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Preface to ”Design of Materials for Bone Tissue

Scaffolds”

The strong growth recently experienced by the manufacturing technologies, along with the

development of innovative biocompatible materials, has allowed the fabrication of high-performing

scaffolds for bone tissue engineering. The design process of materials for bone tissue scaffolds

presently represents an issue of crucial importance and is being studied by many researchers

throughout the world. A number of studies have been conducted, aimed at identifying the optimal

material, geometry, and surface that the scaffold must possess to stimulate the formation of the largest

amounts of bone in the shortest time possible. This book presents a collection of 10 research articles

and 2 review papers describing numerical and experimental design techniques definitively aimed at

improving the scaffold performance, shortening the healing time, and increasing the success rate of

the scaffold implantation process.
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Abstract: The strong impulse recently experienced by the manufacturing technologies as well as the
development of innovative biocompatible materials has allowed the fabrication of high-performing
scaffolds for bone tissue engineering. The design process of materials for bone tissue scaffolds
represents, nowadays, an issue of crucial importance and the object of study of many researchers
throughout the world. A number of studies have been conducted, aimed at identifying the optimal
material, geometry, and surface that the scaffold must possess to stimulate the formation of the
largest amounts of bone in the shortest time possible. This book presents a collection of 10 research
articles and 2 review papers describing numerical and experimental design techniques definitively
aimed at improving the scaffold performance, shortening the healing time, and increasing the success
rate of the scaffold implantation process.

Keywords: bone tissue engineering; porous materials; bone regeneration

Scaffolds for bone tissue engineering are porous materials that are used to reconstruct
large dimensions bone defects. The ideal scaffold should satisfy to the following three
principal requirements: (1) it should exhibit a structural response that is adequate and as
close as possible to that of the tissues adjacent to the fracture site; (2) it should be biocom-
patible and biodegradable; (3) it should possess adequate surfaces capable of promoting the
adhesion of mesenchymal stem cells, their proliferation and their subsequent osteogenic
differentiation [1]. It is commonly known that the rate of bone tissue regeneration and the
cellular response is significantly influenced by: (a) the scaffold mechanical behavior, which
is, in turn, a function of the scaffold micro-architecture and of the mechanical properties
of the material it is made from [2,3]; (b) the surface roughness status and the biologi-
cal/chemical response of the scaffold/tissue interface surfaces to external factors [4]. The
adhesion of stem cells to the scaffold surface as well as the tissue differentiation process
occurring in the scaffold pores are regulated by very complex mechanobiological mecha-
nisms taking place at both the micro- (i.e., some micrometers, approximately the dimension
of a stem cell) and macro- (i.e., some hundreds of micrometers, corresponding to the typical
dimensions of scaffold pores) levels, respectively [5–9]. The scaffold surface must be ade-
quately structured to favor the adhesion of stem cells and their consequent differentiation.
Similarly, the scaffold architecture must be properly shaped, and the scaffold material must
be adequately designed to trigger favorable biophysical stimuli, leading to the formation
of the bony tissue.

Many studies have recently been conducted to investigate the optimal manufacturing
technologies that can be used to fabricate “smart and custom” scaffolds capable not only of
guaranteeing the above-mentioned requirements, but also of satisfying the specific requests
of the specific patient in whom it will be implanted [5]. One of the most recent research
lines, in fact, has been focused on the design of “personalized” scaffolds that better suit
the anthropometric features of the patient, thus allowing to achieve a successful follow-up
in the shortest possible time [10]. Different studies have recently been published with the
aim of better understanding the relationship between the scaffold geometry/material prop-
erties and the consequent mechanobiological phenomena taking place inside the scaffold
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during the regeneration process. However, no clear explanations are yet available on the
relationship existing between the mechanical/chemical environment and the consequent
biological response of tissues occupying the scaffold pores. This Special Issue attempts to
bridge the gap and to give a possible response to the open questions.

Most of the studies of the Special Issue developed innovative materials favoring the
formation of new bone in the fracture site where the scaffold is implanted [11–16]. Three
papers investigate the issues related to the geometry/dimensions that the scaffold pores
must possess to guarantee an adequate mechanobiological response [10,17,18]. Finally,
three articles deal with more clinical/applicative aspects [19–21].

The studies investigating innovative materials concern not only the material the
scaffold is made from, but also all the materials in presence of which mesenchymal
stem cells can be put to favor their adhesion, proliferation, and differentiation. In detail,
Nicoara et al. [12], synthesized and characterized two types of materials—with antibacte-
rial properties provided by silver nanoparticles (AgNPs)—based on hydroxyapatite and
bacterial cellulose, that are known to possess excellent biocompatibility and bioactivity
properties and are, hence, particularly suited to be used in the field of bone tissue engi-
neering. The obtained composite materials were found to have a homogenous porous
structure, a high water absorption capacity, and a considerable antimicrobial effect due
to silver nanoparticles embedded in the polymer matrix. The fabrication of a compos-
ite bone cement made of graphene oxide and poly(methyl methacrylate) was described
by Krukiewicz et al. [14], who investigated the potential of this cement to enhance the
osteogenic differentiation of human primary mesenchymal stem and progenitor cells.
Bastos et al. [15] developed an advanced three-dimensional (3D) biomaterial by integrating
bioactive factors, such as lactoferrin and hydroxyapatite, within gellan gum spongy-like
hydrogels. The authors demonstrated that that gellan gum spongy-like hydrogels gathered
favorable 3D bone-like microenvironment with an increased human adipose-derived stem
cells viability. Ishida et al. [16], evaluated starfish-derived β-tricalcium phosphate obtained
by phosphatization of starfish-bone-derived porous calcium carbonate as a potential bone
substitute material. They concluded that starfish-derived β-tricalcium phosphate may be
effective for bone regeneration applications, such as in the treatment of fractures and bone
loss. The osteoblastic features of adult mesenchymal stem cells integrated with 3D-printed
polycarbonate scaffolds differentiated in the presence of oligostilbenes, such as resveratrol
and polydatin, were investigated by Posa et al. [13]. They found that both resveratrol
and polydatine stimulate the adhesion of the mesenchymal stem cells to the bone matrix
protein osteopontin via αVβ3 integrin and, specifically, polydatine treatment prompted
a greater reorganization of this integrin in focal adhesion sites. The effects of a titanium
surface coated with polylysine homopolymers on the cell growth of dental pulp stem cells
and keratinocytes was investigated by Contaldo et al. [11]. They found an increase in
cell growth for both cellular types cultured with polylysine-coated titanium compared to
cultures without titanium and those without coating.

Very interesting are also the studies investigating the geometry of the scaffold pores,
as well as the issues related to the structural response to mechanical loads and the scaf-
fold porosity. Percoco et al. [17] and Rodríguez-Montaño et al. [10], using the mechano-
regulation model by Prendergast et al. [22], determined the optimal dimensions that the
pores of scaffolds 3D printed with the FDM technique and including spherical pores,
respectively, must possess. In this model, the fracture site is modelled as a biphasic poroe-
lastic material, and the biophysical stimulus that triggers the osteogenic differentiation
of the mesenchymal stem cells is hypothesized to be a function of the octahedral shear
strain and of the interstitial fluid flow measured in the regenerating tissue. The authors,
by using this model, defined, via an optimization algorithm, the optimal dimensions of
pores for different load values acting on the scaffold [10,17]. Martinez-Marquez et al. [18],
in their review paper, used the quality by design system to explore the quality target
product profile and ideal quality attributes of additively manufactured titanium porous
scaffolds for bone regeneration with a biomimetic approach. The systematic literature
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review presented an overview of the reported properties in research studies of fully porous
titanium bone implants fabricated with additive manufacturing published in the last two
decades. Unit cell geometry, porosity, elastic modulus, compressive yield strength, ultimate
compressive yield strength, and compressive fatigue strength were systematically reviewed
and benchmarked against the proposed ideal quality attributes.

The studies dealing with applicative/clinical aspects investigate very wide and inter-
esting topics. The effects of chronic alcoholism on the repair of bone defects associated with
xenograft was investigated by German et al. [21]. The interesting review paper by Stokovic
et al. [19] summarizes the bone regeneration strategies and the animal models used for
the initial, intermediate, and advanced evaluation of promising therapeutical solutions for
new bone formation and repair. Dentistry issues were investigated by Grassi et al. [20],
who evaluated the clinical success of horizontal ridge augmentation in severely atrophic
maxilla using freeze-dried, custom-made bone harvested from the tibial hemiplateau of
cadaver donors.

All the papers of the Special Issue were submitted to peer review, and thanks to the
help of the reviewers, the quality of all the manuscripts was significantly improved. My
special thanks go, therefore, to the authors for their excellent contribution, to the reviewers,
for their invaluable help, as well as to the editorial staff of Materials, in particular to Ariel
Zhou, Section Managing Editor for her kind assistance, competence and patience.

Funding: I thank the Italian Ministry of Education, University and Research under the Programme:
(1) PON R&I 2014–2020 and FSC (Project ‘CONTACT’, ARS01_01205); (2) ‘Department of Excellence’
Legge 232/2016 (Grant No. CUP - D94I18000260001), for the funding received.
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Abstract: Despite the wide use of scaffolds with spherical pores in the clinical context, no studies
are reported in the literature that optimize the micro-architecture dimensions of such scaffolds to
maximize the amounts of neo-formed bone. In this study, a mechanobiology-based optimization
algorithm was implemented to determine the optimal geometry of scaffolds with spherical pores
subjected to both compression and shear loading. We found that these scaffolds are particularly suited
to bear shear loads; the amounts of bone predicted to form for this load type are, in fact, larger than
those predicted in other scaffold geometries. Knowing the anthropometric characteristics of the
patient, one can hypothesize the possible value of load acting on the scaffold that will be implanted
and, through the proposed algorithm, determine the optimal dimensions of the scaffold that favor
the formation of the largest amounts of bone. The proposed algorithm can guide and support the
surgeon in the choice of a “personalized” scaffold that better suits the anthropometric characteristics
of the patient, thus allowing to achieve a successful follow-up in the shortest possible time.

Keywords: geometry optimization; computational mechanobiology; bone tissue engineering; python
code; parametric CAD (Computer Aided Design) model

1. Introduction

One of the main issues recently investigated in the field of bone tissue engineering and that has
received substantial attention is the identification of the optimal geometry of bony tissue scaffolds to
support the numerous cellular activities involved in bone formation and regeneration [1]. Scaffolds are
porous structures that mainly perform a dual function: transporting nutrients, waste, and oxygen, and a
structural function consisting of transferring the load to the cells and regenerated tissues occupying
their pores and to the adjacent tissues where they are implanted [2,3]. A large number of porous
topologies have been studied from both the theoretical and the experimental point of view, but there is
not yet a consensus between researchers regarding the geometry that the “optimal” scaffold should
possess to maximize the amounts of regenerated bone [4]. However, some “general” guidelines are
commonly accepted in the literature such as the range of the dimensions that pores have to possess to
favor the regeneration process [5].

In general, bone tissue scaffolds can be classified into two principal categories: irregular and
regular. Regular scaffolds are fabricated using advanced manufacturing processes such as additive layer
manufacturing (ALM) that allow controlling with high precision the specific dimension of the single unit
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cell the scaffold is made from. The irregular scaffolds are fabricated with conventional physical-chemical
processes that allow controlling the average dimensions of the scaffold microarchitecture only on a
statistical base [6]. A typical advantage of regular structures is the regularity of the scaffold domain
that implies the regularity of the physical environment and hence the regularity of the mechanical
stimulus acting on the regenerating tissue.

A very interesting scaffold topology is that including spherical pores. It is commonly known that
the adhesion and differentiation of stem cells take place more easily on curved surfaces, especially
on concave surfaces [5,7]. Scaffold topologies including spherical pores were recently produced with
ALM techniques [8]. Spherical pores are also included in previously explored scaffold geometries such
as FCC (face-centered cubic), BCC (body-centered cubic) [9,10], and Schwartz-P primitives [11–13].
However, no studies are reported in the literature optimizing the geometry of scaffolds with spherical
pores, with the scope of maximizing the amounts of neo-formed bone. Here we aim to bridge this
gap. We modeled the scaffold and the tissues occupying it as biphasic poroelastic materials and
computed the biophysical stimulus acting on the tissue inside the scaffold pores according to the model
of Prendergast et al. [14], as a function of the octahedral shear strain and the interstitial fluid flow.
The objective of this study was to identify the optimal geometrical parameters of a regular scaffold
with spherical pores and cylindrical interconnections that maximize the amounts of neo-formed bone.
We found that this scaffold topology is particularly suited to bear shear loads. The proposed model
fits well the requirements of so-called Precision Medicine (i.e., the branch of Medicine that studies
personalized medical solutions for the specific requirements of the patient) and tries to answer the
question about the optimal scaffold micro-geometry to achieve a successful follow-up in the shortest
possible time.

2. Materials and Methods

2.1. Unit Cell Geometry

The parametric model of a scaffold occupying a cubic volume of side L = 2.548 mm and
including 4 × 4 × 4 = 64 unit cells was developed. The same scaffold dimensions were utilized in
previous studies [15,16]. The general purpose software Abaqus (version 6.12, Dassault Systèmes,
Vélizy-Villacoublay, France) was utilized for both the parametric geometry modeling and the finite
element analysis. Each unit cell is a hexahedron with a spherical cavity and cylindrical interconnections
oriented along the orthogonal directions of the coordinate axes. It can be obtained as a Boolean
subtraction of the volume of a sphere with cylinders from a cubic volume with the side Luc = L/4
(Figure 1). Depending on the diameter of the spherical surface Ds, two different unit cell topologies
can be designed: a “small” (S) topology where 0 < Ds ≤ Luc and a “large” (L) topology where Luc < Ds

< Luc ×
√

2 (Figure 2). Obviously, spherical diameters Ds > Luc ×
√

2 are not allowed, as the geometry
deriving from such an assumption would lead to a scaffold unit cell completely different with respect
to that hypothesized. Regarding the diameters of cylinders Dc, other constraints must be respected
depending on the specific topology. In the case of Topology (S), the diameter of cylinders must satisfy
the following inequality:

0 < Dc ≤ Ds/
√

2, (1)

In the section views obtained with a plane cutting the unit cell in half (Figure 3a), the figure of
a square (represented with a dashed line, Figure 3) can be traced as the intersection of the edges of
the cylinders. If this square is included within the edge of the spherical surface (highlighted in blue,
Figure 3), the inequality (1) is verified. Inside the unit cell, a unique spherical surface can be identified
that is interrupted by the cylindrical surfaces (Figure 3b). When the vertices of the square touch the
spherical edge, the condition

Dc = Ds/
√

2, (2)
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is reached. Finally, when the vertices of the square go beyond the spherical edges, only isolated (i.e.,
Dc > Ds/

√
2) or no (i.e., Dc >> Ds/

√
2) portions of spherical surface can be identified, and the geometry

of the unit cell changes completely with respect to that hypothesized, which leads to the change in the
scaffold connectivity.

 

 

π

Figure 1. To build the scaffold unit cell (c), a boolean subtraction was carried out between a cubic
volume (side Luc = L/4) (a) and the volume of a sphere (highlighted in blue) with cylinders (highlighted
in green) oriented orthogonally according to the coordinate axes (b). The section A-A view (d) with the
plane π (c), shows how the unit cell is interiorly made.

In the case of Topology (L), the diameter of cylindrical surfaces Dc must satisfy the
following inequality

√

(

D2
s − L2

uc

)

< Dc ≤ Ds/
√

2 , (3)

In fact, to guarantee the “coherence” of the hypothesized scaffold geometry, the cylindrical
diameter must be greater than the length of the chord C obtained by the intersection of the spherical
edge with the edge of the cylindrical surface (Figure 4). The length of the chord is given by

C =
√

(

D2
s − L2

uc

)

, (4)

The considerations regarding the figure of the square that can be traced in the section view as the
intersection of the cylindrical edges continue to remain valid also in the case of the Topology (L) and,
consequently, lead to define the upper limit for Dc that must be Dc ≤ Ds/

√
2. Table 1 summarizes the

constraint equations that Ds and Dc must satisfy to guarantee that the unit cell geometry remains the
same, thus conserving its “intrinsic” coherence, for the variable values that Ds and Dc can assume.
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≤
≤ √2

Figure 2. Two different topologies can be built for the scaffold unit cell: “small” (S) (a) and “large” (L)
(b). Topology (S) includes a spherical surface with 0 < Ds ≤ Luc (c); Topology (L) includes a spherical
surface with Luc < Ds ≤

√
2 × Luc (c).
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√2 √2

ඥሺ𝐷௦ଶ − 𝐿௨௖ଶ ሻ < 𝐷௖ ≤ 𝐷௦/√2

Figure 3. (a) Section views—in the plane x–z—of the scaffold unit cell (topology (S) with indicated
edges of the primitives (cube, cylinders, and sphere) utilized. When the square obtained by the
intersection of the cylinders touches with its vertices, the spherical edge (in blue), the limit condition
Dc = Ds/

√
2 is reached. For Dc > Ds/

√
2, the topology of the unit cell changes. (b) Section views—in the

three-dimensional space—of the unit cell obtained for different values of Ds and Dc.
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𝐶 = ඥሺ𝐷௦ଶ − 𝐿௨௖ଶ ሻ ,
≤ √2

≤   ≤ √2
≤ √2   ඥሺ𝐷௦ଶ − 𝐿௨௖ଶ ሻ ≤ √2

Figure 4. Schematic utilized to determine the equation constraint that the diameter of cylinders Dc

must satisfy in the case of Topology (L).

Table 1. Constraint equations that the diameter of the sphere Ds and the cylinders Dc must satisfy to
guarantee the coherence of the scaffold geometry.

Constraint Equation for Ds Topology Constraint Equation for Dc

if 0 < Ds ≤ Luc → Small topology (S)→ 0 < Dc ≤ Ds/
√

2

if Luc < Ds ≤ Luc ×
√

2→ Large topology (L)→
√

(

D2
s − L2

uc

)

< Dc ≤ Ds/
√

2

2.2. Scaffold Model and Applied Boundary and Loading Conditions

The unit cell described above was mirrored with respect to different planes and replicated 64 times
to generate the geometry of the entire scaffold (Figure 5). The model includes also the granulation
tissue, highlighted in red (Figure 5), occupying the scaffold pores. Both the scaffold and the granulation
tissue were modeled as biphasic poroelastic materials with the same material properties (Table 1) as
those utilized in previous studies [15,17,18].

A rigid plate (highlighted in blue, Figure 5d,e) was fixed at the upper face of the scaffold-granulation
tissue system using a tie constraint to uniformly transfer the load. A tie constraint between the scaffold
and granulation tissue was also established to prevent any relative displacement between these
two materials. On the bottom surface of the model, an encastre boundary condition was fixed,
while for the outer surfaces of the granulation tissue, a pore pressure equal to zero was set to allow,
according to Byrne et al. [19], the free exudation of fluid. Two different loading conditions were
hypothesized: a compression (Figure 5d) and a shear (Figure 5e) load. The values of load per unit area
FUA hypothesized in this study were the same as those utilized in a previous article [16]: in the case
of compression load, 0.05, 0.1, 0.5, 1.0, and 1.5 MPa, and in the case of shear load, 0.01, 0.05, 0.1, 0.2,
and 0.5 MPa. C3D4P tetrahedral elements available in Abaqus® were used to discretize the model.
The average element size and the maximum deviation factor were set at 50 µm and 0.01, respectively.

A python script was generated that allows automatically (i) building the scaffold and the
granulation tissue geometry; (ii) applying the boundary and the loading conditions; (iii) discretizing
the model into finite elements; and (iv) running the finite element analyses. This script was then
incorporated within an optimization code written in Matlab (Version R2016b, MathWorks, Natick, MA,
USA) that, based on mechanobiological criteria deriving from the model of Prendergast et al. [14],
allows the optimal scaffold geometry to be predicted.
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Figure 5. The CAD models of scaffold (a) and granulation tissue (b) were assembled to generate the
model (c) utilized in the study. Two different boundary and loading conditions were hypothesized to
act on the model: a compression load F (|F| = FUA × L × L) on the upper surface and an encastre on the
lower one (d); a shear load F (|F| = FUA × L × L) on the upper surface and an encastre on the lower
surface (e).

2.3. A Brief Outline of the Mechano-Regulation Model Implemented to Determine the Scaffold Optimal
Geometry

Once the scaffold is implanted in the region with bone deficiency, mesenchymal stem cells (MSCs)
migrate from the adjacent tissues, thus invading the scaffold. Therefore, MSCs start their differentiation
process. The model of Prendergast et al. [14] assumes that the biophysical stimulus S that triggers
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the differentiation process in the fracture domain is a function of the octahedral shear strain and of
the interstitial fluid flow acting on the mesenchymal tissue. Depending on the values that S assumes,
differentiation into different phenotypes, such as fibroblasts, chondrocytes, or osteoblasts, will be
stimulated. The ranges of the biophysical stimulus S that determine the fate of the MSCs are described
in the following inequalities:

S > 3→ Fibroblasts (Fibrous tissue)
1 < S < 3→ Chondrocytes (Cartilage)

0.53 < S < 1→ Osteoblasts (Immature bone)
0.01 < S < 0.53→ Osteoblasts (Mature bone)

0 < S < 0.01→ Bone resorption

(5)

Further details on the mechano-regulation algorithm can be found in previous studies [20,21].

2.4. Optimization Algorithm

The optimization algorithm aims to identify the scaffold geometry that allows maximizing the
amounts of neo-formed bone for each value of force per unit area FUA hypothesized in the study
(Figure 6).

 

Figure 6. Schematic of the optimization algorithm implemented to determine the optimal
scaffold geometry.
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In detail, the algorithm, written in Matlab, employs the fmincon function from the Matlab
optimization toolbox to determine the optimal values of the design variables Ds and Dc that maximize
BO%, the percentage of the scaffold volume occupied by mature bone. In each optimization cycle,
the values of Ds and Dc are perturbed and entered into a python script. This script is given in input to
Abaqus, which builds the model, applies the boundary and loading conditions, generates the mesh, and
runs the finite element analysis. Then, the algorithm reads the results of the FEM analysis, computes
the biophysical stimulus S, and compares it with the boundary values reported in the inequalities (5).
At this point, it computes BO%, the percentage of the scaffold volume occupied by mature bone, as the
ratio between the volume of the elements with S that satisfy the inequality 0.01 < S < 0.53, and the
total volume of the scaffold L × L × L. The algorithm perturbs so many times the values of Ds and Dc

until the maximum value of BO% is determined. Once this occurs, the optimization algorithm stops
and outputs the predicted optimal values of the design variables Ds and Dc as well as the value of
the percentage BO%, which represents the maximum percentage of the scaffold volume that can be
occupied by bone for a given load value. During the optimization process, Ds and Dc can assume
variable values concerning both (L) and (S) Topology but must always satisfy the constraint equations
summarized in Table 1.

All the optimization analyses were conducted on an HP XW6600-Intel®Xeon®DualProcessor
E5-5450 3 GHz–32 Gb RAM workstation (Intel Corporation, Mountain View, CA, USA) and required
approximately 1500 h of computation.

3. Results and Discussion

The optimized scaffold geometries predicted by the proposed algorithm in the case of compression
load present spherical pores and cylindrical interconnections that become smaller for increasing values
of the load (Figure 7). This can be explained with the argument that as the load increases, the biophysical
stimulus acting on the mesenchymal tissue increases too, thus favoring the formation of soft tissues
like cartilage and fibrous tissue. Hence, the algorithm to counterbalance this tends to increase the
scaffold stiffness by decreasing the dimensions of the spherical pores and the cylindrical connections
(Figure 7a,b). Comparing the percentages BO% with those predicted in a previous study [20] for
regular scaffolds based on a hexahedron unit cell with elliptic and rectangular extrusions, we found
that scaffolds with rectangular extrusions perform always better than those with spherical pores.
Conversely, those with elliptic extrusions work better than the scaffolds with spherical pores only for
high load values (Figure 7c). When the load is high, in fact, elliptic and rectangular extrusions tend to
orientate according to the load direction, which makes the scaffold more “suited” to bear and transfer
the compression load acting on it.

The optimal geometries predicted in the case of shear load present pores with dimensions that get
increasingly smaller as we move towards higher load values (Figure 8a,b). Interestingly, in this case,
the scaffold with spherical pores performs, for all the hypothesized values of shear load, better than
those with elliptic and rectangular extrusions (Figure 8c).
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Figure 7. (a) Optimized scaffold geometries (section views A-A), (b) optimal values of Ds and Dc, and
(c) percentage of the scaffold volume occupied by mature bone, predicted by the optimization algorithm
for different values of the compression load. The percentages of bone are compared with those predicted
for scaffolds with hexahedron unit cells including elliptic and rectangular extrusions [20].
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Figure 8. (a) Optimized scaffold geometries (section views A-A), (b) optimal values of Ds and Dc,
and (c) percentage of the scaffold volume occupied by mature bone, predicted by the optimization
algorithm for different values of the shear load. The percentages of bone are compared with those
predicted for scaffolds with hexahedron unit cells including elliptic and rectangular extrusions [20].

In general, the biophysical stimulus S acting on the mesenchymal tissue assumes higher values in
the proximity of the spherical pores, while smaller values are observed in the proximity of the cylindrical
interconnections (Figure 9). The regularity of the scaffold geometry leads to a regular distribution of
the biophysical stimulus that is repeated with approximately the same characteristics as many times as
the cells of the scaffold. Such a spatial distribution demonstrates that the biophysical stimulus depends
on the scaffold geometry and on how this transfers the load to the mesenchymal tissue.
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μ

Figure 9. Spatial distribution of the normalized biophysical stimulus S/Smax computed for a scaffold
(Ds = 0.425 mm Dc = 0.275 mm) subjected to the compression load of FUA = 0.5 MPa.

The proposed study has some limitations. First, the model includes a spherical pore the diameter of
which was optimized based on the mechanobiological model of Prendergast et al. [14]. As demonstrated
in previous studies [16,20], scaffolds oriented according to the load direction perform better than
those without a specific orientation [18]. To make the proposed geometry “oriented” according to
the load direction, the spherical surface should be changed with that of prolate or oblate spheroids.
In this case, the number of variables to optimize are two: the minor and the major axis of the spheroid.
With this strategy, the spheroidal surface would properly orient, thus making the scaffold more “suited”
to bear and transfer the load acting on it [22–24]. This topic will be the objective of future studies.
Second, a clear and direct experimental study that demonstrates the correctness of the predictions
of the proposed model is, at the moment, lacking. In general, it is difficult to systemically study
the effects of scaffold geometry on the process of bone tissue regeneration. The identification of the
geometrical features that principally affect the tissue differentiation process occurring in a scaffold
requires the systematic study of different scaffold geometries. However, at the moment, no such
studies are available in the literature [7]. Third, a simplified hypothesis was followed regarding the
diffusion of mesenchymal stem cells once the scaffold is implanted. The event in which the MSCs
migrate from the adjacent tissues and invade the scaffold could not take place sic et simpliciter. In fact,
once a scaffold is implanted, it will be most likely infiltrated with blood, which clots within a few
minutes, thus clogging the pores of the scaffolds. Moreover, other cells such as connective tissue
fibroblasts could compete with MSCs to colonize the scaffolds. However, in the case where MSCs are
the only cells entering the scaffold, having a highly osteogenic microarchitecture, once the new bone is
deposited, it will prevent further MSCs inwards migration and bone ingrowth. Studies on the transient
phase of the MSCs migration and diffusion through the scaffold should be carried out in the future.
Fourth, the proposed algorithm allows to determine the optimal dimensions of the spherical pores
and the cylindrical interconnections. However, this poses relevant technological issues in the sense
that the proposed approach requires the implementation of additive manufacturing techniques that
must guarantee adequate precision for the produced scaffolds. Stereolithography is one of the most
powerful and versatile additive manufacturing techniques [25]. It has the highest fabrication accuracy,
which ranges from 1.2 to 200 µm [26]. Fused deposition modelling (FDM) was demonstrated to have
the lowest precision [27]. The experimental tests previously conducted with FDM demonstrated that
this technique is suitable to build accurate scaffold samples only in the cases where the strand diameter
is close to the nozzle diameter. Conversely, when a large difference exists, large fabrication errors can
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be committed on the diameter of the filaments [17]. Scaffolds fabricated with selective laser sintering
(SLS) show dimensional deviations—with respect to the nominal dimensions—up to 7.5% [28]. Fifth,
the scaffold model investigated has rather small dimensions with respect to those of the scaffolds
commonly used in the clinical context. In principle, using a larger scaffold model is possible but poses
serious issues of computational power. Sixth, the time variable was not included in the proposed
algorithm, i.e., we do not simulate how the bone regeneration process takes place in the scaffold
and optimize the scaffold geometry based on the “picture” taken at the instant of time zero, after its
implantation. In reality, the inclusion of the time variable requires very high computational power
and a computational time tremendously longer than the time required to perform the optimization
analyses carried out in this study. In fact, for each candidate geometrical solution, the algorithm
should ideally predict how the bony tissue growths and how the scaffold dissolves. This series of
analysis cycles should be repeated as many times as the cycles required by the optimization algorithm,
which leads to computational times at least two orders of magnitude larger than those required in this
study. Increases in computational power will ultimately allow simulating the bone regeneration and
the scaffold dissolution processes to optimize the scaffold geometry on a temporal perspective as well
as modelling scaffolds with dimensions closer to those actually employed in clinical practice.

Despite these limitations, the proposed model shows a mechanical behavior consistent with that of
spongy bone. In fact, if we compute the ratio Eapp /E, where Eapp is the “apparent” Young’s modulus of
the scaffold considered in its entirety and E = 1000 MPa is Young’s modulus of the material the scaffold
is made from (Table 2), we find values falling within the variability range of this ratio experimentally
measured for cancellous bone (Figure 10).

Table 2. Material properties utilized in the model of scaffold and granulation tissue [15,17,18].

Material Property Granulation Tissue Scaffold

Young’s modulus [MPa] 0.2 1000
Poisson’s ratio 0.167 0.3

Permeability [m4/(Ns)] 1 × 10−14 1 × 10−14

Porosity 0.8 0.5
Bulk modulus grain [MPa] 2300 13,920
Bulk modulus fluid [MPa] 2300 2300

To compute the ratio Eapp /E, three different finite element models of the sole scaffold (i.e.,
the granulation tissue was removed) were built, with the following pairs of Ds and Dc values expressed
in millimeters [mm]: (Ds = 0.85; Dc = 0.55), (Ds = 0.75; Dc = 0.5), (Ds = 0.65; Dc = 0.45), which
are close to the typical dimensions of pores commonly adopted in scaffolds for bony tissue [29,30].
These models were clamped on the lower base and subjected to a compression load of FUA = 0.1 MPa.
The displacement u2 (Figure 10a) produced by the load was computed with Abaqus and used to
determine the apparent Young’s modulus as:

Eapp = FUA × L/u2, (6)

Interestingly, the values of the ratio predicted numerically are consistent with those measured
experimentally [31,32] on samples of human spongy bone (Figure 10b). Furthermore, if we compute
for the three models described above the scaffold volume fraction Vf, i.e., the ratio between the volume
of the scaffold Vs and the total volume of the model Vtot = L × L × L, we find values that are consistent
with those experimental reported by Snyder and Hayes [33] and measured for human spongy bone
(Figure 10c).
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Figure 10. (a) u2 displacement field of the scaffold models subjected to a compression load of 0.1 MPa.
(b) Values of the ratio Eapp /E computed for the three models and compared with those experimentally
measured (represented with the red lines) for cancellous bone. (c) Scaffold volume fraction values
compared with the volume fraction of human spongy bone.

The proposed model fits well the requirements of so-called Precision Medicine. The optimization
algorithm presented in this article represents a possible approach to try to identify, given the specific
patient with her/his specific anthropometric characteristics (i.e., macroscopic characteristics of the
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patient, such as weight, height, and geometric parameters of posture, that is, all the characteristics that
allow identifying the boundary and loading conditions that act on a given anatomical region when a
specific activity is performed), which are the optimal dimensions of the scaffold micro-geometry to
achieve a successful follow-up with the formation of the largest amounts of bone in the shortest possible
time? In fact, if one knows the anthropometric characteristics of the patient, they can hypothesize the
possible value of load acting on the scaffold that will be implanted, and through diagrams such as
those shown in Figures 7b and 8b, they can determine the optimal dimensions of the scaffold that favor
the formation of the largest amounts of bone (Figure 7b). Furthermore, the proposed approach can
support the surgeon in the choice of the best scaffold to implant in the specific fracture site of the patient.
In fact, the surgeon has nowadays a very large range of scaffold geometries available on the market
and hence has to choose the most suitable one for the specific requirements of the patient. For example,
if, based on the anthropometric characteristics and the anatomical region of the fracture site, it is found
that the scaffold will be subjected mainly to compression loading, the surgeon will choose the scaffold
with rectangular extrusions (Figure 7c). If, on the other hand, it is found that the acting load will be
mainly shear, then the surgeon will choose the scaffold with spherical pores (Figure 8c).

4. Conclusions

In this study, using a mechanobiology-based optimization algorithm, we computed the
optimal dimensions of the micro-architecture of scaffolds including spherical pores and cylindrical
interconnections. The optimization algorithm perturbs the scaffold geometry until the specific
dimensions that favor the formation of the largest amounts of bone are identified. The proposed
algorithm can guide and support the surgeon in the choice of a “personalized” scaffold that better suits
the anthropometric characteristics of the patient, thus allowing to achieve a successful follow-up in the
shortest possible time.
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Abstract: In oral implantology, the success and persistence of dental implants over time are guar-
anteed by the bone formation around the implant fixture and by the integrity of the peri-implant
mucosa seal, which adheres to the abutment and becomes a barrier that hinders bacterial penetra-
tion and colonization close to the outer parts of the implant. Research is constantly engaged in
looking for substances to coat the titanium surface that guarantees the formation and persistence
of the peri-implant bone, as well as the integrity of the mucous perimeter surrounding the implant
crown. The present study aimed to evaluate in vitro the effects of a titanium surface coated with
polylysine homopolymers on the cell growth of dental pulp stem cells and keratinocytes to establish
the potential clinical application. The results reported an increase in cell growth for both cellular
types cultured with polylysine-coated titanium compared to cultures without titanium and those
without coating. These preliminary data suggest the usefulness of polylysine coating not only for
enhancing osteoinduction but also to speed the post-surgery mucosal healings, guarantee appropriate
peri-implant epithelial seals, and protect the fixture against bacterial penetration, which is responsible
for compromising the implant survival.

Keywords: cell growth; titanium; polylysine; dental implants; implantology; biomaterials;
epithelial growth

1. Introduction

Dental implants are multi-material prostheses that replace tooth roots with screw-
like metal fixtures surgically inserted into the edentulous bone that are connected by the
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abutment with an artificial crown that replaces the missing tooth, looking and acting
identical to the real one (Figure 1).

 

Figure 1. Schematic representation of a dental implant (a) and the oral structures (peri-implant
mucosa and peri-implant bone) surrounding the fixture (b), surgically inserted in the bone. Original
figures made by D.M. with SOLIDWORKS ® (CSWP-MBD Version, 2021, SolidWorks, Dassault
systems, Waltham, MA, USA).

Dental implants fixtures are generally composed of biomedical titanium and its al-
loys [1], as they are biocompatible as well as resistant to corrosion and strength [2].

Numerous surgical protocols and variables may affect dental implant placement, and,
over the years, novel implantology procedures have been constantly proposed [3–6].

The main sign of the success of a dental implant is its capability to integrate its
shape with the bone and to induct the formation of novel bone around it; these properties
are defined as “osseointegration”—“the close contact between the bone and an implant
material in histological sections” [7,8]—and “osteoinduction”—the ability to induce the
osteogenesis of new mineralized bone around the implant surfaces, thus firmly blocking
the fixture within the bones of the jaws [9].

In addition to different surgical protocols [10], geometry modifications [5,11] and
various surface treatments for increasing surface roughness [1,12], such as acid-etching,
grit-blasting, titanium plasma-spraying, or anodization [13], as well as the use of various
coatings to make the titanium surface bioactive [14–17] are responsible for empowering
the wettability, bone anchoring, and biomechanical stability between the implant–bone
interfaces [3,6,10,12,18], thus increasing osteoinduction and osteointegration.

Among the coating substances, the polyaminoacid poly-L-lysine has been reported
to be able to bridge the cell-adhesion trough covalent attachments to cysteine in the
bone [19–21].

A model of study on the osteogenic effects of substances is the use of human dental
pulp stem cells [22–24], which previously has been proven to be involved in bone–implant
osseointegration [25–28]. In details, the role of induced pluripotent stem cells in dentistry
has been recently discussed and the use of autologous dental-derived stem cells has been
proposed for bone tissue regeneration, as less invasive and more predictable alternative to
conventional tissue regenerative procedures [29].
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Furthermore, the mechanisms underlying the potential effects of poly-L-lysine on
these kinds of cells have been reported both in vitro [20] and in vivo on sheep animal
models [21].

Bacterial-induced inflammation of the soft tissues surrounding the abutment is the
main cause of failure of the osteointegration immediately after the fixture placement and
during the years. To avoid bacterial penetration and contamination of the peri-implant
bone, which is responsible for inflammation and bone loss, the integrity of the peri-implant
seal is crucial [30]. Otherwise, peri-implant inflammation occurs, and the implant survival
is compromised. [31,32].

Therefore, a good epithelial attachment between the implant and the peri-implant
mucosa is fundamental to achieve and maintain the osteointegration [30,33–35], and it is
essential to maintain an intact oral epithelial barrier, with no local and systemic risk factors,
as bacterial plaque, to offer good resistance to mechanical stress that is both physiological
and pathological.

The present work aimed to confirm the in vitro effects of titanium functionalized with
a poly-L-lysine coating on human dental pulp stem cells (hDPSCs), which are responsible
for osteogenesis, and evaluate analogues effects on keratinocyte cell lines (HaCaT), which
are responsible for epithelial attachment of the mucosa surrounding the abutment, to
hypothesize a potential improvement of implant osteointegration and the potential use of
poly-L-lysine for rapid mucosal healing after the implant placement and during years to
preserve the health of peri-implant mucosa.

2. Materials and Methods

Machined clean square plates (1 cm × 1 cm in size; 0.2 mm thick) made up of 5-Ti-
6Al-4V ELI alloy (Klein s.r.l., Milan, Italy) (Figure 2) were sterilized with ethanol 70%,
dried under a fume hood, and used in six types of experiments: hDPSCs cultures alone
(standard condition), hDPSCs cultures with titanium, and hDPSCs cultures poly-L-lysine-
coated titanium (Figure 3a); HaCaT immortalized human keratinocyte line cultures alone,
HaCaT cultures with titanium, and HaCaT cultured with poly-L-lysine-coated titanium
(Figure 3b). In each experiment, cell viability and proliferation were assessed, as reported
below. Sterilized titanium plates were coated with poly-L-lysine incubating at 37 ◦C for
30 min with a solution containing 0.01% poly-L-lysine and then dried and washed twice
with sterile water. After this, cells were cultured on the disks.

2.1. hDPSCs Culture and Growth Curve

Experimental procedures were conducted following our previous experience in the
field and according to the manufacturer’s specifications [22,23,25,36–40].

Each patient or guardian gave informed consent to tooth extraction obtained with
piezo-surgery technology, which was in accordance with the Declaration of Helsinki, for
re-use of biospecimens in research applications. Moreover, the study was approved by
the Independent Ethical Committee of University Hospital of Bari, Italy (protocol number
155/2021, 27 January 2021). With the purpose to preserve dental tissues for consequent
cell isolation and expansion, piezo-surgery technology enables selective tissue cutting,
and consequently, tooth buds or embedded third molars can effortlessly be removed from
bones with slight wound to periodontal fibers or bud follicles.

In addition, tooth extraction, especially by piezosurgery technique, can be considered
less invasive in comparison to bone marrow or other tissues biopsy [22].

Briefly, the pulp was removed and immersed for 1 h at 37 ◦C in a digestive solution
of 3 mg/mL of type I collagenase and 4 mg/mL of dispase in PBS (phosphate buffered
saline) containing 40 mg/mL of gentamicin. Once digested, the solution was filtered
through 70 µm Falcon strainers (Becton & Dickinson, Franklin Lakes, NJ, USA). Cells were
cultured in standard medium consisting of Dulbecco’s modified Eagle’s medium (DMEM)
with 100 units/mL of penicillin, 100 mg/mL of streptomycin, and 200 mM l-glutamine
(all purchased from Gibco), supplemented with 10% fetal bovine serum (FBS) (Invitrogen,
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Waltham, MA, USA). Cells were maintained in a humidified atmosphere under 5% CO2 at
37 ◦C, and the media were changed twice a week.

At first passage of culture, cells were seeded at a density of 150.00 cells/titanium
implant—with and without poly-L-lysine homopolimers coating—and in standard con-
dition. After 1 h of incubation in 100 µL of culture medium to allow cell attachment, the
cell implants and cells cultured without implants were incubated in DMEM at 10% of
FBS (fetal bovine serum) into an incubator at 37 ◦C in a humidified atmosphere consisting
of 5% CO2 and 95% O2 for 24, 48, and 72 h. For each time, an aliquot of cell suspension
was diluted with 0.4% trypan blue (Sigma Aldrich, St. Louis, MO, USA), pipetted onto
a haemocytometer, and counted under a microscope at 200× magnification. Live cells
excluded the dye, whereas dead cells admitted the dye and were consequently stained
intensely with trypan blue. The number of viable cells for each experimental condition was
counted and represented on a linear graph.

MTT Analyses

In order to evaluate the cytotoxicity of titanium implants on cells, MTT assay (3-
(4,5-dimethylthiazol-2-yl)-2,5-diphenyltetrazolium bromide) was used [41,42]. Cells, at a
density of 300.00 cells/implant with and without poly-L-lysine coating and cells cultured in
standard condition (hDPSCs cultured in tissue culture polystyrene (TCP) without titanium
and polylysine) were plated in DMEM at 10% FBS for 24, 48, and 72 h. After each time point,
the medium was removed, and 200 µL of MTT (Sigma, Milan, Italy) solution (5 mg/mL
in DMEM without phenol red) and 1.8 mL of DMEM were added. Four hours later, the
formazan precipitate was dissolved in 100 µL dimethyl sulfoxide, and then, the absorbance
was measured in an ELISA reader (Thermo Molecular Devices Co., Union City, NJ, USA)
at 550 nm. The mean and the standard deviations were obtained from three different
experiments of the same specimen.

 

Figure 2. On top, the machined clean titanium plate at SEM. FOV: 134 µm, Mode: 15 kV—Point,
Detector: BSD Full. On bottom, the chemical composition analysis of the titanium surface, in spot 1,
pointed by a cross in the figure.
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Figure 3. Schematic representation of the experiments. (a) hDPSCs cultured alone, on titanium plates,
and on titanium plates coated with poly-L-lyisine. (b) HaCaT cells cultured alone, on titanium plates,
and on titanium plates coated with poly-L-lyisine.

2.2. HaCaT Cells Culture and Growth Curve

HaCaT were cultured in complete culture medium consisting of DMEM (Sigma D5796,
Sigma Aldrich, St. Louis, MO, USA) with 1% penicillin/streptomycin (Sigma P0781, Sigma
Aldrich, St. Louis, MO, USA), 2 mM glutamine (Sigma G7513, Sigma Aldrich, St. Louis,
MO, USA), and supplemented with 10% fetal bovine serum (Sigma F7524, Sigma Aldrich,
St. Louis, MO, USA) [43]. All procedures were performed under sterile conditions under a
NuAire laminar flow biological hood.

The cultures were expanded in plates every three days in an incubator under 5%
CO2 at 37 ◦C (RH = 95%), until the required number of cells was reached. Then, 5 × 105

cells were subsequently transferred to plates containing titanium alone and titanium with
poly-L-lysine coating to promote engraftment.

In order to highlight cell clones adhering to titanium, after 48 h, the titanium plates
with and without poly-L-lysine coating were removed from the culture and, after suitable
washing with PBS twice, they were placed in plates containing only fresh culture medium
to observe cell viability.

The cytotoxicity check was performed by culturing the cells in the absence and pres-
ence of the titanium plate (with and without poly-L-lysine coating) and by evaluating their
viability after replacement in a new fresh medium.
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After 72 h, all cells were trypsinized, collected, and evaluated for viability according
to tryp blue method using the Burker chamber count (Invitrogen, Milan, Italy).

2.3. Statistical Analyses

Student’s test was used for statistical evaluation. A p-value < 0.05 was considered
significant.

3. Results

3.1. hDPSCs Growth Curves Analyses

Cell growth analysis and viability staining with trypan blue showed that hDPSCs
cultured in standard condition and on titanium with and without poly-L-lysine showed
the same trend in growth; however, while the titanium alone slightly negatively affects
the viability for cells (p < 0.01), the cell growth on the poly-L-lysine coated titanium was
noticeably increased (p < 0.001) (Figure 4).

Figure 4. Cell growth analyses. Although hDPSCs cultured in standard condition and on titanium with and without
poly-L-lysine showed the same trend in growth, in the culture with titanium coated with poly-L-liysine, the cell growth was
higher than the hDPSCs alone and hDPSCs with only titanium. ** p < 0.01, *** p < 0.001 compared to the hDPSCs.

3.2. MTT Evaluation in hDPSCs

To evaluate how the titanium affected the viability and proliferation of hDPSCs, MTT
analyses were performed. hDPSCs were cultured on titanium with and without poly-L-
lysine coating for 24, 48, and 72 h. Results showed that titanium was not cytotoxic. In
addition, there were no changes in terms of proliferation between cells cultured in standard
condition and cells seeded on titanium, while the cells seeded on titanium coated with
poly-L-lysine showed higher proliferation (p < 0.001) (Figure 5).
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Figure 5. MTT evaluation. Titanium did not show cytotoxicity, and the proliferation of cells seeded
on titanium was similar to those of cultured in standard condition, but in titanium coated with
poly-L-liysine, cell proliferation was higher at 24, 48, and 72 h. *** p < 0.001 compared to the hDPSCs.

3.3. HaCaT Viability and Proliferation: Mucoproliferative Effects of Titanium

To evaluate the viability, HaCaT cells were cultured in the presence of titanium pre-
coated with poly-L-lysine. As shown in Figure 6, the mere presence of titanium coated
with poly-L-lysine did not affect HaCaT cell viability, as the cells at the bottom of the
plate showed normal health morphology [44]. Moreover, cells cultured in the presence
of titanium showed an increase in cell proliferation of 40% after 72 h compared to plates
containing cells in the absence of titanium. To further demonstrate the presence of live cells
adherent on titanium, after 48 h of culture, the titanium plate was placed in a new well
with only fresh medium, and even here, adherent keratinocytes were still appreciated. This
evidence demonstrates that titanium was found to be a suitable substrate for the viability
and growth of keratinocytes in the presence of a culture medium (Figure 6).

 

Figure 6. (a) HaCat cells culture on the titanium plate coated with poly-L-lysine. (b) After a further
48 h, the titanium plate with the adherent HaCaT cells was placed in a new well with a fresh medium,
where vital and growing cells were appreciated adhering on the bottom of the well, as shown in
figure (b) (optical microscopy, original magnification ×10).
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4. Discussion

The titanium alloys used in dentistry are biocompatible and not cytotoxic, but their
surface is also inert, thus not affecting positively the osteoinduction. To empower dental
implant osteoinduction, the titanium surface can be functionalized by coating it with a
series of bioactive compounds and substances. For this purpose, various coatings have
been proposed: nanoparticles of silver, copper, and zinc, as sanitizing agents, and antibac-
terial and bioactive substances [14], such as quaternary ammonium ions and chlorhexidine,
antibiotics, or antimicrobial peptides [15]; calcium-phosphate alone [16] or hydroxyapatite
or octacalcium phosphate complexes [17]. These substances are used to make the tita-
nium surface bioactive to improve osteoinduction, by adding, in some cases, antibacterial
properties.

Poly-L-lysine is a polyaminoacid carrying positive charges, which increase cellular
adhesion on different substrates, and it has been variously reported as an additional
coating to titanium surfaces [19–21]. In 2005, Spoerke et al. [19] first reported that a
nanotextured hybrid titanium coating made up of poly-L-lysine 14% by weight added to
calcium phosphate was able to enhance the surface area of the implant and to potentiate
the bioactivity of the calcium phosphate alone, by the presence of poly-L-lysine in bridging
the cell-adhesion through covalent attachments to cysteine in the bone.

