the
evolution and treatment of fungal infections is attributed to
microbial biofilms developed on natural tissues or artificial
devices [72], according to NIH (National Institute of Health)
[73].

The biofilm resistance is phenotypic and was also called
tolerance [74]. One of the strategies employed to overcome
this challenging problem is the design of novel biomaterials
with improved resistance to microbial colonization. C. albi-
cans represents the most prevalent fungal species involved
in biofilm associated infections, either superficial or sys-
temic ones [75–80]. Therefore, we have chosen to assess the
antibiofilm activity of the novel composite layers against this
fungal pathogen. The obtained composite layers have been
proved to exhibit superior resistance to fungal colonization as
compared with single materials used to obtain the composite
(Figure 5). Concerning the dynamics of the fungal biofilm,
it can be observed that the inhibition of the fungal biofilm
development is gradually increasing from 24 h to 48 h, as
demonstrated by the lower absorbance values obtained for
48 h biofilms harvested from the Ag:HAp-PDMS composite
layers (Figure 5(b)), as compared to those obtained for 24 h
biofilms recovered from the same substratum (Figure 5(a)).
Furthermore, on the rest of the tested materials, that is, Si-
PDMS layer and Si substrate, no significant differences have
been noticed for the biofilms developed on these materials
after 24 h and 48 h.

These results could be explained by the fact that the silver
incorporated in the HAp-PDMS matrix is gradually released
and exhibits its antimicrobial effect on a prolonged period of
time, preventing both the early phase of the fungal biofilm
development in which yeast cells adhere to the substrate
surface and undergo hyphal growth and the development
of the mature biofilm, consisting of a mixture of yeast and
hyphal elements forming a complex network encased in a
self-produced extracellular material [81, 82].

The culture based results were confirmed by CLSM
images revealing the fungal biofilms developed on different
surfaces. Visualization of control biofilms revealed that the
fungal biofilm stained in red by the ethidium bromide better
developed on Si substrate and Si-PDMS layer, both at 24 h
(Figures 6(a) and 6(c)) and 48 h (Figures 6(b) and 6(d)). In
exchange, visualization of the biofilm structure developed on
the Ag:HAp-PDMS composite layer revealed an important
decrease in biofilm development (Figures 6(e) and 6(f)).
This suggests the diffusion of Ag ions from the composite,
exhibiting a prolonged antimicrobial and antibiofilm activity.

The growth of C. albicans biofilm on various substrates
was also observed by Scanning Electron Microscope (SEM).
Figure 7 presents photographs after 24 h and 48 h from
microbial contamination with C. albicans. SEM observations
have revealed different growth rates of the C. albicans biofilm
on the silicon substrate, on the silicon substrate which was
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Figure 4: GDOES spectra of the Ag:HAp-PDMS composite layer formed on the Si substrate.
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Figure 5: The graphic representation of the fungal biofilm development on different substrates, as revealed by the density of the microbial
suspension recovered from the biofilms adhered on the tested specimens.

previously coated with PDMS and on the layer formed by
deposition of Ag:HAp nanoparticles on a silicon substrate
previously coated with a PDMS layer.

Also, it can be seen that the incubation time influenced
the growth of C. albicans biofilm on different substrates. In
the SEM images it is observed that the fungal biofilms have
developed significantly on Si substrate (Figures 7(a) and
7(b)) and Si-PDMS layer (Figures 7(c) and 7(d)) both after
24 h and after 48 hours, matching the results obtained from
CLMS images (Figure 6). A significant decrease of biofilm
development was observed on the Ag:HAp-PDMS composite
layer (Figures 7(e) and 7(f)).

C. albicans is an important fungus responsible for sys-
temic infections in humans. The increases of morbidity and
mortality caused by C. albicans are very high and researchers

worldwide are searching new alternative therapies and new
drugs to reduce these infections. In conformity to Luo et al.
[83] new prophylactic and therapeutic strategies are urgently
needed to prevent fungal infection. According to recent stud-
ies conducted by Taglietti et al. [84] many Candida infections
involve the formation of biofilms on implanted devices such
as indwelling catheters or prosthetic heart valves. On the
other hand, infections by C. albicans hospital acquired have
become a cause ofmajor health concerns. Silver nanoparticles
represent a new generation of antimicrobial materials used
as coatings. The silver nanoparticles have the ability to act
locally, having a bactericidal effect. Nevertheless, the use of
silver nanoparticles may pose a potential risk of cytotoxic
effects on eukaryotic cells. To decrease a potential risk of
cytotoxic effects of silver nanoparticles on eukaryotic cells,
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Figure 6: CLSM images of C. albicans biofilm stained with ethidium bromide developed on different substrata at 24 h and 48 h (∗silicon
substrate, ∗∗silicon substrate previously coated with PDMS, and ∗∗∗Ag:HAp nanoparticles on a silicon substrate previously coated with a
PDMS layer).
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Figure 7: SEM photographs of C. albicans biofilm stained with ethidium bromide developed on different substrata at 24 h and 48 h (∗silicon
substrate, ∗∗silicon substrate previously coated with PDMS, and ∗∗∗Ag:HAp nanoparticles on a silicon substrate previously coated with a
PDMS layer).

the composite materials endowed with bactericidal abilities
have been achieved by adding the silver nanoparticles into
various types of biomaterials.

Recent studies conducted by Ciobanu et al. [85, 86] on sil-
ver doped hydroxyapatite nanoparticles have demonstrated a
good antimicrobial activity for all the studied concentration
of the silver in the samples. Moreover, recent studies on thin
solid films of silver doped hydroxyapatite prepared by sol-gel
method [67] have also demonstrated a good antimicrobial

activity against Escherichia coli and Staphylococcus aureus
bacteria. It has thus been shown that the Ag:HAp thin films
could be used to cover the surface of implantable medical
devices. The results obtained in the studies presented in
this paper demonstrate that, on the Si-PDMS layer and Si
substrate, the microbial activity increases after 24 h and 48 h
for biofilms developed on these materials. On the biofilm
structure developed on the Ag:HAp-PDMS composite layer,
the microbial activity decreases significantly for the surveyed
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time intervals. On the other hand, the CLMS technique used
for the characterization of biofilm structure allowed us to
obtain important information regarding the role of Ag ions
in prolonged antimicrobial and antibiofilm activity.

In this context, novel hydroxyapatite doped with sil-
ver/polydimethylsiloxane (Ag:HAp-PDMS) composite layers
is a primary target for new anti-infective strategy that could
lead to a decrease in contaminationwith fungi and bacteria of
medical devices by coating their surfaces.This study is part of
the global research on the development of innovative bioma-
terials that possess anti-infective properties and technologies
that allow the creation of bactericidal biomaterial surfaces
[87, 88].

Fungal infections caused by C. albicans are determin-
ing factors for morbidity and mortality in both the immun-
ocompetent and the immunocompromised critically ill
patients (e.g., Human immunodeficiency virus infection/
acquired immunodeficiency syndrome (HIV/AIDS), cancer
chemotherapy, and organ or bone marrow transplanted [89,
90]). According to [91] C. albicans efficiently adheres to
polystyrene, polyvinylchloride, silicon, and polycarbonate,
colonizing on their surfaces. Moreover, Shinde et al. [91]
showed that Candida biofilms are highly resistant to drugs
such as fluconazole. Furthermore, it was observed that
C. albicans biofilm formation was dependent both on the
microbial strain and on the substrate. Recent studies [91] on
C. albicans SRTCC-06 isolated from the feces of a patient
admitted to the tertiary care hospital for treatment of diarrhea
and C. albicans SRTCC-11 isolated from a patient diagnosed
with vaginitis have shown that the strain variation has a more
pronounced effect on adhesion than the involved substrates.
On the other hand, Shinde et al. [91] showed that the
ability to adhere to prosthetic devices also depends on the
properties of the cells and the substrate plays an important
role in the biofilm formation of C. albicans. El-Azizi and
Khardori [92], in their studies on “Factors influencing adher-
ence ofCandida spp. to host tissues and plastic surfaces,” have
shown that various properties including surface-free energy
and roughness of the substrates may influence adhesion and
biofilm development. Their results were confirmed by Raut
et al. [93] in her studies on “Cell surface hydrophobicity and
adhesion: a study on fifty clinical isolates of Candida albi-
cans.”

Considering that the fourthmost common cause of noso-
comial BSIs is the Candida strains [94], our data demonstrate
that the substrates based on Ag:HAp-PDMS composite give
a new perspective on the development of new prosthetic
surfaces.

Our study was focused on creating a substrate that
prevents the development of C. albicans biofilm thus creating
an alternative solution to the issue of prosthesis-associated C.
albicans infections. Results indicated an important decrease
in biofilm development of C. albicans on Ag:HAp-PDMS
composite layer and these composite layer based on Ag:HAp-
PDMS may be used as potential prosthetic materials. There-
fore we can say that the nature of the substrate can lead to a
decrease of the C. albicans virulence.

4. Conclusions

Using XPS and GDOES spectral technique we have investi-
gated the physicochemical processes that take place by the
interaction of Ag:HAp particles with the PDMS layer. The
XPS measurements showed that the physical procedure used
for the generation of the Ag:HAp-PDMS composite layer
allows the formation of SiO4

4− ions. The SiO4
4− ions can

be incorporated into the Ag:HAp structures by substitution
of PO4

3− ions from the structure of Ag:HAp. We suppose
that after the condensation of the Ag:HAp particles on the
substrate, due to the heating of the SiO

2
network present

into the polymer bulk, some SiO4
4− ions are generated. The

crystalline structure of the Ag:HAp was also evidenced.
TheGDOES depth profiling curves of theAg:HAp-PDMS

composite layer indicate that its composition is homogeneous
which can be explained by the formation of the Si–O–Ag,
respectively, Si–O–P bonds and Si involvement in Ag:HAp
structure.

The development of C. albicans biofilm, both the ini-
tial adherence phase and the mature biofilm, was strongly
inhibited by the Ag:HAp-PDMS composite layer, as shown by
viable cell counts, CLSM, and SEM examination. Taking into
account the important implications of C. albicans in human
biofilm associated infection, the new composite materials
could be of a great interest in the biomedical field, for the
design of coatings that prevent or lag the fungal biofilm
development.
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of the PC/PVDF interface modified by PMMA. Location of the
PMMA at the interface,” Polymer, vol. 41, no. 9, pp. 3391–3394,
2000.

[45] S.-M.Choi,W.-K. Yang, Y.-W. Yoo, andW.-K. Lee, “Effect of sur-
face modification on the in vitro calcium phosphate growth
on the surface of poly(methyl methacrylate) and bioactivity,”
Colloids and Surfaces B: Biointerfaces, vol. 76, no. 1, pp. 326–333,
2010.

[46] S. L. Iconaru, F. Ungureanu, A. Costescu, M. Costache, A.
Dinischiotu, and D. Predoi, “Characterization of sucrose thin
films for biomedical applications,” Journal ofNanomaterials, vol.
2011, Article ID 291512, 6 pages, 2011.