Different studies have reported the osteogenic effects of poly-L-lysine on dental-
derived stem cells [22–24] and their involvement in bone–implant osteointegration [25–28].
In 2011, Galli et al. [20] described the potential mechanisms by which poly-L-lysine can
enhance osteogenesis, thus reporting that hMSCs (human mesenchymal stem cells) and
hDPSCs cultured on poly-L-lysine-treated titanium (Ti6Al4V) showed significantly higher
expression of bone marker genes, produced a higher quantity of calcium deposits, and
showed higher cell viability after 12 h of culture in comparison with the cells on the un-
treated titanium. These effects were allowed both by the poly-L-lysine positive charges
and its interaction with β-integrin and other molecules from the extracellular matrix (as
collagen I, fibronectin, and vitronectin) and their adhesion receptors on the studied cells,
thus activating the intracellular signaling cascade responsible for the upregulation of os-
teogenic markers genes. Among the osteogenic markers activated, alkaline phosphatase
is responsible for focal adhesion kinase (FAK) phosphorylation. While the unphosphory-
lated FAK is capable of blocking the mineral deposition, conversely, phosphorylated FAK
(p-FAK) increased in the presence of titanium treated with poly-L-lysine and promoted
calcium deposition, osteogenic differentiation, and bone maturation. In support of this
mechanism, the same authors reported the presence of p-FAK only in cells treated with
titanium-poly-L-lysine and from a twofold (at day 6) to eightfold (at day 25) increase of
osteogenic differentiation markers in hMSCs and hDPSCs grown on titanium and poly-L-
lysine compared to untreated hMSCs and hDPSCs [20]. In conclusion, poly-L-lysine seems
to increase the p-FAK form, thus limiting its capability to block the mineral deposition and
hence promoting the osteoblastic differentiation pathway and initiating mitogen-activated
protein kinases, leading to osteogenic differentiation and bone maturation.

Four years later, in 2015, Varoni et al. confirmed the effect of poly-L-lysine coatings on
titanium osseointegration by in vivo studies on sheep animal models [21]. Their results
showed that cortical bone microhardness significantly improved in the presence of the
poly-L-lysine coating by enhancing calcium deposition and implant early osseointegration
in animals.

Little literature exists about the proliferative effects of poly-L-lysine on HaCaT cells;
the work closest to highlighting this effect was the study by Renò et al. [45], but a complete
and exhaustive explanation of the underlying mechanisms has not been reported yet.
Renò et al. tested the efficacy of two different hydrogels synthesized by crosslinking gelatin
with polylysine (positively charged) (HG1) and gelatin with polyglutamic acid (negatively
charged) (HG2) as scaffolds for immortalized human keratinocytes (HaCaT) growth. They
found that keratinocytes adhered both onto the HG1 and HG2 surface and were capable of
proliferating, without toxicity, even if the cells displayed higher adhesion and proliferation
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onto HG2, forming a continuous and stratified epithelium after 7 days [45]. Further studies
are necessary to elucidate the poly-L-lysine effects on epithelial cells and wound-healing
processes in depth.

To prevent bacterial infections and facilitate the bone mineralization around the dental
implants, recently, Guo et al. reported the synergistic effect of a composite coating made
up of poly-L-lysine/sodium alginate and nanosilver [46], while Zhang et al. coated the
titanium surfaces with a multilayer biofilm of ε-polylysine and arabic gum [47].

The present work tested the effects of poly-L-lysine-coated implant plates on the cell
growth and cytotoxicity both on epithelial cells and dental-derived stem cells, in order
(i) to confirm any proliferative effects on mesenchymal cells responsible for osteogenesis
and (ii) to establish whether it exerts a potential similar muco-proliferative effect on cells
of epithelial origin. For these purposes, a series of experiments were conducted on two
different cell lines: epithelial (HaCaT) and mesenchymal (hDPSCs) cells.

Results unanimously have reported cell viability, lack of cytotoxicity, and a statistically
significant improvement of the cell growth both for hDPSCs and HaCaT when cultured on
poly-L-lysine-coated titanium plates, when compared with the cultures of the cells alone
and those of the cells with uncoated titanium plates.

5. Conclusions

The oral cavity is always challenged by mechanical, chemical, and biological stimu-
lations throughout life [48], and because the oral mucosa represents a protective barrier
between the soft tissues and the external environment [49], it is essential to preserve its
integrity and resistance to mechanical stress, both physiological and pathological, and to
reduce irritating local factors such as bacterial plaque [30,50]. Oral dysbiosis and poor
oral hygiene compromise the health of the peri-implant soft tissues. Furthermore, as in
gingivitis and periodontitis, which are diseases responsible for gingival inflammation and
bone loss strictly associated with bacterial plaque composition and bone diseases such as
osteoporosis [51,52], peri-implant sites can be equally affected by their counterparts as well.
These counterparts are called mucositis and peri-implantitis [31,32] which, respectively,
lead to inflammation of the mucosa surrounding the abutment and the loss of bone around
the fixture, thus compromising the stability of the implant in the bone, which is resorbed
and decreased [53–56]. Furthermore, dysmetabolic diseases such as chronic hyperglycemia
have been associated with periodontitis and peri-implantitis due to delayed and/or im-
paired wound healing for the activation of pathways linked to inflammation, oxidative
stress, and cell apoptosis [57–59].

The present work is an exploratory study to confirm the bone proliferative effects
of a poly-L-lysine coating on titanium and to establish analogue proliferative effects on
keratinocytes and lack of cytotoxicity.

The results have confirmed the positive effects of poly-L-lysine on osteoinduc-
tion [20,21,28,42,53] and demonstrated a novel potential role also in promoting epithe-
lial cell growth. It means that in clinical practice, a poly-L-lysine topic administration on
the surgical mucosal site of a dental implant, could promote, accelerate, and ameliorate the
formation of epithelial tissue around semi-submerged and on submerged implants, to favor
more rapid healing of the surgical site after the fixture placement and to reinforce the epithe-
lium surrounding the abutment during the remaining life of the implant, thus preventing
mucositis and peri-implantitis arising from a loose gingival–implant thigh contact.

However, further in vivo studies are required to confirm the effects of titanium func-
tionalized with a poly-L-lysine coating to improve implant osteointegration and to elu-
cidate the mechanisms of action on keratinocytes and the in vivo efficacy of polylysine
compounds in promoting epithelial cell growth and wound healing, as well as after the
implant placement and during years to preserve the health of peri-implant mucosa, with
particular attention to the aesthetic area [60].

Furthermore, the additional in vivo studies could be supported by non-invasive
imaging techniques [61–65] as well as classical procedures, which could highlight and
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quantify the real histological and cytologic effects of poly-L-lysine on epithelial cell growth
to enhance and/or support the wound healing not only at peri-implant sites but also for the
treatment of oral lesions and injuries requiring the re-establishment of a healthy mucosal
barrier [66–69] and the reduction of biofilm formation around the teeth and implants [70].
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Abstract: Hydroxyapatite (HAp) and bacterial cellulose (BC) composite materials represent a
promising approach for tissue engineering due to their excellent biocompatibility and bioactivity.
This paper presents the synthesis and characterization of two types of materials based on HAp and
BC, with antibacterial properties provided by silver nanoparticles (AgNPs). The composite materials
were obtained following two routes: (1) HAp was obtained in situ directly in the BC matrix containing
different amounts of AgNPs by the coprecipitation method, and (2) HAp was first obtained separately
using the coprecipitation method, then combined with BC containing different amounts of AgNPs
by ultrasound exposure. The obtained materials were characterized by means of XRD, SEM, and
FT-IR, while their antimicrobial effect was evaluated against Gram-negative bacteria (Escherichia coli),
Gram-positive bacteria (Staphylococcus aureus), and yeast (Candida albicans). The results demonstrated
that the obtained composite materials were characterized by a homogenous porous structure and high
water absorption capacity (more than 1000% w/w). These materials also possessed low degradation
rates (<5% in simulated body fluid (SBF) at 37 ◦C) and considerable antimicrobial effect due to silver
nanoparticles (10–70 nm) embedded in the polymer matrix. These properties could be finetuned by
adjusting the content of AgNPs and the synthesis route. The samples prepared using the in situ route
had a wider porosity range and better homogeneity.

Keywords: bacterial cellulose; hydroxyapatite; nanoAg; tissue engineering; antimicrobial composite

1. Introduction

One of the most significant advances in the field of tissue engineering is the development of a
porous three-dimensional matrix [1]. In order to act as an optimal bone support, the synthetic matrix
must have a series of properties, including biocompatibility, biodegradability, appropriate porosity
(similar to the replaced tissue), antimicrobial activity, and production reproducibility [2,3]. In addition
to these requirements, it is also recommended that they have mechanical properties similar to natural
bone, such as compressive strength, fatigue resistance, and high Young’s modulus [4].
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Such characteristics allow cell penetration, vascularization, and adequate nutrient and oxygen
diffusion to cells and to the unformed extracellular matrix, which ensures cells viability. The pore size is,
in fact, a key element for material efficiency. The pores must be large enough to allow cells to enter and
move into the framework of the scaffold, while a small dimension allows the attachment of essential
cell number at the same level [5]. Depending on the type of host tissue, all the support materials used
in tissue engineering may have a macroporous structure with a particular pore size. For example,
researchers suggest a pore size of 200–400 microns is optimal for bone tissue engineering [5,6].

The inorganic phase of the composites designed for bone replacement is usually hydroxyapatite
(HAp) [7,8]. HAp is an essential element required for tissue regeneration, with the advantages of
great biocompatibility, high plasticity, and remarkable mechanical properties because its chemical and
crystalline structure is similar to natural bone apatite [2,9]. It also has an ultrafine structure and a large
surface area that is advantageous for cell–biomaterial interactions and has been widely studied in
applications for bone engineering [8,10].

For the organic phase of natural bone, replacement with bacterial cellulose (BC) has been
attempted [11]. Even though the BC structure is chemically equivalent to plant cellulose
(β-D-glucopyranose units linked by β-1,4 glycosidic bonds), it is free of by-products, such as lignin,
pectin, hemicellulose, and other constituents of lignocellulosic materials. BC is a biodegradable
polymer consisting of nanofibrillar structures, which determine a high specific surface area and a
microporous structure. The unique 3D structure of BC is the main reason for its excellent retention and
osteoinductivity, properties that make it a highly desirable substitute for collagen extracellular matrix
in hard tissue engineering applications [12]. However, insufficient mechanical strength of the polymer
restricts its direct application in vivo [13].

Many studies [14–17] have shown that BC could provide tissue regeneration and substitution,
thus being used for bioengineering of hard, cartilaginous, and soft tissues. Bacterial cellulose is widely
used as a wound dressing material, and nanomaterials obtained from BC show great antimicrobial
properties [18–21]. BC can be combined with polymeric and nonpolymeric compounds to acquire or
enhance antimicrobial, cell adhesion, and proliferation properties [13,22–25].

Scaffolds embedded with antimicrobial agents, antibiotics, or several forms of silver nanoparticles,
which are known antimicrobial agents, are attracting great interest in biomedical research. Metallic silver
and silver nanoparticles (AgNPs) have been reported to provide a wide variety of antimicrobial
activities [12,26–28].

AgNPs are more toxic compared to bulk silver but they have a strong anti-inflammatory
impact during tissue healing and can be integrated into composite materials to obtain antibacterial
properties [29–31]. The human dietary intake of silver, owing to the widespread use of silver
compounds, is estimated at 70–90 µg per day [32]. One of the main risk factors in tissue engineering
and implant development is microbial infections. Bacterial colonization and the development of
multicellular attached communities, called biofilms, are responsible for the high rate of failure in tissue
engineering [33].

The purpose of this study was to develop a composite material based on hydroxyapatite, bacterial
cellulose, and silver nanoparticles with biomedical applications. The material was obtained by the
coprecipitation technique, which is a reliable, simple, economic, fairly rapid, and precise method that
allows the synthesis of homogenous structures and favorable pore dimensions [10]. Studies have
described the synthesis of bacterial cellulose/hydroxyapatite composites for bone healing applications
using different methods [34–39]. In this work, AgNPs were integrated in the composite system in order
to induce antibacterial properties.

2. Materials and Synthesis Methods

The chemical reagents were calcium nitrate tetrahydrate (Ca(NO3)2•4H2O, >99%), ammonium
phosphate dibasic ((NH4)2HPO4, 99%), ammonium hydroxide (NH4OH, 99%), sodium hydroxide
(NaOH, 98%), silver nitrate (AgNO3, >99%), sodium citrate (C6H5O7Na, >99%), polyvinylpyrrolidone
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((C6H9NO)n), and sodium borohydride (NaBH4, >99%), purchased from Sigma-Aldrich (St. Louis,
MO, USA). The solvents were American Chemical Society (ACS, Washington, DC, USA) purity.
Bacterial cellulose membrane was produced in the laboratory by Gluconacetobacter sp. strain isolated
from traditionally fermented apple vinegar in the Microbiology Laboratory of the Chemical and
Biochemical Engineering Department, University Politehnica of Bucharest, based on a protocol
previously described [40].

In order to obtain 500 mL colloidal silver (100 ppm concentration), an aqueous silver nitrate
solution (AgNO3) was used as silver precursor, to which 30 mL sodium citrate (0.3 M) was added.
After 12 min, 30 mL of Polyvinylpyrrolidone (PVP, 0.007 M) and 5 mL NaBH4 (1 M) were added to
reduce Ag+ to Ag0 nanoparticles. Finally, 5 mL of oxygenated water (30%) was added, and stirring
was maintained for another 10 min approximately, until a light blue color (due to the size of the
nanoparticles) was obtained (Figure 1) [41].

 

 

−

Figure 1. Synthesis of silver nanoparticles.

The bacterial cellulose synthesized by the Gram-negative bacteria (Gluconacetobacter sp.) was
boiled at 80 ◦C in water alkalized with sodium hydroxide (pH 14, measured by colorimetric method).
After purification, BC was washed in distilled water until it reached neutral pH. Afterward, it was
minced using a blender (Silvercrest, Neckarsulm, Germany) and weighed according to the recipe.
Previously, the amount of dry matter was determined on a quantity of BC by eliminating the humidity,
and it was found that 0.25 g of dry BC can be obtained from 10.62 g of wet BC [17].

Two synthesis methods were used to obtain the bacterial cellulose and HAp-based composites.
The first method involved obtaining in situ hydroxyapatite nanoparticles directly on cellulose fibers
and subsequently adding the AgNPs solution, followed by homogenization using an ultrasound probe
(composites further referenced as BC1, BC2, BC3, and BC4).

For the synthesis of 2 g HAp, the amount of precursors required to obtain the material with
different concentrations of AgNPs (0, 1, 2, and 5 wt %) was calculated.

The Ca2+ and PO4
3− precursors, Ca(NO3)2•4H2O, and (NH4)2HPO4 were solubilized in distilled

water, and bacterial cellulose was added in the calcium nitrate solution (see Figure 2). The mixtures
were homogenized by magnetic stirring, and the ammonium phosphate solution was added
dropwise. After homogenization, the pH was adjusted to 10.5 with an ammonium hydroxide
solution. The obtained precipitates were aged for 24 h, then washed with distilled water until pH 7 was
achieved. After washing, the appropriate amount of silver colloidal solution that had been previously
obtained was added to each composition according to the centralizing table (Table 1). The obtained
mixture was mixed for 3 min in the presence of ultrasound to ensure the best possible homogeneity
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and then poured into Petri dishes (d = 54 mm), frozen, and subsequently subjected to the freeze-drying
process (freezing at −55 ◦C for 12 h, vacuum at 0.001 mbar for 12 h, and heating under vacuum for 24 h
to 35 ◦C) in order to obtain porous composite materials [42].

 

−

Figure 2. Synthesis of BC1, BC2, BC3, and BC4 composites; BC, bacterial cellulose.

Table 1. Bacterial cellulose, HAp, and AgNP content in the final composites.

Sample Name Bacterial Cellulose Content (%) HAp Content (%) AgNP Content (%)

BC1 50 50 0
BC2 50 49 1
BC3 50 48 2
BC4 50 50 5
BC5 50 50 0
BC6 50 49 1
BC7 50 48 2
BC8 50 45 5

The second method of synthesis involved the separate synthesis of HAp by the coprecipitation
method, followed by its addition to bacterial cellulose gel in the presence of ultrasound for 3 min,
as described in Figure 3.
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θ
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Figure 3. Synthesis of BC5, BC6, BC7, and BC8 composites.

After homogenization, the required amount of silver colloidal solution was added, followed by
the steps previously described in the in situ method. The composites thus obtained by the ex situ
method were noted as BC5, BC6, BC7, and BC8, and their composition is presented in Table 1.
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3. Characterization Methods

3.1. Physicochemical Characterization

Investigation of the crystallinity of the powders was performed by means of X-ray diffraction
(XRD) technique using the PANalytrical Empyrean (Malvern, Bruno, the Netherlands) equipment in
Bragg–Brentano geometry equipped with a Cu anode (λCuKα = 1.541874 Å) X-ray tube. The spectra
were acquired in the range of 10–80◦ 2θ angles (Bragg angle) with an acquisition step of 0.02◦ and an
acquisition time of 100 s. The scanning electron microscopy (SEM) images were performed with a
FEI Inspect F50 microscope coupled with an energy-dispersive spectrometer (EDS) (FEI, Eindhoven,
the Netherlands). Both secondary electron and backscattered electron detectors were used at 30 kV
accelerating voltage. The TEM images of AgNPs were obtained using the high-resolution transmission
electron microscope TecnaiTM G2 F30 S-TWIN equipped with selected-area electron diffraction (SAED)
detector, purchased from the company FEI. This microscope operates in transmission mode at a voltage
of 300 kV with a resolution of 2 Å. Research conducted by Fourier transform infrared spectroscopy
(FT-IR) involved the analysis of a small amount of samples using the Nicolet iS50R spectrometer
(Thermo Fisher Waltham, MA, USA). The measurements were performed at room temperature utilizing
the total reflection attenuation module (ATR), and 32 scans of the samples between 4000 and 400 cm−1

were performed using a resolution of 4 cm−1. The differential thermal analysis (ATD-DSC) were
performed using a Shimadzu DTG-TA-50H equipment (Shimadsu, Sanjo, Japan) at 25–700 ◦C with a
heating rate of 10 ◦C/min.

The open porosity of the freeze-dried composite materials was calculated with Equation (1) for
each material prepared in order to observe the porosity level according to the chosen manufacturing
method, while the water absorption was calculated with Equation (2):

Open porosity (%) =
Mwe −Md

Mwe −Mw
× 100 (1)

Water absorption (%) =
Mwe −Md

Md
× 100 (2)

where Mwe is the wet sample weight, Md is the dry sample weight, and Mw is the sample weight
in water.

3.2. Degradability

To test their biodegradability, the samples were placed in a 12-well plate in which
phosphate-buffered saline (PBS) and simulated body fluid (SBF) were added, similar to the processes
involved in the human body. After immersion of the samples in fluid, their integrity was monitored
for 7 days. The degradation rate was calculated with Equation (3) for each material:

Degradation (%) =
M7day −Minitial

Minitial
× 100 (3)

where M7days is the sample weight in SBF after 7 days of immersion in SBF, and Minitial is the sample
weight after immersion in SBF. All the weight values were obtained at room temperature using a
hydrostatic analytic balance.

3.3. Antimicrobial Efficiency

The antimicrobial behavior of the freeze-dried composite materials was qualitatively assessed
by an adapted growth inhibition assay [43]. To cover a wide spectrum of clinically relevant model
microbial species, one Gram-positive (Staphylococcus aureus ATCC 23235), one Gram-negative bacteria
(Escherichia coli ATCC 25922), and one yeast (Candida albicans ATCC 10231) laboratory strain were
used. The standard work protocol for the adapted version of the disc diffusion method implies the
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preparation of microbial suspensions of 0.5 McFarland standard density (1.5 × 108 colony forming
units (CFU)/mL), prepared in sterile buffered saline solution. The obtained microbial suspensions were
afterward used to swab inoculate the entire surface of the nutrient agar Petri dishes. After inoculation,
identical size samples of the sterile coatings were aseptically placed on the inoculated agar surface,
and the plates were incubated at 37 ◦C for 24 h to allow the growth of bacteria. After incubation, the
growth inhibition zone diameter (mm) was measured. A wider inhibition zone suggests a higher
antimicrobial effect of the fibrous dressing, reflecting the ability of AgNPs contained into the composite
material to diffuse within the agar.

4. Results and Discussions

The thermal analysis corresponding to the composite samples are presented in Figure 4. The two
minor weight losses that occurred at temperatures below 200 ◦C were probably related to the
volatilization of solvents and physical water. The main mass loss was observed in the range 250–450 ◦C,
with the corresponding exothermic effect being strong and intense and indicating burning of the
organic component of the composite (bacterial cellulose). Regarding the compositional aspects, the
thermal analysis allowed an accurate assessment of the loading degree depending on the material
deposited on the surface or between the fibers of the bacterial cellulose. It was observed that certain
changes associated with endothermic processes occurred in the thermogravimetric (TG) curve with the
addition of silver nanoparticles. Hence, in the 450–600 ◦C interval, exothermic effects generated by the
combustion of BC were observed (see Figure 4a), while in the 600–700 ◦C interval, it can be assumed
that the oxidation of silver nanoparticles and dehydroxylation of HAp occurred [15].

 

  
(a) (b) 

Figure 4. Thermal analysis corresponding to the composite samples: (a) BC1 and BC4; (b) BC5 and BC8.

We observed (Figure 4) significant differences regarding mass loss between the samples obtained
by in situ vs. ex situ method. The total weight loss in the temperature range of 30–700 ◦C was 45% for
BC1, 65% for BC4, 68% for BC5, and 70% for BC8. The composites obtained in situ had a lower weight
loss, which suggests good loading of BC with calcium phosphate phases (HAp).
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In order to demonstrate the composition, hydroxyapatite was analyzed by XRD technique.
The diffractograms are presented in Figure 5.

 

 
Figure 5. XRD analysis corresponding to the composites samples BC3 and BC4, and hydroxyapatite
(HAp) obtained by the coprecipitation method.

Due to the fact that BC5–BC8 samples were made by direct mixing of bacterial cellulose with
hydroxyapatite (ex situ), the composition of this sample was not expected to change; therefore,
the XRD analysis was only performed for bacterial cellulose, simple hydroxyapatite, and BC3 and BC4

composites (in situ) [44,45].
It was observed that, in all the analyzed samples, the existence of bacterial cellulose and HAp

was obvious. In addition, the low-intensity peak around 2θ = 38◦, which can be assigned to the (111)
crystalline plane, indicated the presence of silver nanoparticles in the composite structure. Investigation
of the composites BC3 and BC4 revealed peaks located at 2θ values of 15, 16, and 23◦, which can be
attributed to bacterial cellulose according to ICDD 00-056-1718.

As the HAp peaks were poorly visible in XRD analysis, FT-IR analyses were used to better
highlight hydroxyapatite formation. The results are presented in Figure 6.

The vibrational frequencies characteristic of bacterial cellulose were observed at 3500–3200 cm−1

(OH stretch vibrations) and 2958 cm−1 (CH2 and CH3 stretch vibrations). The wide band observed in
the region of 3500–3200 cm−1, attributed to the hydroxyl groups within the bacterial cellulose, increased
in absorbance with higher silver content. This behavior suggested that the presence of HAp crystals
affected cellulose hydroxyl groups, probably by covering them at the surface. Furthermore, the change
observed for the band attributed to intramolecular hydrogen bonding (~3500 cm−1) confirmed a strong
interaction between the OH groups and calcium phosphate. The chemical interaction between HAp
and BC stabilized the composite so that it could maintain its mechanical integrity, an aspect required
for bone substituents [46].

The FT-IR bands observed at 1020 cm−1 and 570–600 cm−1 were attributed to the vibrational
modes of PO4

3−. Because the stretching vibration of CO3
2− also appeared (at 1418 cm−1), absorption

of CO2 from the air is suggested [47]. This is mainly a result of the affinity for carbonate of HAp
as well as the lack of heat treatment during the in situ synthesis (which favors the release of CO2).
Carbonated hydroxyapatite contributes to the biomimetism increase of the obtained composites, which
can promote the process of osteoregeneration. It was observed that the in situ method accelerated
the nucleation of HAp crystals onto BC fibers instead of crystallization as higher absorbance values
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were registered for BC5–BC8 samples, which contained highly crystalized HAp. The bands observed
at 1641 and 643 cm−1 correspond to the stretching and deformation vibrations of AgO, respectively,
thus confirming the presence of silver in the obtained materials [48]. This result supports the idea that
the composite material developed here possesses essential physicochemical properties and could be
very useful for biomedical applications, especially hard tissue engineering.
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Figure 6. FT-IR analysis corresponding to the (a) in situ and (b) ex-situ composite samples.

Through the two analyses performed, it was possible to notice the elemental composition of
materials (EDS) as well as the homogeneity of hydroxyapatite particle dispersion.

The SEM image highlighted the fibrous structure of BC (see green arrow), which were decorated
with inorganic particles (see blue arrow). In the SEM images performed on the composites in which HAp
was obtained in situ (Figure 7a–d), a better homogeneity was observed compared to the cases in which
HAp was obtained separately and subsequently mixed with BC (ex situ) (Figure 8a–d. The interaction
between HAp nanoparticles distributed in the 3D network of BC stabilized the composite so that it
could maintain its mechanical integrity, an aspect required for bone substituents. In addition, EDS
analysis confirmed the presence of the elements specific for hydroxyapatite (Ca, P, and O) as well as
the presence of silver for the samples in which it was added (Figure 7(b2–d2) and Figure 8(b2–d2)).

Transmission electron microscopy images showed the silver nanostructure (Figure 9a,b), with the
dimensions of the silver particles being in the range 3–60 nm. It could be observed that the
quasi-spherical morphology of nanosilver and some areas were darker while others were brighter; the
darker areas indicate a higher degree of crystallinity of the material.

Figure 9d shows a SAED image with information on the crystallinity of the analyzed material.
The presence of diffraction rings with higher light intensity shows a high degree of crystallinity.

The calculated open porosity for each prepared material is presented in Figure 10a, and the
calculated water absorption is presented in Figure 9b.

Figure 10a shows that the composites obtained by in situ approach had a large porosity compared
to samples obtained by ex situ. This suggests that the in situ route will provide a biodegradable
polymer with excellent water retention and, possibly, good osteoinductivity, which can be used as an
artificial substitute for hard tissue.
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(b) (b1) (b3) 

   
(c) (c1) (c2) 

   
(d) (d1) (d2) 

Figure 7. High-resolution backscattered-electron (BSE) images (and EDS spectra at 100×magnification
for: BC1 (a,a1,a2), BC2 (b,b1,b2), BC3 (c,c1,c2), BC4 (d,d1,d2). (where a1–d1 images represent a high
magnification of a-d images area; green arrow indicates the fibrous structure of BC and blue arrow
indicate inorganic particles).
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(d) (d1) (d2) 

Figure 8. High-resolution backscattered electron (BSE) images and EDS spectra at 100×magnification
for BC5 (a,a1,a2), BC6 (b,b1,b2), BC7 (c,c1,c2), and BC8 (d,d1,d2) (where a1–d1 images represent a high
magnification of a–d image area; green arrow indicates the fibrous structure of BC and blue arrow
indicate inorganic particles).
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(c) (d) 

Figure 9. TEM (a,b), HR-TEM (c), and SAED (d) images for silver.

 

  
(a) (b) 

 
Figure 10. Porosity (a) and water absorption (b) results for the obtained composites (presented as mean
± S.D. of three replicates and * p < 0.005 obtained by single-factor ANOVA test.

As can be observed, when the silver nanoparticle concentration increased, the composite porosity
decreased for susceptible types of composite, which resulted in lower absorption capacity. Even though
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high porosity, which is associated with increased absorption capacity, is an important structural
parameter for bone substituents, the registered decrease due to Ag addition is not significant in this
case as the water absorption was still greater than 1000–1500%.

Visual inspection (Figure 11) is an efficient technique for investigation of simulated in vitro
degradation of BC samples, and it has also been used in recent literature [49] in order to investigate the
degradation of cellulose-based materials. Generally, visual inspection implies macroscopic pictures of
the immersed samples while observing, in a qualitative manner, the presence of detached fragments,
the apparition of denser fragments that may provide additional mechanical integrity for cell growth,
and so on. As expected, the composite materials did not show major changes after immersion in PBS
and SBF.

 

 

  
(a1) (a2) 

  
(b1) (b2) 

Figure 11. Macroscopic pictures of degradation of BC composites initially (a1,a2) and after seven days
of immersion in phosphate-buffered saline (PBS) and simulated body fluid (SBF) (b1,b2).

After seven days, no major visual changes were observed, and the degradation was below 5%
(see Figure 12), a sign that bacterial cellulose prevented the disintegration of the composite. A rapid
biodegradation of the implanted material is not desired because it takes time for it to integrate better
into the host tissue. Another problem is that by biodegradation, remnants/fragments of the material
can reach the level of sensitive areas, which would be fatal.

Due to the higher homogeneity and better interactions between the phosphate phase (HAp) and
BC, the composites obtained in situ had a lower degradation compared to those obtained using ex
situ methods.
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Figure 12. Degradability of composites after seven days of immersion in SBF at room temperature.

Antimicrobial Potential

The antimicrobial effect of the obtained composite materials was different among the tested
samples, being influenced by the synthesis approach, AgNP content, and microbial species. Figure 13
shows the diameters of the inhibition area of the microorganisms grown in the presence of the
tested materials.

 

Figure 13. The diameter of the growth inhibition zone of the tested microorganisms grown in the
presence of the obtained BC samples containing various amounts of AgNPs. The plain AgNP control
is represented by 10 uL of AgNPs (used at maximum equivalent amount contained in BC samples),
which was added to a commercial filter paper disc of a similar size as the obtained BC samples.

Because composites BC1 and BC5 did not contain antibacterial AgNPs, they were used as control
samples for evaluation of the other samples.
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The antimicrobial characteristic of the obtained composites was clearly influenced by the
concentration of AgNPs, with samples with higher content of silver exhibiting the greatest microbial
growth inhibition, regardless of the synthesis approach. It was observed that the materials obtained by
the in situ method had a more pronounced overall antibacterial characteristic (growth inhibition zones
ranging 5–11 mm) compared to the samples obtained by the ex situ method (diameter of inhibition
zones ranging 5–9 mm).

The different antimicrobial effects of the materials obtained by in situ and ex situ routes correlated
with their physicochemical properties. Samples obtained by the in situ route showed a larger porosity,
suggesting that the bioactive compounds (i.e., AgNPs) may be absorbed more efficiently in pores.
Moreover, a higher porosity degree can be directly associated with an easier release of the bioactive
agent, therefore inducing an increase in the antimicrobial activity of the final composite. This idea is
supported by the results obtained with the control AgNPs utilized in equivalent amounts and added
to sterile commercial filter paper, which demonstrated lower inhibition zones.

The most efficient growth inhibition was observed against the yeast strain C. albicans ATCC 10231,
with the result being relevant for samples obtained by both in situ and ex situ methods. However, the
composites obtained in situ also showed increased antimicrobial activity against the Gram-positive
S. aureus strain. This result suggests that the obtained composite materials may act differently on
microbial cells, depending on the particularities of their cellular wall. Such differences were observed
before with silver nanoparticles [50–53].

5. Conclusions

In this study, we report the synthesis of hydroxyapatite–bacterial cellulose silver nanocomposites
obtained by two routes using coprecipitation, namely, in situ and ex situ assembly. These materials
contained an organic part (bacterial cellulose), an inorganic part (hydroxyapatite), and an antimicrobial
agent (AgNPs) contained in various amounts, thereby conferring new bioactive properties on the
composite materials. Physicochemical and antimicrobial studies demonstrated that the most efficient
in terms of potential biomedical applications were the samples obtained by the in situ approach.
The porosity range of the in situ materials was greater than the porosity of ex situ composites, while
the best antimicrobial activity was observed for the material coded BC4, which had a content of
5 wt % AgNPs. Due to the physicochemical structure, together with the already demonstrated great
antimicrobial properties and low biodegradability of these materials, they have potential applications as
successful candidates for biomedical applications, especially in hard tissue engineering. Their current
limitation relates to the fact that further tests performed on osteoblast differentiation and mineralization
(e.g., alkaline phosphatase and alizarin red S) are needed.
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Abstract: Diseases determining bone tissue loss have a high impact on people of any age. Bone healing
can be improved using a therapeutic approach based on tissue engineering. Scientific research is
demonstrating that among bone regeneration techniques, interesting results, in filling of bone lesions
and dehiscence have been obtained using adult mesenchymal stem cells (MSCs) integrated with
biocompatible scaffolds. The geometry of the scaffold has critical effects on cell adhesion, proliferation
and differentiation. Many cytokines and compounds have been demonstrated to be effective in
promoting MSCs osteogenic differentiation. Oligostilbenes, such as Resveratrol (Res) and Polydatin
(Pol), can increase MSCs osteoblastic features. 3D printing is an excellent technique to create scaffolds
customized for the lesion and thus optimized for the patient. In this work we analyze osteoblastic
features of adult MSCs integrated with 3D-printed polycarbonate scaffolds differentiated in the
presence of oligostilbenes.

Keywords: bone; mesenchymal stem cells; biomaterial; polycarbonate; resveratrol; polydatin;
osteogenic differentiation; focal adhesions; bone health

1. Introduction

The global increase in average life expectancy is leading to an escalation of age-related health
problems which may affect organs or tissues. Although the bone tissue is capable of self-regeneration,
there are several pathological conditions, determined by serious trauma or degenerative diseases,
which require appropriate medical procedures in order to realize a complete recovery of the anatomical
and functional properties of the tissue. These innovative therapeutic approaches are part of the
so-called regenerative medicine [1,2]. The use of adult stem cells in bone reconstructive therapies offers
significant benefits [3,4].

In fact, it is known that stem cells are capable of self-renewal and can differentiate into different
cell types, ensuring the repair of most tissues, thus becoming highly useful for tissue engineering.
Stem cells in human adults can be isolated from various tissues, including bone marrow, nervous tissue,
peripheral blood, retina, liver, pancreas, tooth, and dental bud. In particular, among adult stem cells,
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mesenchymal stem cells (MSCs), originally identified in the bone marrow, which is still considered the
best cell source for osteogenic differentiation, can be isolated also from several adult tissues such as
adipose tissue, dental tissues, skin, brain, liver, and fetal tissues [5,6]. MSCs appropriately isolated
and induced to differentiation, through integration with biocompatible scaffolds, could represent a
valid therapeutic approach for the regeneration of connective tissues as bone and cartilage, healing
defects of traumatic, degenerative or neoplastic origin. Unfortunately, several concerns may arise
from autologous and allogeneic stem cell transplants which, in their turn, may also not be sufficient to
accelerate the healing process in the case of large bone defects [7]. As a consequence, in the last decades
an increasing pivotal role has been attributed to tissue-engineered bone grafts developed through
a combined effort of engineering, biotechnology and biomaterial science [8]. In this perspective,
especially for hard tissue regeneration, one of the most promising approaches is the use of customized
scaffolds combined with factors allowing cell proliferation and osteogenic differentiation [9]. Matching
tissue engineering with predictive medicine, based on mechanobiological computational models,
would optimize healing processes [10]. The fabrication methods for tissue engineering are conventional
methods, additive manufacturing techniques and 4D printing [11]. Among these methods, 3D printing
is an encouraging technique, easily available to realize personalized scaffolds to be used for tissue
regeneration [12].

Dental bud stem cells (DBSCs) are widely recognized as MSCs that can effectively differentiate
into osteoblast-like cells [13] becoming a suitable candidate for bone regeneration. DBSCs express the
typical mesenchymal stem markers and, as we have shown, their ability to acquire the osteoblastic
features and to produce mineralized bone matrix in vitro, which is the crucial event of osteogenic
differentiation [14,15], can be positively influenced by several molecules [16–19]. Polydatin (Pol)
deserves a particular mention among the natural molecules capable of inducing DBSCs osteogenic
differentiation [19] and opens new horizons to its possible use as a therapeutic agent, as we have
exhaustively detailed in our new invention patent (patent n.16999PTIT entitled “Composizioni
comprendenti o costituite da Polidatina per uso nel trattamento delle patologie ossee”—“Compositions
comprising or consisting of Polydatin to be used in the treatment of bone pathologies”, deposited with
application number 102017000079581). Pol, that is a natural precursor of the polyphenolic compound
Resveratrol (Res), is a glucoside we find in abundance in fruits and plants [20]. This glucoside shares
some of the beneficial biological properties fully demonstrated for Res [21–23], but, in comparison,
it also presents advantages: higher stability, significant abundance and better oral absorption [24–26].
We have previously shown that DBSCs positively responded to Res and Pol treatment increasing
their osteogenic potential and, moreover, Pol appeared to be more effective than Res even when used
at a very low concentration [19]. To induce bone regeneration, porous scaffolds with appropriate
shape, pore size, porosity, degradability, biocompatibility, mechanical properties and desirable cellular
responses are required. 3D printing has revealed to be very useful in this field, thanks to the capability
to process complex shapes with a wide variety of biocompatible materials such as poly(l-lactic acid)
(PLLA), poly(vinyl alcohol) (PVA), poly(lactic-co-glycolic acid) (PLGA) and polycaprolactone (PCL)
starting from filaments and pellets [27]. In this study we investigate the combination of Res and Pol
treatment and 3D-printed polycarbonate (PC) scaffolds to study the possible effects of this set-up on
MSCs commitment into the osteoblastic lineage. The PC has been chosen to have artificial scaffolds
with bio-compatible material that have strength and stiffness near to bone tissue [28].

2. Materials and Methods

2.1. Ethics

The study was conducted in compliance with the Declaration of Helsinki and the International
Conference on Harmonization Principles of Good Clinical Practice. The research protocol was approved
by the ethical committee, within the project BIADIDENT num. Rep 4159/2018, at the University
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of Foggia Ospedali Riuniti, and all participants gave informed consent allowing their anonymized
information to be used for data analysis.

2.2. Scaffold Preparation

The scaffolds were manufactured using an Ultimaker S5, equipped with a AA nozzle diameter
equal to 0.4 mm. At the best of author’s knowledge, this printer can be considered as one of the best
compromise between quality, price and system flexibility. The filament was the 3 mm 3DXMAX®,
a high-heat 3D printing filament made using Lexan®. The print temperature was set to 285 ◦C and the
bed temperature was kept to 110 ◦C, print speed 30 mm/s. The bed and nozzle temperature parameters
are not inside the interval suggested by the 3D printer supplier, but since manufacturing time is lower
than 5 min, the machine is able to complete the workpiece without damages. The different pore sizes
were obtained setting on the Cura slicing software the distance between lines equal, respectively,
to 0.75 mm for small pores, 0.9 mm for medium pores and 1.15 mm for large pores [29]. Figure 1 shows
the Ultimaker 3D printer and samples of the manufactured scaffolds.
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Figure 1. Printer and polycarbonate (PC) scaffolds. (a) Ultimaker S5 3D printer. (b) Printed scaffolds
presenting pores of small (0.75 mm), medium (0.9 mm) and large (1.15 mm) dimensions. Images of
representative scaffolds were chosen for the figure. Scale bar = 5 mm.

2.3. Patients and DBSCs Cultures

The dental buds were collected from ten healthy pediatric donors (eight-twelve years) who were
subjected to the third molar extraction for orthodontic reasons; each patient’s parents provided a written
informed consent. The study was authorized by the Institutional Review Board of the Department
of Clinical and Experimental Medicine, University of Foggia. The dental papilla, which corresponds
to the internal section of the dental bud, and contains stem cells of mesodermal origin, was cut in
small fragments and enzymatically digested. Single-cell suspensions were harvested by filtration,
and seeded and expanded in vitro as already reported [30–32]. In the experiments aimed to examine
Res and Pol effect on cell adhesion during the osteoblastic differentiation process, DBSCs were seeded
at a density of 3 × 103/cm2 and cultured in an osteogenic medium consisting of α-MEM supplemented
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with 2% heat inactivated fetal bovine serum (FBS), 10−8 M dexamethasone and 50 µg/mL ascorbic
acid (Sigma Aldrich, Milan, Italy). DBSCs were maintained in the osteogenic medium supplemented
also with 10 mM β-glycerophosphate (Sigma Aldrich, Milan, Italy), for the evaluation of Res and Pol
effects on cell adhesion, proliferation, differentiation and examination of their ability in the induction
of matrix mineralization in cultures on biomaterials.

2.4. Res and Pol Treatment

Res and Pol extracted from Polygonum cuspidatum (Japanese Knotweed), according to the procedure
defined in the Patent EP1292320B1, were provided by Prof. Ravagnan. Res and Pol were dissolved in
ethanol at 100 mM stock solutions [33] and then added to the culture media under low serum conditions
(2% FBS) to the final concentration of 0.1 µM for both of them, as detailed in Di Benedetto et al. [19].
In the experiments control cells were not treated with Res or Pol and served as control group (Ctr),
treated cells were exposed to Res or Pol (treatment group), that were added to the media at every
renewal (every 3 days).

2.5. Immunofluorescence

For focal adhesion staining, DBSCs were cultured on glass coverslips for 4 days and then fixed
in 4% (w/v) paraformaldehyde (PFA) in PBS. Cells were then washed with PBS and blocked in 1%
BSA, 5% normal goat serum in PBS for 20 min, to avoid non-specific protein binding. The following
antibodies were used: αVβ3 antibody 1:100 (clone LM609 antibody, cat. MAB1976, MerckMillipore,
Merck KGaA, Darmstadt, Germany), followed by fluorescently labeled goat anti-mouse secondary
antibody (Alexa Fluor 488, 2 µg/mL, Invitrogen ThermoFisher Scientific, Waltham, MA, USA). Samples
were embedded in Mowiol containing 0.1% (v/v) DAPI for an additional staining of the nucleus. Cells
were imaged by a multispectral confocal microscope Leica TCS SP5. The images were adjusted in
brightness and color with ImageJ software (Research Services Branch, Image Analysis Software Version
1.52c, NIH, Bethesda, MD, USA).

2.6. Alizarin Red Staining (ARS)

DBSCs capacity to produce mineralized matrix nodules when cultured on the scaffolds was
determined by performing ARS at 28 days of culture in osteogenic conditions. After removing the
culture media, cells were rinsed with PBS, fixed in 10% formalin at RT for 10 min. Then cells were
washed again with deionized water and stained using a 1% ARS solution for 10 min at RT. At the end of
the incubation period the ARS solution was removed and cells were washed twice with deionized water
and air dried. The quantification of ARS in the red stained monolayer was performed by extracting the
dye and by reading the optical density (OD) in triplicate at 405 nm.

2.7. Statistical Analyses

Statistical analyses were performed by Student’s t-test with the GraphPad Prism version 8.0.2 for
MacOS software (San Diego, CA, USA). The results were considered statistically significant for p < 0.05
(indicated as § p < 0.01, * p < 0.001).

3. Results

3.1. Both Res and Pol Treatments Influence Cell Spreading and Focal Adhesion Assembly via
αVβ3 Reorganization

To investigate the influence of Res and Pol on cell adhesion and spreading, which determine, as a
consequence, DBSCs exhibition of osteoblastic features, the cells were cultured for 4 days on glass
coverslips in absence of treatment (Ctr) or in presence of Res or Pol added to the media (Figure 2a–c).
Such a short period of time was chosen because of DBSCs predisposition to proliferate and produce
various cell layers when left in culture for a few days, a condition that would not have allowed a
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clear observation of focal adhesions. We examined αVβ3 integrin subcellular distribution by confocal
immunofluorescence. This integrin receptor has already been shown to be crucial for the osteogenic
differentiation process of MSCs [30] and Vitamin D or the supramolecular aggregate T-LysYal®

(T-Lys) can enhance its expression and clusterization leading to the induction of the differentiation
process [16,17]. As observable in Figure 1, in Ctr cells αVβ3 integrin clusters were hardly detectable
and only few structures were present at the periphery of the cells (Figure 2a). On the other hand,
the presence of the molecules in the osteogenic media clearly induced a higher expression and also
a reorganization of αVβ3 integrin (Figure 2b,c). In particular, Pol treatment (Figure 2c) induced the
strengthening of αVβ3 adhesion sites by forming more elongated and larger peripheral clusters in
comparison to cells treated with Res (Figure 2b).

. As observable in Figure 1, in Ctr cells α β

of α β
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Figure 2. Polydatin (Pol) treatment induces clustering of αVβ3 integrin. Indirect immunofluorescence
staining of αVβ3 integrin (green), detected by the antibody LM609, and nuclei (blue) in Dental bud stem
cells (DBSCs). Midsection confocal microscopy images show the localization of integrin αVβ3 (green)
in cells maintained for 4 days in osteogenic medium and treated with Resveratrol (Res) (b), Pol (c) and
Control (Ctr) (a). Images of a representative experiment were chosen for the figure. Scale bar = 10 µm.

3.2. Res and Pol Treatments Prompt DBSCs Proliferation and Mineral Matrix Nodules Deposition on PC
Scaffolds Presenting Pores of Medium Dimension (0.9 mm)

We analyzed the proliferation capacity of our cell model on PC scaffolds and their ability to
differentiate into osteoblast-like cells producing mineralized matrix. Thus, we previously demonstrated
also by FT-IR microscopic analysis that dental stem cells express osteoblastic features [34].

DBSCs were seeded on the biomaterials, which presented pores of medium dimensions (0.9 mm),
and cultured in the osteogenic media without any treatment (Ctr) or exposed to Res and Pol treatments
for a period of 4 weeks. Although in the first weeks of culture it was particularly difficult to find cells
visible enough to be photographed using a phase contrast microscope (data not shown), after 3 weeks
of differentiation, as shown in Figure 3a–c, cells appeared numerous and established strong contacts
among them. In particular, in the control (Figure 3a), cells seemed to fill the corners of the scaffold
pores, leaving a hole without any cell in the center of them. On the other hand, cells treated with Res
and Pol (Figure 3b,c) were able to proliferate and interact with each other to cover the scaffold pores
almost totally and worked to close them practically in a uniform way. Furthermore, long term cultures
of DBSCs showed that the formation of calcium-rich deposits, evaluated by using the ARS after 28 days
of osteogenic differentiation, was evident in the control (Figure 3d) and strengthened in the treatments
(Figure 3e,f). Interestingly DBSCs capacity of mineralized matrix production was highly promoted
when the scaffolds were used in combination with Pol treatment: the ARS quantification shown in the
graph (Figure 3g) revealed that the production of mineral matrix nodules was greater in cells treated
with 0.1 µM Res compared to the Ctr (19.65%), and remarkably enhanced when cells were exposed to
0.1 µM Pol (37.84%) if compared to the Ctr.
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Figure 3. DBSCs proliferation and mineral matrix deposition on medium pore scaffolds.
(a–c) Representative phase contrast pictures of DBSCs treated with Res, Pol or Ctr for 21 days in
osteogenic conditions on scaffolds presenting pores of medium dimensions (0.9 mm). Scale bar= 100µm.
(d–f) ARS (Alizarin red staining) displayed mineral matrix deposition by DBSCs after 28 days of culture.
(g) The graph shows ARS quantification using the optical density (OD) as mean percentage ± SD and is
representative for three independent experiments performed in quadruplicates. § p < 0.01, * p < 0.001.
Student’s t-test was used for single comparisons. The biomaterial pores of a representative experiment
were chosen for the figure.

3.3. Combined Effect of PC Scaffolds and Polydatin on DBSCs Proliferation and Mineralization

Since we observed a greater osteogenic potential when the treatment with Pol was present,
to further explore the effect of this molecule on DBSCs osteoblastic differentiation, we cultured the
cells on PC scaffolds presenting pores of two other different dimensions: small (0.75 mm) and large
(1.15 mm). DBSCs were maintained in mineralizing conditions and stimulated with Pol for 28 days until
the deposition of mineralized matrix. As shown in Figure 4, DBSCs proliferation on small pore scaffolds
advanced with the progress of culture time (Figure 4a–d), and Pol treatment induced a substantial
increase in the number of cells attached to the pores, an effect which was particularly evident after
three weeks of osteogenic differentiation (Figure 4c,d). After 28 days of culture, we evaluated with
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ARS how Pol stimulation influenced the mineralization capacity of our cell model and we observed
that deposition of mineral matrix nodules was significantly higher in cells cultured with Pol, compared
to the control (Figure 4e).
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Figure 4. DBSCs proliferation and mineral matrix deposition on small pore scaffolds. (a–d) Representative
phase contrast pictures of DBSCs treated with Pol or not (Ctr) for 14 days (a,b) and 21 days (c,d) in
osteogenic conditions on scaffolds presenting pores of small dimensions (0.75 mm). Scale bar = 100 µm.
(e) The graph shows ARS quantification using the OD as mean percentage ± SD and is representative
for three independent experiments performed in quadruplicates. * p < 0.001. Student’s t-test was
used for single comparisons. The biomaterial pores of a representative experiment were chosen for
the figure.