[47] P. Prieto, V. Nistor, K. Nouneh, M. Oyama, M. Abd-Lefdil, and
R. Dı́az, “XPS study of silver, nickel and bimetallic silver-nickel
nanoparticles prepared by seed-mediated growth,” Applied Sur-
face Science, vol. 258, no. 22, pp. 8807–8813, 2012.

[48] L. Chen, Y. Xia, X.Huang, X. Liang, J. Yin, andZ. Liu, “Influence
of substrate temperature on the molecular structure of PMMA
films deposited by pulsed laser deposition,” Journal of Physics D:
Applied Physics, vol. 40, no. 12, pp. 3649–3653, 2007.

[49] Y. Ma, X. Cao, X. Feng, and H. Zou, “Fabrication of super-
hydrophobic film from PMMA with intrinsic water contact
angle below 90∘,” Polymer, vol. 48, no. 26, pp. 7455–7460, 2007.

[50] D. Y. Zemlyanov, E. R. Savinova, A. Scheybal, K. Doblhofer, and
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This study was conducted to evaluate effects of rhBMP-2 applied at different concentrations to sandblasted and acid etched (SLA)
implants on osseointegration and bone regeneration in a bone defect of beagle dogs as pilot study using split-mouth design.
Methods. For experimental groups, SLA implants were coated with different concentrations of rhBMP-2 (0.1, 0.5, and 1mg/mL).
After assessment of surface characteristics and rhBMP-2 releasing profile, the experimental groups and untreated control groups
(n = 6 in each group, two animals in each group) were placed in split-mouth designed animal models with buccal open defect.
At 8 weeks after implant placement, implant stability quotients (ISQ) values were recorded and vertical bone height (VBH, mm),
bone-to-implant contact ratio (BIC, %), and bone volume (BV, %) in the upper 3mm defect areas were measured. Results. The ISQ
values were highest in the 1.0 group.Mean values of VBH (mm), BIC (%), and BV (%) were greater in the 0.5mg/mL and 1.0mg/mL
groups than those in 0.1 and control groups in buccal defect areas.Conclusion. In the open defect area surrounding the SLA implant,
coating with 0.5 and 1.0mg/mL concentrations of rhBMP-2 wasmore effective, compared with untreated group, in promoting bone
regeneration and osseointegration.

1. Introduction

Themain goal of a dental implant for patients and dentists is
to reduce the healing period from implant fixture placement
to prosthesis mounting while achieving successful functional
gains after surgery. The most important contributor to
reducing healing time is the achievement of osseointegration
during the early stage and its subsequent maintenance [1].
The implant surface is an important contributor to successful
osseointegration and it clearly plays a key role in patients with
inadequate bone quality and quantity [2]. Recent studies on
implant surfaces have focused on topography and changes in
chemical properties that enhance implant/bone integration
[3, 4]. Surface treatment methods such as titanium plasma-
spraying, grit-blasting, acid etching, anodization, and coating

with inorganic calcium phosphate have been suggested to
reduce healing times, increase osseointegration, and improve
augmentation of surrounding bone [5, 6]. The treatments of
resorbable blast media (RBM), sandblasting with large grit
followed by acid etching (SLA), and anodic spark deposition
(ASD) are widely used in clinical field and have been shown
to provide effective osseointegration in many studies [7–10].

Recently, attempts have been made to improve the suc-
cess rate of implantation in bone defect site by employing
biomimetic surface treatments [11]. Biomolecules, such as
Arg-Gly-Asp (RGD) peptide [12], extracellular protein (col-
lagen) [13], and growth factor [14], are used to promote bone
healing and osseointegration. Bone morphogenetic proteins
(BMPs), which belong to the transformation growth factor
beta superfamily, induce the differentiation of osteoblasts
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from mesenchymal stem cells as well as the biosynthesis
of bone matrix and accelerate ossification by controlling
essential factors of the bone induction cascade [15, 16]. In
particular, BMP-2 has been reported to have high osteogenic
activity [17], and its ability to enhance bone regeneration has
been demonstrated in previous studies, which include studies
on augmentation of the maxillary sinus floor [18], bone
formation and reosseointegration in peri-implant defects
[19], local alveolar ridge preservation or augmentation [20],
and periodontal repair [21]. In a recent study, the affinity of
BMP for titaniumwas confirmed, and thus titanium implants
can be considered potential BMP carriers [22–24]. Huh et
al. [25] reported effective implant stability and alveolar bone
formation as determined using implant stability quotient
(ISQ) values and histological observations at 8 weeks after
placing an anodized implant coated with E. coli-derived
rhBMP-2 (ErhBMP-2) in a 2.5mm supra-alveolar vertical
bone defect animal model.

However, several studies have failed to validate the
effectiveness of rhBMP-2 in vivo, presumably due to its
short half-life and lack of an optimal concentration, when
used without other growth factors [26–28]. Since anodized
implants coated with rhBMP-2 of 0.75 or 1.5mg/mL induced
clinically relevant local bone formation, including vertical
augmentation and osseointegration of alveolar bone, these
concentrations were deemed appropriate for the surface
treatment of TPO implants [29, 30]. SLA surface treatment is
widely used commercially to improve the biocompatibilities
of titanium implants and has been shown to increase bone
apposition during the initial osseointegration period [7] and
to increase bone-to-implant contact and removal torque
values as compared with titanium-plasma-sprayed (TPS)
surfaces [8]. In addition, the SLA surface treatment was
reported with 97% success rate on clinical case as loaded after
healing period of 6 weeks [31]. Lee et al. [32] examined three
different implant surfaces (SLA, RBM, andMgO) treatedwith
rhBMP-2 at 1.5mg/mL in a rabbit model. They found out
that the surface rhBMP-2 amounts were surface dependent
and that the valid amounts were greater on SLA surfaces.
However, histomorphometric analysis showed rhBMP-2/SLA
implants had the lowest bone-to-implant contact at cortical
bone and around implant threads. Although surface loadings
of rhBMP-2 increased with SLA implant irregularity and
roughness, a treatment with rhBMP-2 at 1.5mg/mL failed to
achieve appropriate osseointegration and bone regeneration.
The optimized rhBMP-2 concentration is the key factor in
order to use SLA implants as effective rhBMP-2 carriers, but
it is still unknown.

Therefore, the aims of the present study were, first, to
evaluate effects of rhBMP-2, applied at 3 different concen-
trations [24, 33] to SLA implants, on osseointegration and
bone regeneration in a bone defect beagle dog and, lastly, to
identify an optimal rhBMP-2 concentration.

2. Methods

2.1. Preparation of SLA Implant Coated with rhBMP-2.
Twenty-four implants (7.0mm long and 3.5mm in diameter;

Cowellmedi Co., Busan, Korea) were made of pure titanium
and designed with a straight section on their upper 3mm
and broad threads on their lower 4mm. The implant surface
was sandblasted with large grit and acid etched (SLA, Cow-
ellmedi Co., Busan, Korea). To coat implants with rhBMP-2
(Cowellmedi Co., Busan, Korea), each implant was immersed
3 times in a protein solution (0.1, 0.5, and 1.0mg/mL) up
to the beginning of the straight portion, frozen, and dried
under sterile conditions (at −40∘C) and then vacuum dried
at maximum 20∘C. Control SLA implants were not treated.
Each group contained 6 implants.

2.2. Surface Characterization by Scanning ElectronMicroscopy
(SEM). Implant surface morphologies were investigated
using a SEM (S2300, Hitachi, Japan). Substrates sputter
coated (Elko IB, Japan) with gold and the SEMwere operated
at 15 kV.

2.3. Determination of Amounts of rhBMP-2 on SLA Surface.
Three random implants were selected from each experimen-
tal group, and the amount of surface BMP-2 was determined
by using a human BMP-2 standard ELISA development kit
(900-K255, Pep Rotech, Rocky Hill, NJ, USA). All groups
were diluted to 0, 62.5, 125, 250, 500, 1000, 2000, and
4000 pg/mL using 5x diluents solution according to the
manufacturer’s instruction. 100 𝜇L of each prepared group
was dispensed into antibody coated plate, incubated at room
temperature for 2 hours, and then washed 4 times. After
dispensing 100 𝜇L detection antibody into each well, the
wells were allowed to react at room temperature for 2 hours
and then washed 4 times. After dispensing 100 𝜇L SA-HRP
(streptavidin horseradish peroxidase) solution and reacting
for 30 minutes, the wells were washed. After the reaction at
which they were dispensed with 100 𝜇L toluidine and methy-
lene blue solution for 20 minutes, with the light blocked,
absorbance was measured at 450 nm using a microplate
reader (VersaMax,Molecular Devices, Sunnyvale, CA, USA).

2.4. Determination of the Amount of rhBMP-2 Released from
SLA Surface. Samples were immersed in 50mL conical tubes
containing 1mL of PBS buffer (pH 7.4). Tubes were then
gently shaken at 100 rpm at 37.8∘C to evaluate the amount of
rhBMP-2 released from SLA surface. The supernatants were
collected and replaced with fresh PBS at predetermined times
(1 h, 3 h, 6 h, and 12 h and 2, 4, and 30 days). All samples were
stored at−20∘Cuntil being required for analysis.The amounts
of rhBMP-2 released from surfaces were determined using
an ELISA kit and a microplate reader (Bio-Rad, Hercules,
CA, USA) at 450 nm. Cumulative releases of rhBMP-2 are
expressed as percentages of initial loadings.

2.5. Experiment Animals. This study was conducted with the
approval of the Ethics Committee on Animal Experimen-
tation of Chunnam National University (CNU IACUC-TB-
2013-10). Four 3-year-old beagle dogs, approximately 13–15 kg
in weight, were used, and all animals were acclimatized for 2
weeks. During the experiment, the dogs were fed with a soft-
food diet and had free access to water.
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Figure 1: Experimental implant design and schematic diagram of the buccal open defect and mesial, distal, and lingual 1mm defect models.
Twenty-four implants (7.0mm long and 3.5mm in diameter; Cowellmedi Co., Busan, Korea) were made of pure titanium and were designed
with a straight section on their upper 3mm and broad threads on their lower 4mm. A 5.5mm diameter cover screwmounted on the implant.

2.6. Surgery for Tooth Extraction. During the first surgery,
premolars and first molars of lower jaws were extracted.
Animalswere preanesthetizedwith atropine sulfate induction
(0.05mg/kg IM; Dai Han Pharm Co., Seoul, Korea) and
maintained by isoflurane (Choongwae Co., Seoul, Korea)
gas anesthesia. Lidocaine (1mL; Yu-Han Co., Gunpo, Korea)
with 1 : 100,000 epinephrine was injected into the mucosa of
surgical sites. Lower premolars and first molars were then
separated into two pieces, mesial and distal roots. Teeth were
extracted carefully to avoid damage in extraction sites, which
were subsequently sutured with 4-0 nylon (Mersilk, Ethicon
Co., Livingston, UK). The sites were allowed to heal for 2
months.