Interestingly, cells cultured on scaffolds presenting pores of large dimensions (Figure 5a–g) did not
respond as well as those seeded on scaffolds with small pores. A very low number of cells were able to
colonize the pores, the proliferation was not increased by the passing of time and the Pol treatment did
not show any clear effect. Moreover, the ARS quantification evidenced that there was no significant
difference between Ctr and Pol in the mineralization degree (Figure 5g).
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Figure 5. DBSCs proliferation and mineral matrix deposition on large pore scaffolds. (a–d) Representative
phase contrast pictures of DBSCs treated with Pol or Ctr for for 14 days (a,b) and 21 days (c,d) in
osteogenic conditions on scaffolds presenting pores of large dimensions (1.15 mm). Scale bar =
100 µm. (e,f) ARS (red staining) displayed mineral matrix deposition by DBSCs after 28 days of culture.
(g) The graph shows ARS quantification using the OD as mean percentage ± SD and is representative
for three independent experiments performed in quadruplicates. Student’s t-test was used for single
comparisons. The biomaterial pores of a representative experiment were chosen for the figure.

4. Discussion and Conclusions

It is well known that the tissue engineering market, which was globally worth about $4.7 billion
in 2014, is estimated to reach a value close to $5.5 billion by 2022, considering only the US market.
Adult stem cell research is today in an advanced phase of trialing and, in some diseases, cells are
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already part of therapeutic protocols for the treatment of illness and disabilities [35]. The involvement
of precision medicine or even customized medicine proposes the personalization of health care
with therapies, practices and/or “tailor-made” medical devices for the specific patient to be treated.
The availability of optimized scaffolds, with shapes perfectly matching the lesion, would further
reduce tissue regeneration times, especially after highly invasive surgical procedures. 3D printing is
an excellent approach to design personalized scaffolds [36,37].

A correct regeneration process of hard tissues, as bone and cartilage, needs a biocompatible scaffold
able to promote MSCs differentiation and transform a tissue repair in architectural and functional
recovery. Bone lesions have multiple possible shapes and dimensions depending on the trauma or on
the course of the chronic degenerative process [38].

In the case of MSCs bioengineering, the grafting site shape, its environment, morphology and
dimension are basic for cell engraftment and differentiation [39].

Customized scaffolds, made rapidly and efficiently by 3D printers, could easily reproduce the
perfect shape for the lesion and correctly create the ideal niche for MSCs engraftment [40], and their
osteogenic differentiation would be optimized by the oligostilbenes Res and Pol.

In our study we found that both Res and Pol stimulated MSCs adhesion to the bone matrix protein
Osteopontin via αVβ3 integrin and, specifically, Pol treatment prompted a greater reorganization of this
integrin in focal adhesion sites. The elongated strings observed by immunofluorescence (Figure 2b,c)
represent the classic arrangement of αVβ3 implicated in focal adhesion complexes. We can speculate
that the already demonstrated osteogenic effect of Res and Pol on DBSCs [19] could be also related to
the reorganization of αVβ3 integrin in focal adhesions. Moreover, as already known, the development
of focal complexes on the surface of scaffolds is an essential event to trigger signals that stimulate
MSCs proliferation and osteogenic differentiation [41,42]. Considering these two issues, we can state
that oligostilbenes can be considered osteoinductive.

Furthermore, when we integrated MSCs on PC scaffolds, we found that both Res and Pol were
able to induce the mineral matrix deposition. Gathering our observations, we can establish that the
scaffolds were able to support the production of mineralized matrix, which is the final step and the
main event of MSCs osteogenic differentiation, and, in addition, the treatment with the molecules
object of our study positively assisted the mineralization process. In particular, in agreement with
what we have recently demonstrated [19], Pol treatment induced an increase in the mineralization
degree that was higher than the one observed in Res treatment.

Moreover, examining the structure of the scaffolds, we studied whether different pore sizes could
affect MSCs acquisition of the osteogenic features. Thus we printed PC scaffolds with pores of 0.75, 0.9
and 1.15 mm; MSCs were cultured on them and induced to osteogenic differentiation. We focused
on the use of Pol as treatment since we observed, in the initial experiments, that this molecule had a
greater effect in the formation of calcium-rich deposits in differentiated MSCs when compared to Res
treatment. The observed gathered data led us to conclude that the cell number tended to gradually
decrease as the surface micropore was getting larger and subsequently also the mineralization capacity
(Figures 3–5). We compared the results to detect the ideal pore size for cell proliferation and osteogenic
differentiation and we deduced that the dimension of 0.75 mm represented the best size to be created
with the 3D printer, among the different pore sizes analyzed; the smaller pores produce the optimal
niche for MSCs to promote bone formation.

Thus, in conclusion, in this context we confirmed the osteogenic potential of Pol treatment on
MSCs. Then we made a step forward by finding, in the combination of this treatment with PC scaffolds
presenting small-sized pores, an optimal strategy to induce the osteogenic differentiation of MSCs and
the subsequent deposition of mineralized matrix.

The results of this study suggest that the integration of the scaffolds, opportunely designed by 3D
printing with MSCs, could optimize tissue regeneration; moreover Pol could be considered a promising
approach to improve bone regeneration encouraging further studies for a deeper understanding of its
biological mechanisms.
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Abstract: Due to its versatility, small size, large surface area, and ability to interact with biological
cells and tissues, graphene oxide (GO) is an excellent filler for various polymeric composites and is
frequently used to expand their functionality. Even though the major advantage of the incorporation
of GO is the enhancement of mechanical properties of the composite material, GO is also known
to improve bioactivity during biomineralization and promote osteoblast adhesion. In this study,
we described the fabrication of a composite bone cement made of GO and poly(methyl methacrylate)
(PMMA), and we investigated its potential to enhance osteogenic differentiation of human primary
mesenchymal stem and progenitor cells. Through the analysis of three differentiation markers,
namely alkaline phosphatase, secreted protein acidic and rich in cysteine, and bone morphogenetic
protein-2 in the presence and in the absence of an osteogenic differentiation medium, we were able
to indicate a composite produced manually with a thick GO paper as the most effective among all
investigated samples. This effect was related to its developed surface, possessing a significant number
of voids and pores. In this way, GO/PMMA composites were shown as promising materials for
the applications in bone tissue engineering.

Keywords: bone regeneration; graphene oxide; mesenchymal stem and progenitor cells; osteogenic
differentiation; poly(methyl methacrylate)

1. Introduction

Since its discovery in 2004 [1], graphene has drawn immense attention of the scientific community
and has become an object of intensive research. Due to its high planar surface area, superior mechanical
strength, outstanding optical properties, as well as remarkable thermal and electrical conductivity [2–4],
graphene has been widely used in a variety of applications, including transparent conductors, ultrafast
transistors, precise biosensors, and tissue scaffolds [5]. The potential of graphene has been further
expanded by introducing to its structure a variety of functional group, resulting in the fabrication
of graphene oxide (GO). GO is usually produced by the oxidation of graphite, resulting in a partial
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breaking of sp2 bonds present in its structure and subsequent increase in the distance between carbon
layers [3]. Therefore, GO possesses both hydrophobic (due to the presence of pristine graphite structure)
and hydrophilic (due to the presence of hydroxyl, epoxy, carbonyl, and carboxyl groups) parts, and is
characterized by affinity for aromatic rings, excellent aqueous processability, amphiphilicity, ease of
functionalization, and biocompatibility [3,5]. Consequently, GO has been marked as an excellent
material for numerous biomedical applications, including the design of biosensors [5], drug delivery
systems [6], antimicrobial coatings [7], cell imaging platforms [8], and in gene therapy [9].

Due to its versatility, small size, large surface area, and ability to interact with biological cells
and tissues, GO is an excellent filler for various polymers and is frequently used to expand their
functionality. For instance, Wan et al. [10] reported an increase in the tensile strength, modulus,
and energy at break, as well as the improvement in bioactivity during biomineralization simultaneously
with maintaining high porosity when an electrospun poly(ε-caprolactone) membrane was reinforced
with GO nanoplatelets. Also Baradaran et al. [11] observed the increase in elastic modulus and fracture
toughness, as well as the promotion in osteoblast adhesion and proliferation when GO was used as a
filler for hydroxyapatite nanosheets. On the other hand, calcium phosphate mineralized graphene
oxide/chitosan scaffolds were found to express biomimicry, providing a suitable environment for cell
adhesion and growth, and maintaining high mechanical strength [12]. GO was also demonstrated
to act as an excellent filler for such polymer matrices as poly(vinyl alcohol) [13], poly(carbonate
urethane) [14], hyaluronic acid [15], and poly(acrylic acid) [16], resulting in the formation of robust
composite materials with applicability in biomedical engineering.

Poly(methyl methacrylate) (PMMA) is a non-toxic thermoplastic polymer possessing a very good
toxicological safety record in biomedicine [17]. PMMA is frequently used as a screw fixation in bone,
bone cement, filler for bone cavities and skull defects, as well as vertebrae stabilization in osteoporotic
patients [18]. The exceptional applicability of PMMA in orthopedic and dental applications is caused by
its good processability, handling properties, biocompatibility, suitable mechanical strength, and Young’s
modulus [19]. Despite its numerous merits, the common complications of using PMMA is bone
resorption observed after implantation, which is the effect of the formation of a weak-link zone
derived from not sufficient interactions between cement and a bone [20]. Therefore, the modification
of PMMA has become a very active area of research. A promising way to improve the biological
performance of PMMA is to blend it with an antibiotic, e.g., gentamycin [21]. This modification
approach is nowadays a well established strategy that allows prevention of periprosthetic infections
and osteomyelitis. Another way to enhance the performance of PMMA is to incorporate in its structure a
filler with a particular functionality. For instance, loading of PMMA with multiwalled carbon nanotubes
could significantly improve the mechanical properties and reduce the exothermic polymerization
reaction of the bone cement [22]. The use of tri-calcium phosphate and chitosan as inorganic/organic
additives to PMMA decreased polymer curing temperature, extended setting time, and increased
weight loss and porosity after degradation and, among all, promoted better osteointegration than pure
PMMA [23]. Also graphene and graphene oxide have been used as fillers to PMMA [24], improving
the mechanical properties of PMMA, particularly its fracture toughness and fatigue performance.
What was interesting, GO was found to outperform graphene and provide greater enhancements
due to its high functionalization that increased the interfacial adhesion between a filler and PMMA
matrix. Simultaneously, the presence of graphene or GO was not found to have any negative effect on
the biocompatibility of PMMA composites, potentially allowing their further clinical progression [25].

In this paper, the potential of GO/PMMA composites for the application in bone tissue engineering
is assessed by the analysis of three differentiation markers expressed by human primary mesenchymal
stem and progenitor cells (hMSPCs) cultured on the top of the composites. By performing the cell culture
in the presence and absence of a specific induction medium, we were able to determine the efficiency
of osteogenic differentiation of hMSPCs cultured on four types of GO/PMMA scaffolds, differing
in the thickness of GO paper as well as the method of fabrication of the composites. Microscopic
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analysis of the surface of materials allowed investigation of the biological behavior of the materials
with respect to their surface morphology.

2. Materials and Methods

2.1. Fabrication of GO/PMMA Composites

For the production of graphene oxide (GO) paper, 4 mg/mL suspension of GO flakes (GO monolayer
content > 95%, oxygen content between 40% and 50%) in water was purchased from Graphenea
(San Sebastián, Spain). GO suspension was inserted into Petri dishes with serological pipettes. The GO
dispersion was dried in a shaking incubator with air fan for 48 h and inserted into an oven at 180 ◦C
for 20 min. By changing the volume of GO suspension, two types of GO paper were fabricated,
i.e., thin (8 mL of GO suspension) and thick (10 mL of GO suspension), designated as GO(A) paper
and GO(B) paper, respectively.

For the fabrication of GO/PMMA composites, GO paper as well as SIMPLEX P (Stryker, Kalamazoo,
MI, USA) radiopaque bone cement (prepared according to the manufacturer’s instructions with a full
dose of liquid monomer) were applied. The monomer was mixed to the polymer manually under
laboratory conditions. The PMMA cement was then inserted in a metal casting form and covered with
GO paper. The bone cement was kept in place for 30 min to guarantee sufficient hardening. Screws
were closed after 15 min. Two different methods were used to prepare combined samples including
GO paper and bone cement (Scheme 1).

 

 
Scheme 1. Schematic representation of a fabrication process of GO/PMMA(P) (A) and GO/PMMA(M) (B)
composite materials.

In the first method, GO paper was placed on the bottom of a steel flat press (covered with
poly(tetrafluoroethylene), PTFE, sheet to simplify cement detachment). The cement was spread on
the upper PTFE sheet and then placed in contact with the GO paper. Then, the press was closed
after 15 min to reach minimum thickness until the cement was polymerized (30 min). The samples
prepared in this way were designated as GO/PMMA(P). In the second method, a compound material
was produced manually: GO paper was laid down on a PTFE sheet, and then the cement was spread
on the upper PTFE sheet and then placed in contact with the GO paper. An aluminum bar was used
to spread the cement on GO paper within the two PTFE sheets. In this case, spreading the cement
was more difficult, and led to the formation of a non-homogeneous PMMA layer with GO paper
broken up into little pieces, which may have been due to the shrinking and expanding behavior of
PMMA during the cement hardening phase. The samples prepared in this way were designated
as GO/PMMA(M).

Consequently, four types of samples were analyzed: GO(A)/PMMA(P), GO(B)/PMMA(P),
GO(A)/PMMA(M), and GO(B)/PMMA(M), all with PMMA as the surface layer. For the scanning
electron microscopic (SEM) investigations, a FEI Quanta 250 field emission gun (Thermo Fisher
Scientific, Hillsboro, OR, USA) was used under high vacuum conditions and 20 kV high tension.
The micrographs were recorded with the Everhart–Thornley–Detector in secondary electron (SE)
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mode. The surfaces were sputter coated with a 10 nm thin layer of gold in order to provide sufficient
electrical conductivity.

2.2. Tissue Harvest and Cell Culture

Explant hMSPCs were established from tissue samples of spongiosa bone harvested during routine
hip joint surgeries. The study protocol was approved by the local ethics committee (reference number
29-156ex16/17), and informed consent was obtained from each orthopedic surgery patient. The study
included a total of three patients, aged between 25 and 35, excluding pregnant women and those
suffering from local inflammatory processes, metabolic bone diseases, and impaired blood coagulation.
The length of harvested bone samples was kept between 4 and 6 mm, and showed either cortical or
cortical and cancellous structure. The samples were extensively rinsed with a phosphate-buffered saline
(PBS; PAA Laboratory, Pasching, Austria) and transferred into 75 cm2 culture flasks (TPP, Trasadingen,
Switzerland) with an appropriate volume of culture medium. For cell isolation and expansion,
the samples were incubated in a humidified atmosphere (5% CO2, 37 ◦C).

2.3. Flow Cytometry

For a flow cytometric analysis, a total of 1 × 105 hMSPCs were resuspended in 200 µL PBS.
The characterization of cells was achieved with the use of commercial monoclonal antibodies, namely
CD73 PE, CD90 APC, CD105 PE, CD45 APC-Cy7, CD34 APC, CD14 FITC, CD19 APC, and HLA-DR
APC (BD Bioscience, San Jose, CA, USA). Titration had previously been used to determine the optimal
amount of each antibody. Subsequently, two-color staining panels were used to present a combination
of antibodies with non overlapping spectra. Negative cell lines and matched fluorochrome-conjugated
isotype controls were applied to perform a background staining for antibodies. FACS LSR II System
(BD Bioscience), FACSDiva software (BD Bioscience), and FCS Express software (De Novo Software,
Los Angeles, CA, USA) were employed to perform a flow cytometry analysis, to acquire and to
analyze obtained data, respectively. Rainbow Beads (BD Bioscience) was used to check the day-to-day
consistency of measurements. To exclude debris and cell aggregates, viable cells were gated on
forward scatter (FSC) and side scatter (SSC). hMSPCs were defined by their phenotype and analyzed
on a logarithmic scale. Data from all donors were analyzed by collecting 10,000 events under
identical parameters.

2.4. Multilineage Differentiation Analysis

A seeding density of hMSPCs was established at 104 cells/cm2, and the cells were seeded in an
expansion medium composed of Dulbecco’s modified Eagle’s medium (DMEM-F12; GIBCO Invitrogen),
10% FBS (Lonza, Braine-l’Alleud, Belgium), 1% L-glutamine, 1% penicilline/streptomycine, and 0.1%
amphotericine B. Additionally, 100 nM dexamethasone, 0.1 mM ascorbic acid-2-phosphate, and 10
mM β-glycerophosphate (all Sigma Aldrich, St. Louis, MO, USA) were added to the differentiation
medium to induce osteogenesis. Histochemical staining (Alkaline Phosphatase kit No. 85; Sigma
Aldrich) was used to assay alkaline phosphatase (ALP) activity after 7 and 14 days of culture.
According to the instructions of the manufacturer, ALP enzyme activity was calculated basing on
the absorbance of p-nitrophenol phosphate (405 nm) [26]. Adipogenic differentiation was performed
in a medium containing 100 nM dexamethasone, 50 µM indomethacine (Sigma Aldrich), and 0.135
IE/mL insulin (Novo Nordisk, Bagsværd, Denmark), and was detected by Oil Red O staining of
the adipocyte specific fat vacuoles after 21 days of culture. Chondrogenic differentiation was initiated
by culturing cells in DMEM-F12 supplemented with 10% FBS, 100 µM L-ascorbic acid, and 1 ng/mL
TGF-β3 (Lonza). Alcian blue staining was applied to verify the production of glycosaminoglycans
and mucopolysaccharides after 21 days of culture. Cells were then fixed with 10% formaldehyde
and stained with 1% Alcian blue in 3% acetic acid solution at pH 2.5.
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2.5. Real-Time RT-PCR

RNeasy Mini Kit and DNase-I treatment (Qiagen, Hilden, Germany) were used to isolate total
RNA from undifferentiated and osteogenic differentiated hMSPCs cultured on different GO surface
modifications (on the GO-uppermost surface of the composites) on day 21. A total of 1 µg of RNA
was reverse transcribed with iScriptcDNA Synthesis Kit, (BioRad Laboratories Inc., Hercules, CA,
USA) using a blend of oligo(dT) and random hexamer primers. SsoAdvanced Universal SYBR Green
Supermix (Bio-Rad) and CFX96 Touch (BioRad) were used for the amplification and measurements,
respectively. A standard 3-step PCR temperature protocol (annealing temperature of 60 ◦C) was used
for each qPCR, and was followed by a melting curve protocol both to confirm a single gene-specific
peak and to detect primer dimerization. ∆∆Ct method was used for the relative quantification of
expression levels, and was based on the geometric mean of the internal controls TBP (TATA-box
binding protein), RPLP0 (ribosomal protein, lateral stalk, subunit P0), and B2M (β-2 microglobulin),
respectively. The expression levels (Ct) of the target genes were normalized to the reference genes
(∆Ct), and the difference between the ∆Ct value of the test sample and the ∆Ct of the control sample
gave the ∆∆Ct value. Consequently, the expression ratio was calculated as 2∆∆Ct. Three QuantiTect
primer assays (Qiagen) were selected for real time RT-PCR, namely ALPL, SPARC, and BMP2.

2.6. Statistical Analysis

Differences between groups were evaluated by means of a Student’s unpaired t-test and the exact
Wilcoxon test with the PASW statistics 18 software (IBM Corporation, Somers, NY, USA). Two-sided
p-values (p < 0.001 ***; p < 0.01 **; p < 0.05 *) were considered statistically significant. SigmaPlot® 14.0
(Systat Software Inc., San Jose, CA, USA) was used to make graphical representations.

3. Results

3.1. Surface Characterization of GO/PMMA

The protocol of GO paper fabrication resulted in the formation of a self-supporting, uniform,
and black material, with the average thickness of 5 ± 1 µm for GO(A) and 16 ± 1 µm for GO(B),
and the average specific weight of 0.87 ± 0.08 mg/cm2 for GO(A) and 2.90 ± 0.08 mg/cm2 for GO(B).
The morphology of GO(A) and GO(B), as presented in the SEM images (Figure 1), showed some wrinkles
on the surfaces which were the most probably the edges of graphene oxide, revealing strong adhesion
between GO platelets. Overall, the surface of GO paper was relatively smooth, and there were no
obvious defects (pores or cracks) observed.
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Figure 1. SEM micrographs presenting surface morphology of GO(A) and GO(B) paper.
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As demonstrated in SEM micrographs of GO/PMMA composites (Figure 2), PMMA was covering
the surface of GO paper, and more uniform surface was obtained when a thin GO(A) paper was used
as a filler. The interface between GO and PMMA can be seen as a border region, particularly in the SEM
image of GO(A)/PMMA(P). GO(A) paper was thickly coated with PMMA, while the presence of a thick
GO(B) paper was found to introduce wrinkles to the surface of polymer composite. Moreover, GO(B)

paper seemed to protrude cleanly from the fracture site. The surface of GO(B)/PMMA(M) was observed
to exhibit a significant number of voids and pores.

 

 
Figure 2. SEM micrographs presenting surface morphology of GO(A)/PMMA(P), GO(B)/PMMA(P),
GO(A)/PMMA(M), and GO(B)/PMMA(M) (arrows indicate discussed surface structures), as well as
untreated PMMA, with high magnification images as the insets.

3.2. hMSPC Characterization and Multilineage Differentiation Analysis

Cells providing morphologic characteristics of human primary MSPCs (mononuclear,
fibroblast-like, spindle shaped, plastic-adherent) were isolated from all samples within 4–8 days.
hMSPCs showed a positive expression of CD73 (99.8 ± 0.1%), CD90 (99.9 ± 0.1%), CD105 (69.1 ± 9.8%)
of gated cells. The typical forward/side scatter characteristics of 71.5 ± 4.9% were gated. The negativity
for CD14 (0.2 ± 0.2%), CD19 (0.6 ± 0.1%), CD34 (0.4 ± 0.3%), CD45 (23.9 ± 7.8%), and HLA-DR
(0.5 ± 0.3%) confirmed the phenotype of MSPCs (Figure 3A).

ALP activity was measured of absorbance (optical dense, OD) of p-nitrophenol in supernatant at
the wavelength of 405 nm over 14 days (Figure 3B). ALP expression was detected on day 7 and day 14,
respectively, when the cells were osteogenically differentiated with a significant increase (p < 0.001).
No expression of ALP was observed in any of the samples of undifferentiated negative controls.
Due to the interaction of the cationic dye Alcian blue and acid glycosaminoglycans, augmented blue
coloration was noticed for chondrogenic differentiated hMSPCs, and not for undifferentiated controls
(Figure 3C). As a result of chondrogenic differentiation, a 4.7-fold increase (p < 0.05) was noticed
for the expression of aggrecan. In order to demonstrate the multilineage ability, hMSPCs were also
differentiated in the adipogenic lineage. The adipogenic cell differentiation was demonstrated with
the formation of lipid vacuoles which were visualized by Oil Red O staining on day 21 (Figure 3D).
These results explicitly characterized our primary cells as hMSCPs.
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Figure 3. hMSPC characterization and multilineage differentiation analysis. The used hMSPCs
were characterized according (A) the positive expression of CD73, CD90, CD105, and negative
expression CD14, CD19, CD34, CD45, and HLA-DR using multicolor fluorescence-activated cell sorting
analyses. The values indicated the percentage of positively stained cells. The capacity for multilineage
differentiation potential was confirmed by (B) ALP staining for osteogenic differentiation, (C) Alcian
blue staining and the expression of aggrecan for the chondrogenic differentiation, and (D) the Oil Red
O staining of lipid droplets for the adipogenic lineage; p < 0.01 **; p < 0.05 *).

3.3. Efficiency of Osteogenic Differentiation

ALP, SPARC, and BMP-2 assays were performed to assess the mineralization of hMSPCs cultured
on the surface of GO(A)/PMMA(P), GO(B)/PMMA(P), GO(A)/PMMA(M) and GO(B)/PMMA(M), as well as
untreated PMMA. Consequently, the results shown in Figure 4 describe how strongly the expression of
individual markers was increased by the osteogenic differentiation medium, with the undifferentiated
hMSPCs as the control. As demonstrated by ALP assay, all investigated surfaces led to a significant
increase in mineral deposition, with the most pronounced effect noticed for GO(B)/PMMA(M) (8-fold
increase when compared with a control). The same material was also found to lead to the significant
increase in the expression of SPARC (2-fold increase with respect to control), even though the highest
relative gene expression (3-fold increase with respect to control) was noticed for unmodified PMMA.
All investigated surfaces, including GO/PMMA composites as well as unmodified PMMA samples,
were shown to decrease the relative BMP-2 expression from 7 to 9 times when compared with a control.

The relative gene expression profiles of hMSPCs cultured in normal expansion medium were
analyzed with respect to ALP, SPARC and BMP-2, and compared with an unmodified PMMA
as the control. Consequently, the results presented in Figure 5 describe the expression of the individual
markers by the osteogenic differentiation medium in relation to an unmodified PMMA control These
results showed the unchanged SPARC expression, simultaneously with the decrease in ALP expression
(approximately 2-fold) and a significant increase of BMP-2 expression (from 2-fold for GO(A)/PMMA(P)

to 2.5-fold for GO(A)/PMMA(M)) for GO/PMMA composites with respect to a PMMA control.
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Figure 4. The expression of specific osteogenic markers (ALP, SPARC, and BMP-2) of hMSPCs cultured
in the presence of osteogenic differentiation medium for 21 days on the surface of GO/PMMA composites
as well as untreated PMMA, compared with undifferentiated hMSPCs cultivated in expansion medium
as the negative control; p < 0.001 ***; p < 0.01 **; p < 0.05 *.

 

 
Figure 5. The expression of specific osteogenic markers (ALP, SPARC, and BMP-2) of hMSPCs cultured
in the absence of a specific induction medium for 21 days on the surface of GO/PMMA composites
as well as untreated PMMA; p < 0.001 ***; p < 0.01 **; p < 0.05 *.

To estimate the efficiency of osteogenic differentiation, GO/PMMA coatings were compared with
an unmodified PMMA as a control (Figure 6). This kind of evaluation was chosen to show the efficiency
of the osteogenic differentiation ability of each group in relation to the PMMA control. Particularly,
GO(B)/PMMA(M) composite was found to improve the expression of osteogenic differentiation
markers (2-fold increase for ALP, 1.5-fold increase for SPARC, and 2-fold increase for BMP-2),
while GO(A)/PMMA(M) was found to decrease ALP expression (2-fold). All other effects were assessed
as not significant.

 

 

Figure 6. The expression of specific osteogenic markers (ALP, SPARC, and BMP-2) of hMSPCs cultured
for 21 days on the surface of GO/PMMA composites with respect to a PMMA control; p < 0.001 ***;
p < 0.01 **; p < 0.05 *.
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4. Discussion

The greatest challenge of modern nanotechnology is to expand its scope from nanoscale into
macroscale. Therefore, the possibility of fabricating free-standing, paper-like materials basing on
nanoscale components is a subject of intensive research [27]. The protocol of GO paper fabrication,
introduced by us, allowed formation of self-supporting, uniform films composed of stacked platelets of
graphene oxide. The irregularity of surface of GO paper seemed to increase with its thickness, which is
of special importance for further biological studies since higher roughness promotes cell adhesion [28].

GO paper is known to possess many functional groups, and could easily form hydrogen bonds
with hydrophilic polymers. The presence of hydrophobic methacrylate groups in PMMA, however,
discourages these interactions to occur. Therefore, since PMMA chains would rather remain in a coiled
conformation, they are supposed to fit well into wavy structures of the nanosheets of GO paper leading
to more efficient packing within intersheet gallery [29]. Consequently, SEM micrographs demonstrated
a good interlocking between GO paper and PMMA matrix. Particularly GO(A) paper was found to be
thickly coated with PMMA, suggesting strong adhesion between this polymer and GO. GO(B) paper,
on the other hand, seemed to protrude from the fracture site, suggesting a weak interfacial bonding
between GO(B) and PMMA. This is consistent with some previous studies indicating that small sizes of
GO sheets promote the formation of homogeneous composites [30]. Moreover, the presence of voids
and pores on the surface of GO(B)/PMMA(M) could be associated with the presence of unreacted residual
monomer, which is volatile and is supposed to be released after polymerization [31]. This would mean
that some double bonds present in GO paper could be attacked by the radical species formed during
MMA polymerization, retarding or inhibiting the reaction of polymerization [24].

As a biological model, cells providing morphologic characteristics of human primary MSPCs
(mononuclear, fibroblast-like, spindle shaped, plastic-adherent) were isolated and cultured on
the surface of GO/PMMA composites. The phenotype of hMSPCs was confirmed according to the criteria
of the International Society for Cellular Therapy [32] for defining multipotent mesenchymal stromal
cells. In addition, hMSPCs were successfully differentiated towards the osteogenic, chondrogenic,
and adipogenic lineage, which was confirmed by ALP expression, Alcian blue staining, aggrecan
expression, and Oil Red O staining. To assess the efficiency of osteogenic differentiation of
hMSPCs cultured onto PMMA as well as GO/PMMA composites, three differentiation markers
were analyzed, namely alkaline phosphatase (ALP), secreted protein acidic and rich in cysteine
(SPARC), and bone morphogenetic protein-2 (BMP-2). ALP is a metalloenzyme playing an important
role in the mineralization of tissue cells [33]. ALP is found to act as both a mineralization promoter
by increasing the local concentration of phosphate, as well as an inhibitor of mineral formation by
decreasing the concentration of extracellular pyrophosphate. Since ALP is observed to be highly
expressed in mineralized cells, it can be used to predict their bone forming capacity under different
conditions. Osteonectin (SPARC), on the other hand, is the most abundant non-collagenous extracellular
matrix protein present in bone [34]. SPARC gene dosage has a dramatic effect on bone volume and is
one of critical regulators of bone remodeling, calcium turnover and an initiator of mineralization [34,35].
Therefore, SPARC can be used for the examination of osteogenic differentiation. Another marker
for osteogenic differentiation is bone morphogenetic protein-2 (BMP-2), which is known as a potent
osteogenic factor with roles in both normal bone healing and pathological bone formation in soft
tissues [36]. BMP-2 is found to facilitate osteogenic differentiation through inducing ALP activity,
promoting mineralization and enhancing adherence of cells [37].

As demonstrated by ALP assay, all investigated surfaces led to a significant increase in mineral
deposition. This effect was accompanied with a decrease in BMP-2 expression, which might suggest
that the presence of a differentiation medium had a stronger effect on the osteogenic differentiation
than BMP-2, resulting in down regulation of the latter. Nevertheless, the expression of specific
osteogenic markers, such as ALP and SPARC, was found to be significantly increased by the osteogenic
differentiation medium. In the absence of a specific induction medium, on the other hand, the cells
cultured on GO/PMMA composites were found to be able to induce an increase in BMP-2. In this way,
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GO/PMMA composites were shown to be able to drive cellular differentiation without any addition
of osteogenic supplements, just as reported for hMSCs in collagen matrices subjected cyclic tensile
strain [38], even though the process of osteogenic differentiation was found to be much more effective
when cells were culture in the presence of a medium trigger.

The comparison of GO/PMMA coatings with an unmodified PMMA as a control suggested that
among all investigated GO/PMMA composite materials, GO(B)/PMMA(M) composite was the most
efficient inducer of osteogenic differentiation, particularly basing on the relative expression of ALP
(other changes were found to be statistically non-significant). This effect should be assigned to its surface
morphology, as exhibiting a significant number of voids and pores. As presented by Abagnale et al. [39],
specific patterns present on the surface can boost differentiation of MSCs towards specific cell
types. These patterns should be in the micrometer range to be able to support the differentiation
processes initiated by induction media, and this requirement is met particularly by GO(B) paper
and GO(B)/PMMA(M) composite. All these data suggest that GO/PMMA composites, particularly
GO(B)/PMMA(M) produced manually with a thick GO paper, may direct hMSPCs toward osteogenic
differentiation and can serve as promising materials in bone tissue engineering. The properties
of GO/PMMA make this material advantageous for potential applications as screws or implants
fixation. Previous studies [25,40] showed that PMMA filled with GO conforms to physicochemical
and mechanical demands of these clinical applications. In this study, we have shown that incorporation
of GO into PMMA matrix may provide an additional functionality to the resulting composite material,
enhancing its biocompatibility through facilitating osteogenesis. Still, before the introduced material
could be considered as a bone cement, further studies should include a comprehensive biomechanical
characterization of GO/PMMA.

5. Conclusions

In this paper, we present the potency of GO/PMMA composites to induce osteogenic differentiation
of hMSPCs. Through the analysis of three differentiation markers, namely ALP, SPARC, and BMP-2
in the presence and in the absence of a specific induction medium, we were able to assess
the efficiency of osteogenic differentiation of hMSPCs cultured on four types of GO/PMMA composites,
differing in the thickness of GO paper as well as the method of fabrication of the composite.
All investigated GO/PMMA composite materials were found to effectively induce osteogenic
differentiation, and to outperform both unmodified PMMA and a negative control (undifferentiated
hMSPCs). Among GO/PMMA composite materials, a composite produced manually with a thick GO
paper (GO(B)/PMMA(M)) acted as the most efficient inducer of osteogenic differentiation, particularly
basing on the relative expression of ALP (other changes were found to be statistically non-significant).
Since GO(B)/PMMA(M) was the composite surface possessing a significant number of voids and pores,
its developed surface morphology was supposed to be responsible for directing hMSPCs toward
osteogenic differentiation. In this way, GO/PMMA composites, and particularly GO(B)/PMMA(M),
were shown as promising materials in bone tissue engineering.
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Abstract: The development of bioactive and cell-responsive materials has fastened the field of bone
tissue engineering. Gellan gum (GG) spongy-like hydrogels present high attractive properties for
the tissue engineering field, especially due to their wide microarchitecture and tunable mechanical
properties, as well as their ability to entrap the responsive cells. Lactoferrin (Lf) and Hydroxyapatite
(HAp) are bioactive factors that are known to potentiate faster bone regeneration. Thus, we developed
an advanced three-dimensional (3D) biomaterial by integrating these bioactive factors within GG
spongy-like hydrogels. Lf-HAp spongy-like hydrogels were characterized in terms of microstructure,
water uptake, degradation, and concomitant release of Lf along the time. Human adipose-derived
stem cells (hASCs) were seeded and the capacity of these materials to support hASCs in culture for
21 days was assessed. Lf addition within GG spongy-like hydrogels did not change the main features of
GG spongy-like hydrogels in terms of porosity, pore size, degradation, and water uptake commitment.
Nevertheless, HAp addition promoted an increase of the pore wall thickness (from ~13 to 28 µm)
and a decrease on porosity (from ~87% to 64%) and mean pore size (from ~12 to 20 µm), as well
as on the degradability and water retention capabilities. A sustained release of Lf was observed
for all the formulations up to 30 days. Cell viability assays showed that hASCs were viable during
the culture period regarding cell-laden spongy-like hydrogels. Altogether, we demonstrate that GG
spongy-like hydrogels containing HAp and Lf in high concentrations gathered favorable 3D bone-like
microenvironment with an increased hASCs viability with the presented results.

Keywords: gellan gum; hydroxyapatite; lactoferrin; bone biomaterials

1. Introduction

Over recent years, tissue engineering (TE) has been pushing forward bone tissue regeneration
field, especially in what concerns biomaterials’ improvement. Further, the main struggle of bone
tissue engineering is to reach a synergistic effect through the combination of biomaterials and cells [1].
Researchers have been demonstrating the importance of biochemical and microstructure cues in the
success of designed biomaterials [2]. An optimal biomaterial should not only provide an adequate
structural support for bone tissue engineering, but also promote tissue re-growth [3]. The essential
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prerequisites include: (i) a three dimensional (3D) porous structure, presenting (ii) optimized surface
properties, which will potentiate cell attachment, migration, proliferation, and the retention of normal
cell functions; (iii) sustained biodegradability; (iv) biomechanical properties that mimic the native
tissue; (v) reproducibility; and, (vi) bioactivity, to replace large cortical bone defects and enable
load transmission [4–7].

Lf is an iron-binding glycoprotein from the transferrin family [8]. Lf is well known
by its antimicrobial, antibacterial, antiviral, antiparasitic anti-neoplastic, anti-inflammatory,
and immunomodulatory activities on the immune system, which is a plus for every approach [9–11].
Nowadays, despite the molecular mechanism and action of this protein not being completely
understood, Lf alone or combined with others systems has been explored for bone tissue
engineering [3,12]. Lf alone has been showed to promote the proliferation of rat osteoblasts in
a dose and time dependent manner [13]. The integration of recombinant human Lf and MC3T3-E1
osteoblast-like cells in an injectable hydrogel has been shown to enable MC3T3-E1 cells viability,
proliferation, and differentiation supporting proteins phosphorylation/dephosphorylation [14]. In vivo
systemic administration of Lf alone [15,16] or in a gelatin hydrogel [17] has also been shown to enhance
the new bone formation on a bone defect site.

Hydroxyapatite (HAp) (Ca10(PO4)6(OH)2) presents a huge similarity to the inorganic component
of the bone matrix and it has been widely used in bone tissue engineering as bone graft materials,
coatings for implants, and bone fillers due to its ability to directly bond to the deficient apatite
layer of the bone through the carbonated calcium [18–21]. HAp also presents osteoconductive and
osteoinductive properties, as it facilitates the migration, adhesion, proliferation, and differentiation
of progenitor cells, and the cell-mediated release of growth factors that stimulate bone formation
in vivo [22]. We have previously developed Gellan Gum (GG) spongy-like hydrogels that contain HAp
for bone tissue engineering [23,24]. GG spongy-like hydrogels show optimal conditions for Tissue
Engineering and Regenerative Medicine (TERM) due to their porous microstructure arrangement,
mechanical stability, as evidenced by their high flexibility and resilience to deformation, and high water
content that altogether potentiate cell adhesion and spreading [25–27]. The addition of HAp (10 and
20% w/v) and CaCl2, as a crosslinker, to the GG spongy-like hydrogels, improved the bioactivity of
the materials, as evidenced by the formation of uniformly distributed apatite-like crystal phases on
materials surface in a osteogenic medium, being similar in terms of composition and structure to
bone-apatite [24]. In osteogenic culture conditions, HAp-containing spongy-like hydrogels prompted
hASCs adhesion and spreading [24], as well as the differentiation of bone marrow cells that were
isolated from mice long bones towards pre-osteoclasts [23] in the presence of vitamin D3.

The combination of Lf and HAp has been scarcely explored for bone tissue engineering. From the
few existing in vitro studies, Lf-Hap have shown promising results, as evidenced by enhanced
osteoblasts proliferation [3,28] and rADSCs differentiation towards osteoblasts [29]. Hence, in this
work, we combined the unique properties of Lf and HAp in spongy-like hydrogels to reinforce the
bone-like microenvironment. Different Lf-HAp spongy-like hydrogels formulations were developed
and characterized, envisaging a material with appropriate physical-chemical properties and Lf temporal
release for future bone tissue engineering approaches. Human adipose-derived stem cells (hASCs)
were seeded within the Lf-Hap spongy-like hydrogels due to their promising features, such as
their regenerative potential, self-renewal properties, capacity to differentiate into the osteogenic
lineage, as well as their high and easy availability from the subcutaneous liposuction from adipose/fat
tissue [30,31]. The ability of these biomaterials to behave as a platform to support hASCs cell adhesion
and growth was then studied.
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2. Materials and Methods

2.1. Preparation of Hydrogels

Gelzan CM (Sigma, St. Louis, MO, USA) was dissolved in distilled water at 90 ◦C for
30 min. with stirring. Lactoferrin (Lf, Bovine origin, New Zealand) was dissolved in distilled
water. Subsequently, to the solution of Gellan Gum (GG), Lactoferrin (Lf), and Hydroxyapatite
(HAp, Plasma Biotal, Buxton, UK) were added at 50 ◦C, as described in Table 1. After complete
homogenization, the crosslinking solution CaCl2 (Sigma, USA) was added and it was allowed to
stabilize at room temperature for 30 min. Posteriorly, the hydrogels were cut in discs of 5 mm of
diameter and 2 mm of thickness and replenished with phosphate-buffered saline solution (PBS, Sigma,
USA) for 30 h to enable complete crosslinking, frozen at −80 ◦C for 18–20 h, and then freeze-dried
(CryoDos -80, Telstar, Terrassa, Barcelona, Spain) for at least three days. Materials were sterilized by
ethylene oxide.

Table 1. Different formulations of Gellan Gum (GG) spongy-like hydrogels with or without Lactoferrin
(Lf), and/or Hydroxyapatite (HAp).

Name GG % (w/v) Lf % (w/v) HAp % (w/v)

GG 1.25 - -
GG/Low Lf 1.25 0.05 -
GG/High Lf 1.25 0.15 -

GG/Low HAp 1.25 - 1.00
GG/High HAp 1.25 - 10.00

GG/Low Lf/ Low HAp 1.25 0.05 1.00
GG/High Lf/Low HAp 1.25 0.15 1.00
GG/Low Lf/High HAp 1.25 0.05 10.00
GG/High Lf/High HAp 1.25 0.15 10.00

2.2. Physico-Chemical Characterization of Spongy-Like Hydrogels’

2.2.1. Fourier Transformed Infrared Spectroscopy (FTIR)

Fourier Transformed Infrared (FTIR) analysis was performed while using attenuated total
reflectance (ATR) (IRPrestige-21, Shimadzu Corporation, Kyoto, Japan) in transmittance mode and in
the region of 550–4000 cm−1 for spectroscopic study.

2.2.2. X-ray Diffraction (XRD) Analysis

The qualitative analyses of crystalline phases that were presented on the GG, GG/Lf, GG/HAp,
and GG/Lf/HAp spongy-like hydrogels were obtained by XRD while using a conventional
Bragg–Brentano diffractometer (Bruker D8 Advance DaVinci, Rheinstetten, Germany) that was
equipped with CuKα radiation, produced at 40 kV and 40 mA. The data sets were collected in the 2θ
range of 5–70◦ with a step size of 0.04◦ and 1 s for each step.

2.2.3. Scanning Electron Microscopy

Scanning electron microscopy (SEM, JSM-6010 LV, JEOL, Tokyo, Japan) and micro computed
tomography (micro-CT) were used to assess the microstructure of the dried polymeric networks of the
different formulations. For SEM analysis, the samples were immersed in liquid nitrogen to cut the
sample into cross-sections, and the internal surface of the dried polymeric networks was observed.

2.2.4. Micro Computed Tomography

The microstructure of dried polymeric networks was analyzed while using a high resolution
X-Ray microtomography SkyScan 1272 System (SkyScan, Kontich, Belgium). The pixel size used was
2.5 µm, the exposure time was 1s, and the source conditions used were 50 kV of energy and 200 µA of
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current. A binary picture was created using 150 slides while using a thresholding between 20 and
255 in a grey scale. The morphometric analysis, which includes porosity, pore size, interconnectivity,
and wall thickness, were assessed by CT-analyzer program (CTAn, v1.17.0.0., SkyScan, Belgium).

2.2.5. Degradation Studies: Mass Loss

Lf-HAp containing spongy-like hydrogels were immersed in PBS at 37 ◦C for 30 days, with stirring.
The initial weight (wi) of the samples was recorded and the samples were then immersed in PBS and
weighed again (final weight, wf). The percentage of mass loss along the time was calculated according
to the equation:

Mass loss(%) =
(Wf −Wi)

Wi
× 100

Every three days, the PBS solution was replaced and the supernatant was collected and then kept
at −80 ◦C for further analysis of the amount of Lf released.

2.2.6. Water Uptake

Lf-HAp containing spongy-like hydrogels were weighed in the dried state (wd) and were then
immersed in PBS at 37 ◦C during three days. Along this period of time, at different time points (30 min.,
1, 2, 4, 6, 24, 48, and 72 h), the samples were weighed in the wet state (ww). The percentage of water
uptake along the time was calculated according to the equation:

Water Uptake(%) =
(Ww −Wd)

Wd
× 100

2.2.7. Quantification of Lf Release: BCA Assay

A micro-Bicinchoninic Acid Assay (micro-BCA) was performed according to manufacturer
instructions In order to evaluate the amount of Lf released from spongy-like hydrogels. Briefly,
75 µL of bicinchoninic acid was placed in each well of a 96 well-plate and 75 µL of the supernatant,
previously collected during mass loss assessment, was added to each one. These well-plates were
incubated for 2 h at 37 ◦C. After this time, the absorbance at 562 nm was measured while using
a Microplate Reader (SYNERGY HT, BIO-TEK, USA). The supernatants from GG and GG with HAp
spongy-like hydrogels were used as Blank. The corrected absorbance readings were converted into
protein concentrations while using a calibration curve of Lf. The theoretical value according to the final
volume and concentration of Lf into GG spongy-like hydrogels was calculated. GG/Low Lf containing
spongy-like hydrogels, according to the theoretical calculations, can release a maximum of 20 µg,
while G/High Lf can release a maximum of 60 µg.

2.3. In Vitro Studies

2.3.1. Cell Isolation and Culture

Human adipose-derived stem cells (hASCs) were isolated from the lipoaspirate samples following
a protocol previously established with the Department of Plastic Surgery of Hospital da Prelada
(Porto, Portugal). All subjects gave their informed consent for inclusion before they participated in
the study. The study was conducted in accordance with the Declaration of Helsinki, and the protocol
was approved by the Ethics Committee of Hospital da Prelada (P.I. Nº 005/2019) and 3B’s Research
Group. The isolated cells were used for subsequent studies. The cells were routinely cultured in
α-MEM medium (Alfagene, Carcavelos, Portugal) that was supplemented with 10% fetal bovine
serum (FBS, Australia origin, Alfagene, Portugal), 1% antibiotic/antimycotic (Alfagene, Portugal),
and maintained at 37 ◦C under a humidified atmosphere of 5% v/v CO2 in air. The medium was
changed twice a week and cells, at maximum passage 4, were seeded into spongy-like hydrogels,
as described in the next section.
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2.3.2. Cell Entrapment

A cell suspension (40 × 103, 20 µL) was dispensed dropwise on the top of the polymeric networks,
which were previously hydrated for 15 min. with culture medium. Posteriorly, these constructs
were incubated at 37 ◦C during 3 h, with 5% CO2 to allow for maximum cell entrapment within the
structures. Fresh medium (500 µL) was added after this period of time.

2.3.3. Cell Viability

Cell viability was assessed at 21 days while using 20% (v/v) of Alamar Blue reagent
(ALAMAR BLUE®, AbD, Kidlington, Oxford, UK) in α-MEM culture medium, followed by 3 h
of incubation at 37 ◦C with 5% CO2 and protected from light. Afterwards, 100 µL of supernatant was
transferred from each well in triplicate to a new 96-well cell culture plate. Fluorescence intensity was
read at 530/20 nm (excitation) and 590/35 nm (emission) using a microplate reader (Synergy HT, Bio-Tek,
USA). Alamar Blue in medium was used as a blank. DNA normalized the corrected absorbance
readings at day 21. Three specimens of each formulation were used to assess cell viability along the
time and three independent experiments were performed.

2.3.4. DNA Content

DNA content was assessed after 21 days of culture and it was used to normalize the cell viability
values of the same time point. Constructs were washed with PBS and transferred to 1.5 mL tubes
and heated at 70 ◦C for 30 min. Next, 1 mL of ultra-pure water was added into each tube that
were placed at 37 ◦C for 1 h, and then frozen at −80 ◦C until analysis. Before DNA quantification,
the samples were placed in an ultrasound bath for 1 h at 37 ◦C. Finally, Quant-IT PicoGreen dsDNA
Assay Kit 2000 assays (Alfagene®, Portugal) was used according to the manufacturer’s instructions.
The fluorescence intensity was read at 485/20 nm (excitation) and 530/20 nm (emission) while using
a microplate reader (Synergy HT, Bio-Tek, Winooski, VT, USA) and the readings were converted while
using a standard curve that was produced with standard dsDNA solutions at different concentrations.

2.3.5. Cytoskeleton Morphology (Phalloidin/DAPI)

After three and 21 days of culture, the constructs were washed with PBS during 5 min., fixed with
10% formalin for one hour, and then washed again. Next, Phalloidin-TRITC (Sigma, USA) (1:80)
was added and placed at room temperature during 1 h, protected from light. The constructs were
counterstained with 4,6-Diamidino-2-phenylindole, Dilactate (DAPI, Sigma, USA) (1:5000) for 5 min.
in the dark. Finally, they were visualized by Confocal Laser Scanning Microscope (TCS SP8, Leica,
Mannheim, Germany).

2.4. Statistics

Statistical analysis was performed while using the GraphPad Prism 5.0 software. The data were
analyzed while using the Shapiro–Wilk normality test. The results that did not present a normal
distribution were analyzed using the Kruskal–Wallis test with Dunn’s multiple comparison post-test
for statistical analysis. The results that presented a normal distribution were analyzed while using
a One-way ANOVA and Tukey’s multiple comparisons T-test. The significance level between the
groups were set for * p < 0.05, ** p < 0.01, and *** p < 0.001. The data were presented as mean ± standard
deviation (SD). Data in each figure are representative experiment of three experiments (n = 3).