2.7. Surgery for Implantation. Implant surgerywas performed
2 months after tooth extraction, that is, after complete
healing had been achieved. Local and general anesthesia were
performed the same as described above for tooth extraction.
Alveolar ridges were trimmed by about 1.5mm to produce a
flat ridge before implant insertion.The defects producedwere
3mm deep and 5.5mm wide. This model had a buccal open
defect and a 1mm defect area around the 3mm high upper
implant portion (Figure 1). Four animals received implants
coated with rhBMP-2 at 0.1 or 0.5 or 1.0mg/mL or uncoated
controls in contralateral jaw quadrants using split-mouth
design. Treatments of left and right jaw quadrants were
randomized. To place implants at the same location at both
sides, exposed bone was marked using a ruler at each implant
placement site. Each upper implant area coated with rhBMP-
2 was fixed with a 5.5mm diameter cover screw, which was
large enough to cover the defect area and minimize rhBMP-
2 loss (Figure 2). The mucoperiosteal flaps were advanced,
adapted, and sutured while the implants were left submerged.

2.8. Animal Postoperative Care and Sacrifice. Broad spec-
trum antibiotics (penicillin G, procaine, and penicillin G

benzathine) were administered immediately after implan-
tation and again 48 hours later by intramuscular injection
(1mL/5 kg). Plaque was controlled by daily tooth brushing
with 2% chlorhexidine gluconate until the completion of
the study. The mucosal health, maintenance of suture line
closure, edema, and evidence of tissue necrosis or infection
at experiment sites were observed daily until suture removal
at 1 week after implant placement. The animals were given
a soft diet for 2 weeks and then a conventional regular
diet. Mineralized tissue was labeled and the time courses
of new bone formation and mineralization were assessed
using the polychrome sequential fluorescent labelingmethod.
Calcein (20mg/kg, Sigma, USA) was intravenously injected
2 weeks after implantation, and Alizarin Red S (30mg/kg,
Sigma, USA) was injected i.v. 6 weeks after implantation.
At 8 weeks, animals were anesthetized and euthanized by
intravenously injecting concentrated sodium pentobarbi-
tal (Euthasol, Delmarva Laboratories Inc., Midlothian, VA,
USA). Block sections including implants, alveolar bone, and
surrounding mucosa were then collected.

2.9. Assessment of Implant Stability. Implant stability quo-
tients (ISQ) were calculated for mandibular implants using
Osstell Mentor (Integration Diagnostic Ltd., Göteborg, Swe-
den) immediately after implantation and at 8 weeks later. ISQ
values were recorded 5 times for each implant, but minimum
and maximum values were excluded to calculate means and
standard deviations (SDs).

2.10. Fluorescence Analysis. Dynamic bone mineral deposi-
tion was assessed by sequential fluorochrome labeling. The
histomorphometric analysis of fluorochrome labeling was
performed by confocal laser scanning microscopy (Leica,
TCS Sp2 AOBS, Germany). The excitation and emission
wavelengths of the chelating fluorochromes were 494/517 nm
and 530–560/580 nm for Calcein (green, at 2 weeks) and
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Figure 2: Surgical procedures. (a) Alveolar bone was flattened. (b) 5.5mm width peri-implant defects were created using a trephine bur
(Dentech, Tokyo). (c) The implant was placed within its prepared site, and peri-implant defect areas were covered using a 5.5mm diameter
cover screw.

Alizarin Red S (red, at 6 weeks), respectively. Fluorescent
quantification of Calcein and Alizarin Red S was used to
determine the new bone formation and mineralization. Min-
eralization levels were determined at different time points.

2.11. Histomorphometric Analysis. The specimens were fixed
in neutral buffered formalin (Sigma Aldrich, St. Louis, MO,
USA) for 2 weeks and dehydrated in an ascending ethanol
gradient (70%, 80%, 90%, and 100%). Dehydrated specimens
were embedded in Technovit 7200 resin (Heraeus KULZER,
South Bend, IN, USA). Blocks of polymerized specimens
were sectioned longitudinally at the center of each implant
using an EXAKT diamond cutter (KULZER EXAKT 300,
EXAKT,Norderstedt, Germany). Final sections (30𝜇m)were
prepared from the initial 400 𝜇m sections by grinding using
an EXAKT grinding machine (KULZER EXAKT 400CS,
EXAKT,Norderstedt, Germany).The specimenswere stained
with hematoxylin and eosin, and images were captured using
a light microscope (Olympus BX, Tokyo, Japan) equipped
with a computer and a CCD camera [Polaroid DMC2 dig-
ital microscope camera (Polaroid Corporation, Cambridge,
MA, USA)]. Three parameters, that is, vertical bone height
(VBH, mm), bone-to-implant contact ratio (BIC, %), and
bone volume (BV, %) in the upper 3mm straight implant
portion in the buccal open defect and lingual peri-implant
defect areas, were measured using SPOT Software V4.0
(Diagnostic Instruments, Inc., Sterling Height, MI, USA).
Specimen images were captured at a magnification of ×12.5,

histomorphometric analysis was conducted at a magnifica-
tion of×40, and a precise assessment of BICwas done at×100.

3. Results

3.1. Surface Characteristics. SEM images of SLA implants
uncoated (the control group) or coated with rhBMP-2 (the
0.1, 0.5, and 1.0 groups) are shown in Figures 3(a)–3(h).
The images show that the rhBMP-2 layer was formed on
roughened surfaces. The amounts of surface rhBMP-2 in the
0.1, 0.5, and 1.0 groups were 0.965 ± 0.049, 3.212 ± 0.806, and
9.354 ± 1.270 𝜇g/ea., respectively.

3.2. rhBMP-2 Release Test. As shown in Figure 4, 90% of
rhBMP-2 was released from the 0.1 and 0.5 groups, and 70%
was released from the 1.0 group over the first 6 hours in
1mL PBS buffer (pH 7.4). After 4 days, ∼100% of rhBMP-
2 was released in all of the groups. The 1.0 group showed
a slower release tendency. However, all groups exhibited an
initial burst release pattern.

3.3. Clinical Findings and Stability Evaluation. All animals
survived the surgical procedures, and the 24 implants healed
uneventfully. None of the implants was lost or exposed during
the healing period, and no clinical differences were detected
among the four groups. Overall ISQ values were similar in all
groups immediately after implantation. At week 8, ISQ values
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Figure 3: SEM images of each group. (a, e)The control group, (b, f) the 0.1 group, (c, g) the 0.5 group, and (d, h) the 1.0 group. Asterisk: freeze
dried rhBMP-2: (a, b, c, d) ×1000, (e, f, g, h) ×5000.
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Figure 4: Release kinetics of rhBMP-2 in the three experimental groups. The 1.0 group showed a slower release tendency than the other
groups, but all groups showed an initial burst release pattern.

were higher than at baseline in all groups, and the 1.0 group
showed higher ISQ values than the other groups. Increases
in mean ISQ values were greater in the experimental groups
than in the control group (Table 1).

3.4. Fluorescence Analysis. Specimens were allowed to heal
for 8 weeks after implantation, and remodeled bone was
observed within and adjacent to defect areas around implants
in all groups. Fluorescent bone markers were used to indicate

bone remodeling at certain times: Calcein (green) at 2 weeks
and Alizarin Red S (red) at 6 weeks. At 2 and 6 weeks,
the control group showed no significant differences in terms
of bone formation. Unlike the other groups, active bone
remodeling was not observed in the defect area in the
control group. In the 0.1 group, massive bone remodeling
was observed in the defect area during the early stage
(∼2 weeks after implantation), but no active bone formation
was observed in buccal open defect areas. In the 0.5 and 1.0
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Table 1: Implant stability quotient (ISQ) values at 8 weeks after
implantation.

Group At surgery At 8 weeks ISQ change
Control 46.83 ± 3.97 60.17 ± 3.25 13.33 ± 5.43
0.1 48.00 ± 4.00 64.83 ± 3.19 16.83 ± 4.67
0.5 49.83 ± 5.95 71.67 ± 6.15 19.83 ± 9.56
1.0 52.67 ± 7.61 72.00 ± 2.68 18.17 ± 6.94
At surgery: ISQ value at surgery.
At week 8: ISQ value 8 weeks after implantation.

groups, massive bone remodeling was also observed in the
early stage, and this was maintained at the late stage (∼6
weeks after implantation). Furthermore, a clear boundary
was observed between areas of initial and late new bone
formation (Figure 5).

3.5. Histological Analysis. Histological observations at 8
weeks after implantation showedbone formation and integra-
tion of implants with surrounding bone on the upper 3mm
straight portion of implant defect area in all four groups. Bone
ingrowth from surrounding bone showed osseointegration in
defect areas.

The experiment groups (0.1, 0.5, and 1.0) showed clear
boundaries between existing cortical bone and new bone
growing in defect areas, whereas in the control group (Figures
6(a), 6(b), and 6(c)) no clear boundary was observed. In the
0.1 group (Figures 6(d), 6(e), and 6(f)), marginal bone in
buccal defect area was not regenerated, but the lingual defect
with a 1mm gap was filled with new bone. Existing cortical
bone showed a compact, lamellar appearance with osteons,
whereas newly formed bone appeared less organized and less
lamellar, and it was more consistent with woven bone. In the
0.5 (Figures 6(g), 6(h), and 6(i)) and 1.0 (Figures 6(j), 6(k),
and 6(l)) groups, marginal bones were well regenerated in
buccal and lingual areas, and new bone in defect areas was
denser than in the other two groups (control and 0.1).

3.6. Histomorphometric Analysis. Histomorphometric mea-
surements are summarized in Figure 7 and Table 2. In all
groups, mean values of vertical bone height in defect areas
(VBH, mm), bone-to-implant contact ratio in defect areas
(BIC, %), and bone volume in defect areas (BV, %) were
greater in lingual defect areas than in buccal defect areas at
8 weeks after implant placement:

(1) Vertical Bone Heights in Defect Areas (VBHs, mm).
Mean VBHs of 1mm lingual defect areas were similar
in all groups. On the other hand, mean VBHs of
buccal defect areas were higher in the 0.5 (1.88±0.52)
and 1.0 groups (2.06±0.60) than in the control (−0.02±
0.62) and in the 0.1 groups (0.71 ± 0.62).

(2) Bone-to-Implant Contact Ratios in Defect Areas (BIC,
%). BIC is the most important factor for osseointe-
gration. Mean BIC values in the 0.5 (24.47 ± 6.63)
and 1.0 groups (18.42 ± 8.65) in buccal defect areas
were higher than in the control (0.67 ± 1.15) and

0.1 groups (10.24 ± 10.99). Intergroup difference was
not observed in lingual defect areas.

(3) Bone Volume Percentages in Defect Areas (BV, %).
In the investigation of new bone percentages on the
surrounding 1mm surface of the lingual defect area,
mean BV (%) values of the experimental groups were
higher than that of the control group. However, mean
buccal BV (%) values of the 0.5 (33.67 ± 5.24) and 1.0
groups (35.67 ± 8.80) were greater than those of the
0.1 (13.30 ± 11.24) and control groups (2.77 ± 3.71).