3. Results

3.1. FTIR and XRD Analysis

The ATR-FTIR spectra of the spongy-like hydrogels that are presented in Figure 1 show the
stretching vibrations of C–O–C bonds and the bending mode of mehtyl vC–H, respectively, at 1022 and
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1593 cm−1 [32]. Regarding the Lf addition to the GG formulations, a signal of tyrosine was registered at
1138 cm−1 [33]. Additionally, an absorption peak appears at 1010 cm−1, which can be assigned to N≡C
or C=C stretch and C–H deformation vibrations of tryptophan. The presence of HAp was ascertained
by the detection of the peak around 600 cm−1, in the region of the v4 bending mode of PO4

3− and
the peak around 1000 cm−1 that corresponded to the region of the v1 stretching mode of PO4

3− [24].
All of the GG/Lf/HAp spongy-like hydrogels show the broad band between 3500 and 3700 cm−1 that is
attributed to the hydroxyl groups (vOH) stretching vibration due to the medium hydrogen bond of
intramolecular and intermolecular type.

Figure 2 displays the XRD patterns of the spongy-like hydrogels. It can be observed that all of the
compositions show the intensity peaks corresponding to the GG crystalline structure with the main
peak being located at 32◦ [32]. The presence of a higher content of Lf led to a slight crystallinity decrease
without additional peaks being observed (Figure 2iii). The crystallographic phases identification of
the hydrogels containing HAP was accomplished by comparing the XRD patterns with the standard
ICDD PDF 01-074-0565 of HAp (Figure 2iv–ix). As expected, with increasing the HAp content in the
hydrogels, the crystallinity became more evident, as shown in Figure 2v,viii,ix.

Figure 1. Fourier Transformed Infrared (FTIR) spectra of GG/Lf/HAp spongy-like hydrogels: (i) GG,
(ii) GG/Low Lf, (iii) GG/High Lf, (iv) GG/Low HAp, (v) GG/High HAp, (vi) GG/Low Lf/Low HAp,
(vii) GG/High Lf/Low HAp, (viii) GG/Low Lf/High HAp, and (ix) GG/High Lf/High HAp.

Figure 2. X-ray Diffraction (XRD) patterns of the GG/Lf/HAp spongy-like hydrogels: (i) GG, (ii) GG/Low
Lf, (iii) GG/High Lf, (iv) GG/Low HAp, (v) GG/High HAp, (vi) GG/Low Lf/Low HAp, (vii) GG/High
Lf/Low HAp, (viii) GG/Low Lf/High HAp and (ix) GG/High Lf/High HAp. HAp (ICDD PDF
01-074-0565), and * GG.
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3.2. SEM and Micro-CT Analysis

Figure 3 shows the representative images of the cross section surface of the different GG/Lf/HAp
dried polymeric networks (DPN) that were obtained by SEM. GG DPN containing just Lf (Low or
High) showed a porous structure with smooth surfaces, which indicated that the presence of Lf had
no effect in the microstructure when compared with the control (GG) (Figure 3A–C). Regarding GG
DPN containing HAp (Figure 3D,E), smaller pores and rough surfaces were observed. This effect
was more evident in the formulations containing higher HAp concentrations (1% in relation to 10%).
The microstructure of GG DPN containing Lf/HAp was similar to the respective GG/HAp DPN
(Figure 3F,G in relation to Figure 3D; Figure 3H,I in relation to Figure 3E). These results indicate that
no evident effect was observed by adding Lf, while the addition of HAp affected the microstructure.

Figure 3. SEM representative images of GG dried polymeric networks (DPN) with or without
Lactoferrin (Lf) and/or Hydroxyapatite (HAp): (A) GG, (B) GG/Low Lf, (C) GG/High Lf, (D) GG/Low
HAp, (E) GG/High HAp, (F) GG/Low Lf/Low HAp, (G) GG/High Lf/Low HAp, (H) GG/Low Lf/High
HAp, and (I) GG/High Lf/High HAp.

Porosity, pore wall thickness, and average pore size were quantified by micro-CT analysis (Table 2).
The obtained results revealed that the addition of HAp has an inverse effect on the porosity of the
DPN: the porosity tended to decrease with the increase of HAp concentration from ~87% to 64%,
respectively. Despite this tendency, no other statistically significant differences on the average porosity
were observed. Nevertheless, the same trend was verified on the mean pore size for all of the conditions:
a decrease of pore size was observed when HAp is added. For these formulations, the decrease on pore
size was followed by an increase of the pore wall thickness, although no significant differences were
observed. In accordance to SEM results, the HAp addition had a higher impact in the microstructure of
GG polymeric networks than Lf addition. In addition, the 2D microarrangement of the dried polymeric
networks can be observed in Figure 4.
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Table 2. Micro computed tomography (Micro-CT) analysis of (A) mean porosity, (B) pore size,
and (C) wall thickness of GG dried polymeric networks (DPN) with or without Lf and/or HAp. Data
was presented as mean ± stdev, the statistical analysis was performed using a Kruskal–Wallis test
followed by Dunn’s test, in which all formulations were compared between them.

Name Porosity (%) Pore Size (µm) Wall Thickness (µm)

GG 86.5 ± 1.34 73.18 ± 12.92 12,83 ± 0.87
GG/Low Lf 86.01 ± 1.81 73.14 ± 5.37 13.21 ± 0.14
GG/High Lf 86.98 ± 1.97 68.85 ± 0.93 13.45 ± 1.31

GG/Low HAp 78.44 ± 1.37 55.23 ± 5.22 17.43 ± 0.21
GG/High HAp 64.45 ± 3.79 42.80 ± 5.73 20.17 ± 0.66

GG/Low Lf/ Low HAp 81.30 ± 0.64 63.30 ± 3.66 16.07 ± 0.42
GG/High Lf/Low HAp 84.14 ± 3.21 79.06 ± 15.31 16.48 ± 0.62
GG/Low Lf/High HAp 67.98 ± 0.55 59.96 ± 3.53 27.95 ± 1.66
GG/High Lf/High HAp 71.22 ± 2.96 59.74 ± 2.00 25.66 ± 1.72

Figure 4. Two-dimensional (2D) images of the dried polymer networks of GG/Lf/HAp spongy-like
hydrogels obtained by Micro-CT.

3.3. Water Uptake Analysis

The water uptake of the different GG DNP formulations was followed up to three days of
immersion into PBS (Figure 5). All of the formulations have shown a burst of water uptake in the first
hours of immersion, followed by an equilibrium phase corresponding to the maximum of water content.
GG showed a water content of 2385% ± 357 after three days of immersion (Figure 5B). Similar values
were observed for the GG/High Lf formulation. However, GG/Low Lf formulations have shown lower
water content (1780% ± 143). All of the formulations containing HAp showed lower water content
values (~1500%) when comparing to GG and both GG/Lf formulations. GG spongy-like hydrogels
with 1 (GG/Low HAp) and 10% (GG/High HAp) of HAp showed a water content of 886% ± 160
and 603% ± 62, respectively. GG spongy-like hydrogels with 1% of HAp and Lf, independent of the
concentration, showed a water content between 1277% ± 109 and 1438% ± 438, while the formulations
containing 10% of HAp and Lf, the water content was lower (~300/500%). These results have shown
that the addition of HAp at higher concentration (10%) to the GG formulation significantly decreased
(p < 0.05) their water uptake ability (from 2385% ± 357 to 603% ± 63). Likewise, a significant decrease
on water content between GG/High Lf (~2385% ± 683) and GG/High Lf/High HAp (~375% ± 35)
(p < 0.001) was also observed due to HAp addition.
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Figure 5. (A) Water uptake profile of dried polymeric networks (DPN) along 72 h (B) water content
after 72 h. Data was presented as mean ± stdev and statistical analysis was performed while using
a Kruskal-Wallis test followed by Dunn’s test.

3.4. Degradation Tests and Lf Release Analysis

The degradation of different formulations was followed up to 30 days by quantifying the weight
loss (Figure 6A). GG/Low Lf and GG/High Lf spongy-like hydrogels have shown higher mass loss
in comparison with the other formulations (Figure 6A). In accordance, the GG/High Lf spongy-like
hydrogels showed a significant mass loss when comparing to GG (p < 0.05), GG/Low Lf (p < 0.01),
and Lf/HAp (p < 0.001) containing spongy-like hydrogels.

Figure 6. Degradation and Lf release analysis. Final mass of dried polymeric networks after 30 days
(A). Lf release profile of Lf-HAp containing spongy-like hydrogels along 30 days (B) and at day 30 (C).
The statistical analysis of the final mass was performed using a One-way ANOVA and Tukey’s multiple
comparisons T-test, while the Kruskal–Wallis test followed by Dunn’s test was used for Lf release and
all the formulations were compared between them.
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3.5. Cell Viability and Cell Cytoskeleton Analysis

hASCs’ cytoskeleton within spongy-like hydrogels was analyzed by Phalloidin staining (Figure 7).
Independent of the spongy-like hydrogel formulation, cells attached and showed a spread morphology
within the polymeric structure from three days of culture onward 21 days. Figure 4 shows cell
cytoskeleton organization within GG/High Lf/High HAp, which is representative of the other
spongy-like hydrogel formulations.

Cell viability within the spongy-like hydrogels was assessed through Alamar Blue®assay that
was normalized by DNA at that time point (21 days) (Figure 8A). It was possible to verify that hASCs
remained metabolically active after 21 days of culture. Noteworthy, the formulations containing Lf in
combination or not with HAp showed the highest metabolic activity, while GG and GG/Low HAp
spongy-like hydrogels showed the lowest metabolic activity. GG/High Lf, GG/High Lf/Low HAp,
GG/Low Lf/High HAp, and GG/High Lf/High HAp showed significantly higher metabolic activity
when comparing to the GG spongy-like hydrogels. A significant increase in metabolic activity was
also verified between GG/Low HAp and GG/High Lf/Low HAp. Regarding the DNA concentration
depicted in Figure 5B, it was possible to observe that, after 21 days, the cells were present in all
the spongy-like hydrogels tested. Moreover, the results showed that spongy-like hydrogels with Lf
combined or not with HAp have higher amounts of DNA, while GG spongy-like hydrogels have the
lowest. However, statistical differences were not observed.

Figure 7. Representative images of cytoskeleton morphology (Phalloidin-TRITC, red) and nuclei
(DAPI,blue) of hASCs within GG/High Lf/High HAp spongy-like hydrogels after (A) three and
(B) 21 days of culture.

Figure 8. Cell viability assessment. (A) Metabolic activity of hASCs’ normalized by Day 1 after 21 days
of culture. (B) DNA concentration of hASCs’ within spongy-like hydrogels after 21 days. The statistical
analysis was performed using a One-way ANOVA and Tukey’s multiple comparisons T-test and results
were presented as mean ± standard deviation (SD) and the significance level between groups was set
for: * p < 0.05, and ** p < 0.01.
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4. Discussion

New biomaterials, cells, and growth factors are being combined to reach a synergistic effect and
produce functional tissue engineered bone substitutes. With this in mind, we developed a batch of
novel bioactive GG spongy-like hydrogels that contain different concentrations of Lf and/or HAp,
and tested its capacity to support hASCs culture, envisioning its use as improved scaffolds for bone
tissue engineering. In fact, hASCs can differentiate along the osteogenic lineage when submitted to
specific growth factors, such as Lf [15,16,34].

The biomaterials microarchitecture, including pore size and porosity, are crucial parameters to
match the native tissue characteristics and the required integrity [35]. This work showed that the
presence of HAp significantly reduced the porosity and pore size. The HAp functioned as a nucleation
agent for ice crystals during the freezing step of spongy-like hydrogels preparation, leading to the
formation of pores in a higher amount, but with lower sizes [25,27]. Nevertheless, the results that
were obtained regarding porosity and pore size, for all of the formulations, are in agreement with the
literature that indicate that porosity between 35 and 75% and the pore size in the range of 50 to 400
µm are appropriated to be used in bone tissue engineering applications [36]. In our study, all of the
developed spongy-like hydrogels presented pore sizes that were between ~40 to 80 µm, which are
within the range that was described to allow for the ingrowth of capillaries and facilitate the exchange
of nutrients and discharge of metabolites [1]. In fact, we could verify that hASCs that were cultured
within all spongy-like hydrogels were metabolically active. Furthermore, the cells cultured within
spongy-like hydrogels with Lf and/or HAp were more metabolic active than cells that were cultured
within GG spongy-like hydrogels. This was an expected result, since Gellan Gum hydrogels do not
present specific attachment sites for anchorage-dependent cells. When considering the pore size,
it was also observed that the addition of HAp lead to a decrease in the porosity while thicker and
rough pore walls were promoted. The commitment of this combined effect together with the intrinsic
properties of the GG spongy-like hydrogels can overcome the problems that are associated with stress
shielding [37]. It is well known that the thicker pore walls and roughness might be crucial for cells
biological response since it directly influences cell migration and proliferation [38]. Moreover, it
promotes structural support and adhesion sites, facilitates cell movement, regulates cell behavior, and
sustains cell-to-cell recognition.

On the other hand, the microarchitecture of spongy-like hydrogels was not altered with the
addition of Lf. In fact, this small protein was predicted to adsorb to the GG polymeric networks and
it did not act as a nucleation agent for ice crystals in the freezing stage. GG spongy-like hydrogels
Lf containing have shown higher porosity and water retention capacity, when compared with HAp
containing spongy-like hydrogels. Similarly, in other studies, it has been verified that, when HAp is
incorporated into a matrix, a lower water content is adsorbed/expected [23,39,40]. The achievement
of the maximum water content occurs earlier due to the existence of lower microvoids between the
interface of the GG matrix and the HAp crystals. Since HAp has very low water absorption, when it is
added to the GG matrix, its natural/intrinsic hydrophilicity decreases. Overall, the microstructure of the
developed spongy-like hydrogels was proper for the diffusion of oxygen and nutrients, since the cells
showed their normal phenotype after 21 days of culture. Furthermore, it was also observed that the pore
size did not negatively affect cell spreading and morphology, as demonstrated by cytoskeleton staining.

When considering the bioactivity potential of HAp and/or Lf, the release of these bioactive
components to the surrounding environment is of high importance in an in vivo scenario. Hence,
the release of these bioactive factors was studied in vitro along 31 days. The serum level of Lf on the
human body is around 2 to 7 µg/mL, and it has been applied to achieve the desired effect from the
contact of Lf with different cell types (e.g. proliferation and/or the inhibition of bone resorption) [17].
Having this in mind, we applied a protein concentration within our biomaterials that, when released,
was similar to the protein concentration that is found in human body. Lf containing spongy-like
hydrogels showed a significant mass loss, in contrast to the HAp containing spongy-like hydrogels.
This can be explained by the higher release of non-crosslinked Lf from the semi-interpenetrating

89



Materials 2019, 12, 2074

networks, which causes the disintegration of the polymeric networks. Interestingly, when they were
combined, the HAp presence masked the Lf presence in all aspects that were previously mentioned.
Perhaps it happens due to the high affinity between HAp and Lf, which is mainly provided by the
electrostatic interactions between Lf and HAp surface [3,41]. Montesi et al., also reported that the protein
quantity is a crucial parameter, since a lower amount of Lf only interacted with the negative surface
ionic groups of HAp, while higher amount of Lf probably favored the protein–protein interactions
(through hydrogen or hydrophobic/hydrophilic interactions) and formation of multiple protein layers
with different molecular orientations [41]. Furthermore, these interactions were sustained by Lf
incorporation during hydrogel preparation, which affected the hydrogel chains formation. It was also
reported that the swelling ratio was correlated with the quantity of protein released [42], since a faster
desorption of the Lf molecules being non-directly bounded on the particles surface is verified, when the
scaffolds are immersed in a hydrated medium. However, in spite of non-existent significant differences,
the formulations with 10% of HAp and Lf in both concentrations, showed lower swelling ratio and,
consequently, a lower release. As expected, when Lf was present in a high amount, it had more protein
to release. Montesi et al. demonstrated that, in addition to the HAp biocompatibility, osteoconductivity,
and biodegradability, this bioceramic has the ability to bind several biomolecules without affecting
their biological function [41]. Overall, some gaps have been identified based on the existing studies.
In fact, most of the existing studies are performed while using animal cells/models hindering the
correlation of these models with future clinical outcomes. Moreover, the results that were obtained can
be conditioned, depending of the type and size of the defect, the degradation process, and the protein
release, which resulted in different bone regeneration rates.

Our study demonstrates the synergetic effect from the combination of HAp with Lf and hASCs
and their ability for use in spongy-like hydrogels for bone tissue engineering applications.

5. Conclusions

Bone tissue engineering has been explored by combining new biomaterials and cells to
reach a synergistic effect. With this in mind, we studied the effect from the combination of
bioactive compounds, Lf and HAp, within GG spongy-like hydrogels to be used in the bone tissue
regeneration approaches.

The parameters studied, such as porosity, pore size, pore wall thickness, weight loss, water uptake,
and Lf release, were tailored through the addition and/or combination of each compound. Lf containing
spongy-like hydrogels showed similar features with GG spongy-like hydrogels. In contrast,
differences in terms of all parameters studied were observed in GG/HAp and Lf-HAp containing
spongy-like hydrogels. The HAp addition promoted an increase of the wall thickness and a decrease
on porosity and pore size as well as, on degradability and water retention capabilities. Related to the Lf
release, along the 30 days all formulations released at least half of the existent lactoferrin in both (0.05 and
0.15%) of the formulations containing Lf. Moreover, the capacity of these biomaterials to support
hASCs in culture for 21 days was assessed. The microstructure of Lf/HAp-containing spongy-like
hydrogels seemed to be proper for the diffusion of oxygen and nutrients, since the cells spread and
showed their normal phenotype after 21 days. In conclusion, Lf and HAp in high concentrations
assembled the required conditions to conduce these biomaterials to promote bone regeneration.
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Abstract: We evaluated starfish-derivedβ-tricalcium phosphate (Sf-TCP) obtained by phosphatization
of starfish-bone-derived porous calcium carbonate as a potential bone substitute material. The Sf-TCP
had a communicating pore structure with a pore size of approximately 10 µm. Although the porosity
of Sf-TCP was similar to that of Cerasorb M (CM)—a commercially available β-TCP bone filler—the
specific surface area was roughly three times larger than that of CM. Observation by scanning
electron microscopy showed that pores communicated to the inside of the Sf-TCP. Cell growth
tests showed that Sf-TCP improved cell proliferation compared with CM. Cells grown on Sf-TCP
showed stretched filopodia and adhered; cells migrated both to the surface and into pores. In vivo,
vigorous tissue invasion into pores was observed in Sf-TCP, and more fibrous tissue was observed for
Sf-TCP than CM. Moreover, capillary formation into pores was observed for Sf-TCP. Thus, Sf-TCP
showed excellent biocompatibility in vitro and more vigorous bone formation in vivo, indicating
the possible applications of this material as a bone substitute. In addition, our findings suggested
that mimicking the microstructure derived from whole organisms may facilitate the development of
superior artificial bone.

Keywords: starfish; calcium carbonate; porous calcium phosphate; β-tricalcium phosphate; bone
substitute; angiogenesis

1. Introduction

Bone is a tissue with excellent regenerative ability; however, supplementation is necessary for
reconstruction of bone defects that cannot be naturally healed due to fracture or tumor resection.
Autologous bone grafting can be used to compensate for defects. In this method, grafts are harvested
from a healthy part of the patient and transplanted into the defective part of the bone. Because the
graft itself has bone-forming ability, the process after transplantation is usually effective. However,
it may not be possible to obtain bone of the necessary amount, shape, and size, and there are other
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disadvantages, such as pain and deformation at the collection site. Additionally, problems such as
infection and immune response arise when allogeneic bone grafting and heterogeneous bone grafting
are used [1].

In order to overcome these problems, researchers have been attempting to develop artificial
bone prosthetic materials showing good biocompatibility [2]. For example, a glass material that
bonds to bones without showing foreign body reactions was reported by Hench et al. in 1971 [3].
Since then, the development of artificial bone has progressed due to the discovery of physiologically
active materials, even inorganic materials, and the synthesis of hydroxyapatite (HAp) as a main
component of bone inorganic matter and direct bonding to bone were described by Jarcho et al. [4] and
Akao et al. [5]. In addition to HAp, β-tricalcium phosphate (β-TCP) has been extensively studied as
a calcium phosphate-based biomaterial. β-TCP has higher solubility at neutral pH than HAp and
is not only hydrolyzed in body fluids but is also biologically absorbed by osteoclasts, representing
an effective bioabsorbable material that can be used as a bone substitute. Studies on β-TCP have
been reported by Driskell et al. [6], and SynthoGraft, which was first developed in 1981, has been
approved by the US Food and Drug Administration as an absorbable synthetic bone grafting material.
Such bioceramics account for approximately 40% of total bone grafts [7].

Regardless of material, porous bodies with continuous pores are required for supporting
osteoinductive factors and for binding, after implantation, with strong bone, cellular tissues, and blood
vessels for invasion [8]. It is necessary to control pore size distribution and pore structure in order to
achieve both secured pore structures that promote bone formation and strength when used as a filler
material. Porous bodies have been produced by various methods [9,10]. However, no artificial bone
with performance comparable to bone has been developed.

Roy and Linnehan have reported methods for converting coral-derived calcium carbonate into
HAp as an artificial bone using biological materials [11]. Coral-derived HAp is a porous HAp with a
pore size of 150 to 500 µm and has high biocompatibility [12]. This material has been commercialized
as ProOsteon in the United States of America. However, coral harvesting is costly and associated with
environmental problems.

The inorganic matter forming on starfish is composed of calcite granules containing Mg2+ and
has a fine porous structure with a pore diameter of several tens of microns. Takeuchi et al. reported
that this porous structure is converted into β-TCP containing Mg2+ by phosphatization of starfish [13].

Therefore, in this study, we evaluated the physical properties of starfish bone-derived β-TCP as a
potential bone substitute material using MC3T3-E1 mouse calvaria-derived osteoblast-like cells and
in vivo implantation into rat calvaria bone defects.

2. Materials and Methods

2.1. Ethics Statement

All experiments were carried out according to institutional guidelines for animal experimentation
at Shinshu University School of Medicine. All protocols used in this study were reviewed and approved
by the Division of Laboratory Animal Research (#280054). All surgery was performed under general
anesthesia (intraperitoneal injection of sodium pentobarbital), and all efforts were made to minimize
suffering. All rats were euthanized using isoflurane inhalation at the end of the study.

2.2. Preparation of Porous Calcium Phosphate Derived from Starfish Bone

Collection of starfish-bone-derived calcite and its phosphatization to β-TCP were carried out as
previously described [13]. Organic substances were dissolved by immersing starfish (Patiria pectinifera)
in a commercial bleach (sodium hypochlorite aqueous solution with a volume ratio of about 6%; Hiter®;
Kao Corp., Tokyo, Japan). After dissolving organic matter, starfish bone was obtained by filtering,
washing with ion-exchanged water, and drying at 60 ◦C for 24 h. Briefly, 1.5 g of starfish bone granules
were phosphatized in a reaction vessel for hydrothermal treatment (inner volume 25 mL) with 20 mL of
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a 0.5 mol/L diammonium hydrogen phosphate aqueous solution [(NH4)2HPO4, FUJIFILM Wako Pure
Chemical Corp., Osaka, Japan], at 200 ◦C for 72 h. Phosphatization treatment was performed under
more severe conditions than autoclave sterilization, so samples were considered sterile and treated
accordingly. The product was then washed with ion-exchanged water and dried at 60 ◦C for 24 h.

The obtained phosphate-treated starfish-bone-derived β-TCP (Sf-TCP) was sieved at 150–500 µm
to obtain materials with the same size as the β-TCP used in the clinical setting (Cerasorb M [CM];
curasan AG, Kleinostheim, Germany).

2.3. Observation of Surface Structures by Scanning Electron Microscopy (SEM)

The Sf-TCP was affixed on a brass sample holder using conductive carbon paste (DOTITE XC-12,
JEOL Ltd., Tokyo, Japan), coated with osmium oxide (FUJIFILM Wako Pure Chemical Corp.) by an
osmium coater (Neoc-AN; Meiwafosis, Tokyo, Japan) at 10 mA for 20 s, and then observed under
a field emission-scanning electron microscope (FE-SEM, JSM-7600F; JEOL Ltd., Tokyo, Japan) at an
accelerating voltage of 2.00 kV.

2.4. Measurement of Specific Surface Area

The specific surface area of Sf-TCP was measured in triplicate with a high-precision multisample
gas adsorption amount measuring device (Autosorb®-iQ; Quantachrome Instruments, Kanagawa,
Japan) using the nitrogen adsorption method. Before measuring, vacuum degassing was performed
at 120 ◦C for 3 h. Specific surface area was calculated from the range of relative pressures of
adsorption-desorption isotherms by 0.05 to 0.35 according to the BET theory formula, as follows:

Monomolecular adsorption:

υm = υ

(

1−
p
p0

)

(1)

ν : Adsorption amount
p
p0

: Relative pressure
Surface area:

As =
(

νmNam

m

)

× 10−18 (2)

N : Avogadro constant
am : Molecular occupied cross section
m : Molecular weight of adsorbate

2.5. Measurement of Porosity and the Most Frequent Pore Diameter

We then used MicrotracBEL (Osaka, Japan) to measure porosity and the most frequent pore
diameter of Sf-TCP by the mercury intrusion method using an automatic mercury porosimeter (Pascal
Model 140; Thermo Scientific, Tokyo, Japan). Density was measured by the helium gas replacement
method using a true density measuring apparatus (BELPycno, MicrotracBEL, Osaka, Japan). Before
measuring, vacuum degassing was performed at room temperature for 15 min. Each item was
measured once. The measured samples were used for subsequent experiments.

2.6. Cell Growth Tests

Mouse calvaria-derived osteoblast-like cells, MC3T3-E1 (RIKEN Cell Bank, Tsukuba, Japan)
were used as cultured cells. MC3T3-E1 cells were cultured in an incubator at 37 ◦C in an
atmosphere containing 5% CO2. αMEM medium supplemented with 10% fetal bovine serum
and 1% antibiotic-antimycotic mixed solution was used for cell culture. For passaging of cells, cells
were seeded into 10 cm dishes at a density of 4.0 × 104 cells/mL and subcultured twice a week.

For cell proliferation tests, Alamar Blue assay (Alamar Blue Cell Viability Reagent, Remel, Lenexa,
KS, USA) was used. MC3T3-E1 cells were seeded into 96-well plates at 6.0 × 103 cells/well. After
culturing for 24 h, medium was exchanged and used for experiments.
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Sf-TCP and CM were added at 10 mg/well. The control wells contained cells only. As a sample
blank, evaluation targets were added to medium and wells without cells were used. Those groups
consisted of eight wells, each with two sample blanks.

After addition of evaluation targets, the cells were cultured for 24 h. For the Alamar Blue
assay, Alamar Blue Cell Viability Reagent was added to 10% of the total volume and reacted for
1 h. The Alamar Blue assay was performed by reading the fluorescence intensity at an excitation
wavelength of 535 nm and an emission wavelength of 590 nm using a Plate Reader (AF2200, Eppendorf,
Hamburg, Germany).

2.7. Cell Observation on the Sf-TCP Surface

The Sf-TCP cultured with MC3T3-E1 cells for 24 h was removed with tweezers, fixed by
freeze-drying in 2.5% glutaraldehyde (used after dilution of 70% glutaraldehyde, TAAB Laboratories
Equipment, Berks, UK), 1% osmium solution (aqueous solution of osmic acid, Nisshin EM, Tokyo,
Japan), and t-butyl alcohol (FUJIFILM Wako Pure Chemical Corp.) and observed under an FE-SEM at
an accelerating voltage of 15.0 kV.

2.8. Implantation in a Rat Calvaria Defect Model

Experimental animals were male Wistar rats (8 weeks old, weighing 150–200 g, SLC, Hamamatsu,
Japan). According to animal experiment guidelines, rats were housed at five rats per cage in a breeding
room with controlled room temperature (25 ◦C ± 2 ◦C) and humidity (50% ± 10%). Food and water
were available ad libitum.

In accordance with the methods described by Tanaka et al. [14], a rat calvaria defect model was
established. Briefly, after induction of anesthesia by isoflurane (Forane, ABBOTT JAPAN, Tokyo, Japan)
inhalation, pentobarbital (Somnopentyl, Kyoritsu Seiyaku, Tokyo, Japan) was subcutaneously injected
at 40 mg/kg, and the operation was performed. Bone defects of 5 mm in diameter were made in the
rat calvaria using a trephine bar. No implant was placed in the sham (i.e., control) group, whereas
the experimental groups were implanted with 10 mg Sf-TCP or CM. Rats were then housed for 4 or
8 weeks. There were eight rats in each group. Rats that died during the 4–8 week period were not used
for evaluation.

2.9. Histological Examination

After euthanasia under anesthesia, the heads of rats were dissected and fixed for 1 week with 10%
formalin (FUJIFILM Wako Pure Chemical Corp.). Rat skulls were then decalcified for 3 days inquick
dehydrating liquid (K-CX, Pharma, Tokyo, Japan). Samples after demineralization were processed to
an appropriate size and embedded in paraffin. After embedding in paraffin, samples were sliced into
sections (4 µm thick) using a microtome. Sections were then subjected to hematoxylin (Muto Pure
Chemicals, Tokyo, Japan) and eosin (FUJIFILM Wako Pure Chemical Corp.) staining (HE staining) and
Masson’s Trichrome (MT) staining (Muto Pure Chemicals) and observed with an optical microscope
(BX50, Olympus, Tokyo, Japan).

MT-stained specimens were observed with a multispectral automatic tissue section quantitative
analysis system (Vectra3, PerkinElmer, Waltham, MA, USA) and photographed as multispectral
images. Upon quantification, dye used for MT staining was incorporated and analyzed with inForm
(PerkinElmer). For each specimen, we selected and photographed the inForm analysis part manually
such that the area occupied by CM and Sf-TCP was maximized within the photograph range of
250 µm × 334 µm defined by Vectra3. The threshold for quantitative analysis was set automatically.
Analysis results quantified by pixel number were averaged for each group and calculated for the area
of fibrous tissue and cells in the bone defect area.
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2.10. Statistical Analysis

For statistical analysis, Student’s t-tests were used, and for multiple comparisons, Bonferroni
corrections were performed. Statistical results were expressed as means ± standard errors (SEs).
The significance level was set at p < 0.05.

3. Results

3.1. Size of CM and Sf-TCP

Figure 1 shows photographs of CM, as shown in Figure 1a, and Sf-TCP, as shown in Figure 1b,
after sieving according to the catalog size of CM. The catalog CM size was 150–500 µm, but some
particles of less than 150 µm were present.

Figure 1. Photographs of the analyzed materials. (a) Cerasorb M (CM). (b) starfish-derived β-tricalcium
phosphate (Sf-TCP) after sieving.

3.2. Surface Structure

Figure 2 shows ×1000 SEM images of CM, as shown in Figure 2a, and Sf-TCP, as shown in
Figure 2b. In CM, pores of various shapes were observed on the surface, as shown by the arrows in
Figure 2a. In Sf-TCP, pores were found all over the surface, and the structures were connected with
other pores inside.

Figure 2. Surface images obtained by scanning electron microscopy. Magnification: ×1000. (a) CM.
Arrows indicate pores. (b) Sf-TCP. Scale bar: 10 µm.

3.3. Density, Most Frequent Pore Diameter, and Porosity

Table 1 shows measurement results of density and porosity. The density of the material was
approximately 3 g/cm3. The total pore volume and total pore surface area for Sf-TCP were 445.42 mm3/g
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and 0.130 m2/g, respectively, whereas those for CM were 415.31 mm3/g and 0.062 m2/g, respectively.
The Sf-TCP pore surface area was approximately twice that of CM. CM had a median pore diameter
of about 57 µm and a most frequent pore diameter of about 100 µm, representing a 2-fold difference.
For Sf-TCP, the median diameter and most frequent pore diameter were about 10–12 µm, which showed
almost no difference. Additionally, pores that excluded mercury were observed in Sf-TCP in porosity
measurements by mercury intrusion.

Table 1. Density, most frequent pore diameter, and porosity.

Sample Name CM Sf-TCP

Sample weight (g) 0.1960 0.2061
Density (g/cm3) 3.0665 2.9158

Total pore volume (mm3/g) 415.31 445.42
Total pore surface area (m2/g) 0.062 0.130
Median pore diameter (µm) 57.86 12.37

Most frequent pore diameter (µm) 99.78 10.22
Porosity (mercury penetration was possible) (%) 56.42 52.44
Porosity (mercury penetration was not possible)

(%) −0.72 7.18

Total porosity (%) 55.70 59.62

3.4. Specific Surface Area

Figure 3 shows the adsorption-desorption isotherm resulting from measurement of CM, as shown
in Figure 3a, and Sf-TCP, as shown in Figure 3b, using the nitrogen adsorption method.

The calculated specific surface area of CM was 3.693 m2/g, and that of Sf-TCP was 9.676 m2/g;
thus, Sf-TCP was about three times larger than CM.

Figure 3. Adsorption-desorption isotherms. The blue line indicates adsorption, and the red line
indicates desorption. (a) CM; (b) Sf-TCP.

From the shape and hysteresis of the materials with a relative pressure range of
adsorption-desorption isotherms between 0.45 and 1.00, the pore structure of the surface could
be identified by IUPAC classifications [15]. CM was found to be a type II material, having macropores
with a diameter of 50 nm or more or no pores, whereas Sf-TCP was a type V material having mesopores
with a diameter of 2–50 nm.
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3.5. Cell Growth Test

Figure 4 shows the results of the Alamar Blue assay as a ratio of the control when 10 mg Sf-TCP
or CM was added. The positive control CM showed no significant differences compared with the
control group. In contrast, Sf-TCP-treated cells showed more than a 1.5-fold increase compared with
the control and CM groups.

Figure 4. Effects of CM and Sf-TCP on cell proliferation. Values are the means ± standard errors (SEs)
(n = 6). ***P < 0.001.

3.6. Observation of Cells on the Sf-TCP Surface

Figure 5 shows ×3000 SEM images of Sf-TCP after culture with MC3T3-E1 cells. A scaly
microstructure was observed on the Sf-TCP surface. MC3T3-E1 cells adhered not only to the Sf-TCP
skeleton but also to pores with stretched filopodia.

Figure 5. Surface SEM image of Sf-TCP cultured with MC3T3-E1 cells. Magnification: ×3000.
The arrows show the scaly structure on the surface, and the triangles show cell filopodia.
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3.7. Histological Examination of HE-Stained Specimens

Figure 6 shows photographs of HE-stained specimens. In the sham group, there was a thin tissue
layer covering the bone defect. In contrast, in the CM group, the amount of tissue present in CM was
nearly unchanged from 4 to 8 weeks. In the Sf-TCP group, tissue was already present in the porous
structure of Sf-TCP at 4 weeks.

Figure 6. Hematoxylin and eosin (HE) staining. Hematoxylin stains cell nuclei blue, while eosin stains
the cytoplasm, connective tissue, and other extracellular substances pink or red. Brain tissues are
shown in the lower portion of the images, and the outer side of the skull is shown in the upper portion
of the images. Boxed parts are prosthetic materials. Scale bar: 200 µm.

Notably, vascular structures were observed at 8 weeks after implantation in the Sf-TCP group,
as shown in Figure 7. Capillary structures were observed only in the Sf-TCP group.
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Figure 7. Blood vessel structures (red boxed area) were identified by hematoxylin and eosin
(HE) staining.

3.8. Observation and Quantification of MT-Stained Specimens

Figure 8 shows a multispectral image of MT-stained specimens in the CM and Sf-TCP groups.
Aniline blue stains fibrous tissue blue, Masson liquid stains cells red, and Orange G stains blood cells
orange. For quantitative analysis with inForm, CM and Sf-TCP existed in the bone defects.

Figure 8. Cont.
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Figure 8. Masson’s trichrome (MT)-stained images taken with Vectra3. Aniline blue stains fibrous
tissue blue, Masson liquid stains cells red, and Orange G stains blood cells orange. (a) CM implant at
4 weeks. (b) Sf-TCP implant at 4 weeks. The blue boxes indicate the area quantified in Figure 10.

Figure 9 shows an enlarged image of the region selected in Figure 8 and an image obtained by
analyzing the corresponding portion with inForm. Cells and fibrous substances existed mainly in the
periphery of CM in the CM group at 4 and 8 weeks, whereas in the Sf-TCP group, cells and fibers
entered into the pores of Sf-TCP.

Figure 9. Cont.
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Figure 9. Images of Masson’s trichrome (MT)-stained sections and analysis images for quantification.
Representative images showing cells and fibrous tissue existing mainly around CM or Sf-TCP pores.
Cells appear more uniformly scattered at 8 weeks than at 4 weeks. (a,b) CM images with MT staining.
(c,d) CM images for analysis. (e,f) Sf-TCP images with MT staining. (g,h) Sf-TCP images for analysis.
Aniline blue staining (blue) shows fibrous tissue, and Masson liquid and Orange G staining (red) show
cells. Scale bar: 50 µm.

Figure 10 shows the results of quantifying areas of fibrous tissues and cells. Fiber and cell areas in
the CM and Sf-TCP groups were compared at 4 and 8 weeks. The results showed that the fiber mass
was significantly larger in the Sf-TCP group than in the CM group at both 4 and 8 weeks. However,
actual cell amount did not change significantly.

Figure 10. Quantitative analysis using inForm. The numbers of samples used for analysis were five in
the Sf-TCP group at 4 weeks and six in other groups. Mean ± SEs. * P < 0.05.
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Figure 11 shows images of erythrocytes stained with Orange G inside the implant at the time of
observation, and Table 2 shows the number of individuals exhibiting erythrocytes in the prosthetic
material. These results were observed only in the Sf-TCP group (one of five animals at 4 weeks and
three of six animals at 8 weeks).

Figure 11. Image of erythrocytes observed inside Sf-TCP. (a) 4 weeks. (b) 8 weeks. Red circles indicate
erythrocytes observed in Sf-TCP. Scale bar: 20 µm.

Table 2. Number of individuals having erythrocytes in prosthetic material (number/total).

Material 4 Weeks 8 Weeks

CM 0/6 0/6
Sf-TCP 1/5 3/6

4. Discussion

In this study, we evaluated the physical properties of Sf-TCP and performed in vitro and
in vivo experiments to examine the potential applications of Sf-TCP as a bone substitute material.
Our results showed that St-TCP did not induce cytotoxicity, which is important for the development of
biomaterials, and facilitated the healing of wounds in vivo, supporting the potential clinical applications
of this material.

Our results showed that Sf-TCP induced significant improvement in cell proliferation compared
with the control or CM treatments. These findings were thought to be related to the excellent cell
adhesion and proliferation properties of Sf-TCP. Indeed, the specific surface area of Sf-TCP was
about three times larger than that of CM, consistent with studies demonstrating that cell proliferation
increases as the specific surface area increases [16,17]. Because cell proliferation is a main factor
indicating biocompatibility in MC3T3-E1 cells [18], our results supported that Sf-TCP was highly
biocompatible. Additionally, in morphological observations, MC3T3-E1 cells adhering to Sf-TCP
showed well-stretched filopodia, which has been reported to occur during cell migration [19], and the
structure of Sf-TCP indicated that the cells could migrate.

In our in vivo experiments, cells and fibrous tissues invaded into the communicating porous
structures of Sf-TCP in MT-stained specimens, indicating that cellular tissues could penetrate Sf-TCP,
even when the pores were 10–12 µm in size. In addition, increased fibrous tissue area was observed
in the Sf-TCP group compared with that in the CM group. The amount of fibrous material has been
reported to be related to the abundance of collagen fibers and calcification [20,21]. Thus, the large
amount of fibers present in Sf-TCP may indicate progression of bone formation. In porous artificial
bone prosthetic materials, new bone invades into the pores and binds to surrounding bone [11];
accordingly, our findings supported the performance of Sf-TCP as a bone substitute material.

In the Sf-TCP group, vascular structures were observed in HE-stained specimens, and erythrocytes
were present inside Sf-TCP in MT-stained specimens, suggesting the formation of capillary vessels.
The pore size of Sf-TCP (10–12 µm) was smaller than that of previously reported biomaterials (100 µm),
which allows invasion by cells and tissues, or that (300 µm) required for angiogenesis, e.g., invasion
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of capillaries [22]. However, the pore sizes of HAp and β-TCP are typically within the range of 100
to 600 µm (or 150 to 200 µm when coral is used as a biological material) [23–26]. Therefore, it is
possible that few studies have evaluated such small pores or that angiogenesis was not observed in
CMs, which have pores of 50–100 µm because of differences between artificial and biologically-derived
porous structures. Various factors, such as disconnection of communicability by closed pores, variations
in pore size, and sharp connecting structures with respect to the size of cells in artificial communication
pores, are thought to hinder invasion of cellular tissues. However, in Sf-TCP, there were few of these
structures and few elements that inhibited the invasion of cellular tissues; thus, vigorous tissue invasion
and formation of capillary vessels would have occurred. In the rat calvaria defect model, capillary
vessels are approximately 4–10 µm in diameter in the cerebrum around the defect, and capillaries can
invade pores with a diameter of 10–12 µm. This result is important in considering the three-dimensional
structure of the potential prosthetic bone filling material. Moreover, artificial preparation of starfish
bone-like structures adapted to the capillary diameters of humans may yield artificial bone prosthetic
materials capable of invading capillaries and tissues while improving the strength of the material
by decreasing the pore size. Additionally, pore sizes increase when β-TCP is dissolved, absorbed,
and replaced with autologous bone, and tissues larger than the pore may therefore invade the material.

5. Conclusions

In this study, we evaluated whether Sf-TCP derived from starfish could be used as a bone
substitute material. Compared with CM, which is already used clinically, Sf-TCP was found to have
comparable porosity but a larger specific surface area. Cell proliferation tests showed that Sf-TCP
promoted cell proliferation. Moreover, in animal experiments, Sf-TCP showed high regeneration ability,
vigorous invasion of cellular tissue into the pore structure, and introduction of capillary vessels into
the prosthetic material, even when the pore size was only approximately 10 µm. However, this study
did not examine the pore size required for angiogenesis, so there may be a more appropriate pore size.
In the future, we hope to optimize regeneration accompanied by angiogenesis by artificially creating
materials with structures similar to that of Sf-TCP but with different pore diameters.

From the above results, we concluded that Sf-TCP obtained by phosphatization of starfish bone
may be effective for bone regeneration applications, such as in the treatment of fractures and bone
loss. In addition, mimicking the structure of the starfish bone may lead to the development of superior
artificial bone substitute materials.
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Abstract: In spite of the rather large use of the fused deposition modeling (FDM) technique for
the fabrication of scaffolds, no studies are reported in the literature that optimize the geometry of
such scaffold types based on mechanobiological criteria. We implemented a mechanobiology-based
optimization algorithm to determine the optimal distance between the strands in cylindrical scaffolds
subjected to compression. The optimized scaffolds were then 3D printed with the FDM technique
and successively measured. We found that the difference between the optimized distances and
the average measured ones never exceeded 8.27% of the optimized distance. However, we found
that large fabrication errors are made on the filament diameter when the filament diameter to be
realized differs significantly with respect to the diameter of the nozzle utilized for the extrusion.
This feasibility study demonstrated that the FDM technique is suitable to build accurate scaffold
samples only in the cases where the strand diameter is close to the nozzle diameter. Conversely, when
a large difference exists, large fabrication errors can be committed on the diameter of the filaments.
In general, the scaffolds realized with the FDM technique were predicted to stimulate the formation
of amounts of bone smaller than those that can be obtained with other regular beam-based scaffolds.

Keywords: tissue engineering; biomaterials; mechanobiology; scaffold design; geometry optimization

1. Introduction

The development of the recent additive manufacturing techniques and, consequently,
the possibility of building constructs with very sophisticated geometries, led many researchers
to investigate the scaffold geometries that mostly favor the formation of bone in the shortest time.
To this purpose, both regular and irregular scaffold geometries were proposed and investigated.
The regular scaffolds include unit cell configurations all with the same shape and dimensions that are
regularly replicated in the scaffold volume [1,2]. Analytical solutions were recently developed that put
in relationship the equivalent material properties of the entire scaffold with the dimensions and the
material properties of the single unit cell [3–6]. The irregular ones include pores differently shaped and
dimensioned and present a geometry that can be described with statistical parameters [7–9] but not
in a precise form [10]. Although irregular geometry scaffolds are commonly utilized in experiments
for bone tissue engineering, regular scaffolds have gained importance in recent decades as they allow
precise control of the actual geometry and are, hence, suited to create repeatable physical environments
and easier to investigate [5]. Among the possible geometries of regular scaffolds, the geometry realized
by means of the fused deposition modeling technique certainly represents an important solution.
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The fabrication of scaffolds with additive manufacturing techniques is an issue that recently
received recognition and attention from the research community [11,12]. Different rapid prototyping
techniques were proposed to fabricate biomaterials scaffolds, based on liquid polymerization [13],
material deposition processes [14], powder-based processes [15], sheet lamination [16], binder
jetting [17], and material jetting [18]. Among the other rapid prototyping techniques, fused deposition
modeling (FDM) is one of the most common 3D printing technologies available on the market, thanks
to its low cost, ease of use, and the variety of usable materials. It consists in depositing layers of
a polymeric, ceramic, or metallic material; each layer includes cylindrical strands all oriented in a
given direction and equally spaced. To guarantee an adequate structural response, the orientation
of filaments changes layer by layer. Furthermore, between the cylindrical filaments of adjacent
layers, an overlap region exists where the single strand is melted with the adjacent one during the
deposition process. Recently, this technique has been successfully utilized to fabricate scaffolds for
bone tissue engineering [19–23]. Process parameters of the FDM technique were also optimized to
improve the dimensional accuracy of the manufactured components [24]. The typical/traditional
approach consists in using the FDM technique by implementing standard process parameters that allow
obtaining accurate structures. However, adjusting the strand diameter, and modifying the process
parameters is a challenging task and still remains a research topic. In fact, when small modifications
on the scaffold geometry must be achieved, acting on process parameters of the traditional FDM
technique can be a valid option instead of looking for expensive, more accurate technologies. A recent
study proposed a numerical model to simulate the extrusion of a strand of semi-molten material to
investigate how the strand cross-section changes for variable process parameters [25]. The porosity
and the micro-architecture of parts built with the FDM technique appear very suited to stimulate the
colonization and subsequent differentiation of mesenchymal stem cells [26].

Optimization algorithms were implemented to improve the scaffold performance and to minimize
the negative effects related to the implantation of the scaffold in the fracture site [27]. Many objective
functions were investigated and different optimization strategies were implemented [28–31]. Most of
the optimization studies reported in the literature aim to minimize the difference between the
equivalent mechanical properties of the scaffold and those of the tissue within which it is implanted.
In one word, such studies that consider scaffold stiffness as the design variable aim to minimize
the effects of stress shielding at the bone/scaffold interface [32,33]. Optimization strategies based
on the compressive modulus expressed as a ratio between third principal stress and the prescribed
compressive strain were also utilized to optimize the geometry of scaffolds fabricated with the
FDM technique [34]. Singh et al. have proposed a multifactor optimization for the development of
biocompatible and biodegradable composite material-based feedstock filament of fused deposition
modeling [35]. Only recently, optimization algorithms based on mechanobiological criteria were
proposed to design and optimize small volumes of scaffolds with both, regular [36–40] and irregular [41]
micro-geometry [42]. In these mechanobiology-based optimization algorithms, the scaffold geometry is
perturbed until the micro-architecture that allows maximizing the formation of new bone, is identified.
However, to the knowledge of the present authors, no studies are reported in the literature that optimize
the geometry of scaffolds fabricated with the FDM technique and that are based on mechanobiological
criteria. In this study, we want to bridge this gap.

The objective of this feasibility study is to optimize the geometry of scaffolds fabricated with
the FDM technique and to investigate whether this technique can be utilized to fabricate scaffolds
designed and optimized to undergo a compression load. The objective function that was utilized
is based on the computational mechano-regulation algorithm by Prendergast and Huiskes [43,44].
Such an algorithm models the fracture domain as a biphasic poroelastic material, and hypothesizes the
biophysical stimulus that triggers the tissue differentiation process to be a function of the octahedral
shear strain and of the fluid velocity. This mechanobiological algorithm was successfully utilized
in previous studies investigating the healing process in fractured bones [45,46], in osteochondral
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defects [47], at the implant/bone interfaces [48] and the regeneration process in scaffolds for bone tissue
engineering [49,50].