4. Discussion

Based on the result of this present study in the buccal
open defect area surrounding the SLA implant, coating with
0.5 and 1.0mg/mL concentrations of rhBMP-2 was more
effective, whereas in the lingual 1mm coronal defect area
rhBMP-2 exhibited no effect on promoting bone regeneration
and osseointegration. The tested concentrations of rhBMP-
2 (0.1, 0.5, and 1.0mg/mL) were selected, based on an
effective range of bone regeneration found in a previous
study. Tatakis et al. [34] addressed that their radiographic
and histometric analyses showed that none of 0.05, 0.1, and
0.2mg/mL rhBMP-2 coated onto titanium implants showed
meaningful differences in bone induction and osseointe-
gration. According to Kim et al. [24] and Huh et al. [25,
33] studies, 0.75mg/mL and 1.5mg/mL rhBMP-2 coated
anodized implants were successful at promoting bone for-
mation and implant stability. Leknes et al. [29] and Wikesjö
et al. [30] studies reported effective bone regeneration and
osseointegration of anodized titanium porous oxide implants
coated with 0.75, 1.5mg/mL rhBMP-2, yet they also noted
an undesirable implant displacement in the implant coated
with the highest concentration (3.0mg/mL). Compared to
the other types of implants such as RMB and MgO, the SLA
implants used in Lee et al.’s [32] study had the largest surface
area, but they showed a low BIC value when 1.5mg/mL
rhBMP-2 was applied.

In the present study, SLA implants coated with different
concentrations of rhBMP-2 were chosen and observed: like
the nontreated group, 0.1 group showed an insignificant
result, and both 0.5 and 1.0 groups whose concentrations
were close to 0.75mg/mL and lesser than 1.5mg/mL seemed
to be effective on bone regeneration and osseointegration.
Thus, it was evident that SLA implants bring out a desirable
outcome in a similar concentration range of rhBMP-2 like
the other different implant surfaces. Through analyzing ISQ
value, 0.5 and 1.0mg/mL doses of rhBMP-2 were observed
to contribute positive effects to implant stability. From the
experimental group carried out at 0.5mg/mL rhBMP-2, the
highest BIC value was observed to be 3.212 ± 0.806 𝜇g. This
BIC value was similar to that of TPO implants coated with
5 𝜇g of rhBMP-2 as Hall et al. [14] established in their study
where, with different doses of rhBMP-2 (5, 10, or 20𝜇g) on
TPO implants in a rat ectopic model, coating amounts of 5𝜇g
of rhBMP-2 produced the most effective results in terms of
bone formation, as confirmed by histometric analysis. Lee
et al. [35] reported that, upon applying anodized implants
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Table 2: Means (±SDs) of VBH (mm), BIC (%), and BV (%) of the upper 3mm straight portion of implant in buccal and lingual defect areas
at 8 weeks after implantation.

Group VBH (mm) BIC (%) BV (%)
Buccal Lingual Buccal Lingual Buccal Lingual

Control −0.02 ± 0.62 2.43 ± 0.29 0.67 ± 1.15 23.37 ± 7.08 2.77 ± 3.71 46.50 ± 11.36
0.1 0.71 ± 0.62 2.70 ± 0.34 10.24 ± 10.99 26.50 ± 10.97 13.30 ± 11.24 60.50 ± 14.60
0.5 1.88 ± 0.52 2.80 ± 0.23 24.47 ± 6.63 35.45 ± 7.16 33.67 ± 5.24 66.17 ± 13.00
1.0 2.06 ± 0.60 2.88 ± 0.16 18.42 ± 8.65 33.43 ± 11.39 35.67 ± 8.80 65.00 ± 15.76
VBH: vertical bone height (mm); BIC: bone-to-implant contact in the defect area (%); BV: bone volume in defect area.
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Figure 5: Fluorescent images obtained using a confocal laser microscope. In the 0.5 and 1.0 groups, massive bone remodeling was also
observed in the early stage, and this was maintained in the late stage.

with 4 different concentrations (0.1mg/mL, 0.3mg/mL,
0.5mg/mL, and 1.0mg/mL) of ErhBMP-2 on healthy alveolar
bone, there was no improvement on BC and BIC values from
all the experimental groups and that the highest BIC value
was found at 0.3mg/mL in dehiscence defect. However, this
specific BIC value was lower than that of the nontreated
implants or control group from Wikesjö et al.’s [30] study.
In consideration of these experimental data, the effect of
rhBMP-2 concentration was expected to show a wide range
of deviations depending on size and morphology of bone
defect around an implant. Therefore, in this study, local bone
defect models that replicated various clinical conditions were
schemed rather than commonly used supra-alveolar, peri-
implant defect models [24, 25, 30, 33]. The defect model
adopted in this study exhibited buccal open defect and lingual
coronal defect areas around the upper 3mm portion of
implants. The design of this particular model was based on
these following studies: animal study, bone healing at implant
sitewith bone defects of varying dimension and configuration
by Botticelli et al. [36] and a buccal dehiscence-type defect

model by Schwarz et al. [37, 38] to examine bone regeneration
around SLA implants. According to a study by Becker et al.
[39], no significant differences were found among different
surface treatment groups over 1mm away from implant
surfaces so that, in this study, the horizontal distance to
margin was set as 1mm away from implant surface.