Other mechano-regulation computational models are reported in the literature, investigating the
role of the mechanical environment on the biophysical stimulus that triggers the tissue differentiation
process [51–54]. However, the patterns of tissue differentiation predicted by the model of Prendergast
and Huiskes were shown to be closest to experimental results compared to other mechanobiological
algorithms [55].

We determined, for different values of the filament diameter, the optimal distance between the
strands that, for the specific load acting on the scaffold, can maximize the formation of bony tissue.
The optimized scaffolds were physically fabricated and successively measured. By utilizing a CMM
machine, the distance between the filaments and the filament diameter were measured with high
accuracy and compared with the corresponding nominal values.

2. Materials and Methods

2.1. Parametric Finite Element Model

The parametric poroelastic finite element model of a cylindrical scaffold with radius R = 20 mm
and h = 5 mm high was built in Abaqus® (version 6.12, Dassault Systèmes, Vélizy-Villacoublay, France)
(Figure 1). Scaffolds with the same dimensions were utilized by Teng et al. [56]. The model consists of
layers including aligned cylindrical strands with diameter D equally spaced. The filaments of two
adjacent layers form an angle of 90◦ (Figure 1a). Five different values were considered for the diameter
D: 400, 500, 600, 700, and 800 µm while the distance between the filaments dfil was optimized via
the optimization algorithm described below (Figure 2). Following Somireddy and Czekanski [57],
between two adjacent layers, an overlap region of 0.1 × D was hypothesized. The model of the tissue
occupying the scaffold pores (highlighted in red in Figure 1) was built by means of Boolean operations
of subtraction, from the entire model volume VTOT = π × R2 × h, the volume of the scaffold.

According to previous studies [38,58], the volume inside the pores was hypothesized to be occupied
by granulation tissue. Exploiting the symmetry of the system, to reduce the computational cost,
a one-quarter model was developed. The lower base of the scaffold was clamped while a compression
load was applied on the upper surface by means of a rigid plate (highlighted in blue in Figure 1).
Different values of the compression load F (Figure 1) were applied to the model, corresponding to the
following values of force per unit surface p = 0.2, 0.5, 1.0, and 1.5 MPa. Such values are consistent
with those hypothesized in previous studies [36,58]. Symmetry constraints were applied on the lateral
surfaces to simulate the continuity of the entire model (Figure 1). Poroelastic four-node tetrahedral
finite elements C3D4P available in Abaqus were adopted to mesh the scaffold model (Figure 3).
The model of the scaffold and of the granulation tissue included about 5M elements with 1M nodes.

The modeled scaffolds were physically fabricated via the FDM technique by utilizing the polylactic
acid (PLA), a biodegradable thermoplastic polyester considered a bioplastic, possessing a Young’s
modulus of 2300 MPa [59]. This same value of Young’s modulus was implemented in the finite element
model of the scaffold and utilized in the optimization algorithm described below. The other material
properties implemented for scaffold and granulation tissue are the same as those utilized in previous
studies [36,40,60] and are listed in Table 1.
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Figure 1. Parametric model of the scaffold (a,c) and of the granulation tissue (b) occupying the scaffold
pores. (d) Exploiting the symmetry of the system, the one-quarter model was investigated.
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Figure 2. Models of scaffold investigated in the study including strands with diameter D = 400 µm (a),
500 µm (b), 600 µm (c), 700 µm (d), and 800 µm (e). The distance between the filaments was computed
by means of the proposed optimization algorithm.
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Figure 3. Finite element mesh utilized to model the scaffold (a) and the granulation tissue (b) including
poroelastic four-node tetrahedral elements (C3D4P).
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Table 1. Material properties utilized in the model of scaffold and granulation tissue

Material Properties Scaffold Granulation Tissue

Young’s modulus (MPa) 2300 0.2
Poisson’s ratio 0.3 0.167

Permeability (m4/N/s) 1 × 10−14 1 × 10−14

Porosity 0.5 0.8
Bulk modulus grain (MPa) 13920 2300
Bulk modulus fluid (MPa) 2300 2300

2.2. Mechanobiological Model by Prendergast and Huiskes to Describe the Bone Regeneration Process inside
the Scaffold

Once the scaffold is implanted in the anatomic region with bone deficiency, the mesenchymal
stem cells (MSCs) migrate from the surrounding tissues and invade the scaffold pores. Based on
the mechanical stimulus acting on them, MSCs will start to differentiate into different phenotypes.
The mechanobiological model by Prendergast and Huiskes hypothesizes that the biophysical stimulus
S that triggers the tissue differentiation process is a function of the octahedral shear strain γ and of the
interstitial fluid flow v, i.e., the velocity with which the fluid flows through the solid phase, according
to the relationship

S =
γ

a
+

v

b
(1)

where a = 3.75 % and b = 3 µm/s are two empirical constants determined in a previous study [43].
In particular, the octahedral shear strain γ can be expressed in function of the principal strains εI, εII

and εIII as

γ =
2
3

√

(εI − εII)
2 + (εII − εIII)

2 + (εI − εIII)
2 (2)

Depending on the value of S, stem cells will be differentiated into the following phenotypes
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i f S > 3 → f ormation o f f ibroblasts (Fibrous tissue)

else i f 1 < S < 3 → f ormation o f chondrocytes (Cartilage tissue)

else i f 0.53 < S < 1 → f ormation o f osteoblasts (Immature bone)

else i f 0.01 < S < 0.53 → f ormation o f osteoblasts (Mature bone)

else i f 0 < S < 0.01 → bone resorption

(3)

The threshold limits reported in the inequalities (3) are the same as those utilized in a previous
study [61].

2.3. Mechanobiology-Based Optimization Algorithm

The task of determining the optimal distance dfil between the filaments was accomplished by
implementing an optimization algorithm, a schematic of which is illustrated in Figure 4. The choice of
utilizing dfil as a design variable and the strand diameter D as input parameter entered by the user
derives from the fact that in the FDM technique, the distance between the strands can be changed with
continuity while the strand diameter cannot be controlled with precision as it depends on the nozzle
diameter. The algorithm implements the optimization tool available in MATLAB® (Version R2016b,
MathWorks, Natick, USA) fmincon devoted to finding the minimum of a multivariable scalar function
starting at an initial estimate. The objective of the optimization algorithm is to identify the optimal
value of the filaments distance dfil_optim that allows maximizing the amounts of mature bone that are
predicted to generate within the scaffold pores.

The user has, first, to select the value of the diameter D and of the load per unit area p acting on the
scaffold model (Blocks [A] and [B], Figure 4). Then, the user is prompted to specify a tentative initial
value of the distance between the filaments dfil (Block [C], Figure 4). At his point, the algorithm writes a
python script (Block [D]) and enters into it the tentative value provided by the user (Block [E], Figure 4).
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The python script is then given in input to Abaqus (Block [F], Figure 4) that, executing the instructions
of the script: (i) builds the CAD model of both, the scaffold and the granulation tissue and applies the
boundary and loading conditions above described (Figure 1d) (Block [G], Figure 4); (ii) generates the
poroelastic tetrahedral finite element mesh (Block [H], Figure 4); and (iii) runs the finite element (FE)
analysis (Block [L], Figure 4). Once the FE analysis has terminated, Abaqus prints, for all the elements
inside the scaffold pores (highlighted in red in Figure 1), the volume of the element and the values of
strain and interstitial fluid velocity computed in the analysis. At this point, the algorithm reads the
document printed by Abaqus and computes, according to the Equation (1) the value of the biophysical
stimulus S acting on the single element (Block [M], Figure 4). Then, the algorithm compares all the
obtained values of S with the threshold limit reported in the inequalities (3). For the elements where
the formation of mature bone is predicted (i.e., the inequality 0.01 < S < 0.53 is satisfied) the algorithm
stores the value of the element volume (Block [N], Figure 4).

Once for all the elements, S was computed, the algorithm determines the total volume of the
elements that were predicted to differentiate into mature bone, by summing up all the element
volumes previously stored. Then, if VBONE is the total volume of the elements ‘mature bone’ and
VTOT = π × R2 × h the total volume of the model, the algorithm computes the percentage BO% of the
scaffold volume that is predicted to be occupied by mature bone as the ratio between VBONE and VTOT

multiplied by 100 (Block [P], Figure 4). As it is clear, the task pursued by the algorithm is to increase
as much as possible the percentage BO%. However, considering that the optimization tool utilized
fmincon is designed to determine the minimum value of functions, the objective function Ω(dfil) was
defined as the opposite value of BO% (Block [Q], Figure 4). At this point, the algorithm perturbs the
scaffold geometry many times (Block [R], Figure 4), i.e., it proposes different values of dfil as possible
candidate solutions (Block [T], Figure 4) and for each of the proposed value, it stores the value of
Ω(dfil). Figure 5 shows, for instance, the typical values of BO% computed by the algorithm for different
values of hypothesized dfil. Once the algorithm has enough points to identify the minimum of Ω(dfil) or,
equivalently, the maximum of BO%, (denoted as BO%_max in Figure 5) its stopping criteria are satisfied
and hence stops, giving in output, for the above-selected D and p, the optimal value of the strand
distance dfil_opt (Block [S], Figure 4).

The domain of variability of dfil was hypothesized to range between the following lower and upper
bounds: dfil_min =D (which corresponds to have the strands in reciprocal contact) and dfil_max = 1100 µm
which is approximately the average value of the distance of strands utilized by Neufurth et al. [62]
and Bartolo et al. [63].

Each finite element analysis had an average duration of 4 hours on an HP
XW6600-Intel®Xeon®DualProcessor E5-5450 3 GHz–32 Gb RAM workstation. Considering that
each optimization cycle required about 50 finite element analyses to identify dfil_opt and considering
that five values of D (D = 400, 500, 600, 700, and 800 µm) and four values of p (0.2, 0.5, 1.0, and 1.5 MPa)
were hypothesized, one can conclude that the total time to carry out all the analyses conducted in this
study is: 4 × 50 × 5 × 4 = 4000 hours. In summary, 5(no. of values of D) × 4(no. of values of p) = 20
values of dfil_opt were computed, i.e., 20 scaffold geometries were optimized.
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Figure 4. Schematic of the optimization algorithm written in MATLAB environment.
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to the Comminal’s model 

Figure 5. Typical values of BO% obtained in an optimization process for different values of dfil. In detail,
the diagram refers to the case of D = 600 µm and p = 0.5 MPa.

2.4. Fabrication of the Optimized Scaffolds

For each of the 20 optimized geometries, three samples of scaffold were fabricated via the FDM
technique. With the aim of keeping approximately a cylindrical shape of the deposited filament,
an Ultimaker 3 was utilized, adjusting the slice height and the flux of extruded filament into the nozzle.
If Dn is the nozzle diameter, vn is the travel speed of the extrusion head, and vh is the speed of the
filament inside the nozzle, slicing software allows modifying the flow rate of extruded strand according
to a flow rate coefficient f, usually expressed in terms of percentage

D2
nvn = D2vh (4)

with
vn = f vh (5)

The deposited filaments are nearly cylindrical if the slice height is equal to Dn , while it is possible
to decrease D using f values lower than 100% and consequently reducing the slice height, according to
the Comminal’s model [25], under the hypothesis of negligible effects on the section circular shape.
Considering that, commercial extruders are available for Ultimaker 3D printers with a diameter equal
to 400 and 800 µm, intermediate values of the strand diameter have been obtained using nozzles 0.4
and 0.8, lowering f according to Equations (4) and (5), respectively (Table 2).

Table 2. Values of the flow rate f utilized to obtain different strand diameters

Fabricated Strand Diameter D (µm) Nozzle Diameter Dn (µm) Flow Rate f (%)

400 400 100
500 800 39
600 800 56
700 800 76
800 800 100
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As regards the remaining process parameters default values have been exploited: vh = 40 mm/s,
extrusion temperature 180◦ and build plate temperature 50◦ to lower shrinkage.

2.5. Measurement of the Dimensions of the Fabricated Scaffolds

A De Meet 400 Coordinate Measuring Machine CMM, by Schut Geometrical Metrology, Germany,
was utilized to measure the diameter of strands and their reciprocal distance dfil. The objective of
these measurements was to compare: (i) the distance of filaments actually fabricated and that, denoted
as dfil_opt, optimized with the algorithm above described; (ii) the dimension of the strand diameter
actually realized with the nominal one. The CMM is equipped with lenses that can be moved and
focused by the user. In detail, dfil was measured as the center to center distance between the filaments
(Figure 6). For each fabricated sample, 10 measurements were taken of dfil and 10 measurements of D.



 

𝑣ℎ =40 𝑚𝑚/𝑠𝑒𝑐

 

Figure 6. For each scaffold fabricated, the center to center distance between the filaments dfil and the
dimension of the diameter D were measured.

In order to evaluate the correctness of the hypothesis that an overlap region of 0.1 × D exists [57]
between two adjacent strands of two consecutive layers, three measurements of this region were carried
out for each sample fabricated.

3. Results

By implementing the optimization algorithm above described, the optimal geometry of the
scaffold for different levels of D and p was computed (Figure 7). As expected, for increasing values of
load, decreasing values of the optimal distance dfil_opt were predicted (Figure 8a). In fact, as the load
increases, the biophysical stimulus S increases too thus stimulating the formation of ‘softer’ tissues like
the cartilage and the fibrous tissue (see Equations (1) and (3)). To prevent this, the algorithm predicts
smaller distances between the strands. This leads to an increase in the global stiffness of the scaffold
and hence to a decrease in the value of the biophysical stimulus thus stimulating the formation of
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‘harder’ tissues such as the bone. Interestingly, for an assigned value of load p and for decreasing
dimensions of diameter D, the algorithm predicts increasing amounts of bone (Figure 8b).

Figure 7. Optimal scaffold geometries predicted by the optimization algorithm for different values of
the filament diameter D and the load per unit area p.
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Figure 8. Optimal dimensions of dfil (a) and percentage of the scaffold volume occupied by mature
bone (b) predicted for different values of the load.

The measurements carried out on the overlap region of adjacent filaments revealed an average
value of this dimension of (0.12 ± 0.04) × D, which demonstrates the reasonable appropriateness of the
hypothesis followed [57]. The values of the distance dfil_opt optimized with the proposed algorithm
fell, for almost all the hypothesized values of p, within the range [average ± standard_deviation] of
the measured dimensions (Figure 9). In general, it appears that the difference between the optimized
distances dfil_opt and the average measured distances never exceeded 8.27% of the optimized distance.
Regarding the measured values of the diameter, we noticed that, for D = 400 µm and D ≥ 600 µm,
the measured dimensions are very close to the nominal ones (Figure 10a,c–e)), while for D = 500 µm,
large differences can be seen (Figure 10b). In fact, for D = 400 µm and D ≥ 600 µm, the nominal
dimension of the diameter fell, almost in all the values of p investigated, in the range [average ±
standard_deviation] of the measured dimensions. In the case of D = 500 µm, instead, the nominal
value of the diameter is abundantly out of the above-mentioned range, which indicates that significant
fabrication errors are committed.
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Figure 9. Comparison between measured and optimized distances (between the filaments), for different
diameters: (a) D = 400 µm, (b) D = 500 µm, (c) D = 600 µm, (d) D = 700 µm, (e) D = 800 µm.
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Figure 10. Comparison between measured and nominal dimension of diameter: (a) D = 400 µm;
(b) D = 500 µm; (c) D = 600 µm; (d) D = 700 µm; (e) D = 800 µm.

4. Discussion

A feasibility study was conducted aimed to investigate whether the FDM technique can be utilized
to fabricate scaffolds designed and optimized to undergo a compression load. A mechanobiology-based
optimization algorithm was developed and implemented to determine the optimal distance between
the filaments of cylindrical scaffolds for bone tissue engineering. The optimal distance was predicted for
different hypothesized values of the load acting on the scaffold and diameter of strands. The scaffolds
with the optimized dimensions were hence physically fabricated with the FDM technique and
successively measured. The precision guaranteed by the FDM technique was finally evaluated by
comparing the measured dimensions with the nominal ones.

This study presents some limitations in the model, the computational mechanobiological algorithm,
and the experimental measurements. Regarding the model, first, we hypothesized that the strands of a
given layer are aligned and form an angle of 90◦ with those of the adjacent one. Ideally, the model of
the scaffold should include the angle formed between the layers as a design parameter that should be
optimized via the mechanobiology-based optimization algorithm above described.

Second, we hypothesized that an overlap region of 0.1 × D exists between two adjacent filaments
of consecutive layers [57]. In an ideal model, also this dimension should be included as a design
parameter to be optimized by means of fmincon. However, including these two additional design
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variables would make the computational costs tremendously larger than those spent in this study.
Third, it would be interesting to investigate how the proposed optimization algorithm works in the
case of more complex loading conditions acting on the scaffold model.

However, the hypothesis of more complex loading conditions would lead to losing the symmetry
conditions and hence to the impossibility of using the simplified one-quarter model. Regarding the
mechanobiological model, we identified the optimal scaffold geometry based on the values of the
biophysical stimulus acting on the granulation tissue, i.e., the tissue that was hypothesized to occupy
the volume inside the scaffold pores. In reality, this biophysical stimulus changes in time as the
granulation tissue is replaced by the other tissues forming during the regeneration process. In other
words, in the mechanobiological model, we did not take into account the variable time. However,
the inclusion of the time would increase by at least two orders of magnitude the computational cost
required to carry out the analyses. Furthermore, at different compression force p, the optimized
value dfil_opt is different. In physiological conditions, the compression force acting on a bone may
not be constant but variable. A possible strategy that can be adopted to optimize a scaffold subject
to a variable compression load consists in designing functionally graded scaffolds, i.e., scaffolds
where the geometric parameters change depending on the specific load value acting in the specific
scaffold region. For instance, in the regions where the load acting is higher, a functionally graded
scaffold may include strands at a shorter distance, in the regions where, instead, the load is smaller the
distance between the filaments may be increased. Such a strategy requires including as many design
variables as required to provide an adequate structural response to the variable load and is, therefore,
different orders of magnitude more expensive than the approach adopted in this study. Increases
in computational power will ultimately allow the investigation of the effect of additional geometric
parameters on the optimal scaffold geometry and include different design variables and variable time
in the optimization analyses. Regarding the experimental measurements, only two dimensions—the
strand diameter and the distance between the filaments—were measured and compared with the
corresponding quantities obtained via the mechanobiology-based optimization algorithm. The choice
of measuring only these two geometrical parameters is due to the fact that by adjusting the diameter
and distance between extruded strands, it is possible to design various topologies with variable values
of porosity and therefore to have a wide control of the scaffold micro-architecture [34]. All the other
geometric parameters involved in the scaffold designing will certainly play a role less relevant than
that played by the distance between the strands and the diameter of the filaments. Furthermore,
the proposed optimization algorithm was not validated experimentally. The validation requires a
large number of experiments as well as an experimental set-up properly studied and organized to
make the experimental conditions equivalent to those hypothesized in the numerical model, which
goes beyond the scope of this feasibility study. However, should be clarified that the optimization
carried out in this study takes into account only mechanobiological aspects and neglects many other
chemical and genetic aspects that certainly affect the differentiation process. Therefore, by ‘optimized
design’ we should intend only a design optimized from the mechanobiological point of view. More
sophisticated optimizations taking into account the large number of aspects and variables involved in
fracture healing should be the object of future studies.

In spite of these limitations, the predictions of the proposed optimization algorithms are consistent
with the results of other studies reported in the literature.

(i) Barba et al. [64] implanted cylindrical scaffolds fabricated with FDM into bone defects generated
in the limb of adult beagle dogs. In detail, two scaffold types were implanted, one with filaments of
250 µm and the other with filaments of 450 µm. Interestingly, they found that the amounts of bone
formed in scaffolds with filaments of 250 µm are larger than those observed in scaffolds with filaments
of 450 µm. This result is consistent with the predictions of the proposed optimization algorithm that
found increasing amounts of bone in filaments with decreasing values of the diameter D (Figure 8b).

(ii) The typical distribution of the von Mises stresses within the scaffold model displays the
presence of stress peaks in the proximity of the point where the generic strand enters in contact with the
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strand of the adjacent layer (Figure 11). This same mechanical behavior was reported by Uth et al. [34]
who observed peaks of stress in alignment with the filaments of the previous layer.

 

‘soft’ tissues such as the car



Figure 11. Normalized von Mises stress distribution in a section of the scaffold model. Stress peaks are
in alignment with the filaments of the previous layer.

(iii) The amounts of bone predicted with the proposed algorithm are comparable with those
predicted with other scaffolds based on different unit cell geometries [36,38,40,41]. However, it appears
that scaffolds fabricated with the FDM technique allow the formation of amounts of bone significantly
smaller than those obtained with other regular, beam-based scaffolds. In general, in scaffolds fabricated
with the FDM technique, the amounts of bone predicted to create are approximately 20% lesser than
those generated in other scaffolds [41].

The results obtained are consistent with the physics of the problem. As the load increases,
the biophysical stimulus S increases too and with it, the percentage of the scaffold volume occupied
by ‘soft’ tissues such as the cartilage and the fibrous tissue. To counterbalance this tendency,
the optimization algorithm tends to decrease the distance between the filaments hence making the
scaffold stiffer. The increase in stiffness leads to decreasing levels of S and hence to the formation of
harder tissues such as the immature and the mature bone. For very high values of load, the optimal
distance dfil_opt tends, asymptotically, towards the dimension of the filament diameter D (Figure 8a).
The optimal distance between the filaments dfil_opt was determined for different values of load and for
different assigned values of diameter D (Figure 8b). In general, it appears that using smaller diameters,
for a fixed value of load p, leads to the formation of larger amounts of bone (Figure 8b). Therefore,
if one can choose the nozzle diameter (i.e., if the FDM machine is equipped with nozzles of different
diameter), to which the strand diameter is strictly related, should prefer the smaller diameters.

The dimensions measured on the samples were compared with the nominal one, in order to
assess the accuracy guaranteed by FDM in the fabrication of scaffolds for bone tissue engineering. For
almost all the hypothesized values of load per unit area p, the optimal dimensions dfil_opt fell within
the range (average ± standard_deviation) of the measured distances. This leads us to conclude that
the FDM is suited to reproduce with high accuracy the designed and optimized distance between
the filaments dfil_opt. Furthermore, the values of the standard deviation of the measured distances
(between the filaments) never exceeded 6.02% of the optimized dimension, which indicates a reasonably
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small dispersal of data and hence a rather high reproducibility of the fabrication process, in terms of
the distance between the filaments. Regarding the measured dimensions of the filament diameter,
we found that the diameters are well reproduced in the case of D = 400 µm and D ≥ 600 µm, but large
reproduction errors are made when D = 500 µm. This behavior can be justified with the argument
that the strategy of using different flow percentages of PLA to have filaments with different diameters
presents a lower limit below which the quality of the filament diameter decreases significantly. Indeed,
500 µm is the diameter that mostly differs with respect to that of the nozzles utilized to extrude
the filaments. We can hypothesize that when the material flow is significantly smaller than 100%,
the nozzle does not fill correctly and hence the filament cannot form properly. This leads to the
deposition of filaments with dimensions significantly different with respect to the nominal ones.
However, this limitation can be easily overcome by equipping the FDM machine with a greater number
of nozzles. In general, in ideal conditions, to minimize the fabrication errors, nozzles with the same
diameter of the strands to be fabricated should be utilized.

5. Conclusions

We conducted a feasibility study which aimed to investigate the potentialities of the FDM technique
to be used for the fabrication of scaffolds designed and optimized with mechanobiological algorithms.
The present article is the first study ever reported in the literature where the geometry of scaffolds
fabricated with the FDM technique is optimized via a mechanobiology-based optimization algorithm.
In detail, the optimal distance between the filaments was predicted in function of the filament diameter
and of the load acting on the scaffold. The designed and optimized scaffolds have been fabricated
and measurements on the dimensions of the samples realized were carried out. We found that the
difference between the average dimensions of the fabricated scaffolds and the nominal ones never
exceeded 8.27% of the nominal dimension, which demonstrates the rather good accuracy of the FDM
technique in reproducing the distance between the filaments. Furthermore, the values of the standard
deviation of the acquired distances (between the filaments) never exceeded 6.02% of the optimized
dimension, which indicates a reasonably small dispersal of data and hence a rather high reproducibility
of the fabrication process in terms of distance between the filaments. However, we found that large
reproduction errors are made on the filament diameter when the filament diameter to be realized
differs significantly with respect to the nozzle diameter.

In conclusion, we can state that the FDM technique is suitable to build accurate scaffold samples
only in the cases where the filament diameter is close to the nozzle diameter. Conversely, when a large
difference exists, large fabrication errors can be made on the diameter of the filaments. In general,
the scaffolds realized with the FDM technique were predicted to stimulate the formation of amounts of
bone smaller than those that can be obtained with other regular beam-based scaffolds.
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Abstract: Additive manufacturing facilitates the design of porous metal implants with detailed
internal architecture. A rationally designed porous structure can provide to biocompatible titanium
alloys biomimetic mechanical and biological properties for bone regeneration. However, increased
porosity results in decreased material strength. The porosity and pore sizes that are ideal for porous
implants are still controversial in the literature, complicating the justification of a design decision.
Recently, metallic porous biomaterials have been proposed for load-bearing applications beyond
surface coatings. This recent science lacks standards, but the Quality by Design (QbD) system
can assist the design process in a systematic way. This study used the QbD system to explore the
Quality Target Product Profile and Ideal Quality Attributes of additively manufactured titanium
porous scaffolds for bone regeneration with a biomimetic approach. For this purpose, a total of 807
experimental results extracted from 50 different studies were benchmarked against proposed target
values based on bone properties, governmental regulations, and scientific research relevant to bone
implants. The scaffold properties such as unit cell geometry, pore size, porosity, compressive strength,
and fatigue strength were studied. The results of this study may help future research to effectively
direct the design process under the QbD system.

Keywords: porous implants; bone implants; metamaterials; titanium; mechanical properties; pore
size; unit cell; porosity; elastic modulus; compressive strength; additive manufacturing

1. Introduction

1.1. Current Issues with Traditional Bone Implants and Scaffolds

Many physical conditions necessitate bone tissue replacements and joint implants. Some of
these conditions are caused by degenerative diseases, birth defects, and orthopaedic traumas [1].
However, despite the tremendous progress in biomedical engineering, 20% of patients subjected to joint
reconstructive surgery experience significant problems [2]. This situation is reflected in the fact that
orthopaedic products, such as knee and hip prostheses, are the fifth most recalled medical products; of
these recalls, 48% are due to manufacturing issues and 34% to design flaws [3,4]. Some of the main
flaws with orthopaedic implants are associated with their longevity, material properties, and mismatch
with patient size and shape requirements [5,6]. Stress shielding is one of the main design flaws of
load-bearing prostheses. This phenomenon occurs because bone is a self-healing material that requires
load application to remodel itself, but a material with a higher modulus of elasticity (E) absorbs all the
stress generated, leading to bone reabsorption and subsequent loosening of the implant [7].
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In the case of bone defects, they can be caused by tumour resection, infections, complex fractures,
and non-unions [8]. The most common treatment for bone defects is surgical intervention, where an
autograft (bone taken from the patient’s body) is used to fill bone defect spaces [9]. However, due
to their restricted availability, allografts (bone tissue from a deceased donor) are frequently used to
treat critical-size defects [9]. Bone grafting is a common surgical procedure; it has been estimated that
2.2 million grafting procedures are performed worldwide each year [8]. However, late graft rupture has
been reported to be as high as 60% 10 years after the grafting procedure [10]. Allograft transplantation
has a success rate of approximately 70%. The low success rate of allografts is caused by the prevalence
of infection, rejection by the host’s immune system, fatigue fractures, delayed union, non-union,
and incomplete graft resorption [11,12]. In the case of autografts, the disadvantages are increased
post-operative morbidity, lack of available tissue, chronic pain, infection, nerve injury, and weakened
bone donor graft sites [12,13].

To solve these grafting problems, several scaffold traditional techniques have been used without
much success: solvent-casting particulate-leaching, gas foaming, fibre meshes (fibre bonding), phase
separation, melt moulding, emulsion freeze drying, solution casting, and freeze drying [14]. Some of
the disadvantages of traditional scaffold fabrication techniques are their lack of control over porosity
characteristics, such as pore size, pore distribution, and interconnectivity; the toxic by-products of
scaffold degradation; and their lack of consistent mechanical properties [14]. Hence, traditional
techniques for bone reconstruction including grafting and prostheses are not sufficiently effective,
which represent a medical challenge that comes with several limitations and risks [9]. Moreover, no
material yet exists with the ideal properties for bone tissue replacement [15–17]. To overcome these
issues, tissue engineering has focused on additive manufacturing technologies to produce the next
generation of bone implants and scaffolds.

1.2. Additive Manufacturing

Additive manufacturing (AM) technologies, supported by computer-aided design (CAD) software,
progressively build 3D physical objects from a series of cross-sections, which are joined together
to create a final shape [18]. With AM, it is possible to create complex interconnected and porous
structures with controlled pore size, shape, and distribution and properties resembling bone mechanical
properties, such as a modulus of elasticity to induce bone ingrowth [19,20]. This capability permits the
fabrication of hierarchical structures at the microscale and the manipulation of material properties to
create metamaterials. In terms of implant design, this advance means that products can be designed
with a biomimetic approach according to the patient’s anatomy and the bone tissue’s mechanical
properties [21]. The design freedom of AM allows its use in difficult clinical scenarios in which bone
diseases, deformities, and trauma usually necessitate the reconstruction of bone defects with complex
anatomical shapes, which is extremely difficult even for the most skilled surgeon [22]. The complex
reconstruction of bone defects is possible through combining the advantages of AM with CAD and
medical imaging technologies, such as computed tomography and magnetic resonance, to fabricate
implants according to the patient’s specific anatomy, thus achieving an exact adaptation to the region
of implantation [23]. In the search of suitable materials for AM, bone regeneration, and implant
application tissue engineering has focused on developing a variety of different types of synthetic and
natural materials.

1.3. Materials for Bone Regeneration and Implant Applications

Materials appropriate for implantation within the human body require distinct biocompatible
properties. Therefore, in the selection of appropriate materials for implant applications, several
factors must be considered. First, the intended implant location must be considered to predict host
response, which is governed by the biochemical and physical environments in contact with the medical
device [24,25]. Second, the material should possess appropriate biological and mechanical properties
for its specific purpose to prevent physical damage to the body. Third, from the perspective of
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tissue engineering, materials should mimic one or multiple characteristics of the natural region of
repair. In the case of bone repair, the desired characteristics are osteoconductivity, osteoinductivity,
and osseointegration. As a result, for an optimum scaffold and prosthesis design, material science may
combine several technologies to create suitable materials that fulfil these needs.

1.3.1. Polymers

Polymers for AM and tissue engineering applications are biocompatible materials that offer several
advantages over other materials, including biodegradability, cytocompatibility, easy processability,
and flexibility in the tailoring of their properties [26]. Polymers can be classified as natural or synthetic
and some of them already have regulatory approval [27].

Natural polymers are made from proteins such as alginate, gelatine, collagen, silk, chitosan,
cellulose, and hyaluronic acid [28]. The advantages of natural polymers are their excellent
biodegradability, low production costs, and superior chemical versatility, as well as their improved
biological performance that allow better interactions with cells than other biomaterials, improving their
attachment and differentiation [29]. However, natural polymers can be expensive to produce, due to the
difficulty in controlling their mechanical properties, biodegradation rate, and quality consistency [30].

Due to the disadvantages of natural polymers, different synthetic polymers, such as
polycaprolactone (PCL), polylactic acid (PLA), and poly Lactic-co-Glycolic Acid (PLGA), have been
developed. Their advantages include low immunogenic potential, large scale low production cost, and
good quality consistency [31]. Moreover, their mechanical properties, microstructure, and degradation
rate can be tuned according to needs [27]. Despite the advantages of natural and synthetic polymers,
they are unsuitable for load-bearing applications due to their lower modulus of elasticity compared to
bone, unstable mechanical strength, and tendency to creep [32,33]. Hence, in recent years, a variety
of polymers have been combined with different materials to such as bioceramics (e.g., bioglasses,
tri-calcium phosphates, and carbon nanotubes) and metals to create composite materials with tunable
mechanical properties as well as with the capacity to deliver drugs, exosomes, and growth factors, to
name a few [34–37].

1.3.2. Bioceramics

Bioceramics are a large group of materials used for bone substitution and regeneration. Calcium
phosphate (CaP) ceramics is one of the main groups of bioceramics. Calcium phosphate ceramics
are abundant in bone, constituting between 80% and 90% of bone’s anorganic matter. This group of
bioceramics is widely used as implant coating, bone grafting, and more recently have been fabricated
for bone scaffolding applications with AM [38,39]. Hydroxyapatite HAP and β-tricalcium phosphate
(β-TCP), are the most-studied CaP bioceramics. The main advantages of calcium phosphate materials
are their osteoinductive and osteoconductive properties, as well as their dissolution in body fluids [40].
For load-bearing applications, the major disadvantage of CaPs is their poor mechanical properties.
Despite their good compressive strength, CaPs lack plastic deformation, making them brittle and
prone to cracking. Consequently, these materials are not yet suitable for load-bearing applications [41].
Nevertheless, the lower wear rate of CaPs makes these materials the preferred choice for surface coating
to reduce wear in joint prostheses [42]. They are also commonly used for spinal fusion, maxillofacial
and cranio-maxillofacial reconstruction, as well as bone filler and bone cement due to their excellent
biocompatibility and osteoconductivity [43].

Discovered in 1969 by Larry Hench, bioglasses are ceramic materials composed of calcium,
phosphorus, and silicon dioxide [16]. Bioglasses are bioactive ceramic materials with strong
osteointegrative and osteoconductive properties, as well as higher mechanical strength than calcium
phosphate ceramics [44]. Hence, bioglasses have been intensely investigated with AM for bone tissue
engineering applications [45,46]. The advantage of these materials is that by changing the proportions
of their basic components, different forms with different properties can be obtained; for example,
non-resorbable bioglasses can be transformed into resorbable bioglasses [44]. Moreover, they

133



Materials 2020, 13, 4794

can be designed with controlled biodegradability and drug and cell delivery capabilities [47,48].
Their applications also include bioglass scaffolds produced using AM with controlled porosity
architecture and improved mechanical properties for bone regeneration [49]. However, bioglasses are
limited for use in practical load-bearing applications due to their low resistance to cyclic loading and
their brittleness [50].

1.3.3. Metals and Titanium as a Bio-Metamaterial

Metals have been the common choice to replace hard tissue in load-bearing applications due to
their mechanical properties, corrosion resistance, and biocompatibility. Most of these materials are
alloys, such as 316L stainless steel (316LSS), cobalt chromium (Co–Cr), and titanium (Ti) alloys [5].
Among all metallic materials, the titanium alloy Ti–6Al–4V is the gold standard for orthopaedic
applications [51,52] because of its high biocompatibility [53], high corrosion resistance, low modulus
of elasticity [5], and high strength-to-weight ratio [19]. Furthermore, Ti is a reactive metal that
naturally forms a thin layer of oxide, which blocks metal ions from reaching its surface, increasing its
biocompatibility [54]. The biomedical applications of Ti–6Al–4V are quite broad and encompass dental
implants; hip, shoulder, knee, spine, elbow, and wrist replacements; bone fixation components; and
cardiovascular applications [5].

Nevertheless, the most common problems of metallic materials are wear and the stress-shielding
effect caused by their high modulus of elasticity compared with bone [52,55–57]. Moreover, despite
the excellent biocompatibility and mechanical properties of Ti and Ti alloys, they usually require
long healing periods to create a stable interface with the surrounding bone [58], with insufficient
implant osseointegration as a potential outcome [59]. Hence, to further augment the biological, mass
transport, and mechanical performance of Ti and Ti alloys different metamaterials have been developed.
For example, metallic bone implants with a modulus of elasticity similar to that of bone can drastically
reduce wear, shear stress, and bone resorption and consequently prevent implant loosening and
revision surgery [60]. This may translate into enhanced quality of life for the patient, reductions in
hospital expenses and recovery time, and improvement in joint dynamic performance [61]. With porous
Ti and Ti alloy bio-metamaterials, osseointegration is also improved, and superior results have been
accomplished in relation to mechanical properties. Nonetheless, pores act as stress concentrators,
reducing the material load capacity [23]. As a result, for the design of load-bearing prostheses, it is
crucial to balance mechanical properties with biological stimulation. Consequently, there have been
several efforts to find the optimal balance between pore size and porosity percentage in different
materials. For example, Zaharin et al. [62] investigated the effect of pore variation on the porosity
and mechanical properties of several Ti–6A–l4V porous scaffolds. According to their results, scaffolds
based on cube and gyroid unit cells with a pore size of 300 µm provided similar properties to bone.
Moreover, they concluded that increments in porosity decreased the scaffolds’ elastic modulus and
yield strength. In an earlier study Bobyn at al. [63] investigated the effects of pore size variation of
cobalt-base alloy implants on the rate of bone growth. For this purpose, casted cobalt-base alloy
implants were coated with powder particles and implanted into canine femurs for several weeks.
The results indicated that pore sizes between 50 and 400 µm provided the maximum bone ingrowth
and fixation strength.

Despite the excellent biocompatibility and mechanical properties of Ti and Ti alloys, they usually
require long healing periods to create a stable interface with the surrounding bone, frequently resulting
in insufficient osseointegration [64]. Hence, to further augment Ti’s bioactivity, corrosion resistance,
and mechanical properties different mechanical, chemical, and physical surface modification methods
have been developed [65–67]. Depending on the surface treatment used to modify Ti substrate, different
topographic features can be achieved at the macroscale, microscale, and nanoscale. There is a large
amount of evidence that rough Ti surfaces with topographic microfeatures better protein adsorption
and provide higher osteoblasts attachment growth proliferation and activity than surface smooth
surfaces [68]. Nonetheless, it has been demonstrated that nanoscale topography outperforms macro
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and micro-scale surface features towards augmenting cellular functions [69]. More recently, at has been
proposed that a combination of different topographic features at the macro, micro, and nanoscale with
local drug delivery functions can further enhance the biological, chemical, tribological, and mechanical
performance of Ti bone implants [70–73].

1.4. Purpose and Objectives

The purpose of this research is to provide researchers and industry with an in-depth adaptation
of the Quality by Design (QbD) system for the fabrication of additively manufactured porous Ti
implants considering the QbD guidelines for 3D printed bone implants and scaffolds [74]. The QbD
system is composed by eight main steps that need to be systematically followed to acquire a complete
comprehension of the product and its manufacturing process, including the identification and control
of all variables to achieve the desired quality. Specifically, the scope of this present study was limited
to the first step of the QbD framework (Figure 1). Thus, the objectives of this study are:

1. Define the ideal mechanical, geometrical and dimensional characteristics of the internal
architecture of Ti bone scaffolds from a biomimetic perspective.

2. Compare the results of different studies on fully porous Ti structures in relation to the ideal
quality attributes of bone scaffolds.

3. Identify the studies on fully porous Ti structures that satisfies the critical quality attributes of Ti
porous bone implants and scaffolds.

 

 

 

 

 

Figure 1. Schematic showing the focus of this study within the QbD system.

2. Materials and Methods

This systematic research study is part of the implementation of the QbD approach for porous
metal implants. Therefore, a constructive research approach was used to further extend the QbD
system for patient-specific bone implants and scaffolds produced by AM [75,76]. For an in-depth
interpretation and synthesis the researchers immersed themselves in the contextual literature [77].
This was an exploratory qualitative study which requires the collection of secondary data from various
datasets of peer-reviewed publications following the Preferred Reporting Items for Systematic Reviews
and Meta-Analyses (PRISMA) statement [78].
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2.1. Data Collection

A systematic search was conducted on 20 January 2020 in the Science Direct and Google Scholar
databases according to objectives and the PRISMA statement. Relevant keywords were connected
with the Boolean operators “OR” and “AND”. Terms relevant to this research included the following:
Titanium, Ti, additive manufacturing, 3D printing, rapid prototyping, bone tissue engineering, bone
implant, implant, scaffold, prostheses, porous, porosity, and mechanical properties. To specify the search
further, the terms were connected with Boolean operators (AND, OR): Implant(s); scaffold(s); prosthes(is,
es); titanium; Ti; additive manufacturing; additively manufactured; 3D printing; and 3D printed.

The full phrase used was: (Implant* OR scaffold* OR prosthes?s) AND (titanium OR Ti) AND
(“additive* manufactur*” OR “3D print*”) AND “mechanical properties” AND (porous OR porosity)
AND “pore size” AND “elastic modulus” AND “fatigue”.

2.2. Study Selection

Selected studies in the systematic literature search were limited to the following inclusion criteria:
(1) peer-reviewed papers with full-text published within the last 20 years (2000 ± 2020); (2) empirical
studies reporting the mechanical properties of Ti and Ti alloy porous scaffolds produced by AM for
bone repair; (3) published in the English language; (4) the first 10 pages of the search results were
assessed; and (5) the search results were sorted by relevance. From the systematic literature search
in both the Science Direct and Google Scholar databases, a total of 5941 results were generated from
which 83 articles were fully assessed, as presented in Table 1 and Figure 2.

Table 1. Search strategy, studies between 2000 and 2019.

Database Records Identified Total

Google Scholar 3020
5941

Science Direct 2921

Duplicates 80 5861

2.3. Data Extraction and Analysis

The systematic literature search conducted in this study aimed to gather results of different
studies regarding the characteristics of natural bone tissue, as well as the mechanical, geometrical,
and dimensional properties of additively manufactured Ti porous implants with controlled porosity
and/or pore size. The classification topics used in this study were pore size, pore shape, porosity,
interconnectivity, multi-scaled, elastic modulus, compressive yield strength (σy), ultimate compressive
strength (σtu), and fatigue strength. The references from the collected articles were systematically
reviewed to identify further articles relevant to the subject. A full-text screening was performed
by Y.D and D.M to avoid potential bias. A consensus meeting resolved any discrepancies between
the reviewers.

Once all applicable literature had been identified, the extracted data were used to further extend
the first step of the QbD system for fully porous Ti bone implants. Moreover, the data were also used
to compare the different characteristics of Ti porous bone implants with natural bone tissue, and also
to identify the most relevant characteristics that need to be imitated in the development of fully porous
Ti bone implants.
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Figure 2. Search strategy and selection of studies in the Google Scholar and ScienceDirect databases.

3. Results

The systematic search identified a total of 64 different studies with data relevant to additively
manufactured (AMd) porous Ti implants and scaffolds, as presented in Tables 2 and 3. From the 64
studies identified, 14 studies were used to extract information related to bone structure and mechanical
properties (Table 2). The remaining 50 studies provided detailed information in relation to different
characteristics of porous Ti scaffolds fabricated by AM for bone implant purposes. A total of 807
experimental data from these studies was extracted, analysed, and categorised in the following
categories: pore size, pore shape, porosity, multi-scaled porosity, elastic modulus, interconnectivity,
yield strength, ultimate compressive strength, and fatigue strength, as shown in Table 3. However, from
these nine categories multi-scaled porosity was excluded from the analysis due to insufficient data for
further analysis. Therefore, a total of eight different implant features were selected due to availability
of recorded data in scientific research articles. The selected eight features are: unit cell, porosity, pore
size, interconnectivity, elastic modulus, compressive yield strength, ultimate compressive strength,
and fatigue strength.
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Table 2. Studies selected in the systematic search according to information related to bone properties.

Ref Cod.

Pore Characteristics Mechanical Properties

Pore
Size

Pore
Shape

Porosity Interconnectivity Young’s Modulus
Yield

Strength
Compressive

Strength

[79] S51 ✔ ✔ ✔ ✔ ✔ ✔

[80] S52 ✔ ✔ ✔ ✔

[81] S53 ✔ ✔ ✔ ✔ ✔ ✔ ✔

[82] S54 ✔ ✔ ✔ ✔ ✔

[83] S55 ✔

[84] S56 ✔

[85] S57 ✔ ✔ ✔

[86] S58 ✔ ✔

[87] S59 ✔

[88] S60 ✔ ✔ ✔ ✔

[89] S8 ✔ ✔ ✔ ✔

[90] S62 ✔ ✔

[91] S63 ✔ ✔ ✔

[84] S64 ✔ ✔ ✔

[92] S65 ✔

[93] S66 ✔ ✔ ✔
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Table 3. Studies selected in the systematic search according to information related to additively
manufactured (AMd) porous Ti structures’ mechanical, geometrical, and dimensional properties.

Ref Cod.

Pore Characteristics Mechanical Properties

Size
Unit
Cell

Geometry
Porosity% Connectivity Multi-scaled

Young’s
Modulus

Compressive
Yield

Strength

Ultimate
Compressive
Strength

Fatigue

[19] S1 ✔ ✔ ✔ ✔ ✔ ✔

[94] S2 ✔ ✔ ✔ ✔ ✔

[82] S3 ✔ ✔ ✔ ✔ ✔ ✔ ✔

[95] S4 ✔ ✔ ✔ ✔ ✔ ✔

[62] S5 ✔ ✔ ✔ ✔ ✔ ✔

[96] S6 ✔ ✔ ✔ ✔

[97] S7 ✔ ✔ ✔ ✔

[98] S8 ✔ ✔ ✔ ✔ ✔ ✔

[99] S9 ✔ ✔ ✔ ✔

[100] S10 ✔ ✔ ✔ ✔ ✔ ✔ ✔ ✔

[101] S11 ✔ ✔ ✔ ✔ ✔

[102] S12 ✔ ✔ ✔ ✔ ✔ ✔ ✔

[103] S13 ✔ ✔ ✔ ✔ ✔ ✔ ✔ ✔

[104] S14 ✔ ✔ ✔ ✔ ✔ ✔ ✔

[105] S15 ✔ ✔ ✔ ✔

[106] S16 ✔ ✔ ✔ ✔ ✔ ✔ ✔

[107] S17 ✔ ✔ ✔ ✔ ✔ ✔ ✔

[108] S18 ✔ ✔ ✔ ✔ ✔ ✔ ✔

[109] S19 ✔ ✔ ✔ ✔ ✔

[110] S20 ✔ ✔ ✔ ✔ ✔ ✔

[111] S21 ✔ ✔ ✔ ✔ ✔ ✔

[112] S22 ✔ ✔ ✔ ✔ ✔ ✔

[113] S23 ✔ ✔ ✔ ✔ ✔ ✔

[114] S24 ✔ ✔ ✔ ✔ ✔

[115] S25 ✔ ✔ ✔ ✔ ✔

[116] S26 ✔ ✔ ✔ ✔ ✔ ✔ ✔

[117] S27 ✔ ✔ ✔ ✔ ✔ ✔

[118] S28 ✔ ✔ ✔ ✔ ✔ ✔

[119] S29 ✔ ✔ ✔ ✔ ✔ ✔

[120] S30 ✔ ✔ ✔ ✔ ✔ ✔

[121] S31 ✔ ✔ ✔ ✔ ✔ ✔ ✔ ✔

[122] S32 ✔ ✔ ✔ ✔ ✔ ✔

[123] S33 ✔ ✔ ✔ ✔ ✔ ✔ ✔

[124] S34 ✔ ✔ ✔ ✔ ✔ ✔

[125] S35 ✔ ✔ ✔ ✔ ✔ ✔ ✔

[126] S36 ✔ ✔ ✔ ✔ ✔

[127] S37 ✔ ✔ ✔ ✔ ✔

[128] S38 ✔ ✔ ✔ ✔ ✔ ✔ ✔

[79] S39 ✔ ✔ ✔ ✔ ✔ ✔

[129] S40 ✔ ✔ ✔ ✔

[130] S41 ✔ ✔ ✔ ✔ ✔

[131] S42 ✔ ✔ ✔ ✔ ✔

[132] S43 ✔ ✔ ✔ ✔ ✔

[133] S44 ✔ ✔ ✔ ✔ ✔ ✔

[134] S45 ✔ ✔ ✔ ✔ ✔

[135] S46 ✔ ✔ ✔

[136] S47 ✔ ✔ ✔ ✔ ✔ ✔ ✔

[137] S48 ✔ ✔ ✔ ✔ ✔

[138] S49 ✔ ✔ ✔ ✔ ✔

[139] S50 ✔ ✔ ✔ ✔ ✔

Through the systematic research performed in this study and by reviewing the medical device
regulations from the Food and Drug Administration (FDA), a Quality Target Product Profile has been
established including proposed values for the Ideal Quality Attributes for mechanical and dimensional
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properties of porous bone implants. These target properties are aimed for porous metal implant
structures designed for load bearing implant applications. Following this, the results of the selected
studies were compared and discussed, from a biomimetic point of view, with the characteristics of
natural human bone to identify implants with properties similar or superior to human bone and
current medical standards.

3.1. QbD Step 1: Ideal Quality Target Product Profile

The Quality Target Product Profile (QTPP) is critical for formulating the ideal features of a
product considering both performance and safety. To direct the product development process, it is
vital to understand user needs. Using QTPP, design failures can be identified early in the product
development process to reduce costs and time. According to Martinez-Marquez et al. [36], the quality
of bone implants should be defined from three perspectives: product-based, manufacturing-based,
and user-based. In the context of fully porous Ti microstructures, the dimensions of quality considered
most relevant are performance, features, reliability, conformance, durability, and perceived quality.
The requirements relating to bone implants corresponding to these quality dimensions have been
identified through studies of existing scientific research results.

3.2. Bone Implant Requirements

An additively manufactured bone implant must act as a stable scaffold that is biocompatible
without causing inflammation or leaching material toxins into surrounding tissue. It requires a suitable
surface that promotes cell adhesion and differentiation as well as provides a constant flow of cell
nutrients and metabolic waste. This allows for bone tissue formation [81]. The scaffold material
must have mechanical properties matching those of the surrounding tissues to avoid stress shielding
and mechanical failure [81,82]. The bone pore size, geometry, interconnectivity, and porosity are
microscopic features that make for the foundation of bone regeneration, cell growth, osteoconduction,
and cell proliferation [74]. Designing implants with adequate pore dimensions allows for a constant
flow of cell nutrients and waste. It also allows for sufficient connections to establish between the local
bone area and the scaffold [74]. If the right attributes are chosen for the implant microstructure, it can
mimic human bone’s natural characteristics, which is the end goal of biomimetic implant design [79,80].
Vasireddi and Basu [140] completed a list of general requirements for 3D printed implants:

• “A 3D, highly porous structure to support cell attachment, proliferation and extracellular
matrix production;

• An interconnected pore network to promote oxygen, nutrient and waste exchange;
• A biocompatible and bioresorbable substrate with suitable degradation rates;
• An appropriate surface chemistry for cell attachment, proliferation and differentiation;
• Mechanical properties to support, or match, those of the tissues at the site of implantation; an

architecture which promotes formation of the native anisotropic tissue structure; and
• An adapted geometry of clinically relevant size and shape.”

In similar research, Jabir et al. [141] described the main fundamental requirements for implants
as biocompatibility, good manufacturability, geometric precision, appropriate design, biomechanical
stability, resistance to implant wear, corrosion and aseptic loosening, bioactivity, and osteoconduction.
Since the environment in the human body is highly corrosive and biomaterials are usually bioactive,
the implant will interact with its environment after implantation [140]. The implant must therefore
be designed with both useful functions and biological safety, providing utmost biocompatibility.
The implant design must have a high degree of reproducibility, which will ensure faster and cheaper
manufacturing as well as predictability and reliability.

Furthermore, the implant must be durable and of initial strength for safe handling during
sterilisation, transport, and surgery, and to survive physical forces in vivo after implantation [142].
The implant will be subjected to constant load in the body, from walking and further strenuous
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movements [127]. Its mechanical strength is vital for its viability, where the implant must last the
entirety of its expected lifetime without defects or failure [127].

Taking all the above into consideration in conjunction with the ideal eight quality dimensions
of AMd bone implants proposed by Martinez-Marquez at al. [74], we proposed seven ideal quality
dimensions of porous internal architecture of Ti bone implants. These quality dimensions are based on
three quality perspectives, namely product, manufacturing, and user-based, as presented in Table 4.

Table 4. The ideal quality dimensions of porous internal architecture of Ti bone implants.

Quality Approach Dimension Description

Product-based approach

Performance

The porous microstructure should
provide an environment ideal for
bone ingrowth and endow the
implant with a stiffness similar to
natural human bone while
maintaining sufficient strength.

Features

Tailored internal architecture with
specific properties, including but
not limited to pore size, unit cell,
porosity, elastic modulus,
interconnectivity, compressive
yield, and ultimate strength, as
well as fatigue strength.

Reliability

Optimised fabrication of porous Ti
structures with high mechanical
strength as well as a high degree
of reproducibility, minimal defects,
and zero failure rates (within their
life expectancy).

Manufacturing-based approach

Manufacturability

The scaffold’s micro-geometry
should be designed in such a way
that it is easy to manufacture with
high accuracy and definition.

Conformance

The mechanical, geometrical, and
dimensional characteristics should
comply with medical regulations
and quality standards.

Durability

Porous Ti structures should
withstand mechanical forces
experienced during handling,
implantation surgery, and
operation thereafter in a
traumatised bone
microenvironment constantly
under load.

User-based approach Perceived quality

Clinicians should have access to
relevant characteristics through
medical reports and statistical data
where implant performance can be
seen.

3.3. QbD Step 1.1: Ideal Quality Attributes

The Ideal Quality Attributes (IQA) are the tissue or biological construct characteristics that must
be mimicked to imitate the desired tissue biological architecture and functions. The IQA can be
dimensional, physicochemical, mechanical, biological, or functional. However, if any technological
and regulatory limitations exist it is important to consider that these IQA serve just as ‘ideal models’ to
imitate even if it is not possible to achieve them. Therefore, the IQA can provide an ideal goal for the
product development process in any tissue engineering project.
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By studying the properties of natural human bone, we can find the different IQAs for bone
implants [79,80]. As mentioned in Section 3.1, the implant must be of adequate strength while the
elastic modulus must be similar to that of surrounding tissue to avoid damage [81]. The structure must
be porous, using unit cells that allow for fluid movement and bone ingrowth, and the right porosity will
reduce the implant stiffness. Interconnectivity completes the flow within the structure and facilitates
bone ingrowth [82]. A combination of cancellous and cortical bone properties applied on bone implants
can allow the implant to function like a natural bone, yet stronger without impairing surrounding
native tissue. Another specific property of bone is its ability to heal itself when fractured [90,143].
The process involves cell migration, differentiation, and cellular proliferation [125]. The ability of
natural bone to selfheal must be considered when designing a Ti implant, since the structure will not
be able to do the same.

3.3.1. Structure and Composition of Bone

To fully understand the microstructure requirements of fully porous Ti implants, one must first
understand the properties of human bone. Bone is essentially an open-cell composite material of
fibrous protein, collagen, and calcium phosphate crystals, with an intricate vascular system forming
various structures and systems in a five-level hierarchically organised structure [84,144]. According to
Rho, et al. [145], these five hierarchical levels are dimensional scales ranging from the macro to the
sub-nano levels (Figure 3).

 

 

Figure 3. Hierarchical structural organization of bone: (a) cortical and cancellous bone; (b) osteons
with Haversian systems; (c) lamellae; (d) collagen fiber assemblies of collagen fibrils; (e) bone mineral
crystals, collagen molecules, and non-collagenous proteins. Image reproduced from Ref [81].

Bone’s macrostructure is composed of cancellous and cortical bone, which are two different regions
of bone with different density. Cortical bone forms the outside layer of the bone providing a strong,
compact structure, leaving only 3–10% of the volume for its biological elements, such as blood vessels,
osteocytes, erosion cavities, and canaliculi [81]. Cancellous bone forms the inside of the bone and is
spacious and highly porous [81]. The pores are filled with bone marrow and the spacious architecture
allows space for metabolic waste and nutrients to flow. Cancellous bone has an active metabolism and
regenerates quicker compared with cortical bone [146]. By changing its density, cancellous bone can
reorganise its structure depending on the stress direction [107]. These features cause cancellous bone
mechanical properties to vary from bone to bone and change longitudinally [144].
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The microstructure of bone ranges from 10 to 500 µm and it contains three major cavities. These are
Haversian canals, osteocyte, lacunae, and canaliculi [88]. Cortical bone microstructure is composed of
cylindrical structures called osteons with diameters ranging between 70 to 140 µm [81,87,92]. Along
osteons’ central axis are pores called haversian systems, with diameters ranging between 20 to 50
µm, containing blood vessels and nerves [92]. Cancellous bone micro-architecture is composed of
irregular units called trabeculae which create its porous structure. The pore geometry and pore size of
cancellous bone porous structure is critical for cell distribution and cell migration [81]. Cancellous bone
is naturally stochastic, with random pore distribution of pores of different size.

The pores in cancellous bone are ellipsoidal in the natural direction of loading and are usually
300–600 µm wide [147]. The interconnectivity between the pores of cancellous bone is essential for
nutrient and waste diffusion.

At the micro level are also located the three types of differentiated bone cells osteoclasts, osteoblasts,
and osteocytes, as shown in Figure 4. Osteoclasts and osteoblasts are vital for the functions of developing
and healing bone tissue [86]. Osteoclasts (Figure 4a) are the main cells responsible for resorption of
old bone tissue. Osteoblasts (Figure 4b) are bone cells responsible for bone formation, remodelling,
fracture healing (for which they are critical), and bone development [148]. Osteocytes (Figure 4c) are
osteoblasts cells present inside mature bone and serve as mechanosensory cells to control the activity
of osteoclasts and osteoblasts [149].

Bone’s sub-microstructure, from 1 to 10 µm, is composed of lamellae which in cortical bone
compromise the concentric layers of osteons and in cancellous bone lamellae forms the trabeculae
volume [150,151]. The sub-nanostructure of bone, below a few hundred nanometres, is composed
molecular constituent elements, such as collagen, non-collagenous organic proteins, and mineral.
From a few hundred nanometres to 1 µm is bone’s nanostructure comprising fibrillar collagen with
embedded hydroxyapatite nanocrystals [152].

3.3.2. Bone Mechanical Properties

Most bones in the body are load bearing and require high mechanical strength. Bone tissue is
anisotropic and stronger in compression than in tension. The mechanical properties must be measured
in two orthogonal directions: longitudinal, which is the natural loading direction, and transverse [86].
The mechanical strength of bone is complex to measure as it varies with age, health, activity, and
position in the body [86]. Bone becomes stiffer and less ductile with age and its ability to heal
decreases [155]. It is also likely to weaken with immobilisation, such as for a person with movement
disabilities or limited physical activity.

The two different types of bone, cortical and cancellous, have completely different mechanical
properties; therefore to specify the properties of bone as one material, both bone types must be
considered. Cortical bone is highly dense an act like a shell that provides the greatest stiffness and
resistance to bending. In contrast, the mechanical properties of cancellous bone are determined by its
apparent density and trabecular architecture. The trabecular structure of cancellous bone is arranged
accordingly to the stress distribution of load, as shown in Figure 5. As a result, the least material is
used in the most strategic locations to carry the greatest loads with the least strain [156].
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Figure 4. Coloured scanning electron micrographs of bone cells: (a) Activated osteoclast and resorption
pit by kind permission of Timothy Arnett Ref [153]; (b) Osteoblast growing on a bone scaffold made of
calcium oxide and silicon dioxide with added strontium and zinc by kind permission of Guocheng Wang
from [154]; (c) Osteocytes embedded in the bone matrix with long cytoplasmic extensions reaching into
the bone tissue, by kind permission of Kevin Mackenzie. Here, the minerals in the bone have been
removed by embedding in resin and etching with perchloric acid. This reveals the spaces in the bone
and the shape of the osteocyte cells.

 

 

 

Figure 5. Cortical and cancellous bone; image adapted from [157,158] by kind permission of Alan Boyde.

The mechanical properties of cortical and cancellous bone are difficult to measure, and tend to vary
depending on bone orientation, test methods, mathematical formulas, and assumptions [146,151,159].
According to Chen and Thouas [57], the elastic modulus of cortical bone is approximately 11–21 GPa
in the longitudinal direction and 5–13 GPa in the transverse direction. Another study suggested
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18–22 GPa [147], whereas Wang et al. [81] suggested a range of 3–30 GPa. Cortical bone has a porosity
of less than 10% [85]. The elastic modulus of cancellous bone is estimated to be 0.02–6 GPA and it has a
high porosity of 50–90% [85,86].

To achieve adequate strength in bone implant design, one must understand the strength
requirement of bone. Especially cortical bone must be considered, because the strength of such
tissue is the minimum strength required by the implant. The compressive yield point of bone represents
the threshold from where the structure accumulates irreversible deformation. Unlike metals such as
steel, the yield point cannot be clearly distinguished, and it is rather associated with a continuous
transition zone [160]. Furthermore, it has been proven that the compressive yield strength of bone
varies depending on the anatomic site [161]. The challenges in determining the yield strength of
cortical bone results in varying values in the literature. Researchers have estimated cortical bone to
have a compressive yield strength of 133.6 ± 34.1 MPa [162]. The same characteristic was estimated to
be 108–117 MPa by Yeni and Fyhrie [163]. Further studies have tested compressive yield strain using
uniaxial compression and achieved 141.0 ± 5.0 [164], 111.0 ± 18.6 [165], 112.5 ± 9.5 [166], and 115.1 ±
16.4 MPa [167].

If the loading surpasses the yield point for bone, it will eventually reach the ultimate point. This
point represents the ultimate compressive strength the bone can withstand until irreversible strains
and damage occur. Past this point, macrocracks are formed and fracture occurs [160]. Unlike yield
strength, the ultimate compressive strength of cortical bone can be exactly determined, using a stress–
strain experiment [160]. However, due to bone properties differentiating, values vary in the literature.
For example, Wang et al. [84] suggested that cortical bone has an ultimate compressive strength of
180–200 MPa, whereas Calori et al. [8] suggested a wider range of 130–290 MPa and Henkel et al.
suggested 100–230 MPa [168]. Tables 5 and 6 summarise the mechanical and dimensional properties of
natural bone considered in this study.

Table 5. Summary of dimensional properties of natural human bone.

Material Pore Size Pore Shape Porosity Interconnectivity Ref

Cancellous
bone

300–600 µm
Spongy,

ellipsoidal
pores

50–90% 55–70%
[82,84,89,91,

169]
Cortical bone 10–50 µm Cylindrical

canals 3–10% -

Table 6. Summary of mechanical properties of natural human bone.

Material
Young’s

Modulus
Compressive

Yield Strength

Ultimate
Compressive

Strength

Compression
Fatigue

Strength
Ref

Cancellous
bone

0.02–6 GPa 7.2–23.2 MPa 17–33 MPa 72.6–124 MPa
at 106 cycles

[8,82,84,89,91,
93,162,165,168–

171]
Cortical bone 3–30 GPa 92.4–167.7 MPa 100–290 MPa 137 MPa at 106

cycles

3.4. Comparison of Properties of Porous Ti Scaffolds Fabricated by AM and Ideal Quality Attributes

3.4.1. Unit Cell Geometry

Metamaterials can be rationally designed by changing their geometry at the microscale of the
constituting unit cells of the porous structure. In this systematic search, a total of 169 porous scaffolds
were identified as a rationally designed and fabricated for bone implant applications. It was found
that there are three preferred strategies for fabricating bio-metamaterials: beam-based, sheet-based,
and including irregular porous structures [172].
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According to Figure 6, the preferred design approach was beam-based, which represent 74.6% of the
total scaffolds produced in the selected studies. The beam-based bio-metamaterials’ micro-architecture
is composed of a lattice structure created using unit cells based on platonic solids, Archimedean solids,
prisms and anti-prisms, and Archimedean duals [173–177] to mimic bone porous macro structure
and mechanical properties such as modulus of elasticity. Nevertheless, the biological performance of
bio-metamaterials created with beam-based geometries is limited by their inaccurate description of
complex natural shapes due to their straight edges and sharp turns [109].

 

 

Figure 6. Distribution of experimental studies on beam-based, triply periodic minimal surfaces (TPMS),
and random based geometries for bone implant applications.

The unit cells of sheet-based geometries, on the other hand, are based on triply periodic minimal
surfaces (TPMS), which are present in different organisms and cellular structures [178]. Therefore, it
is no surprising that the second most used design strategy identified in this systematic search was
sheet-based representing 20.1% of the total scaffolds produced, from which all used a TPMS as unit cell.
Bio-metamaterials based on TPMS can mimic the various properties of bone to an unprecedented level
of multi-physics detail in terms of mechanical properties and transport properties [79,172]. Moreover,
the bone-mimicking mean surface curvature of zero of TPMS eliminates the effect of stress concentrators
at nodal points [120].

In the case of irregular porous structures, are created in a random way to generate irregular porous
structures that mimic trabecular bone geometry and mechanical properties [179]. These irregular
structures are generated using the Voronoi and Delaunay tessellation methods. Irregular structures
have been found to further enhance scaffold’s permeability and bone ingrowth compared with porous
structures designed with regular unit cells [180]. According to our results only 5.3% of the studies used a
randomised design approach to create irregular porous structures to mimic trabecular bone. This result
was surprising considering that irregular porous structures were the first additively manufactured
coatings used for orthopaedic implants in the medical industry. However, unlike random porous
scaffolds, the great advantage of using regular repeating arrays of unit cells made of beam or sheet-based
geometries is that they allow the creation of metamaterials with properties that can accurately be
predicted [181]. This explain why these design strategies are preferred in research.

From all the different possible unit cells that can be used to produce metamaterials, a total of 17
types of unit cell were used by the selected studies, as presented in Figure 7. According to Figure 7,
the beam-based diamond unit cell (59 studies) was the most used, followed by the cubic (18 studies),
and the gyroid TPMS (17 studies). These results correlate with the opinion of different experts who
have stated that the diamond unit cell is the most studied for the development of metamaterials due to
its biomimetic mechanical properties [121,182]. The high mechanical properties and self-supporting
properties of the diamond unit cell are due to its unique geometrical arrangement, where one node
is tetrahedrally surrounded by four other nodes coming from the crystal structure of the diamond
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crystal [113], as shown in Figure 8a. Moreover, this arrangement gives 48 symmetry elements to the
diamond structure, making this unit cell invariant to different symmetry operations such as translations,
reflections, rotations, and inversion [183]. Similarly, extensive research for bone regeneration has been
performed to study the cubic unit cell (Figure 8b). The research interest in the cubic unit cell is because
it is based on one of the simplest and easy–to–manufacture platonic solids thanks to its struts at an
angle of 90◦ [62]. In the case of porous metamaterials based on the gyroid TPMS (Figure 8c), they
have been found to exhibit similar topology to human trabecular bone, and also superior mechanical
properties compared with metamaterials based on other types of TPMS [120]. For example, according to
Yang et al. [184] metamaterials based on the gyroid TPMS have a more homogeneous stress distribution,
which can provide equal mechanical stimulation to bone cells.

 

 

Figure 7. Comparison of the number of experimental studies of each unit used for bone regeneration
identified in the reviewed articles.

 

 

Figure 8. Some examples of unit cells with their corresponding meta-biomaterial scaffold below:
(a) diamond beam-based unit cell; (b) cubic beam-based unit cell; (c) Gyroid triply periodic minimal
surface based (TPMS-based) unit cell; (d) Diamond TPMS-based unit cell; and (e) Voronoi (top) and
Delaunay (bottom) irregular porous structures.

In the case of random or stochastic structures, Kou et al. [185] suggested that scaffolds based on
this structures are more realistic; that is, they look more like natural bone with random non-uniform
pore distribution and pore size [185]. Such structures are believed to provide benefits such as improved
mechanical properties, including strength, fluid dynamics, surface area, and surface-to-weight ratio.
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They combine advantages of small and large pores without necessarily decreasing the mechanical
strength or reducing the bone in-growth to levels that are inappropriate in application [186]. Figure 8
presents the five most representative unit cells identified in this study.

3.4.2. Porosity

It is known that the degree of micro-porosity in bone implants directly affects their biological
and mechanical properties. The porosity of natural bone is crucial for vascularisation, diffusion of
cell nutrients and metabolic waste, and cell migration [187], and in a similar way it is important for
metal bone implants. Moreover, several studies have considered porosity as the main parameter
affecting stiffness and strength of porous biomaterials. Increased porosity reduces the strength of the
implant [187,188]. As a result, porous metallic biomaterials are used as coatings in many medical
applications, but more recently porous biomaterials have been proposed for load-bearing applications
beyond surface coatings [138,142]. Ti and Ti alloys are commonly used for load-bearing implant
applications due to their relatively low elastic modulus fatigue resistance, high strength to weight
ratio, and corrosion resistance [82,94]. However, bulk Ti and Ti alloys do not completely match all the
mechanical properties of natural bone such as modulus of elasticity. Therefore, it is a need of the hour
to accomplish specific mechanical properties for Ti or Ti-based alloys by controlling the porosity and
pore characteristics for customised implants [131]. However, the ideal porosity for medical implants
seems controversial in the literature [181].

In this systematic review a total of 49 articles out of 50 recorded porosity of various degrees,
as shown in Figure 9. For example, Stamp et al. [186] recommend using a porosity above 65% in
medical implants whereas Ghanaati et al. [189] found that vascularisation increased in vivo when
reducing the porosity from 80 to 40%. Sarhadi et al. [190] and Schiefer et al. [191] have recommended
using a porosity of approximately 50%. According to Will et al. [192], the porosity that best promotes
vascularization in porous scaffolds is 40–60%. Pattanayak et al. [193] manufactured porous Ti implants
and reported an increase in compressive strength from 35 MPa to 120 MPa when reducing the porosity
from 75 to 55%. Murr et al. reduced the porosity from 88 to 59% with an increase in stiffness from
0.58 GPa to 1.03 GPa [131]. As mentioned, natural cancellous bone has a porosity of 50–90% [85,86].

 

 
Figure 9. Porosity of implant specimens in the reviewed articles, compared with the Ideal Quality
Attribute (IQA) target zone.

Zou et al. [102] designed three implants with similar pore size and shape. By reducing the porosity
from 72 to 53% they achieved a compressive strength of 200 MPa and Young’s modulus of 4.3 GPa,
instead of a compressive strength of 60 MPa and Young’s modulus of 2 GPa. Even though both
implants achieved a stiffness close to that of human bone, only the implant with 53% porosity achieved
a compressive strength greater than human bone. Hence, the implant with 72% porosity would not
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qualify as a load-bearing bone implant. These results, along with previous research by Pattanyak et
al. and Murr et al., confirm the influence of porosity on mechanical properties [193]. They also show
that the implant porosity may be adjusted within limits to increase strength and adjust bone stiffness,
which varies for each patient’s characteristics.

From a medical regulatory perspective, the U.S Food and Drug Administration (FDA) only
approves implant porosities of 30–70% for porous coatings on solid Ti implants [194]. The range is
relatively large but can be used to one’s advantage since both the elastic modulus and strength of the
implant can be adjusted by adjusting the porosity. Implants with porosity outside of this range do
not comply with FDA regulations and cannot enter the market. It is known that medical regulations,
especially for implantable medical devices, are based on strong scientific evidence. Therefore, it is vital
to adhere to these regulations when designing bone implants.

Taking into consideration the medical regulations for porous implants, we selected a porosity
range of 30–70% as the IQA for porous metal implants to identify studies in the systematic search
that fabricated Ti scaffolds with porosity values within this range. From the 49 articles that recorded
porosity of various degrees, a total of 167 results were extracted and compared with the selected IQA
porosity range. The results of this comparison are presented in Figure 9. According to our results, 56.6%
of the porous scaffolds studied in the 49 selected articles had porosity values within the acceptable
porosity range (30–70%) required to satisfy medical regulations such as the FDA. By contrast, a total
of 26 studies explored the properties of porous scaffolds with porosity values above the acceptable
porosity range representing 37.3% of the total results extracted in this systematic literature review.
There were several reasons for these studies to explore porosity levels higher than 70%. For example,
Zhang et al. [100] and Amin Yavari et al. [106] fabricated different porous structures with various
porosities to explore their mechanical properties and deformation mechanisms. Moreover, porous
Ti scaffolds with high levels of porosity can serve as storage for mesenchymal stem cells to facilitate
bone tissue regrowth, and also to improve cell oxygenation and nutrition [100]. On the other hand,
Ti porous scaffolds with porosity levels lower than 30% can provide similar mechanical properties to
cortical bone [98,100].

3.4.3. Macropore Size

Since macro pore size is directly related to the strength, porosity, and stiffness of the implant, it is
an important property for implant design [195]. Pore size has a profound effect on the behaviour of
osteogenic cells even in an organ culture system [196]. The implant’s macro porosity determines whether
bone cells can successfully penetrate and grow within the structure, and many studies have discussed
the influence of pore size on the biological properties of implants [197]. Furthermore, several studies
have shown that a minimum pore size of 100 µm is required for vascularization and bone ingrowth,
but pores larger than 100 µm increase bone in-growth by allowing improved vascularization and
oxygenation [86,91,193]. A minimum macropore size limit of 100 µm is supported by further research as
vascular penetration has been found to be restricted in smaller pore interconnections [85,168,188,192].

Studies have found that pores greater than 300 µm are required for vascularisation and bone
ingrowth [86,168]. Tang et al. [188] found that 200–350 µm is the optimal macropore size, and various
studies have found that bone ingrowth is less likely to occur beyond 400 µm [90,195,198]. However,
research that used pore sizes of 300, 600, and 900 µm in porous Ti scaffolds found that those with
macropores sizes of 600 and 900 µm had much higher bone ingrowth compared with the scaffolds with
300 µm pores [101]. Bose et al. [85] suggested that all macropore sizes between 100 and 600 µm are
osteoconductive. Fukuda et al. [199] experienced greater results in 500 and 600 µm pores compared
with 900 and 1200 µm pores. Xue et al.’s [98] results showed that macropore sizes in the range of
100–600 µm possess the optimum ability for cell growth into the pore structure of porous titanium.

According to the FDA regulations, macropore sizes of 100–1000 um are approved for coatings
for Ti implants [194]. Large macropores have a smaller surface area than do small pores, decreasing
the cell attachment on the implant [86]. However, large macropores increase scaffold vascularisation,
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which is vital for supplying oxygen and nutrients to the tissue as well as osteoblast proliferation and
migration [80], but they decrease the mechanical strength of the material. The limit of how much the
macropore size can be increased while maintaining sufficient mechanical strength depends on both
the material and the processing conditions. Therefore, regulatory guidelines for surface coating may
be misleading for fully macroporous implants, since the strength-to-weight ratio differs between a
porous and solid structure. Since the porosity decreases the strength of the implant, and large pore
sizes decrease the strength of the internal architecture, large pore sizes must be avoided to increase the
structure’s strength. A more defined pore size range is therefore sought [86].

In this study, the macroporosity used in different studies was explored. It was found that no
consensus currently exists on what upper limit to macropore size that is ideal, but somewhat of a
consensus on the lower limit exists (100 µm). According to FDA regulations, porous implants should
have macropore sizes between 100 and 1000 µm [194]. It has further been found that macropores start
to lose their osteogenic functionality when larger than 500–600 µm [8,16,85,98,199]. Considering that
a fully porous structure is weaker than a solid structure, and that high strength is vital for implants,
it can be assumed that there is no need to design a structure with pores larger than what is needed to
cater for all functions within the implant.

These findings made us choose a macropore size range of 100–600 µm as the IQA for porous
metal implants to identify the studies in the systematic search that fabricated Ti scaffolds with pore
size values within this range. From the 42 articles that recorded pore size of various degrees, a total of
144 results were extracted and compared with the selected IQA pore size range, as seen in Figure 10.
According to our results, 51.4% of the results of all studies had a macropore size within 100–600 µm.
It was further noted that 86.8% of the experimental results of all studies had a macropore size within
the FDA recommended range of 100–1000 µm. From these results, we could infer that most of the
research studies identified through the systematic search somewhat considered the macroporosity
range required to satisfy medical regulations.

 

Figure 10. The pore sizes recorded in the reviewed articles, compared with the Ideal Quality Attribute
IQA target zone.

By contrast, a total of 68 results out 144 showed pore size values above the acceptable macropore
size range representing 48.6% of the total results extracted in this systematic literature review. There were
several reasons for these studies to explore pore sizes above 600 µm. For example, the FDA approves
macropore sizes between 100 and 1000 µm [194]. Hara et al. [96] tested four porous structures with
different macropore size to explore their mechanical properties. Taniguchi tested 300, 600, and 900 µm
pore sizes and found that the structures with 600 and 900 µm pore size exhibited higher bone ingrowth.
Large macropores increase scaffold vascularisation, which is vital for supplying oxygen and nutrients
to the tissue as well as osteoblast proliferation and migration [80]; however, larger pores also have a
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smaller surface area compared with small pores, decreasing the cell attachment on the implant [86].
Larger macropores also result in higher porosity, and this reduces the strength of the implant [187,188].

The ideal macropore size for bone implants is controversial and undefined, and according to
Otsuki et al., a reason for the varied pore size data may be that the interconnectivity of pores was
not considered [198]. Macropore size regulations have been developed for the first generation of
porous implants, which use a single-scaled porous network with repeated, equally sized, and shaped
pores. However, bone grows in a naturally random structure with pores of different sizes, shapes,
and directions similar to the structure of a sponge [130,155]. The use of a multiscale porous scaffold
that combines smaller and larger pore sizes within the same structure is a recent strategy to optimise
the internal architecture of implants [142,188]. This method combines advantages of both small and
large macropores without decreasing the strength or reducing the bone in-growth to levels that are
inappropriate in application [188]. According to our results, a total of 8 out of 50 studies used some
sort of multiscale pore approach, but it was observed that the design method varied, and that the
researchers failed to provide the percentage of the total structure that used each pore size. It was further
observed that a multiscale porous structure occurred in some implants where the manufacturing of a
single-scaled structure resulted in varying pore sizes due to unprecise manufacturing tolerances.

3.4.4. Pore Inter Connectivity

According to our results, 46% of the collected studies registered pore interconnectivity. Interestingly,
all of these studies designed their porous scaffolds with an interconnectivity of 100%. The pores in a
porous bone implant must be interconnected to ensure movement and the supply of necessary nutrients
through ingrowth of tissue and bone [200]. Interconnected pores tend to facilitate the flow of fluids and
biological cells through the structure which is essential for bone tissue formation [185]. According to
Nyberg et al. [201] the integration of artificial material tissue with native tissue can be improved by
interconnected pores. Tang et al. [188] suggested that an increased pore interconnectivity increases the
number and size of blood vessels formed in scaffolds. The interconnectivity is also a critical factor
for ensuring that all cells within the structure are within a 200 µm range from a blood supply to
provide transfer of nutrients and oxygen [202]. According to the FDA’s recommendations for porous
metal coatings, pores in such structures must be interconnected [194]. Although this requirement is
for surface coatings, it also indicates the importance of an interconnected porosity for fully porous
implants. In the systematic review, it appears as though a vast majority of studies had indicated the
importance of an interconnected porosity. Therefore, to guarantee all processes and fluid movements
necessary for tissue and bone ingrowth, the selected IQA for pore interconnectivity would ideally be
100%.

3.4.5. Elastic Modulus

It was observed in this systematic review that an elastic modulus is a property commonly reported
in AM porous scaffolds studies (by 89% of all studies). A controlled modulus of elasticity has proved
to be critical in prostheses and scaffolds to avoid stress shielding [81,82]. Stress shielding occurs when
there is a stiffness mismatch between the implant and surrounding bone, and it can cause inflammation
and the need for revision surgery [197]. Ti and common implant Ti alloys have an elastic modulus of
roughly 100–120 GPa [81,84,138,197]. A reduced modulus is necessary to avoid stress shielding and
can be achieved by designing implants with a porous structure [90].

Defining an ideal specific modulus of elasticity for porous bone implants is not practical because
Since the mechanical properties of human bone, especially the elastic modulus, change drastically
with factors, such as age, physical activity, and health. For example, femoral bone specimens from
patients aged 3, 5, and 35 years had an elastic modulus of 7, 12.8, and 16.7 GPa, respectively, indicating
a dramatic change with age [90]. As previously shown in Table 6, the elastic modulus of human bone
varies in the literature. Chen and Thouas [57] estimated the elastic modulus of cortical bone to be
approximately 11–21 GPa in the longitudinal direction, whereas Lee et al. [147] suggested 18–22 GPa.
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Wang et al. [81] suggested a wider range of 3–30 GPa. These findings indicate that the stiffness of an
implant may need to be adjusted specifically for the person it is intended for, and that the target value
for the elastic modulus may be specific to each patient. Therefore, it is more practical to think that for
the design of porous scaffolds, an ideal target area exists for the modulus of elasticity. Based on this,
the IQA for elastic modulus is proposed to be 3–30 GPa for fully porous Ti implants.

Figures 11 and 12 show the elastic modulus that was reported in the reviewed articles and these
values were compared with the proposed IQA. From the extracted of elastic modulus results, 55.5%
reached the target area of 3–30 GPa. These implants achieved an elastic modulus within the range of
natural bone and would therefore eliminate risk of stress shielding. By contrast, 40% of the results
exhibited an elastic modulus below 3 GPa, and only 3.6% of the results reported an elastic modulus
higher than 30 GPa. These results clearly demonstrated that most studies are aiming towards a
modulus of elasticity closer to the bone modulus.

 

 
Figure 11. Elastic modulus of porous metamaterials based on triply periodic minimal surfaces (TPMS)
compared with the Ideal Quality Attribute (IQA) target zone.

 

Figure 12. Elastic modulus of porous beam-based metamaterials compared with the Ideal Quality
Attribute (IQA) target zone.

The elastic modulus of metals such as titanium and its alloys naturally have a much higher elastic
modulus compared with bone [81]. However, research shows that the elastic modulus of metals
can be readily adjusted by modifying their porosity. Porous metals with a low modulus of elasticity
correspond to high levels of porosity. For example, Wang et al. [84] explored five types of porous
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structures using the same material (TiNbZr) and pore size (550 µm) but ranging porosity. His results
revealed that four of the implants with porosities ranging from 42% to 69% all achieved an elastic
modulus within the approved range of 3–30 GPa; however, the implant with the highest porosity (74%)
achieved the lowest elastic modulus of 1.6 GPa. Similarly, Li et al. [203] used a porosity of 91% resulting
in a low elastic modulus of 0.8 GPa. Furthermore, Chen et al. [204] received an elastic modulus of
44.4 GPa for a porous titanium structure using 30% porosity but by increasing the porosity to 40% the
elastic modulus was reduced to 24.7 GPa.

Using the data obtained through the systematic literature search we calculated two multiple
linear regressions to predict the modulus of elasticity of beam and TPMS-based AMd Ti scaffolds.
The regression model used the independent variables of pore size, relative density (porosity), and the
interaction of pore size–porosity. According to our results, a regression equation was found for
beam-based AMd Ti scaffolds (F(3,75) = 54.139, p < 0.0001), with an R2 adj of 0.671, as shown in
Figure 13a. The residuals of the multiple linear regression are randomly scattered around the centre
line of zero with no obvious pattern. The predicted compressive yield strength of beam-based scaffolds
is equal to 27.738 – 0.078 (pore size) – 27.417 (porosity) + 0.0689 (pore size*porosity), where pore size is
coded or measured in µm, and relative density expressed as porosity as a percentage. The beam-based
scaffolds’ modulus of elasticity decreased 0.078 MPa for each µm, 27.417 MPa per 1% of porosity
increment, and increased 0.0689 MPa for the interaction pore size*porosity. Both pore size (p < 0.0005)
and porosity (p < 0.0001) were significant predictors of beam-based scaffolds’ modulus of elasticity,
including the interaction between pore size and porosity (p < 0.0001).

 

 

Figure 13. Overall predicted model of elastic modulus actual versus an elastic modulus predicted (a)
beam-based scaffolds, and (b) TPMS-based scaffolds.

In the case of the multiple linear regression of TPMS based AMd Ti scaffolds a significant regression
equation was also found (F(3,28) = 4.897, p < 0.0073), with an R2 adj of 0.273, as shown in Figure 13b.
The residuals of the multiple linear regression are randomly scattered around the centre line of zero
with no obvious pattern. The scaffolds’ predicted modulus of elasticity is equal to 0.008 − 0.002 (pore
size)–2.342 (porosity) + 0.002 (pore size*porosity). The TPMS based scaffolds’ modulus of elasticity
decreased 0.002 MPa for each µm, 2.342 MPa per 1% of porosity increment, and 0.002 MPa for the
interaction pore size*porosity. Pore size was a significant predictor of TPMS-based scaffolds’ modulus
of elasticity with a p-values < 0.0563. However, porosity was not a significant predictor with p-values
< 0.553 and 0.843, respectively. Moreover, no interaction between pore size and porosity was found
regarding to modulus of the elasticity.
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3.4.6. Compressive Yield Strength

For an adequate functioning of any load-bearing implant, it is vital that its design withstand the
required forces and loading cycles. Mechanical strength is one of the implant’s most crucial features for
avoiding implant failure. To withstand the loads of daily activities, load-bearing implants must have
at least the same yield strength as the bone that they replace [81]. The yield point of bone represents
the threshold from where the structure accumulates irreversible deformation. Unlike bulk metals
such as steel, the yield point of bones cannot be clearly distinguished; it is rather associated with
a continuous transition zone [160]. Strain beyond the yield point will deform the structure beyond
its point of resilience causing material damage, usually occurring as micro-cracks [205]. Bone tissue
has evolved to mainly support compressive stress [206,207]. Bone is 30% weaker under tensile stress,
and 65% weaker under shear stress [208]. Therefore, load-bearing implant scaffolds require a high
compressive strength to prevent fractures and improve functional stability [209]. The compressive
yield strength of cortical bone varies in the literature. As previously shown in Table 6, the compressive
yield strength of cortical bone varies approximately between 90 and 170 MPa. To replace like with
like, using a biomimetic approach for comparison purposes, a minimum and a maximum compressive
yield strength of 90 MPa and 170 MPa were selected as the IQA for fully porous Ti implants.

The systematic search identified that 37 out of 50 studies recorded compressive yield strength,
from which a total of 133 experimental results were extracted and compared, as shown in Figures 14
and 15. Figure 14 presents the results of studies using TPMS structures and Figure 15 presents the
results of studies using porous beam-based metamaterials. Both comparisons show high numbers
of studies resulting in a compressive yield strength below 90 MPa. A total of 55.7% of all results
had a compressive yield strength below the defined IQA target and 25% of the studies achieved a
compressive yield strength within the bone region. On the other hand, only 19% of the extracted
experimental results had a strength above the bone region. Such implants would have strengths similar
to or higher than cortical bone and are expected to not experience permanent deformation caused by
the expected bone compressive loading conditions in the human body.

 

 

Figure 14. Compressive yield strength of porous metamaterials based on triply periodic minimal
surfaces (TPMS) compared with the Ideal Quality Attribute (IQA) target zone.

154



Materials 2020, 13, 4794

 

 

Figure 15. Compressive yield strength of porous beam-based metamaterials compared with the Ideal
Quality Attribute (IQA) target zone.

Decreased strength of a porous implant can result from high porosity and large pore sizes, [81,188].
For example, Zhang et al. [113] fabricated porous scaffolds based on the TPMS diamond unit cell with
a wide range of compressive yield strengths from 36 MPa to 140 MPa just by varying the scaffolds’
porosity and maintaining the pore size constant. The type of unit cell used to design porous scaffolds can
also drastically change it mechanical properties. For example, Zhao et al. [116] fabricated four porous
scaffolds with the same pore size and similar porosities using two different unit cells (tetrahedron and
octahedron). However, the scaffolds based on the octahedron unit cell registered almost double the
compressive strength compared with those based on the tetrahedron unit cell [116]. The compressive
yield strength of porous metals can also be enhanced by gradually changing the porosity level along the
radial direction of the scaffold. This was demonstrated by Zhang et al. [100], who reported functionally
graded porous scaffolds based on the diamond unit cell with superior comprehensive mechanical
properties to the biomaterials with uniform porous structures.

Using the data obtained through the systematic literature search, we calculated two multiple
linear regressions to predict compressive yield strength based on pore size, porosity, and the interaction
of size–porosity for beam-based and TPMS-based AMd Ti scaffolds, respectively.

According to our results, a regression equation was found for beam-based AMd Ti scaffolds (F(3,75)
= 31.452, p < 0.0001), with an R2 adj of 0.539, as shown in Figure 16a. The residuals of the multiple
linear regression are randomly scattered around the centre line of zero, with no obvious pattern. The
scaffolds’ predicted compressive yield strength is equal to 380.557 − 0.075(pore size)–350.828 (porosity)
+ 0.557 (pore size*porosity), where pore size is coded or measured in µm, and porosity is measured as
a percentage. The beam-based scaffolds’ compressive yield strength decreased 0.075 MPa for each
µm, 350.828 MPa per 1% of porosity increment, and increased 0.557 MPa for the interaction of pore
size*porosity. Both pore size (p < 0.0378), porosity (p < 0.001), and the interaction between pore size and
porosity (p < 0.0048) were significant predictors of beam-based scaffolds’ compressive yield strength.
The interaction between pore size and porosity was found to be significant with a p-value < 0.0048.
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Figure 16. Overall predicted model of compressive yield strength Actual versus compressive yield
strength Predicted of (a) beam-based scaffolds, and (b) TPMS-based scaffolds.

Regarding the multiple linear regression of TPMS-based AMd Ti scaffolds, a significant regression
equation was also found (F(3,27) = 65.547, p < 0.0001), with an R2 adj of 0.872, as shown in Figure 16b.
The residuals of the multiple linear regression are randomly scattered around the centre line of zero,
with no obvious pattern. The scaffolds’ predicted compressive yield strength is equal to 524.780 −
0.008(pore size)–625.266 (porosity)+ 0.183 (pore size*porosity). The TPMS-based scaffolds’ compressive
yield strength decreased 0.008 MPa for each µm, 625.266 MPa per each 1% of porosity increment, and
increased 0.183 MPa for the interaction of pore size*porosity. Porosity was a significant predictor
of TPMS based scaffolds’ compressive yield strength with p-values < 0.0001. However, pore size
and the interaction between pore size and porosity were non-significant, with p-values < 0.7018 and
0.3260, respectively.

3.4.7. Ultimate Compressive Strength

If loading surpasses the yield point of bone, it will eventually reach the ultimate point. This point
represents the maximum compressive strength that a material can withstand without irreversible
strains and damage occurring. Past this point, macrocracks are formed and fracture occurs [160].
Bone implants in load-bearing applications must withstand high stress within the body, to a degree
where no permanent deformation occurs during the load that the implant is expected to be exposed
to. Hence, controlled ultimate compressive strength is a crucial property to study in bone implant
research. Natural bone is estimated to have an ultimate compressive strength of 180–200 MPa [84].
However, results vary in the literature. For example, Calori et al. [8] suggested a more widespread
range of 130–290 MPa, whereas Henkel et al. suggested 100–230 MPa [168]. To replace like with like
using a biometric approach, bone implants should have an ultimate compressive strength similar to
that of bone [8]. Taking into consideration the compressive yield strength suggested previously and
the three results presented in Table 5, the proposed IQA region for the ultimate compressive strength is
between 180 MPa and 290 MPa.

In this systematic search a total of 60 experimental results of ultimate compressive strength from
19 different studies were extracted. Figures 17 and 18 show the ultimate compressive strength of the
different studies compared with the defined IQA target of between 180 MPa and 290MPa. Figure 17
corresponds to experimental results of porous scaffolds composed of TPMS unit cells compared with
the IQA target. According to Figure 17, only one study with three different experimental results
measured the ultimate strength of porous scaffolds based on TPMS unit cells. In this study by
Yanez et al. [120], three ultimate compressive strengths of 17, 47.5, and 83.5 MPa were achieved using
the gyroid unit cell. Dramatic improvement in the ultimate compressive strength of the scaffold was
achieved. This improvement in mechanical properties was possible by slightly changing the gyroid
unit cell into an elongated gyroid. However, none of the experimental results obtained by Yanez
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et al. [120] were able to reach the minimum IQA ultimate compressive strength proposed in this
study. The low strength of Yanez at al.’s [120] samples can be attributed to their high porosity values
which ranged between 75% and 90%. This increased the stress concentration, reducing the ultimate
compressive strength.

 

 
Figure 17. Ultimate compressive strength of porous metamaterials based on triply periodic minimal
surfaces (TPMS) compared with the Ideal Quality Attribute (IQA) target zone.

 

 
Figure 18. Ultimate compressive strength of porous beam-based metamaterials compared with the
Ideal Quality Attribute (IQA) target zone.

Figure 18 is composed of 19 different studies on beam-based unit cells where 57 experimental
results are compared with the IQA target. According to Figure 18, 10 experimental results reached
higher ultimate compressive strengths than bone. The highest ultimate compressive strength (830 MPa)
recorded was achieved with a scaffold based on the diamond unit cell by Zhang et al. [100]. From all
results recorded, a total of 16.7% achieved an ultimate compressive strength above the proposed IQA
ultimate compressive strength; 10% had similar ultimate compressive strengths to bone; and 73.3%
had lower ultimate compressive strengths than bone. The scaffolds that did not fulfil the required IQA
ultimate compressive strength would risk fracturing due to macrocracks occurring during high loads.
Porosity within a structure has been proven to decrease the strength of a structure [81,188], which may
explain the high number of scaffolds with low ultimate strength.

The goal of designing a porous structure with enough porosity and pore size without diminishing
strength is a difficult task, and as researchers aim to create highly porous structures with low elastic
modulus, many structures experienced low ultimate strength. Attar et al. [111] manufactured a
porous titanium structure by SLM with rectangular pores and 17% porosity and achieved an ultimate
compressive strength of 747 MPa. Using the same material, manufacturing method, and unit cell,
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a different structure with 37% porosity achieved an ultimate strength of 235 MPa. In a similar
manner, Chen et al. [204] designed three structures of the same material and manufacturing method.
Using porosities of 30%, 40%, and 50%, the ultimate compressive strengths recorded were 524, 301.7,
and 120.3 MPa, respectively, indicating that increased porosity reduces the strength of the structure.

3.4.8. Fatigue Strength

During normal daily activities, load-bearing implants experience just a fraction of the material’s
ultimate stress [209–211]. However, after years of use, the high cyclic loading to which load-bearing
implants are subjected eventually leads to the accumulation of small stresses, causing progressive and
localised material damage that results in implant failure [212]. For instance, one of the most critical
mechanical properties for load-bearing implants is fatigue strength. However, fatigue strength is the
most difficult mechanical property to determine [213].

The required fatigue resistance of a load bearing implant and its components mainly depends
on their cyclic loading conditions and the required life span. For example, it is estimated that
lower limb prostheses are subjected to up to 2 million gait cycles per year [214], and in the case
of orthodontic prostheses these can reach up to 300,000 loading cycles per year [213]. Therefore,
a large variety of medical standards exist for testing fatigue strength. Some of these fatigue tests
differ depending on the type of load applied such as tension–tension, compression–compression, and
tension–compression. In the case of load-bearing bones, their loading conditions in real-life activities
are complex [135]. However, bone is mainly loaded in compression [206,207]. Therefore, to test the
fatigue life of metamaterials for bone implant applications, compression fatigue tests are preferred due
to the simplicity of the test setups [215].

Regarding the number of cycles that load bearing implants and their components need to have
tested for fatigue strength, all the different medical standards agree that such products need to have a
fatigue life within the high-cycle fatigue region (N > 104 cycles). For example, the ASTM standard
F2777 – 16 recommends testing tibial inserts’ endurance and deformation under high flexion with a
minimum number of cycles of 2.2 × 105, and in the case of dental implants they are typically tested
up to 5 million cycles [213,216]. Nevertheless, for a component of a load-bearing implant to have at
least 25 years of life span [217], the highest number of cycles that must be tested is 107 cycles [213,216].
Taking into consideration current medical standards for load-bearing implants, the high-cycle fatigue
region between 104 cycles and 107 cycles was selected as the IQA fatigue life for porous titanium
metamaterials for bone regeneration.

Using the selected high-cycle fatigue region, this systematic literature search identified a total of 13
different studies on fatigue resistance, among which 11 studies performed compression–compression
fatigue tests. Then, for comparison purposes, a total of 51 experimental results were extracted and
compared. Moreover, to facilitate the comparison of the results of the studies, they were classified
according to the type of unit cell used to produce porous structures as beam and TPMS-based as
resented in Figures 19–21. According to our results, the TPMS porous structures that withstood the
highest stresses at the high-cycle fatigue region were achieved by Bobbert et al. [79]. The primitive
TPMS structure presented the highest stress within the high-cycle fatigue region, with 232 MPa at
3 × 104 cycles, as shown in Figure 19. The TPMS porous structures that were able to withstand the
second and third highest stresses within the high-cycle fatigue region were the I-WP and diamond
structures, with 227 MPa at 3 × 105 cycles and 204 MPa at 3 × 106 cycles as shown in Figures 19 and 20.
Remarkably, the primitive TPMS structure was the only one to pass the 107 threshold with 80 MPa at
3 × 107 cycles, as presented in Figure 20.
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Figure 19. Comparison of the results of different studies on the fatigue strength of porous metamaterials
based on triply periodic minimal surfaces (TPMS) within the high-cycle fatigue region between 104 and
105 cycles.

 

 
Figure 20. Comparison of the results of different studies on the fatigue strength of porous metamaterials
based on triply periodic minimal surfaces (TPMS) within the high-cycle fatigue region between 106 and
107 cycles.