From all the experimental groups, lower BV and BIC
values were measured in buccal open defect compared
with lingual coronal defect. rhBMP-2 coated onto implant
surface is understood to be released in order to promote
osteogenesis and increase osseointegration between implant
and bone [30]. However, the limited new bone was formed
in buccal open defect compared to lingual coronal defect.
It is possible to reason that the buccal defect size was too
large to form enough new bone by rhBMP-2 [36]. Within
lingual coronal defect, the three different concentrations of
rhBMP-2 displayed similar BV andBIC values and showed no
significant difference from nontreated group (control). Based
on these results, SLA implant without coating rhBMP-2 is
expected to be successful at inducing bone regeneration and
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Figure 6: Images of histological specimens of each group obtained at 8 weeks: control group (a, b, and c), 0.1 group (d, e, and f), 0.5 group
(g, h, and i), and 1.0 group (j, k, and l). Buccal side (a, d, g, and j). Lingual side (c, f, i, and l). F: fibrous tissue; NB: newly formed bone; OB:
old bone (central original magnification ×12.5, left and right sides: ×40 original magnification).

osseointegration when planted in coronal defect whose size
is less than 1mm. In this present study, SLA surfaces [8] were
created by blasting with large grit particles (250–500𝜇m)
to create macroroughness and with an acid (HCl/H

2
SO
4
)

to produce microroughness. Macroroughness of 18–23 𝜇m
obtained by blasting with large grit enhances initial fixation
and increases long-term physical stability, whereas micror-
oughness of 2–4 𝜇m created by acid (HCl/H

2
SO
4
) enhances

the osteoconductive process [7, 8, 31]. The upper 3mm
of SLA implants was designed to be straight so that the
differences among treatments would be more apparent upon
histological examination.The validity of SLA implant surface

was reestablished by generating higher BV and BIC values,
compared to those values of anodized implants coated with
similar concentrations of rhBMP-2 to those used in this study,
as addressed in the previous study [35].

In order tomaximize the effect of rhBMP-2, it is crucial to
standardize an ideal dose of rhBMP-2 for each of the different
implant surfaces as well as to overcome a short half-life span
of rhBMP-2. In this experiment, 0.5 and 1.0 groups that
achieved successful bone regeneration and osseointegration
showed 70∼90% release of rhBMP-2 in the first 6 hours of
implant plantation, and they exhibited an initial burst release
pattern as 100% of rhBMP-2 was released completely in
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Figure 7: Parameters measured in histologic specimens: vertical
bone height in the buccal open defect and lingual peri-implant
defect areas (VBH, mm), bone-to-implant contact ratio for the
upper 3mm straight implant portions in buccal and lingual defect
areas (BIC, red line, %), and bone volume in the buccal and lingual
defect area (BV in yellow box, %).

4 days.The observed half-life span of rhBMP-2 in the present
study was shorter than that in the previous study [25] where
0.75mg/mL of rhBMP-2, coating anodized implant, released
36% of it on the first day of implant plantation and 67%
of it in a week. For this reason, the upper 3mm of the
implant exposed to the bone defect area was designed to be
straight so that a decreased surface area accounted for the
limited absorption. However, a major limitation of this study
occurred from not incorporating slow releasing system of
rhBMP-2. To induce a constant and local release of rhBMP-2,
these following carriers have been used: collagen gels [40],
hyaluronic acid [41], fibrin gel [42], heparin [43–45], and
so forth. Recent studies have found that rhBMP-2 immobi-
lization on anodized titanium implant with heparin allows a
constant release of rhBMP-2 for 28 days and is successful at
improving osteoblast functions and bone formation [46, 47].

In this study, four beagle dogs were used for split-mouth
design. Split-mouth design is an example of a randomization
scheme on site level where two treatments are randomly
assigned to sites in one of the two halves of the mouth. The
attractiveness of the split-mouth design is the removal of
much of the intersubject variability, thereby increasing the
power of the study compared to the whole-mouth design.
However, the limitation of this studywas tomake split-mouth
design by small number of animals and implants. The exper-
imental data collected from the four animals is not enough
to provide a quantitative effect of the treatments. Since one
animal is a statistical unit, it is hard to accept the presented
statistical significance from a total of 2 observations/group.

Many studies have reported that rhBMP-2 at high concen-
tration has harmful effects. Rosen [48] noted the formation
of intrinsic BMP inhibitors at high BMP-2 concentrations,
and Kaneko et al. [49] reported that osteoclasts were induced
when BMP-2 concentrations were locally high. Huh et al.

[25] mentioned that side effects, such as unsatisfactory new
bone formation, resulted when a higher than appropriate
concentration of rhBMP-2 was coated on implants, causing
difficulties with regulating slow release. In the present study,
the effect of slow release was minimal, and no ectopic bone
formation caused by excessive rhBMP-2 was observed in
any of the experimental groups. Thus, the concentrations of
rhBMP-2 used in this study are acceptable for a treatment
with SLA implant surface. The 0.5 and 1.0mg/mL concen-
trations of rhBMP-2 were more effective at promoting bone
regeneration and osseointegration in this pilot study. Based
on these results and limitations of our study, we have planned
to carry out further split-mouth designed animal study
with various implant surfaces, more subdivided rhBMP-2
concentrations, defect models that better replicate clinical
conditions, and application of slow releasing system. In this
study, we focused on effectiveness of different concentration
of rhBMP-2 onto SLA implant surfaces on bone regeneration
and osseointegration in a bone defect model. The present
study manifests the following: in the 1mm coronal bone
defect area surrounding the implant, bone mass and density
were increased merely by the SLA implant surface, but in the
open bone defect area, 0.5 and 1.0mg/mL concentrations of
rhBMP-2weremore effective at promoting bone regeneration
and osseointegration.
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