 

 

 

Figure 21. Comparison of the results of different studies on the fatigue strength of porous beam-based
metamaterials within the high-cycle fatigue region between 106 and 107 cycles.
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In the case of beam-based metamaterials the study performed by Zhao et al. [116] achieved the
highest fatigue strength with 130 MPa at 106 cycles using a lattice structure based on the octahedron
unit cell, as shown in Figure 21. In second and third place with the highest fatigue strength are the
tetrahedron and the cubic porous lattice structures with 90 MPa at 1 × 106 cycles and 90 MPa at 1 × 106

cycles fabricated by Amin Yavari et al. [106] and Zhao et al. [116], as presented in Figure 21.
According to the results of this systematic search it could be seen that TPMS structures provide

superior fatigue strength to porous bio-metamaterials compared with beam-based unit cells. Moreover,
in terms of fatigue resistance, it was identified that the primitive, I-WP, and diamond TPMS provided
the best performance, whereas the octahedron, cubic, and tetrahedron are the best-performing lattice
unit cells. However, it is crucial to note that several factors can affect the fatigue life of additively
manufactured Ti metamaterials. Some of these factors are residual stresses and stress concentrators
caused by high surface roughness and manufacturing defects [218]. Moreover, the fatigue strength
of bulk materials significantly degrades when they are in porous form or when voids and pores
are developed during fabrication [219]. In the case of additively manufactured components, it has
been proven that their fatigue strength is extremely sensitive to localised and nonuniform heat and
uncontrolled cooling cycles during fabrication [220,221].

3.5. Discussion and Summary of the Findings

Table 7 presents a summary of proposed IQA target values for porous Ti and Ti alloy bone
implants aimed at load-bearing applications. These values are based on scientifically supported values
found in human bone research, federal regulations (FDA), and research articles on porous Ti implants
manufactured using AM between 2000 and 2020. These properties are part of the first step of the QbD
framework of “Define the Quality Target Product Profile.” The IQAs are necessary for a systematic and
qualitative design approach. These properties will provide benchmark guidance to facilitate future
research on porous bone implant design.

Table 7. Summary of Ideal Quality Attributes proposed in this study.

Ideal Quality Attributes

Porosity 30–70%
Pore size 100–600 µm

Elastic modulus 3–30 GPa
Compressive yield strength 90–170 MPa

Ultimate compressive strength 180–290 MPa
Fatigue resistance 72.6–137 MPa at 106
Interconnectivity 100%

An IQA target zone for the porosity of porous Ti implants has been proposed as 30–70% based
on results found in research articles as well as in current FDA regulations. We found that 56.6% of
all studies in this review achieved a porosity within this range. AM was found to produce porous
structures with highly controlled porosity. Numerous studies as well as FDA regulations have discussed
the importance of using porous structures for tissue ingrowth, which have numerous advantages to
non-porous implants. Whereas porous coatings are used in some instances, it was observed in this
study that many researchers believe in using a fully porous structure to achieve a biomimetic structure
mimicking natural bone. All data used extracted in this systematic literature review came from studies
that used scaffolds with constant porosity. However whether a repeated lattice structure throughout
the entire structure is sufficient or a biomimetic “sponge-like” structure with irregular, elongated pores
should be used has not yet been confirmed in research; nevertheless implants using a biomimetic
design approach replicating natural bone received attention in recent research [86]. Since bone has a
random and stochastic structure with pores of different sizes, a multiscale porous structure with pores
of different sizes deserves further research. Multiscale porous scaffold structures have been proven
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to perform better than one-dimensional structures [142]. Nonetheless, to properly compare implants
with a multiscale structure, pore distribution and size must be recorded.

In the case of scaffolds’ pore size, the IQA was proposed to be 100–600 µm based on numerous
performed research trials. Whereas the FDA requirement is a pore size between 100–1000 µm, a more
defined pore size range of 100–600 µm is supported by research due to numerous research trials having
experienced reduced bone ingrowth in pores larger than 600 µm. Strut thickness is the thickness of
the pore walls within a porous structure. It may have a substantial impact on implant mechanical
properties [90] and can serve as a unit cell’s characteristic to compare different mechanical properties
in relation to it. However, it was found that struct thickness is not commonly reported in the literature.

Research has proven that the elastic modulus of bone changes drastically with age and that patient
customisation is a necessity in specific cases. As a result, in this study, an IQA for elastic modulus was
proposed to be 3–30 GPa based on values from research studies. According to data analysed in this
study a porous structure has a significant influence on mechanical properties in Ti-based implants.
Therefore, a porous structure can be altered to provide an elastic modulus comparable to that of natural
bone and be adjusted to modify the elastic modulus according to the patient’s age and health condition.
This will further reduce the risk of stress shielding between the implant and surrounding tissue.

As reported by most studies it was found in the regression analysis that the elastic modulus of Ti
and its alloys is directly influenced by the implant porosity, and that by increasing the porosity the
elastic modulus is increased and vice versa. A total of 55.5% of the studies in this review recorded
an elastic modulus within this range. Regarding the effect of unit cells on the modulus of elasticity
of porous structures, it was found that the studies that used beam-based unit cells covered a wider
range of modulus of elasticity values than did those than used TPMS-based unit cells (Figure 22a).
Moreover, the studies that used beam-based unit cells also obtained modulus of elasticity values within
the whole range of human bone Young’s modulus, as shown in Figure 22a.

 

Figure 22. Comparison in logarithmic scale between mechanical properties of bone, beam-based,
and triply periodic minimal surfaces (TPMS): (a) modulus of elasticity; (b) compressive yield strength;
and (c) ultimate compressive strength.

Compressive yield and ultimate strength were studied. The compressive strength values for
cortical bone were found to vary in the literature, which is why a range of values was selected to
represent this bone characteristic. The IQA for compressive yield strength was proposed to be a
minimum of 90 MPa and the IQA target for ultimate compressive strength a minimum of 180 MPa.
A total of 44.1% of the studies achieved a compressive yield strength above 90 MPa, whereas only
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26.7% achieved an ultimate compressive strength above 180 MPa. Both TPMS-based and beam-based
scaffolds provided a wide range of compressive yield strengths covering the whole range of human
bone compressive yield strength, as presented in Figure 22b. However, according to Figure 22c only
beam-based scaffolds provided an adequate range of ultimate compressive yield strength values
that include bone properties. The narrow range of ultimate compressive yield strength values of
TPMS-based scaffolds can be explained by the lower number of studies that have addressed this
mechanical with this type of unit cell. This indicates that a need exists for TPMS-based scaffold research
to report the ultimate compressive yield strength.

Just as with the elastic modulus, the strength of implants was found to be directly affected by
scaffold porosity. Increased porosity was found to rather dramatically decrease the strength of the
implant as demonstrated by the regression model performed with the results of several different
studies. Moreover, it was found that large pores are directly related to lowered strength and elastic
modulus, and that several studies have struggled to produce highly porous structures with strength
higher than or close to natural bone. Therefore, to ensure the adequate strength of implants, pores
larger than required (>600 µm) and porosity values higher than necessary (>70%) are recommended to
be avoided as these have been found to likely result in low-strength structures.

4. Conclusions

This systematic literature review presented an overview of the reported properties in research
studies of fully porous Ti bone implants manufactured with AM received in the last two decades.
The study focused on implants made of Ti and Ti alloy since they are considered ideal biomaterials for
load-bearing applications. This study followed a QbD approach and includes the first step of the QbD
system that defines the QTPP for properties relating to the porous internal architecture of fully porous
Ti implants designed for load bearing applications. IQA, part of the QbD system, have been proposed
supported by properties of natural human bone, governmental regulations, and scientific research
relevant to bone implants. Unit cell geometry, porosity, elastic modulus, compressive yield strength,
ultimate compressive yield strength, and compressive fatigue strength were systematically reviewed
and benchmarked against the proposed IQA.

This study found that many implant geometrical, mechanical, and dimensional characteristics
were directly related to each other. Scaffolds’ pore size influences the porosity of the structure, and
the porosity alters the elastic modulus as well as the strength of the implant. The unit cell geometry
was also found to directly affect the Young’s modulus and strength of porous scaffolds, and naturally
would also impact the structures’ interconnectivity. Moreover, by using ranges rather than set values
where possible, such as for elastic modulus, porosity, and pore size, there is a flexibility to the design
that allows the implant to be adjusted to its purpose and patient. Such design flexibility is necessary as
bone properties vary with patients’ age and anatomic site.

Despite the variety of scaffold characteristics reviewed in this study, future systematic literature
searches should also focus on other properties, such as fluid dynamics, surface finish (topography),
creep, and hardness, as well as surface coatings. Moreover, it should be considered that bone ingrowth
may modify implants’ mechanical properties; hence, they may be dependent on the level of bone
ingrowth. Therefore, it is important to measure the changes in strength and stiffness in metallic bone
scaffolds after bone ingrowth has occurred. Since implant location may determine the importance of
each implant property, future studies would ideally find IQA for different implant locations within
the human body. For example, mechanical features are important to study in load bearing implants,
whereas fluid dynamics and vascularisation might be more important features for facial implants that
require good aesthetic results and that are placed close to fragile tissue and nerves.

This study was possible due to the abundance of data available in research articles.
However, to further develop an effective QbD engineering strategy for the development of specific
bone implants it is important to identify the degree of importance of each bone scaffold characteristic
according to the implant’s future location within the human body. This can be identified by following
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the second step in the QbD system, namely Critical Quality Attributes (CQA), as detailed described in
previous work [222]. CQA are product characteristics that must fall within specific limits to comply
with the quality standards defined in the QTPP. They can be identified through prior knowledge and
experimental data from systematic research based on scientific and risk management rationale that
considers regulatory and business requirements [223]. Each step of the QbD system must be further
developed to facilitate the strategic, qualitative development of bone implants and increase the rate of
successful research studies.

Overall, Ti and Ti alloy porous bone implants are well underway to achieving the ideal properties
that will fully allow them to replace natural bone. With the help of the QbD system, consistent and
qualitative design of medical implant devices can be achieved.
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Abstract: Bone morphogenetic proteins (BMPs) possess a unique ability to induce new bone forma-
tion. Numerous preclinical studies have been conducted to develop novel, BMP-based osteoinductive
devices for the management of segmental bone defects and posterolateral spinal fusion (PLF). In
these studies, BMPs were combined with a broad range of carriers (natural and synthetic polymers,
inorganic materials, and their combinations) and tested in various models in mice, rats, rabbits, dogs,
sheep, and non-human primates. In this review, we summarized bone regeneration strategies and
animal models used for the initial, intermediate, and advanced evaluation of promising therapeutical
solutions for new bone formation and repair. Moreover, in this review, we discuss basic aspects to be
considered when planning animal experiments, including anatomical characteristics of the species
used, appropriate BMP dosing, duration of the observation period, and sample size.

Keywords: animal model; bone fracture; bone healing; posterolateral spinal fusion; regenerative
medicine; bone morphogenetic proteins

1. Introduction

Bone tissue possesses unique regenerative properties, and bone fractures regularly
heal under physiological conditions. However, large segmental bone defects resulting
from severe trauma or extensive tumor resection cannot be restored by endogenous self-
repair mechanisms, decrease quality of life, and may sometimes lead to limb amputation.
Indeed, the management of large segmental defects is one of the most challenging issues in
orthopedic medicine, typically due to the biologically hampered microenvironment [1,2].
The standard of care for the healing of large bone defects requires the use of an autologous
bone graft (ABG), which is usually harvested from the iliac crest. ABG is also used as a
gold standard to achieve spinal fusions, including posterolateral spinal fusion (PLF). PLF is
a commonly performed surgical procedure used for the treatment of degenerative diseases
of the spine, including degenerative disc disease, spondylolisthesis, spinal instability, and
symptomatic scoliosis [3–6].

However, ABG possesses several disadvantages, including a limited amount of bone
that might be harvested, the potential transfer of contaminating agents, acute and chronic
pain, skin scarring, and deformity at the donor site [4,7]. In addition, the use of ABG
increases the blood loss, duration, and cost of surgical procedures. Therefore, there remains
an imminent need for the development of novel bone regeneration strategies to enrich or
replace ABG. Among these, osteoinductive devices are under investigation for clinical use
in PLF and healing of large segmental long bone defects.

In the last few decades, numerous preclinical studies using animal models have
been conducted to test novel bone bridging or fusion strategies [8,9]. The principles of
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the rational use of animal models in the evaluation of novel bone regenerative therapies
have been previously described [8]. Hence, we further investigated the use of animal
models in the development of osteoinductive therapies of large segmental bone defects
and PLF procedures, in particular the selection of a proper anatomical model, treatment
dose, observation period, and sample size. We specifically analyzed published in vivo
studies looking into the development of bone morphogenetic protein (BMP)-based bone
inducing implants.

2. Bone Regeneration by Bone Morphogenetic Protein Devices

BMPs are well-known osteoinductive molecules, required and sufficient for ectopic
bone induction, and powerful agents for the restoration of large orthotopic bone defects [10].
BMP2 is the most widely used osteoinductive BMP in preclinical testing, and it is a part of
an osteoinductive device (Infuse™, Medtronic, Dublin, Ireland), currently approved for
anterior lumbar interbody fusion (ALIF), acute tibial fractures, and maxillofacial recon-
structions [11–15]. However, BMPs have been used off- label in various spinal indications,
including cervical spine fusion, posterior lumbar interbody fusion (PLIF), transforaminal
lumbar interbody fusion (TLIF), posterolateral spinal fusion (PLF), and thoracolumbar
fusions [16,17]. Reported side effects in patients included implant displacement, infec-
tion, swelling of the adjacent tissue and dysphagia, formations of seroma, radiculitis
and nerve root compression, ectopic bone formation, osteolysis, and retrograde ejacula-
tion [11,12,16–21]. These side effects eventually resulted from the use of supraphysiological
doses as registered BMP2-based devices contain 4–12 mg recombinant protein, while the
human body contains only a total of 2 mg of BMPs [22].

Other commonly used osteoinductive BMPs are BMP7, which is no longer in clinical
use, and more recently, BMP6 [23]. We demonstrated that BMP6 appears to be superior
to BMP2 and BMP7 in promoting osteoblast differentiation in vitro and inducing bone
formation in vivo [23,24]. The superiority of BMP6 may arise from its resistance to noggin
inhibition and affinity across the BMP type I receptors. Therefore, BMP6-based devices are
expected to be more efficacious at lower doses compared to BMP2 and BMP7.

BMPs require a carrier/delivery system that will sustain the BMP concentration
and allow prolonged BMP release [25–28]. Moreover, the ideal BMP carrier should be
biocompatible, enable vascular and cellular infiltration, resist compression, and define
the contours of the resulting bone [25,26,29]. BMP carriers can be divided into four major
groups: natural polymers, synthetic polymers, inorganic materials, and combinations
between these groups [25,26,30].

Natural polymers include collagen, hyaluronic acid, gelatin, fibrin, chitosan, alginate,
and silk and have been extensively evaluated in preclinical studies [6,31–38]. The advan-
tages of natural polymers are biocompatibility, biodegradability, and resorbability in the
physiological environment [25–27]. The most commonly used is bovine tendon collagen
which delivers BMP2 in the clinically approved Infuse™ device. However, collagen has
significant disadvantages, including a low affinity for BMPs, immunogenicity due to its
animal origin, and weak biomechanical properties resulting in compression by surrounding
tissues [25–27].

Biocompatible and biodegradable synthetic polymers, such as polylactic acid (PLA),
polyglycolic acid (PGA), poly(D, L-lactide-co-glycolide) (PLGA), polyethylene glycol (PEG),
poly-E-caprolactone (PCL), and polypropylene fumarate (PPF), as well as their block poly-
mers have been evaluated as potential BMP carriers to overcome the disadvantages of
natural polymers, including immunogenicity and disease transmission risk [39–42]. They
are also moldable into highly porous three-dimensional scaffolds, linearly oriented scaf-
folds, fibers, sheets, blocks, or microspheres [26]. Apart from these advantages, synthetic
polymers decrease local pH as a result of acidic breakdown byproducts, have poor clearance,
cause bulk degradation, and cause chronic inflammation associated with high-molecular
weight polymers, resulting in substantial disadvantages [26]. They have also been tested
with other potentially osteogenic molecules, such as PGE2 and PGE4 prostaglandin recep-
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tor analogs [43], and materials such as calcium silicate (CaSi) and dicalcium phosphate
dihydrate (DCPD) [44–47].

Inorganic materials as potential BMP carriers include calcium phosphate (CaP) ceram-
ics, calcium phosphate and calcium sulfate cement, and bioglass [2,5,29,32,38,42,48–72].
The most commonly used inorganic preclinical materials are CaP ceramics, further sub-
divided into hydroxyapatite (HA), tricalcium phosphate (TCP), and biphasic calcium
phosphate (BCP) containing both HA and TCP at various ratios. We have recently shown
that the chemical composition of ceramics does not affect the amount of newly formed bone
induced by the osteoinductive device [73,74]. However, HA and TCP significantly differ in
resorbability (HA is very stable, while TCP is more resorbable), which would eventually
result in different residual ceramic volumes. The resorbability might be adjusted by vary-
ing HA/TCP ratios in BCP ceramics [75]. Moreover, CaP ceramics might be formulated
into particles or blocks in a broad range of sizes and geometrical shapes while porosity,
pore size, and interconnectivity are adjusted during the sintering process [73,75,76]. We
demonstrated that particle size affects the volume of newly formed bone; smaller particles
(74–420 µm) combined with rhBMP6 resulted in higher bone volume than larger particles
(1000–4000 µm) [73]. Another important determinant of ceramics is the pore size since
pores from 300 to 400 µm promoted the formation of the largest bone volume [51].

The fourth group of BMP carriers are composites of the aforementioned materials
which have been introduced to overcome the encountered limitations of a single compo-
nent. The most typical combinations are composites containing either natural or synthetic
polymers with CaP ceramics [39,77–85]. In these combinations, ceramics increase the
biomechanical properties of the implants and are used to address compressibility issues.
Less frequent, natural, and synthetic polymers might be combined.

We have recently developed an autologous bone graft substitute (ABGS) comprised of
BMP6 delivered within an autologous blood coagulum to which a compression-resistant
matrix, such as allograft or synthetic ceramics, can be added [22,73,74,76,86–92]. Moreover,
the volume of newly induced bone increased with the elevation of the CRM amount, which
might be attributed to the enlargement in an overall surface area [73].

3. Animal Models

Animal models are routinely used in the development of novel bone regenerative ther-
apies [8]. Models might be categorized according to the species (mouse, rat, rabbit, sheep,
non-human primate) and tested indication (ectopic model, critical-size defect, PLF). In this
review, we suggested classification based on the stage of preclinical development, namely
as initial, intermediate, and advanced testing of osteoinductive devices (Figure 1). Initial
testing includes rodent ectopic and rodent critical-size defect models for rapid comparison
of different osteoinductive responses. Intermediate evaluation includes adequate rabbit
models (segmental defect and PLF model), while advanced testing uses canine, sheep, and
non-human primates as a final step before clinical trials.

3.1. Initial Evaluation in Rodents

3.1.1. Ectopic Models

Rodent ectopic models have been extensively used for the initial evaluation of novel
osteoinductive therapies. They might be also used for investigating the biology of ectopic
bone induction and the formation of a bone organ or ossicle, including bone and bone
marrow [31,32,39,48–57,71,73,76,86,87,93–105]. Rodent ectopic models (Tables 1 and 2)
are further subdivided according to the species (mouse, rat) and the implantation site
(subcutaneous or intramuscular). Implantation under the skin (Figure 2A–D) or into the
muscle does not affect the bone formation outcome, and the bone formation occurs in the
first two weeks following implantation of an osteoinductive device [76,86,87]. The later time
points are needed for the evaluation of the bone longevity and maintenance of the ectopic
bone structure. Molecular and cellular events during the cascade of bone formation can
be evaluated using microCT/nanoCT and histological analyses. Immunohistochemistry,
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flow cytometry, gene profile microarrays, and single-cell RNA sequencing are among other
analytical techniques used for unraveling the mechanism of ectopic bone formation.

 

Figure 1. Classification of animal models from mouse to NHP based on the stage of preclinical development, namely
as initial, intermediate, and advanced evaluation of osteoinductive devices. E—ectopic, SD—segmental defect, PLF—
posterolateral spinal fusion models, and L—level of lumbar transverse processes.
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Table 1. Mouse ectopic and bone defect models.

Mouse Ectopic Model

Author (Year) Carrier BMP Dose (µg) Time (Weeks or Days)
Sample Size

(n)

Kato et al. (2006)
PLA-DX-PEG,

PLA-DX-PEG/TCP,
TCP

2 and 5 3 and 6 weeks 6

Roldan et al. (2010) BCP 12 weeks 8

Liang et al. (2014) TCP 50 3, 7, 14, 21, and 28 days 5

Bolander et al. (2016) CaP granules/Collagen 1.06 and 1.77 5 weeks 4

Ji et al. (2018) CaP-based materials 0.81, 3.24, and 5.67 2 and 5 weeks 3

Hashimoto et al. (2020) Collagen 2.5 7, 10, 14, and 21 days
Mouse Calvarial Defect Model

Author (Year)
Calvarial Defect

Size (mm)
Carrier BMP Dose (µg) Time (Weeks)

Sample Size
(n)

La et al. (2012) 4 TCP,
Heparin—conjugated fibrin 0.3 8 10

Yang et al. (2012) 4 Collagen,
Apatite—coated collagen 0.5, 0.75, 1, 2, and 3 8 6

Fan et al. (2015) 3 PLGA/Apatite layer 0.3, 0.6, and 1 6 8, 12

Gronowitz et al.
(2017) 3.5 Collagen/HA 2 3 4

Herberg et al.
(2017) 5 Acellular dermis 0.542 4 10

Huang et al.
(2017) 3.5 PLA 50 2, 4, 6, and 8 16

Seo et al. (2017) 5
Poly(phosphazene) hydrogels

Poly(phosphazene)
hydrogels/BCP

5 and 10 8 3

Terauchi et al.
(2017) 3.5 Sulphopropyl ether—modified

polyrotaxanes/Collagen 0.1 4 5, 6

Maisani et al.
(2018) 3.5 Hydrogel 1 8 6

Reyes et al.
(2018) 4 PLGA 0.1, 0.3, and 0.6 4 and 8 4

Mouse Femoral Defect Model

Author (Year)
Femoral Defect

Size (mm)
Carrier BMP Dose (µg) Time (Weeks)

Sample Size
(n)

Alaee et al.
(2014) 2 Collagen 5 4 days, 1, 2, 3, 4, and 8 6

Bougrouli et al.
(2016) 2 Collagen 5 1, 2, 4, and 8 6

Zwingenbergen
et al. (2016) 3 Heparin/functionalized

mineralized collagen matrix 2.5 and 15 6 11
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Table 2. Rat ectopic and bone defect models.

Rat Ectopic Model

Author (Year) Carrier BMP Dose (µg) Time (Weeks)
Sample Size

(n)

Kuboki et al. (1998) HA 1, 2, 3, and 4

Tsuruga et al. (1998) HA 4 1, 2, 3, and 4 3

Alam et al. (2000) TCP, HA, BCP 1.5 and 10 2 and 4 3

Vehof et al. (2002) HA 8 3, 5, 7, and 9 3

Kim Chang-Sung et al.
(2004) TCP, Collagen 5 2 and 8 10

Tazaki et al. (2006) HA 0.5, 1, and 5 3

Tazaki et al. (2008) HA, TCP 0.5, 1, and 5 3 3

Luca et al. (2010) Chitosan/Hyaluronan hydrogel 150 3 3, 6

Reves et al. (2011) Chitosan-nano-HA 36 4 6

Park et al. (2011) BCP 2.5 2 and 8 5–8

Bhakta et al. (2012) Hyaluronan-based hydrogel 5 8 6

Strobel et al. (2012) BCP 1.6 2, 4, and 6 6

Kisiel et al. (2013) Hyaluronan hydrogel/Fibronectin
fragments 4 7 6

Ma et al. (2014) BCP 20 8 6

Mumcuoglu et al. (2018) Collagen-based microspheres/Alginate 0.3, 1, and 10 10 8

Lin et al. (2019) Coralline HA 20 5 6
Rat Calvarial Defect Model

Author (Year) Carrier BMP Dose (µg)
Time

(Weeks)
Sample Size

(n)

Jung et al. (2006) TCP 2.5 2 and 8 20

Kim et al. (2011) BCP 50 and 250 2 and 8 20

Park et al. (2011) BCP 2.5 2 and 8 5–8

Notodihardjo et al. (2011) HA 10 4 5

Jang et al. (2012) BCP 2.5, 5, 10, and 20 2 and 8 8

Lee JH et al. (2013) TCP, HA, BCP 5 4 and 8 13

Bae et al. (2017) PCL/TCP 5 4 7
Rat Femoral Defect Model

Author (Year) Carrier BMP Dose (µg) Time (Weeks)
Sample Size

(n)

Chu et al. (2006) Poly(propylene fumarate)/TCP/DCP 10 6 and 15 4, 7

Johnson et al. (2011)
Collagen,

Collagen/Heparin,
Heparin

3 12 7, 9

Diab et al. (2011) PCL/Silk fibroin hydrogel 5 12 10

Lee et al. (2012) BCP 1000 4 and 8 6

Rodriguez-Evora et al.
(2013)

Segmented polyurethane/PLGA/ TCP
ceramics 1.6 and 6.5 12 9

Wai-Ching et al. (2014) Bioactive glass/DCP 10 15 8, 9

Williams et al. (2015) Collagen 25, 50, 75 and 100 8 8, 11

Krishnan et al. (2015) Nanofiber mesh alginate 5 µg 12 14
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Figure 2. Histological sections and gross anatomy of newly formed bone induced by rhBMP6 in a rat subcutaneous
assay (A–D); rabbit (E,F) and sheep (G,H) posterolateral spinal fusion model. (A,B) On day 7 following implantation,
endochondral bone formation occurs at the peripheral site of ABGS, while 14 days (C,D) after implantation, newly formed
bone is present throughout the implant containing rhBMP6 lyophilized on allograft mixed with ABC. Gross anatomy of
newly formed bone between transverse processes in rabbit (E) and sheep (G) PLF model. Histological sections through
fusion mass in rabbit (F) and sheep (H) PLF model. Histological sections were processed undecalcified and stained by Von
Kossa (A,B), Goldner (C,D,F), and hematoxylin and eosin (H). (Modified from [74,88], respectively.)

Murine models are initially used to unravel the potential mechanism of action of vari-
ous signaling pathways and genes or proteins in bone induction or enhancement. However,
due to limited translation of mouse to human bone regeneration and disease outcome, the
rat is therefore a more suitable model when testing functional outcomes [106–108].

3.1.2. Bone Defect Models

Mouse or rat bone defects are the initial orthotopic models to evaluate the osteoin-
ductive properties of novel therapies and the osseointegration of newly formed bone with
adjacent native bone. There are two main bone defect models in rodents: a calvarial critical-
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size defect and segmental femoral defect. In the calvarial critical-size defect, circular bone
defects are created in the mouse (3–5 mm) [109–118] and rat (4–8 mm) [29,55,58–60,66,77]
calvaria (Figure 3A; Tables 1 and 2), while segmental defects of the long bone are typically
created in the femur, both in mice (2–3 mm) [119–121] and rats (6–10 mm) [5,33–35,67,78,79]
(Figure 3B; Tables 1 and 2) and filled with tested osteoinductive material. The develop-
ment of a reproducible non-union model in the mouse is demanding, and, in contrast
to rat non-union models, mouse non-union models are sparse [122]. The main short-
coming of this model is a relatively small defect size compared to clinically relevant
proportions. Moreover, it is difficult to obtain a full stabilization of the fracture, there-
fore resulting in increased callus formation. Methods of evaluation include analyses of
radiological images (CT/microCT), histological and histomorphometric analyses, and
biomechanical testing, which might be conducted at the end of the observation period
(Figure 4) [5,29,33–35,55,58–60,66,67,77–79,109–121,123].

Figure 3. First row: segmental defect (SD) models performed on various bones depending on the species; (A) calvarial,
(B) femoral, (C) ulnar (or radial), and (D) tibial defect. Second row: posterolateral lumbar fusion (PLF) is conducted
between adjacent transverse processes; the figure shows differences in the anatomy of rabbit (E), sheep (F), and human
(G) lumbar spine.
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Figure 4. BMP doses (µg), observation period (weeks), and sample size (n) used in the initial
phase —rodent models. Data is presented through box and whisker plots in which dots represent
all individual values from studies listed in Tables 1 and 2. E—ectopic model, C—calvarial, and
F—femoral defect.

3.2. Intermediate Evaluation in Rabbits

3.2.1. Segmental Defect Model

Potential therapeutical solutions for segmental bone defect restoration have been
extensively evaluated in rabbits [36,41,42,61,68–70,80–84,87,124–126] (Table 3), and a defect
can be created in the femur, radius, or ulna (Figure 3B,C). Regardless of the chosen anatom-
ical site, the typical defect size is 15–20 mm. In published work, the defect was bridged
with a broad range of delivery systems containing up to 150 µg of BMPs. The observation
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period was typically 6–12 weeks. Few studies evaluated bone formation at earlier time
points (2 and 4 weeks) or for a prolonged period (24 weeks) (Figure 5, 1st column).

 

Figure 5. BMP doses (µg), observation period (weeks), and sample size (n) used in the intermediate and advanced
phases, which include rabbit, dog, sheep, and non-human primate models. Data are presented through box and whisker
plots in which dots represent all individual values from studies listed in Tables 3–6. SEG—segmental defect models;
PLF—posterolateral spinal fusion model.
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Table 3. Rabbit segmental defect model.

Rabbit Segmental Defect Model

Author (Year) Model Carrier
BMP Dose

(µg)
Time (Weeks)

Sample
Size (n)

Yoneda et al. (2004) Femur (1.5 cm) PLA-DX-PEG/TCP 50 24 5

Yamamoto et al. (2006) Ulna (2 cm) Gelatin hydrogel 17 6 3

Liu et al. (2009) Radius (1.5 cm) Gelatin/nanoHA/Fibrin 100 4, 8, and 12 5

Luca et al. (2010) Radius (1.5 cm) Chitosan hydrogel/TCP 150 8 1 (pilot)

Zhu et al. (2010) Radius nanoHA 4, 8, and 12 10

Bae et al. (2011) Ulna (1.5 cm) PCL/fibrin 75 8 5

Fujita et al. (2011) Ulna (2 cm) Gelatin/TCP 17 4 and 8 6, 10

Sun-Woong et al.
(2012) Ulna (2 cm) PCL 15 12 6

Hou et al. (2012) Radius (1.5 cm) Collagen,
Collagen/Chitosan 50 2, 4, 8, and 12 3, 5

Choi et al. (2014) Radius (2 cm) Collagen,
Fibrin glue 50 6 and 12 4

Wu et al. (2014) Radius (1.5 cm)
CaP cement,

Hydroxypropylmethyl
cellulose/CaP cement

50 2, 4, 8, and 12 5

Yamamoto et al. (2015) Ulna (2 cm) Gelatin/TCP 17 6 6

Peng et al. (2016) Femur (1 cm) PEG-PLGA hydrogel 5, 10, and
20 12 6

Pan et al. (2017) Femur (2 cm) Bioglass/TCP 20 4 and 8 5

Kuroiwa et al. (2018) Femur (2 cm) TCP 50 12 and 24 10

Grgurevic et al. (2019) Ulna (1.5 cm) Autologous blood coagulum 25, 50, and
100 23 5

Huang et al. (2021) Ulna (2 cm) TCP 20 8 5

Table 4. Rabbit PLF model.

Rabbit PLF Model

Author (Year) Carrier BMP Dose (µg) Time (Weeks) Sample Size (n)

Boden et al. (1995) DBM, Biocoral/ Collagen 100 and 300 5 14–16

Itoh et al. (1999) Collagen 10, 50, and 200 24 6

Louis-Ugbo et al. (2001) BCP,
Collagen/BCP 3000/mL 5 18

Jenis et al. (2002) Collagen - 3 and 12 8

Konishi et al. (2002) Autograft/HA 200 2, 4, and 6 2–7

Suh et al. (2002) Collagen/BCP,
BCP 860 5 14

Minamide et al. (2003)
TCP cement,

True bone ceramics,
Collagen

100 3 and 6 5–10

Namikawa et al. (2005) TCP/PLA-DX-PEG 7.5, 15, and 30 6 5
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Table 4. Cont.

Rabbit PLF Model

Author (Year) Carrier BMP Dose (µg) Time (Weeks) Sample Size (n)

Valdes et al. (2007) - 6 18

Dohzono et al. (2009) TCP 5, 15, 50, and 150 4 and 8 5–8

Lee JW et al. (2011)
Heparin—conjugated PLGA

nanospheres,
PLGA nanospheres

20 12 12

Lee JH et al. (2012) HA 10, 50, 200, and 500 3 and 6 14

Vukicevic et al. (2019)
Autologous blood coagulum,

Autologous blood
coagulum/Allograft

125, 250, 500, and 1000 14 4

Table 5. Dog and sheep segmental defect model.

Dog Segmental Defect Model

Author (Year) Model Carrier BMP Dose (µg)
Time

(Weeks)
Sample
Size (n)

Itoh (1998) Ulna (2 cm) PLGA/Gelatin 40, 160, and 640 16 4

Tuominen (2000) Ulna (2 cm) Coral - 16 and 36 3, 6

Hu (2003) Radius (2 cm) HA/Collagen/PLA - 24 6

Jones (2008) Ulna (2.5 cm) Collagen/Allograft,
Collagen/BCP ceramics 210, 430, and 650 12 6

Harada (2012) Ulna (2.5 cm) TCP 35, 140, 560, and
2240 12 3

Minier (2014) Ulna (2 cm) CaP/Hydrogel 330 20 5

Sheep Segmental Defect Model

Author (Year) Model Carrier BMP Dose (µg)
Time

(Weeks)
Sample
Size (n)

Den Boer et al. (2003) Tibia (3 cm) HA 2500 12 8

Pluhar et al. (2006) Tibia (5 cm) Carboxymethylcellulose/Bovine
collagen, Collagen 3500 16 10

Reichert et al. (2012) Tibia (3 cm) mPCL-TCP 3500 12 and 52 8

Cipitria et al. (2013) Tibia (3 cm) mPCL-TCP 1750 and 3500 12 8

Lammens et al. (2020) Tibia (3 and 4.5 cm) CaP ceramics 344, 1500, and 3800 16 4, 8, 13

Table 6. Sheep and non-humane primate PLF models.

Sheep PLF Model

Author (Year) Carrier BMP Dose (µg) Time (Weeks) Sample Size (n)

Pelletier et al. (2014) TCP 1050, 3500, and 10,500 12 12

Toth et al. (2016) Collagen/BCP,
Collagen-ceramic sponge 750 and 1500/cm3 24 12–24

Grgurevic et al. (2020)
Autologous blood coagulum,

Autologous blood
coagulum/Allograft

500 and 1500 27 6–10
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Table 6. Cont.

NHP PLF Model

Author (Year) Carrier BMP Dose (µg) Time (Weeks) Sample Size (n)

Boden et al. (1999) BCP 6000, 9000, and 12,000 24 4–12

Suh et al. (2002) Ceramic/Collagen 9000 24 4

Akamaru et al. (2003) Collagen/BCP
Collagen/Allograft 3000 24 6

3.2.2. Posterolateral Spinal Fusion (PLF) Model

Rabbit is the most commonly used species for the evaluation of the efficacy and safety
of promising therapeutical solutions for achieving PLF [5,6,37,38,40,62–64,74,85,86,127–129].
The transverse processes of lumbar vertebrae are exposed, and an osteoinductive device is
implanted bilaterally between adjacent transverse processes (L4-L5 or L5-L6) [127]. Trans-
verse processes should be decorticated before the implantation to promote osseointegration
of newly formed bone with native bone [86]. In the majority of previous studies, the
BMP dose was up to 1000 µg and was delivered on various carriers (Table 4). The spinal
fusion outcome was evaluated 6 weeks following surgery, and the majority of rabbit PLF
studies had an observation period of fewer than 10 weeks. Few studies had a prolonged
observation period (>10 weeks), but later time points might be important to determine
the survival and long-term maintenance of newly induced bone [6,86], which is clinically
relevant in patients undergoing PLF surgery (Figure 5, 1st column).

Methods of evaluation in rabbit segmental defect and PLF models are similar and
include segmental mobility testing, radiological methods (x-ray and CT/microCT), histo-
logical (Figure 2F), histomorphometric analyses, and biomechanical testing [5,6,37,38,40,62–
64,74,85,86,127–129].

3.3. Advanced Evaluation of Bone Regeneration Therapies

3.3.1. Dog and Sheep Segmental Defect Model

Dog and sheep segmental defect models are used for advanced evaluation of bone
regeneration therapies. In dogs, the defect (20–25 mm) is created in the radius or ulna
(Figure 3C) [130–135]. Applied doses of BMPs were in the range between 100 and 650 µg,
which is higher compared to the rabbit model. Moreover, the typical observation period
(12–24 weeks) was also prolonged compared to the rabbit model (Figure 5, 2nd and
3rd columns).

Tibial segmental bone defects in sheep (Figure 3D) were recently developed to eval-
uate novel bone regeneration therapies in conditions mimicking the size and biology of
segmental bone defects in the clinics [2,136–140]. Moreover, there are two subtypes of this
model: a fresh defect (FD) and biologically exhausted defect (BED), the latter mimicking
a patient with a non-union [2]. Following the creation of a large defect (30 or 45 mm) in
the sheep tibia in the FD model, a polymethyl-methacrylate spacer is inserted to induce
the formation of the Masquelet membrane. Six weeks following the creation of the defect,
an osteoinductive device was inserted after the removal of the spacer (FD model). In
the BED model, the defect is in the first instance left untreated leading to a non-union.
Subsequently, debridement of the non-union or fibrotic tissue ingrowth (BED model) is
performed, followed by implantation of a spacer for 6 weeks, and then, finally, after re-
moval of the spacer, an implant is inserted. BMP doses applied in this model ranged from
344 to 3800 µg, while the typical observation period was up to 16 weeks [2]. Although the
osteoinductive device containing BMP6 on a carrier achieved bridging in FD (30 mm), it
was found that larger, biologically exhausted defects appear to require a cell-based implant
together with BMP to achieve proper clinically relevant bridging (Table 5) [2]. Importantly,
defects were mechanically well stabilized with a circular external fixator according to the
Ilizarov technique.
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3.3.2. Sheep PLF Model

The sheep PLF model is highly translatable to clinics because the size of the lumbar
vertebrae of the sheep is comparable to humans. However, only a few preclinical studies
have been conducted on this model [3,65,88] (Table 6). Sheep PLF may be conducted at
a single level or as a multisegmental procedure. Moreover, it may be performed with or
without instrumentation [88]. The observation period and applied BMP doses in this model
were typically significantly longer/higher than in studies on small animals: the follow-up
period was up to 6 months with a BMP amount up to 10 mg (Figure 5, 3rd column). Meth-
ods of evaluation included X-ray monitoring, microCT evaluation, histological analyses
(Figure 2H), and biomechanical testing [3,65,88].

3.3.3. Non-human Primate (NHP) PLF Model

Non-human primates are the most similar animal species to humans, both anatomically
and genetically. However, only a few studies were conducted using NHP PLF [14,63,141]
(Table 6), primarily due to ethical and economic reasons. In these studies, the goal was
to achieve a single-level fusion between adjacent lumbar transverse processes, which are
anatomically similar to humans. The applied BMP2 doses (3–12 mg), as well as observation
period (24 weeks), were comparable to the sheep PLF model (Figure 5, 4th column).

3.4. Anatomical Characteristics of the Species

3.4.1. Segmental Bone Defect

The general anatomy of long bones (Figure 3B–D) of species discussed in this review
is similar, and obviously, the greatest difference among them is size. Differences in the bone
size reflect the segmental defect created in each species. The length of the long bone seg-
mental defect in mice (3 mm) or rats (5–8 mm) is small and created in the femur, the largest
bone in rodents [5,33–35,67,78,79,119–121,123,142]. Long bones are significantly larger in
rabbits/dogs, and segmental defects (15–20 mm in rabbits and 20–25 mm in dogs) are
created in the femur, radius, or ulna [36,41,42,61,68–70,80–84,87,124–126,130–135]. Sheep
segmental bone defects are usually created in the tibia and, due to their size (30–45 mm),
are considered clinically relevant because the defect size compares to those in patients [2].

3.4.2. PLF

Posterolateral spinal fusion (PLF) in preclinical studies is conducted in the lumbar
portion of the spine. Although the basic anatomical features of lumbar vertebrae are similar
among species discussed in this review, they differ in size and proportions of the different
parts of the vertebrae. Rabbits (Figure 3E) and sheep (Figure 3F) have long transverse
processes compared to the size of the vertebral body, while humans (Figure 3G), as an
adaptation to erect posture and bipedal locomotion, have large bodies and short transverse
processes. Importantly, transverse processes in rabbits are slanted and oriented anteriorly
(Figure 2E or Figure 3E). On the other hand, the transverse processes in sheep (Figure 2G
or Figure 3F) and humans (Figure 3G) are horizontal. The distances between the transverse
processes are relatively short in rabbits (20–30 mm), while they are comparable in sheep
and humans (40–50 mm).

4. Appropriate Bone Morphogenetic Proteins Dosing

The selection of the appropriate dose for each indication is one of the most chal-
lenging steps in the design of experiments. In this review, we compared doses used
in various models in mice, rats, rabbits, sheep, and NHP. In the mouse and rat ectopic
models, BMP doses were typically up to 25 µg [31,32,39,48–57,71,73,76,86,87] (Figure 4,
1st column, 1st row) per implant, while they were increased in the rat bone defects
(up to 50 µg) [5,29,33–35,55,58–60,66,67,77–79,123] (Figure 4, 2nd column, 1st row). BMP
doses used in rabbits were up to 150 µg in segmental bone defects [36,41,42,61,68–70,80–
84,87,124–126,143] (Figure 5, 1st column, 1st row) and up to 300 µg in rabbit PLF proce-
dures [5,6,37,38,40,62–64,74,85,86,127–129] (Figure 5, 1st column, 1st row). Tested BMP
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doses in dogs were higher and were typically in the range between 100 and 650 µg [130–135]
(Figure 5, 2nd column, 1st row). Moreover, in the sheep and NHP models, BMP doses were
significantly higher: in the sheep, the doses were between 500 µg and up to 4 mg [3,65,88]
(Figure 5, 3rd column, 1st row), while in the NHP, the doses were up to 12 mg [14,63,141]
(Figure 5, 4th column, 1st row).

5. Duration of the Observation Period

The bone induction process is significantly faster in small animals compared to higher
species animals and humans. Therefore, observation periods were significantly shorter
in rodent ectopic and bone defect models than in studies on sheep and non-human
primates (Figures 4 and 5, 2nd row). The average observation period in mouse and
rat ectopic models was 3–4 weeks [31,32,39,48–57,71,73,76,86,87] (Figure 4, 1st and 2nd
columns, 2nd row). However, depending on the purpose of the study, observation pe-
riods in these studies might vary from a few days (studies on the mechanism of bone
induction) to several months (bone longevity). Typical observation periods in the rat
calvarial defect and femoral segmental defect models are slightly prolonged and last
5 and 10 weeks, respectively [5,29,33–35,55,58–60,66,77–79,123] (Figure 4, 2nd column, 2nd
row). The observation period in segmental defect studies was up to 12 weeks in rab-
bits. [36,41,42,61,68–70,80–84,87,124–126,130–135,143] (Figure 5, 1st column. 2nd row). On
the other hand, spinal fusion outcome in the rabbit PLF model was typically evaluated after
6 weeks [5,6,37,38,40,62–64,74,85,86,127–129] (Figure 5, 1st column, 2nd row). However, to
study longevity or resorbability of compression-resistant matrices, the follow-up period
might be prolonged. As expected, a longer observation period in dogs and sheep was up
to 12 months [3,65,88,130–135] (Figure 5, 2nd and 3rd columns, 2nd row), while in NHP
studies, it was 6 months [14,63,141] (Figure 5, 4th column, 2nd row).

6. Sample Size

Defining an appropriate sample size is a prerequisite for obtaining valid conclusions
from each study. Moreover, the appropriate size of the sample is affected by several
parameters, including experimental design and purpose of the study as well as expected
differences among experimental groups. The sample size in the majority of reviewed
studies here was 5–10 per group regardless of the animal species or model (Figures 4 and 5,
3rd row). Moreover, there is a consensus in published work that the minimal number of
animals per experimental group is four. However, a few animals might die during surgery
or follow-up periods due to reasons non-related to the tested osteoinductive therapy;
therefore, at least five animals per experimental group should be included.

7. Study Outcomes

In Tables 1–6, it was not possible to describe the study outcomes due to non-comparable
scoring grades for healing or spinal fusion experiments. The prerequisite in reporting the
outcome of bone defect and spinal fusion studies is a clearly described success rate as
the percentage of successfully rebridged defects or fused spine segments, respectively.
Moreover, the method (radiological images, mobility testing) used to determine rebridg-
ment/fusion should be clearly described. Surprisingly, in a large number of published
studies, the success rate was not explicitly described. Several authors used their own
scoring grades instead of standardized binary outcomes (successful or unsuccessful re-
bridgment/fusion). However, even when the binary outcome was used, the determination
of successful rebridgment/fusion differed among authors. For example, a few authors de-
termined success rate only on X-ray images without microCT, histology, and biomechanical
testing. We suggest that successful rebridgment/fusion should also be determined with
microCT, histological sectioning, and biomechanical testing.

The experimental outcome of osteoinductive therapies using rodent ectopic models
should be determined by microCT and histology. MicroCT analyses provide information
on newly formed bone volume expressed as bone volume (BV) or bone volume/tissue
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volume ratio (BV/TV). Additionally, if the tested osteoinductive device contains ceramics,
microCT analyses might be used to determine the amount of residual ceramic matrix.
Moreover, microCT analyses allow the determination of structural properties of newly
formed bone by calculating trabecular parameters (trabecular number, trabecular thickness,
trabecular separation). The structural properties of newly induced bone should also be
analysed by histology and histomorphometry to determine the volume of the bone and
remaining carrier/matrix.

8. Conclusions

Due to the large socioeconomic burden of degenerative diseases of the spine and
segmental defects of long bones, there is an imminent need for the development of novel
osteoinductive therapeutic solutions [1,22]. However, until now, none of the osteoinductive
devices have been approved for use in PLF and large segmental defects in patients. A
broad range of bone regeneration strategies have been proposed and tested in different
animal models. A vast majority of these studies have been conducted in rats and rabbits,
leading only to the initial and intermediate steps of preclinical testing, and despite claiming
positive results, only a few have been further tested in sheep and NHP models. Infuse™, a
BMP2-containing osteoinductive device, has been approved for use in ALIF and acute tibial
fractures but has also been used in various off-label indications. However, numerous side
effects related to high BMP dose and a large release from the bovine collagen as a carrier
have been reported. Therefore, there is a need for an osteoinductive device that would be
efficacious at lower doses of BMP delivered on a carrier with a prolonged BMP release.
There is some hope that novel engineered BMPs or innovative delivery systems for BMPs
may reduce the required therapeutic doses. A novel ABGS containing rhBMP6 within
autologous blood coagulum was evaluated in preclinical studies, and in exploratory clinical
trials (high tibial osteotomy, distal radial fracture, and posterolateral interbody fusion), it
was proven safe and efficacious at relatively low BMP6 doses [73,74,76,86–88,91,92].
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Abstract: The purpose of the current investigation was to evaluate the clinical success of horizontal
ridge augmentation in severely atrophic maxilla (Cawood and Howell class IV) using freeze-dried
custom made bone harvested from the tibial hemiplateau of cadaver donors, and to analyze
the marginal bone level gain prior to dental implant placement at nine months subsequent to bone
grafting and before prosthetic rehabilitation. A 52-year-old woman received custom made bone grafts.
The patient underwent CT scans two weeks prior and nine months after surgery for graft volume
and density analysis. The clinical and radiographic bone observations showed a very low rate of
resorption after bone graft and implant placement. The custom-made allograft material was a highly
effective modality for restoring the alveolar horizontal ridge, resulting in a reduction of the need
to obtain autogenous bone from a secondary site with predictable procedure. Further studies are
needed to investigate its behavior at longer time periods.

Keywords: geometry optimization of scaffolds; allograft; block bone grafts; custom made bone;
design techniques for scaffold; precision and translational medicine

1. Introduction

Implant-supported rehabilitation of the edentulous ridge requires adequate volume and integrity
of the alveolar bone [1].

Bone resorption in the maxillary ridge, due to trauma, pathology or tooth loss, frequently results
in a knife-edged deformity, which complicates implant placement and stabilization, particularly in
the posterior jaw [2–4]. Grafting with allograft bone has been documented to be a useful tool in
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reconstructing jaw anatomy, [5] restoring esthetics [6], and providing biomechanical support for
the placement of dental implants [7].

Clinically, the most suitable banked bone allografts are fresh-frozen (FFBAs), freeze-dried bone
allografts (FDBAs), and demineralized freeze-dried (DFDBAs) [8], although in oro-maxillofacial
surgical interventions FDBAs and DFDBAs are the most used.

Frozen bone is accessible for human receivers after at least 6 months of quarantine at −80 ◦C [9]
and no additional preparation is required. Moreover, the osteoinductive proteins are preserved [10].

Strict guidelines for tissue harvesting and storing at −80 ◦C make the risk of primary infections
and antigenicity reasonably low [11]. In addition, the reduction of water content in frozen bone by
the freeze-drying process further decreases potential microbial contaminations [12].

Frozen bone and relative freeze-dried/demineralized products are accessible as cancellous
granules/blocks, corticocancellous granules/blocks, and cortical granules or chips. Once defrosted,
frozen bone has handling qualities similar to fresh bone [8] while freeze-dried allografts have
the additional advantage of storage at room temperature.

Bone density can be measured with high reproducibility by means of Cone-Beam-Computed-Tomography
(CBCT) scans [13]. Further techniques, such as orthopantomography, do not assure fitting precision in density
determination [13].

The aim of the present translational study was to evaluate the clinical success of horizontal ridge
augmentation in severely atrophic maxilla (Cawood and Howell class IV) using custom made bone
harvested from the tibial hemiplateau of cadaver donors.

2. Materials and Methods

A 52-year-old woman presented compromised anterior maxillary ridges, who presented for
the placement of dental implants, was included in this pilot study. Written and verbal information
was given to the patient before enrollment, and written informed consent was obtained. The study
was conducted in full accordance with the World Medical Association Declaration of Helsinki on
experimentation involving human subjects, as revised in 2008.

Inclusion criteria was a horizontal severely atrophic maxilla (Cawood and Howell class IV),
needing a bone grafting procedure prior to implant placement. Exclusion criteria were established
according to Venet et al. (2017) [12]. Plaque index score was maintained≤25% throughout the study [14].

Graft Sample Blocks

The processing was performed on corticocancellous bone blocks obtained from a proximal tibial
epiphysis, in the anatomical region between the articular surface of the tibial plateau and tuberosity.

Human allogeneic bone blocks were collected from cadaveric donors, stored at −80 ◦C
and processed in the accredited public non-profit Musculoskeletal Tissue Bank of IRCCS Istituto
Ortopedico Rizzoli (Bologna, Italy), authorized by the Italian National Transplant Center for
the collection, processing, and distribution of human musculoskeletal tissue [15], and registered
in the European Tissue Establishment list (code IT000096). The choice of the block to be machined
involved considering dimensions slightly greater than the machining area defined with the graft design.

After thawing, each block was fixed with clamps on a special stainless-steel table in a GMP-Class
A (Good Manufacturing Practice) Clean Room environment. Then, the table was fixed inside the CNC
(Computer Numerical Control) milling machine (model Bright, Delta Macchine, Rieti, Italy). After tool
fixing, a 3 mm diameter ball mill, the execution of the machining trajectory was started and accurately
monitored by the operator.

At the end of the processing, the block was removed and finished, the supports were broken by hand
and sharp edges, and rough corners were hand-refined using sterile rasps. Then, grafts were cleaned
with organic solvents, washed with sterile water, and freeze-dried (VirTis Genesis 25, SP Scientific,
Warminster, PA, USA). Finally, grafts were individually wrapped in triple pack. Microbiological
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sampling was performed during the processing of grafts and after the lyophilization protocol in order
to exclude microbial contamination and declare tissues suitable for implantation.

According to the Guidelines of the Italian National Transplant Center, lyophilized bone grafts are
preserved at room temperature for a maximum of 5 years.

Graft Design

Digital Imaging and Communications in Medicine (DICOM) data of the maxilla (Figure 1)
were acquired by a Cone Beam Computerized Tomography (CBCT) scanner (Orthophos XG 3D Ceph,
Dentsply Sirona Italia Srl, Roma, Italy) and imported into the 3DSlicer software (www.slicer.org) [16–18].
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Figure 1. Cone-Beam-Computed-Tomography (CBCT) axial (a) and cross-sectional (b1,b2) images
before surgical procedure.

After setting a threshold for the automatic selection of the areas delimiting the cortical bone,
a manual analysis for each slice was performed to correct potential errors. Starting from the selected
areas, an automatic procedure generated the 3D model as a stereolithography (STL) file.

The graft design was performed by Rhinoceros ver. 4 (www.rhino3d.com) following these steps:
(a) placement of a parallelepiped in the position where the volume increase was required; (b) Boolean
subtraction between the parallelepiped and the STL model of the patient’s anatomy; (c) revision of
the model for the manufacture by a 3-axis milling machine to obtain a L-shape section. This procedure
was performed for each graft.

The design of the grafts has been repeatedly validated and subsequently corrected following
the surgeon’s indications, up to the final model (Figure 2).

Trajectory Planning and Graft Manufacturing

The planning of machining trajectories was performed using Rhinoceros by the Rhino-CAM 2
plug-in (MecSoft Corporation, Irvine, CA, USA). Each graft was positioned in the center of the machining
CAM area with the larger flat area facing down to keep the cortical portion of the tissue intact, in order to
enhance the graft resistance during processing and avoid breaking during implantation. Bone bridges
have been added to the CAD design to maintain fixation during processing and removed by hand at
the end of the graft manufacturing procedure. The working area was defined according to the design’s
dimensions and the diameter of the milling tool.

The tool-path trajectories have been programmed, subsequently simulated and modified to obtain
the best result (Figure 3). Then, the definitive trajectories have been exported as G-Code coding specific
for the milling machine used.
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Figure 3. Tool-path trajectory planning: (a) added bone bridges; (b) work area; (c) graft design;
(d) tool-path.

The machining operation was composed by two different phases: horizontal roughing and parallel
finishing. The tool used for each phase was the same, a fluted 3 mm ball mill with two teeth, hard metal
k10 material (tungsten carbide). In each phase rotational velocity of the tool was 5300 RPM and feed
rate was 200 mm/min, that corresponds to a feed per tooth of 19 µm and a tangential velocity of
50 m/min (0.833 m/s). Horizontal roughing was performed as a full immersion vertical milling,
with a machining depth of 3.5 mm, leaving a stock margin of 0.3 mm. Parallel finishing was a vertical
milling, with a machining depth depending on stock margins and parallel steps of 0.7 mm (Figure 3d)
leaving a variable stock margin between 0 mm and 0.15 mm (a sufficient dimensional accuracy for
oral implant surgery). This machining strategy, performed by few passages, reduced the machining
time and the bone heating during the process. Although temperature was not monitored during
the fabrication of these two custom grafts, our machining parameters, especially the small feed per
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tooth, allow a local temperature between 40 ◦C and 60 ◦C for cortical bone and lower values for
cancellous bone. According to Krause [19], these parameters do not cause the denaturation of proteins
and enzymes that occurs for temperature above 70 ◦C.

As reported by Van Isacker et al. [20], frozen bone can be handled and reshaped like normal bone
and is fully workable, but freeze-dried bone, unless rehydrated in saline, is brittle like ceramic, and is
not fully workable.

Thus, to execute a better processing procedure and to obtain a further reduction in temperature,
machining was performed on a frozen bone block. At the end of the machining operation, the custom
allograft was freeze-dried.

Surgical Procedure

Local anesthesia was obtained by infiltrating articaine (4% containing 1:100,000 adrenaline).
The exposure of the three-dimensional aspect of the bone defects was achieved through a full-thickness
crestal incision with two vertical releasing incisions (Figure 4a).
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Figure 4. The custom-made freeze-dried bone allograft (FDBA) was positioned in the deficit area
and stabilized with a screw. (a) Anatomical site prior surgical procedure and clinical view of the defect.
(b1,b2) Screw positioning on a custom-made FDBA. (c) Sutures.

The clinically sized, anatomically shaped, custom-made bone block was placed in position
strictly overlapping the underlying alveolar crest and fitted securely to the residual bone (Figure 4b1).
The recipient site was weakened with multiple micro-holes to enhance bleeding from the trabecular
bone [12,21,22]. Rigid fixation of the scaffold to the residual crest was obtained by means of a titanium
mini-screw (1.5 mm width, 8 mm length) (Tekka by Global-D, Lyon, France) (Figure 4b2) [12].

The grafted area was closed with a pulley suture for proper flap adaptation and to avoid any tissue
strangulation by an absorbable 4.0/5.0 suture material. Sutures were removed 14 days postoperatively
(Figure 4c) and no prosthetic device was admitted in the following 90 days, with particular care in
domiciliary oral hygiene procedures.

Preceding to the second phase, supplementary CBCT scans were performed to evaluate grafts
gain (Figure 5).

After a 9 month healing period, micro-screws were removed (Figure 6a,b), and 3.7 mm in
diameter for a 10 mm in length dental implants (iRES SAGL, Mendrisio, Switzerland) were placed,
and sutures performed (Figure 6c). No supplementary grafting procedure was required in the current
investigation [22].

Statistical Evaluation

The outcome values were analyzed using the t-test for paired samples for pre–post differences
with time as the factor and IBM Statistical Package for the Social Sciences (SPSS Inc. Version 21.0,
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Chicago, IL, USA) software to detect significant differences between pre-test and post-test scores
obtained from bone volume analysis and measurements of variation in ridge thickness from CBCT
images at 9 months after allograft insertion.
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3. Results

A patient presenting atrophic anterior maxillae was selected to participate in the study. The patient
received 2 custom-made allografts. The healing period was uneventful.

At the crestal level, the patient met the inclusion criteria of ridge width around 2 mm [22].
The titanium fixation mini-screws detached and bleeding from the bone graft were detected,
demonstrating revascularization of the site.
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Moreover, the regenerative surgical procedure went well. In fact, the custom-made allograft
scaffolds perfectly fitted in the bone anatomy and were therefore easily adapted to the bone defects
during surgery, secured by titanium mini-screws (Figures 4–6). This excellent matching of the size/shape
helped the surgeon to reduce the operation time [23]. Moreover, all implants were inserted with fitting
primary stability (Figure 6d).

Paired comparisons showed a significant mean increase in ridge thickness of 5.0 ± 0.55 mm from
the preoperative measurement to the postoperative measurement (p < 0.01).

The bone resorption that occurred during the incorporation period corresponds to 7.8%
(95% confidence interval (CI): (6.4%, 9.2%)) of the measured postoperative ridge thickness.

4. Discussion

Maxillary ridge augmentation relates to procedures designed to correct a thin alveolar ridge.
For dental implant placement, adequate bone volume is necessary, unfortunately, bone volume is not
always adequate, particularly in elderly patients.

Through the current improvements in planning and manufacturing software and hardware,
graft customization can be combined with the implant dentistry digital workflow with the potential
patients to become part of daily clinical practice [24].

The reduction of risk factors such as infections caused by contamination of surgical site,
or contamination of the graft during preoperative preparation, can be obtained with the manufacturing
of a custom sterile graft [23]. The correct design of a custom graft, with also a reduction of surgical
time, can be obtained with a proper planning of surgical procedure.

Nevertheless, the sterile manufacturing of bone in a GMP-Class A environment, without the need
of terminal sterilization via gamma radiation, guarantees the safety of graft in terms of sterility
and the quality of tissue in terms of biological properties [25,26].

Among bone replacement grafts, autograft is considered the gold standard [27]. However,
owing to the low level of patient acceptance of autografts, allografts (grafts from the same species)
have become the most popular bone grafts in oral surgery. Among allografts available for the periodontal
regeneration, freeze-dried bone allograft (FDBA) and the demineralized freeze-dried allograft (DFDBA)
are the allograft-forms most used [28].

Although FDBAs and DFDBAs were first used in periodontal therapy in early 1970s, to date
they continue to be the most requested allografts in clinical practice because of their osteoconductive
and osteoinductive properties, respectively [29]. Compared to autogenous bone, allografts feature
several advantages such as adequate availability and the elimination of additional donor site surgery
and morbidity [30]. Besides, the freeze-drying technique removes more than 95% of water content
from bone, allowing further storage of tissues at room temperature and reducing antigenicity [31].
In addition, the application of stringent tissue banking guidelines together with bone processing
and liophilization protocols performed in a GMP-Class A environment, minimize the risk of microbial
contaminations [32], and reduce the need for terminal sterilization by gamma rays and consequent loss
of mechanical strength of bone tissues [33]. As a matter of fact, although in freeze-dried bone tissues
most of the water content has been removed, ionization has a direct effect on the collagen fiber bundles
causing the breakage of protein chains and hence alters mechanical resistance [34].

Since only the demineralized bone matrix retains substantial amounts of endogenous
osteoinductive proteins such as bone morphogenetic proteins (BMPs), known to promote bone growth
and regeneration (i.e., BMP-2, BMP-4, BMP-7) [35,36], FDBAs are considered only as osteoconductive
allografts. However, their structure can serve as a scaffold and support for the host cells that can
migrate into the grafts and then differentiate into new osteogenic cells. In addition, in respect to
DFDBAs, the superior mechanical properties of FDBAs make these allografts more suitable for restoring
the alveolar horizontal ridge in athrophic maxillae.
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Hence, the findings of our study show, with a high success rate, that FDBAs represent a reliable
treatment option for extensive rehabilitation of atrophic maxillae, consistent with findings reported
with the use of autologous bone.

The success rate of the block grafts was very effective and comparable with those reported by
other authors [37–39]. Besides, the augmentation procedure permitted the insertion of implants in
the grafted area 9 months after surgery. The clinical and radiographic observations showed a very low
rate of bone resorption of the graft material, improving the ability to place endosseous implants.

A potential scaffold frontier for bone tissue engineering protocols seems to be the mesenchymal
stem cells seeded in nanocomposite materials with antibacterial properties, but further studies in
this direction are necessary prior to be consider it as a safe and useful tool for human implantation
purposes [40].

Our data showed that custom-made FDBA can be used as successful graft material for the treatment
of bone maxillary ridge defects. If adequate surgical techniques are adopted, this type of bone graft
can be safely used in regions of implant placement as a suitable alternative to autogenous grafts.
Furthermore, the personalized design of custom grafts and sterile machining in a GMP-Class A
environment, as described above, can be applied to different surgical specialties, such as orthopedics,
spinal surgery, and maxillofacial surgery.

5. Conclusions

This pilot study demonstrated the possibility of fabricating customized CAD/CAM grafts from
the tibial hemiplateau of cadaver donors. The grafts were digitally designed based on CBCT scans of
partially dentate patients using a set of 3D software, showing that grafts dimensions were correlated to
the defect type. The sterile manufacturing of grafts resulted in the correct reproduction of the designed
graft, leading to a correct matching with the bone surface of patient. Additional in vivo studies with
custom-made bone allografts are required for the validation of this digital workflow for maxillary
bone augmentation.
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Abstract: To assess the effects of chronic alcoholism on the repair of bone defects associated with
xenograft. Forty male rats were distributed in: control group (CG, n = 20) and experimental group
(EG, n = 20), which received 25% ethanol ad libitum after a period of adaptation. After 90 days of
liquid diet, the rats were submitted to 5.0-mm bilateral craniotomy on the parietal bones, subdividing
into groups: CCG (control group that received only water with liquid diet and the defect was filled
with blood clot), BCG (control group that received only water with liquid diet and the defect was
filled with biomaterial), CEG (alcoholic group that received only ethanol solution 25% v/v with liquid
diet and the defect was filled with blood clot), and BEG (alcoholic group that received only ethanol
solution 25% v/v with liquid diet and the defect was filled with biomaterial). In the analysis of body
mass, the drunk animals presented the lowest averages in relation to non-drunk animals during the
experimental period. Histomorphologically all groups presented bone formation restricted to the
defect margins at 60 days, with bone islets adjacent to the BCG biomaterial particles. CEG showed
significant difference compared to BEG only at 40 days (17.42 ± 2.78 vs. 9.59 ± 4.59, respectively).
In the birefringence analysis, in early periods all groups showed red-orange birefringence turning
greenish-yellow at the end of the experiment. The results provided that, regardless of clinical
condition, i.e., alcoholic or non-alcoholic, in the final period of the experiment, the process of bone
defect recomposition was similar with the use of xenograft or only clot.

Keywords: bone repair; biomaterial; alcoholism; alcohol
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1. Introduction

The concept of alcoholism peaked in the eighteenth century, shortly after the growing production
and marketing of distilled alcohol, resulting from the industrial revolution. Ethanol is a water-soluble
organic solvent with the ability to penetrate all compartments of the human body, and its systemic effects
produce changes in the central nervous system, muscular system, liver disease, chronic pancreatitis,
cardiovascular disease, lung disease, among others [1].

Ethanol impairs bone formation by inhibiting osteoblast proliferation. In addition, alcohol induces
oxidative stress and participates in the regulation of osteoclast differentiation, resulting in increased
signaling of RANKL-RANK, kB nuclear factor activating receptor ligand in bone cells, and increased
osteoclastogenesis [2].

In addition, ethanol changes the levels of cytokines responsible for regulating bone metabolism,
such as increased tumor necrosis factor alpha (TNF-alpha) and interleukin-6 (IL-6). These, in turn,
cause the suppression of osteoblast synthesis and consequently the deposition of osteoid matrix [3].

Stimulation of ethanol on osteocytes causes increased secretion of sclerostin protein, which binds to
cellular receptors in order to antagonize the action of BMP in the Wnt signaling cascade. The morphology
and osteocyte apoptosis number are also altered with alcohol consumption, which sends signs of
osteoclast recruitment, increasing bone resorption [4].

This change in bone remodeling may be expressed by bone loss and serum osteocalcin levels,
a marker of bone formation. Moreover, it compromises collagen gene expression, also non-collagenous
matrix proteins, and significantly reduces the levels of carboxy-terminal procollagen I propeptide [5].
These changes are also related to the duration and amount of alcohol exposure [6].

Alcohol consumption causes harmful effects on bone density [7] and is related to osteoporosis,
due to imbalance in bone repair [8], altering bone microarchitecture, decreasing trabecular and cortical
bone thickness, and consequently increasing the risk of fracture [9].

There are many scientific reports about xenografts in the bone repair process, whose results evidence
that it is a viable alternative to autologous grafts [10]. There is currently a social and commercial
incentive for alcohol consumption worldwide, which may lead to a larger number of patients using
ethyl derivatives in clinical practice. Given this context, associated with the lack of experimental studies
in the literature that relate alcoholism to biomaterial used in this innovative research and translational
projection, it was decided to analyze a low-cost bone substitute used in the areas of dentistry and
medicine with alcoholism.

Therefore, the aim of this study was to evaluate the effects of chronic alcoholism on the repair of
bone defects in rats filled or not with a bovine bone matrix.

2. Materials and Methods

2.1. Biomaterial—Bone Graft Substitutes

The Bonefill biomaterial (Bionnovation Biomedical A.B., Bauru, São Paulo, Brazil) evaluated in
this study is produced by decalcification of the cortical portion of bovine femur, totally denatured and
sterilized by 25 kGy gamma radiation. It is commercially available in average particle size between
0.6–1.5 mm in diameter and 0.5 gr package. This dental product is registered in Brazilian Ministry of
Health by The National Sanitary Surveillance Agency (ANVISA10392710012).

2.2. Experimental Design

Forty adult 60-day-old male Wistar rats (Rattus norvegicus) were used, weighing approximately
250 g. The animals were kept in conventional cages containing 4 animals/box. The macroenvironment
presented artificial timer-managed lighting, which controlled the 12/12-h light/dark cycle, with 220 lux
brightness, 55% humidity, exhaust fan and air conditioning, maintaining an average temperature of
22 ◦C. All animals had free access to standard rat chow (NuvilabTM, Nuvital, Colombo, Paraná, Brazil)
and their daily consumption was not measured (Table 1). All experimental procedures on the animals
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were conducted after approval by the Institutional Review Board on Animal Studies of Bauru School
of Dentistry, University of São Paulo (Protocol: CEEPA-023/2012).

Table 1. Nutritional composition of the chow used in the experiment for all animals. Ad libitum
feeding of chow.

Parameter Chow *

Humidity (%) 2.30
Brute protein (%) 21.96

Ether (fatty) extract (%) 4.61
Mineral residue (%) 8.36

Brute fiber (%) 4.04
Nitrogen-free extract (%) 48.73

Calcium (%) 1.32
Phosphorus (%) 0.82

Brute energy (Kcal/kg) 3913

* Nuvilab CR1. Nuvital, Colombo, Paraná, Brazil.

The animals were randomly separated into two large groups according to the type of liquid diet
(drinking water or ethanol): CG, n = 20 (control group - non-alcoholic), which received a standard
rat chow and water ad libitum; and EG, n = 20 (experimental group–alcoholic), which received
a standard rat chow and ethanol ad libitum. After the surgical procedure, the groups were subdivided
according to the type of treatment (clot or biomaterial) and the clinical condition (alcoholic or
non-alcoholic), as follows: CCG (control group that received only water with liquid diet and the defect
was filled with blood clot), BCG (control group that received only water with liquid diet and the defect
was filled with biomaterial), CEG (alcoholic group that received only ethanol solution 25% v/v with
liquid diet and the defect was filled with blood clot), and BEG (alcoholic group that received only
ethanol solution 25% v/v with liquid diet and the defect was filled with biomaterial) (Figure 1A1).
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Figure 1. (A) Experimental design. (A1) Random Allocation—Forty adult male Wistar rats, (Rattus

norvegicus), aged 60 days old, weighing around 250 g were divided into two broad groups: CG—Control
group (n = 20)—that received only water with liquid diet and EG—Experimental group (n = 20)—that
received ethanol solution 25% (v/v) with liquid diet after adaptation period. (A2) Ethanol Adaptation
and Dependence Induced—Animals were gradually drunk at progressive concentrations of ethanol
solution (8–16–25% v/v). After 21 days of alcohol adaptation, the animals remained at 25% (v/v)
until the surgical procedure for 90 days. (A3) Treatments—After surgical procedures—bilateral bone
defect model in the parietals, four subgroups were preformatted according to treatment (blood clot vs.
biomaterial) and clinical conditions (alcoholic vs. non-alcoholic): Animals that received only water
with liquid diet: CCG (right parietal bone defect was filled with blood clot) and BCG (left parietal bone
defect was filled with biomaterial); Animals that received ethanol solution 25% (v/v): CEG (left parietal
bone defect was filled with blood clot); BEG (right parietal bone defect was filled with biomaterial). B)
Experimental Periods—at 10, 20, 40 and 60 days the skulls of 5 animals/group were collected, totalizing
5 defects/period of each subgroup CCG, BCG, CEG and BEG. (C) Surgical Procedures–Bilateral Bone
Defect Model–(C1) 5-mm left parietal osteotomy; (C2) Two bone defects in parietal bones; (C3) One
defect filled with biomaterial and the contralateral only with blood clot; (C4) Periosteum suture with
nylon 5-0.

2.3. Ethanol Adaptation and Induced Dependence—Semi-Voluntary Ethanol Administration—Alcohol-Liquid
Diet

This study followed the determined chronic alcoholism model of “semi-voluntary”, where alcohol
was the only liquid food available. Animals in the experimental group (EG) were submitted to an alcohol
adaptation model, where the only available liquid source was ethanol ad libitum. In the first 7 days,
the animals received 8% (v/v) ethanol solution, in the second week 16% (v/v) and third week 25% (v/v).
After this period of gradual adaptation, the animals remained on the 25% (v/v) liquid ethanol diet for
further 90 days, when they underwent experimental surgery and remained on the same diet until the
corresponding euthanasia period. Animal health was monitored daily (Figure 1A2,B).
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2.4. Surgical Procedures

After 111 days of ethanol intake and induced dependence, all rats were weighed and subjected to
intramuscular general anesthesia with ketamine at a dose of 50 mg/kg i.m. (Dopalen™, Ceva, Paulinia,
São Paulo, Brazil) plus xylazine at the dose of 10 mg/kg i.m. (Anasedan™, Ceva, Paulinia, São Paulo,
Brazil), with strict monitoring of anesthesia mainly in alcoholic animals [11].

After frontoparietal trichotomy and antisepsis with 2% chlorhexidine, a cranio-caudal longitudinal
incision of approximately 20 mm in length was made for tissue exposure and divulsion. Circular
bilateral osteotomy was performed on the parietal bones with a 5 mm diameter trephine drill (Neodent,
Curitiba, Paraná, Brazil) at low speed (1500 rpm) under constant saline irrigation (Figure 1C1,C2).

The defect on the left parietal was filled with 14 mg of biomaterial (previously established in
a pilot study) and the right parietal was filled only with blood Clot (Figure 1A3,C3). The periosteum
was repositioned and sutured with VicrylTM polyglactin suture (Ethicon J&J, São Paulo, Brazil) 5-0 and
the integument with 4-0 silk suture (EthiconTM, J&J, São Paulo, Brazil) (Figure 1C4).

After the surgical procedure, the animals were placed under incandescent light for complete
anesthetic recovery and submitted to a single intramuscular injection of enrofloxacin 2.5 mg/kg
(Flotril™; Schering-Plough SA, Rio de Janeiro, Brazil) and intramuscular injections of 0.06 mg/kg
dipyrone (Analgex™; Agener União, São Paulo, Brazil) for 3 days.

2.5. Collection of Specimens and Histological Procedures

Five animals from each group were euthanized using the aforementioned anesthetic overdose
at the respective periods of 10, 20, 40 and 60 days (Figure 1B). The specimens were removed and
fixed in 10% buffered formalin for 48 h and then demineralized in EDTA, a solution containing 4.13%
Titriplex™ III (Merck KGaA, Darmstadt, Germany) and 0.44% sodium hydroxide, for a period of
approximately 40 days. Then, the specimens were subjected to standard histological procedures and
included in Histosec ™ (Merck KGaA, Darmstadt, Germany). Histological sections were obtained
with 5 µm thickness prioritizing the defect centers for hematoxylin and eosin, Masson’s trichrome and
picrosirius-red staining.

2.6. Body Mass Analysis

Body mass was determined by simple weighing on a Bel Mark 3500 precision scale (BELTM

Analytical Equipment Ltda, São Paulo, Brazil), with maximum capacity of 3500 g and minimum of
200 g with the aid of a Styrofoam box for animal containment. Measurements occurred on the day
of the surgical procedure (initial mass) and on the corresponding days of euthanasia (10, 20, 40, and
60 days).

2.7. Histomorphological and Histomorphometric Evaluation

The histologic sections were analyzed in the Histology Laboratory of Bauru School of Dentistry,
University of São Paulo (São Paulo, Brazil) by light microscopy (Olympus model BX50, Tokyo, Japan)
at approximate magnifications of ×4, ×10, ×40 and ×100. To establish a standard criteria for judgment,
there was a training session with an experienced pathologist.

For histomorphological description of the bone defect area, the central region (edge-to-edge
measurement) was considered with the aid of free-scale image capture system (DP Controller software
(3.2.1.276 version, Olympus, Tokyo, Japan) to analyze tissue formation granulation, inflammatory
infiltrate, formation of primary bone tissue and bone maturation.

A virtual overall image of the defect (Masson’s trichrome, ×10) was generated to quantify the
volume density (%) of newly formed bone tissue and biomaterial by AxioVision Rel. 4.8 Ink (Carl Zeiss
MicroImaging GmbH, Jena, Germany). For determination of volumetric density (%), the equation
Vvi = AAi = Ai/A × 100 was considered, considering Vvi (volume density), AAi (area density), Ai (area
filled with newly formed bone tissue or particle of biomaterial), A (total area examined) (Figure S1) [12].
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Images from picrosirius-red stained sections were captured using a higher resolution digital camera
Leica DFC 310FX (LeicaTM, Microsystems, Wetzlar, Germany) connected to a confocal laser microscope
Leica DM IRBE and capture system LAS 4.0.0 (LeicaTM, Microsystems, Heerbrugg, Switzerland).
The quality of newly formed bone in the defects was evaluated by the orientation pattern and width
of the collagen fibers detected by the birefringence of polarization colors ranging from red-orange
(primary disorganized bone tissue) to green-yellow (organized bone-lamellar bone tissue).

2.8. Statistical Evaluation of Data

Data on body mass, volume density (%) of newly formed bone tissue and biomaterial particle
were expressed as mean ± standard deviation of the mean (SEM). All tests were performed using
Statistica 10.0 software (StatSoft Inc., Tulsa, OK, USA) and the significance level was set at p < 0.05.
The independent “t” test was used to compare the initial body mass in alcoholic and non-alcoholic
groups, and the paired “t” test was applied to compare the initial and final body mass within the
same group. The percentage of bone formation and biomaterial in groups in different periods was
assessed by one-way ANOVA variance test (time) for independent samples, and Tukey’s post hoc
test, at a significance level of p < 0.05. To compare the percentage of bone formation in drunk vs.
non-alcoholic animals (CCG vs. CEG and BCG vs. BEG) in the different periods, the t-test was applied
for independent samples, and post hoc Tukey test, at a significance level of p < 0.05. To compare
the percentage of bone formation in animals of the same group for different treatments (CCG vs.
BCG and CEG vs. BEG), at different periods, the paired t-test and post hoc Tukey test were applied,
at a significance level of p < 0.05.

3. Results

3.1. Effects of Ethanol Administration on Behavioral and Clinical Profiles of Rats

Regarding the general clinical profile, all animals presented good physical condition throughout
the experiment, with no signs of morbidity and no mortality rate. There was no infection in either group,
nor in the surgical area. However, some animals in the experimental group-alcohol group showed
changes in their behavioral profile, especially regarding the parameters of agitation, aggressiveness
and exploratory activity.

In the evaluation of body mass, after the period of alcoholic induction (111 days), the animals
of the experimental group showed lower initial mass gain (day of surgery) compared to the control
group (343.82 ± 41.93 vs. 444.59 ± 45.20, weight in grams, respectively). At 20 days, the mean mass
of EG group showed no significant difference, but between 40–60 days there was a slight increase in
the means from 5.9% to 6.4%, relative to day 0. In non-alcoholic animals, CG, the increase between
20–60 days was 7.9% to 14.1%, relative to day 0 (Figure 2).

 

 

Figure 2. (A) Graphic representation of body mass (g) during ethanol adaptation-induced dependence
(111 days) and experimental periods of control (CG-water ad libitum) and experimental (EG-ethanol
solution ad libitum) groups. (B) Comparison between body masses of CG vs. EG showing the negative
effect of alcohol. Different letters p < 0.05 (independent t-test and paired t-test showed interaction
between group and period).
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3.2. Histological Evaluation

At 10 days, all experimental groups presented bone formation at the defect margins (Figure 3A–D).
In groups treated with blood clot, CCG and CEG, there was predominance of richly vascularized
granulation tissue filling the entire surgical area. However, BCG and BEG were shown to be reaction
tissue surrounding the biomaterial particles (Figure 4A,B and Figure 5).

 

 

Figure 3. Panoramic histological views in skull defects created in the animals (A–D). Non-alcoholic
(A,B) and alcoholic (C,D) treated with blood clot or biomaterial at different experimental periods, 10,
20, 40 and 60 days. (A,B) Non-alcoholic Groups: showed new bone formation (blue arrows) from
the defect border (b), with partial closure by fibrous connective tissue in GCC (black arrows) or by
particles of biomaterial surrounded by fibrous connective tissue in BCG (asterisk). (C,D) Alcoholic
groups: new bone formation was observed from the border and on the dura-mater surface, with bone
islets on the defect center in CEG and bone islets adjacent to the biomaterial particles in BEG. In both
groups, at 60 days, lamellar tissue transition to compact tissue was observed (Masson’s Trichrome;
original magnification ×4; bar = 2 mm).
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Figure 4. Details of evolution of bone healing of cranial defects created in the Non-Alcoholic (A)
and Alcoholic (B) animals treated with blood clot or biomaterial. (A1) CCG (Non-alcoholic Group;
defects filled with blood clot): at 10 days, defects showed trabecular bone formation (asterisk), with the
presence of osteoclastic cells (Oc) on the edge of the remaining bone tissue. 20–40 days, the new bone
formed showed bone maturation phase surrounded by blood capillaries (black arrow). At 60 days,
collagen fibers were arranged in a more regular manner (Cf). (A2) BCG (Non-alcoholic Group: defects
filled with biomaterial): at 10 days, defects showed tissue reaction (RT) surrounding the particles
of the biomaterial (B); artifacts in histologic sections (double arrow–gap between biomaterial and
tissue). Between 20–60 days, connective tissue (CT) presented scarce inflammatory cells with thin
and thick collagen fibers, which were parallelly arranged at the end of the experimental period. (B1)
CEG (Alcoholic Group; defects filled with blood clot): in the early periods, the defects presented
inflammatory cells, decreasing at 40 days. The bone tissue formed at 60 days was predominantly
compact and mature. (B2) BEG (Alcoholic Group; defects filled with biomaterial): 10–20 days, sections
showed discrete bone formation, and biomaterial particles permeated by reaction tissue. In the later
periods, collagen fibers were organized in parallel, and osteoblastic cells (Ob) forming a single cell
line adjacent to the matrix. Masson’s Trichrome; original magnification ×40; bar = 100 µm; and Insets,
magnified images ×100; bar = 50 µm.
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Figure 5. Histological details with HE staining of evolution of cranial defect bone healing created
in the Non-Alcoholic and Alcoholic animals treated with blood clot or biomaterial. At 10-20 days,
CCG and CEG showed the presence of richly vascularized connective tissue (CT) (black arrow) and
new bone tissue (asterisk) at the defect margin (b) with trabecular arrangement. All groups presented
inflammatory cells (inside the black lined area), more evident in BCG and BEG, permeating the particles
(B). At 40 days there was typical lamellar arrangement, interspersed with osteocytes (green arrow), and
in BCG and BEG inflammatory cells and multinucleated giant cells (blue arrow). At 60 days, bone tissue
was mature and compact in defects filled with blood clot, there was decreased inflammatory reaction in
BCG and BEG groups and regularly organized collagen fibers. Artifacts in histologic sections (double
arrow–gap between biomaterial and tissue). HE; original magnification x 40; bar = 100 µm.

At 20 days, in the CCG and CEG groups, immature trabecular bone formation was in the transition
phase of bone maturation, obtaining a denser lamellar arrangement at 40 days. In BCG, the reaction tissue
was in resolution phase, with sparse inflammatory infiltrate, unlike that observed in the alcohol-treated /
biomaterial-treated animals, BEG (Figure 4A,B and Figure 5).

At the end of the experimental period, at 60 days, all groups presented complete closure of the
surgical area by fibrous connective tissue and / or particles of biomaterial. In defects treated with
blood clot, in CCG and CEG, the new bone formation remained restricted to the defect margins and
over the dura mater with a more evident bone maturation pattern, but with smaller thickness than the
remaining bone. In the BCG and BEG groups, the particles were encased in evenly arranged, thicker
collagen fibers (Figure 3A–D, Figure 4A,B and Figure 5).

3.3. Histomorphometric Evaluation

In relation to biomaterial volume density (%) in the BCG and BEG groups, a tendency of decrease
between 10 (mean of 30.4%) to 60 days (mean of 18.98%) was observed (compare data in the Table 2).
However, no statistical differences between periods in each group (ANOVA, p > 0.2) or groups per
period (“t” test, p > 0.6) were observed.
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Table 2. Mean ± standard deviation of volume density of comparison of biomaterial in the different
experimental groups.

Group 10 Days 20 Days 40 Days 60 Days
One-Way
ANOVA

(p)

BCG 32.69 ± 11.71 a 21.60 ± 5.16 a 28.03 ± 10.64 a 18.43 ± 11.86 a 0.160
BEG 28.24 ± 11.60 a 22.93 ± 11.46 a 25.58 ± 4.00 a 19.54 ± 11.06 a 0.601

Unpaired
t-test

(p)
0.5875 0.8190 0.6426 0.8829

Same lowercase letters indicate that there was no statistically significant difference. Significant differences p < 0.05.

Regarding bone formation volume density (Table 3), a significant increase was observed only in
the defects created in alcoholic rats filled with blood clot, CEG group (p = 0.007), between 10 (mean of
6.67%) and 40 days (mean of 17.42%), as well as between 10 and 60 days (mean of 18.29%). In the same
animals, the contralateral defects filled with biomaterials, BEG group, the bone formation volume
density was 0.43 times smaller than CEG. Regardless of clinical condition (Table 4), no statistical
differences in the bone formation were observed between CCG vs. CEG (p > 0.1) and BCG vs. BEG
(p > 0.3).

Table 3. Mean ± standard deviation of volume density of new bone formation. Comparison among
periods within the same group was evaluated by one-way ANOVA (column, 10 vs. 20 vs. 40 vs.
60 days). Comparison between defects treated with biomaterial vs. clot per condition (non-alcoholic
and alcoholic) (line, CCG vs. BCG and CEG vs. BEG).

Period
(Days)

Volume Density of New Bone Formation (%)

Non-Alcoholic Rat (n = 5/Period) Alcoholic Rat (n = 5/Period)

CCG BCG
Paired

t-Test (p)
CEG BEG

Paired
t-Test (p)

10 5.30 ± 3.08 a 7.54 ± 6.56 a 0.326 6.67 ± 3,09 a 6.98 ± 5,97 a 0.852
20 8.41 ± 5.17 a 13.79 ± 11.14 a 0.370 12.33 ± 1,89 a,b 7.96 ± 4,40 a 0.156
40 15.50 ± 7.14 a 12.97 ± 7.07 a 0.610 17.42 ± 2,78 b 9.59 ± 4,59 a 0.018
60 14.51 ± 7.69 a 13.34 ± 12.45 a 0.865 18.29 ± 7,89 b,* 12.85 ± 7,94 a,* 0.122

One way
ANOVA

(p)
0.05 0.618 0.007 0.466

Different letters (a
,

b) indicate a statistically significant difference (p < 0.05), except for asterisks (*) that do not show
significant difference (CEG vs. BEG; p = 0.122).

Table 4. Mean ± standard deviation of volume density of new bone formation Comparison between
same treatment per animal condition (non-alcoholic and alcoholic). Unpaired t-test (line, CCG vs. CEG
and BCG vs. BEG).

Period
(Days)

Volume Density of New Bone Formation (%)

Clot Biomaterial

CCG (n =
5/Period)

CEG
(n =

5/Period)

Unpaired
t-Test (p)

BCG
(n = 5/Period)

BEG
(n =

5/Period)

Unpaired
t-Test (p)

10 5.30 ± 3.08 a 6.67 ± 3.09 a 0.528 7.54 ± 6.56 a 6.98 ± 5.97 a 0.899
20 8.41 ± 5.17 a 12.33 ± 1.89 a 0.151 13.79 ± 11.14 a 7.96 ± 4.40 a 0.307
40 15.50 ± 7.14 a 17.42 ± 2.78 a 0.591 12.97 ± 7.07 a 9.59 ± 4.59 a 0.678
60 14.51 ± 7.69 a 18.29 ± 7.89 a 0.464 13.34 ± 12.45 a 12.85 ± 7.94 a 0.942

Same lowercase letters indicate that there was no statistically significant difference. Significant differences p < 0.05.
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3.4. Influence of Clinical Condition (Alcoholic Versus non-Alcoholic) and/or Type of Treatment (Clot vs.
Biomaterial) on Collagen Content During the Bone Repair Process

Between 10–20 days, in the analysis of collagen matrix birefringence in polarized microscopy,
all groups showed predominance of red-orange birefringence in the defect margins related to immature
bone formation. In the BCG and BEG groups, the biomaterial presented red-orange birefringence
surrounded by thin and disorganized collagen fibers (Figure 6).

 

 

 

Figure 6. Photomicrographies of birefringent fibers stained with Picrosirius red under polarized
light at 10, 20, 40 and 60 days of repair. In the initial periods, non-alcoholic groups, CCG and BCG
showed red-orange collagen fibers becoming yellow-green at the end of the experiment. Alcoholic
groups demonstrated evidently disorganized bone collagenous matrix, with red-orange birefringence
around the grafted biomaterial (asterisk) and adjacent to the defect edges, CCG; BCG, at 60 days.
The xenogeneic graft (BCG; BEG) presented red-orange birefringence. Picrosirius red staining, original
magnification ×5. Scale bar = 50 µm.

In the final periods, 40–60 days, in non-alcoholic groups (CCG and BCG), the bone collagenous
matrix was more organized with green-yellow birefringence than the alcoholic animals (Figure 6).

4. Discussion

The growing increase in chronic alcohol consumption in the last decades has encouraged the
development of numerous researches in the medical and dental areas to alleviate the deleterious effects
of ethanol on bone loss due to osteoporotic conditions or with difficulty in consolidating extensive
bone defects [13,14].

However, there are still few studies in the scientific literature evaluating its impact on the repair
and osseointegration process of biomaterials. Thus, the results of this in vivo study showed that the
biomaterial served as a scaffold for bone cells, a biological event that can attenuate the harmful effects
of ethanol on the bone repair process.

Experimentally several bone defect sites are tested, but in rats the most commonly used is the
critical defect in calvaria. The experimental animal model used in this study involving 5-mm bilateral
craniotomies in the parietal bones has been used in scientific research because of its ability to produce
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paired analyzes in a standardized manner and allow the evaluation of bone substitute materials in the
reconstruction of critical size bone defects without involvement of the sagittal suture [15].

In addition, the bones of the calvaria and face have intramembranous ossification, a typical
location of dental defects [16]. It is also possible to take into consideration the constitution of the
biomaterial tested, being particulate and of medium size (0.6–1.5 mm), more commonly indicated in
smaller defects because, in large orthopedic defects, typical of long bones, it is preferable to the use of
block grafts.

Initial studies have graphically described a U-shaped curve relating ethanol consumption to
various chronic diseases, but the literature still remains controversial regarding bone tissue effects [17].
Thus, we adopted in this experiment the 25% (v/v) alcohol dosage, as we based on preliminary analyzes
by De Souza et al. [18], Buchaim et al. [19] and [20] who reported destructive effects on bone with the
use of 20% and 25% (v/v) ethanol without inducing animal death, contrary to the 5% dosage that had
a protective effect [21].

In addition, previous studies by our research group evaluated the plasma concentrations of
three ethanol dosages and their effects on bone repair, which showed that 25% alcoholization
had pharmacologically relevant plasma concentration (540 mg/dL) to cause alterations bones that
compromised the morphofunctional restoration of lost tissue [19].

In this study, we evaluated the effects of alcohol on body mass and new bone formation by
descriptive and histomorphometric analysis by Masson’s trichrome, and collagen fiber birefringence
analysis by picrosirius-red staining in order to observe the alignment of the bone collagen and fiber
structure at 10, 20, 40, and 60 days after injury.

The results of the body mass analysis showed lower averages in alcoholic than in non-alcoholic
animals during the whole experimental period [20]. According to the literature consulted, the extensive
use of alcohol can lead to dysfunctions in nutrient metabolism, causing changes such as decreased
digestion and absorption, as alcohol has an influence on the stomach [22] and intestines [23] that can
increase nutrient excretion, and consequently the risk of malnutrition [24,25]. Therefore, prolonged
alcohol consumption may result in the lower body mass gained in animal experiments compared to
non-alcoholic animals [26].

In the behavioral evaluation, some alcoholic rats initially presented aggressiveness and irritability,
which are associated with hyperexcitability of the central nervous system, triggered by physiological
dependence of alcohol [27,28].

All panoramic histological images of this experiment showed no integumentary invasion in the
surgical bed, and the formation of fibrous connective tissue observed on the defect center and/or
adjacent to the particles originated from the injured margins. Proper repositioning of the periosteum
acted as a mechanical barrier preventing the collapse of extracranial tissues and consequently the
migration of competing cells to osteoblasts [29,30].

Histomorphologically, defects filled with blood clot, CCG and CEG, presented the same pattern
of bone repair, forming new bone tissue at the defect margins and extending centripetally, but with
complete closure by fibrous connective tissue. This finding agrees with previous authors who suggest
that it is a critical bone defect when spontaneous bone regeneration does not occur during the
experimental period, requiring reconstruction of these defects by grafting [31].

In the initial periods, all experimental groups presented inflammatory infiltrate, a local defensive
process against tissue aggression [32,33]. Between 20–40 days, the newly formed bone tissue was in
transition from fine to compact trabeculae as observed by the study of Rocha et al. [34].

In the same period, BCG and BEG showed persistence of material implanted in the receptor
bed with some dispersed inflammatory cells, without formation of macrophage aggregates and
multinucleated giant cells, characteristic of chronic granuloma inflammatory process [35]. Thus, it is
believed that the biomaterial proved to be biocompatible, i.e., the organism recognized the particles as
part of its structure and not as an aggressor to its microenvironment [36,37].

220



Materials 2020, 13, 695

At 60 days, the new bone formation remained restricted to the defect margins in all groups, with
compact lamellar arrangement [38]. In BCG, bone islets adjacent to the particles were observed, which
is consistent with studies that reported to be characteristic of osteoconductive biomaterial by providing
a scaffold for osteoblastic cells, facilitating the deposition of new bone on its surface [39].

At the end of the experimental period, the inflammatory process present in the BCG and BEG
groups was in the resolution phase, being more evident in non-alcoholic animals (BCG). These
results lead to the perception of increase in serum levels of proinflammatory cytokines, derived
from ethanol-induced liver disorders, which may have contributed to the persistence of the reaction
tissue [40].

Histomorphometrically, in the analysis of the influence of time on bone formation, CEG showed
a gradual increase in averages up to 40 and 60 days with statistically significant difference (Table 3,
column). All other groups presented higher average in the final period of the experiment (60 days) in
relation to the initial period (10 days), but without significant difference. Previous investigations have
reported the physiological events that occur after the accommodation of biomaterial particles in the
surgical bed, which alters the microenvironment and consequently delays the new bone formation [41].

Regarding the percentage of biomaterial in the BCG and BEG groups (Table 2, line), there was
a decrease in final periods, but without significant difference. The delayed degradation of particles,
as evidenced by their presence at 60 days, even in non-alcoholic animals, may be related to the intrinsic
characteristics of the biomaterial [42]. This finding is corroborated by the study of Desterro et al. [43],
who stated that non-sintered bovine apatites (<1000 ◦C) with organic matrix have lower dissolution
rates, which directly impacts the biodegradation time.

Regarding the analysis of interference of the clinical condition, alcoholic and non-alcoholic,
for each treatment, there was no statistical difference in all experimental groups (Table 4). In animals
that used the biomaterial filling the bone defect, the results show that the formation of new bone
was similar between the groups (BCG and BEG), regardless of the clinical condition (alcoholic or
non-alcoholic), possibly for its osteoconductive property [39].

However, in comparing the percentage of bone formation according to treatment, clot or biomaterial
(Table 3), CEG showed significant difference compared to BEG at 40 days (17.42 ± 2.78 vs. 9.59 ± 4.59,
respectively). This fact may be correlated to the impact of ethanol on activities of the immune system,
leading to changes in the phagocytic activity of polymorphonuclear cells. Thus, the persistence of
particles may also have contributed to the delayed new formation in later periods compared to blood
clot filling [44].

In the histochemical analysis of collagen fibers by picrosirius-red, all experimental groups initially
presented red-orange birefringence, characteristic staining of formation of thin and disorganized
collagen fibers turning greenish-yellow over the periods [45].

The biomaterial particles showed birefringence close to the newly formed bone tissue, precluding
the measurement of specific fibers from bone repair. The study by Desterro [43] proved the presence
of residual organic material in the particles of this biomaterial by X-ray diffraction analysis (XRD
diffractogram of BonefillTM), justifying the markup in this analysis.

Based on the experimental model employed, it can be concluded that, regardless of the clinical
condition, alcoholic or non-alcoholic, in the final period of the experiment, the process of bone defect
recomposition was similar with the use of xenograft or only clot. The use of biomaterial can provide
a scaffold that guides bone growth, especially in larger defects.

For prospective research in the field of tissue engineering, it is suggested to associate with
biomaterials, plasma-derived biodegradable polymers such as PRP, PRF and fibrin sealants in order to
make graft material moldable in the surgical bed, facilitate insertion and agglutination, and prevent its
dispersal [46]. In addition, adjuvant and noninvasive methods are also recommended to accelerate
and improve the regeneration process such as hyperbaric chamber, pulsed ultrasound (LIPUS), and
laser photobiomodulation therapy [46–49].
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5. Limitations

Knowing that ethanol causes β-catenin signaling pathway dysregulation by increasing/decreasing
the activity or expression of its protein constituents, suggests that future studies employ molecular and
biochemical analyses in order to detail the effects of ethanol on filled bone defects with biomaterial.

Supplementary Materials: The following are available online at http://www.mdpi.com/1996-1944/13/3/695/s1,
Figure S1: Representative image of the methodology used to quantify the area of newly formed bone, graft
particles, by Axio Vision software.
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