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Abstract: Millions of patients suffer yearly from bone fractures and disorders such as osteoporosis or
cancer, which constitute the most common causes of severe long-term pain and physical disabilities.
The intrinsic capacity of bone to repair the damaged bone allows normal healing of most small bone
injuries. However, larger bone defects or more complex diseases require additional stimulation to
fully heal. In this context, the traditional routes to address bone disorders present several associated
drawbacks concerning their efficacy and cost-effectiveness. Thus, alternative therapies become
necessary to overcome these limitations. In recent decades, bone tissue engineering has emerged as a
promising interdisciplinary strategy to mimic environments specifically designed to facilitate bone
tissue regeneration. Approaches developed to date aim at three essential factors: osteoconductive
scaffolds, osteoinduction through growth factors, and cells with osteogenic capability. This review
addresses the biological basis of bone and its remodeling process, providing an overview of the
bone tissue engineering strategies developed to date and describing the mechanisms that underlie
cell–biomaterial interactions.

Keywords: bone tissue engineering; bone remodeling; bone disorders; biomechanics; scaffolds;
microenvironment; 3D bioprinting; computational modeling

1. Introduction

Bone is a dynamic connective tissue that plays a crucial role in locomotion, mechanical
support and protection of soft tissues, calcium and phosphate storage, and harboring of
bone marrow [1,2].

Bone presents the intrinsic capacity for modeling and remodeling in order to preserve
skeletal size, shape, and structural integrity [3]. Bone modeling involves the coordination
of bone formation and resorption, being related to bone growth and mechanical adaption.
Bone remodeling is responsible for removal and repair of damaged bone, necessary for
fracture healing, stimuli adaptation, and homeostasis [1,4]. The proper coupling of these
two processes allows normal healing of most small bone injuries [2]. However, larger
bone defects and diseases require additional stimulation to fully regenerate and heal.
In this context, millions of patients suffer yearly from bone fractures, mainly caused by
accidental fractures, aging-related disorders, and autoimmune diseases [5]. Indeed, due to
the growing prolonged life expectancy, there has been a rapid increase in musculoskeletal
pathologies such as scoliosis, osteoporosis, bone tumors, congenital defects, and rheumatic
diseases such as osteoarthritis [6].

The existing routes to address bone disorders include medical procedures, trans-
plantation, and medication [5]. Among them, gold standard grafting methods and drugs
present drawbacks concerning their efficacy and cost-effectiveness [4], and numerous side
effects and long-term consequences in the normal bone remodeling [7], respectively. Thus,
alternative therapies become necessary to overcome these limitations.

In this context, bone tissue engineering (BTE) emerged in recent decades as a promising
strategy for treatment of bone pathologies. BTE aims to combine engineering and biological
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properties to generate temporary artificial environments specifically designed to facilitate
bone tissue growth [8,9]. The principal strategies developed to date include bioactive
scaffolds, nanomedicine, cell-based combination products, and 3D printed bioceramics,
among others [10]. Overall, great efforts have been made towards tissue engineering
strategies that can meet three essential factors: osteoconductive scaffolds, osteoinduction
through growth factors, and cells with osteogenic capability [11].

Regulation of 3D scaffold properties allow the selective guidance of cell development
and differentiation in bone tissue. Moreover, computational modeling has emerged as an
excellent tool to predict and optimize the clinical potential in terms of cell proliferation
and differentiation, tissue growth, adaptation, and maintenance [12]. Thus, a proper
understanding of the molecular mechanisms involved in cell–biomaterial interactions will
allow one step forward in the achievement of functional advanced biomaterials for tissue
engineering (Figure 1).

Figure 1. Integration of biomaterials development, bone biology, and computational modeling
towards bone tissue engineering.

Herein, the basis of bone biology and the remodeling process are examined, providing
an overview of the BTE strategies developed to date and the biological phenomena that
underlie cell–biomaterial interactions. Moreover, computational modeling approaches for
BTE are examined as a potential tool to help design better biomimetic materials.

2. Bone Biology
2.1. Bone Composition

Bone is a dynamic tissue that plays multiple functions in the body, including me-
chanical (structural support, locomotion, and protection of vital structures), and metabolic
functions (mineral and acid–base homeostasis, calcium and phosphate storage, and harbor-
ing of bone marrow) [1,10,13]. Bone consists of a biomineral medium where four types of
living bone cells are embedded: osteoblasts, osteocytes, osteoclasts, and bone-lining cells,
which together constitute the basic multicellular unit (BMU) [1].

2.1.1. Osteoblasts

Osteoblasts are specialized bone-forming cells that exert an important role in bone
remodeling through the synthesis, deposition, and mineralization of the bone matrix [3,10].
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They create an extensive network of intercellular communication together with their progen-
itors, which play a functional role in beginning and directing new bone formation [13,14].
Moreover, numerous transmembrane proteins such as integrins, connexins, and cadherins
and specific receptors are responsible of anchorage regulation, which has a direct impact
on cellular function in their response to metabolic and mechanical stimuli [14].

Osteoblasts develop from mesenchymal cells (MSCs) in bone marrow and other
connective tissues. These cells can differentiate through different pathways, leading to
adipocytes, myocytes, chondrocytes, and osteoblasts, depending on regulatory transcrip-
tion factors [3,15]. Particularly, synthesis of bone morphogenetic proteins (BMPs) and Wnt
signaling pathways are crucial in regulating osteoblast differentiation and function [15,16].
When activated, they can follow different paths: remain quiescent osteoblasts or bone-lining
cells, become osteocytes, or return to the osteoprogenitor cell line [13].

2.1.2. Osteocytes

Osteocytes constitute 90–95% of total bone cells; they are terminally differentiated
osteoblasts embedded and immersed in the bone matrix [3,17]. They acquire dendritic
morphology [1,15], which results in an elaborate osteocyte network that extends through
the channels in the bone matrix, interacting with other osteocytes or osteoblasts from
the bone surface [15,16]. This network allows osteocyte vascular supply, intercellular
transport of small signaling molecules, and, in general, the communication among bone
cells. Moreover, through this interconnected system, osteocytes act as mechanosensory
cells, detecting mechanical strains and associated bone microdamage [3], thereby helping
coordinate adaptive skeletal changes in response to mechanical loading [1,18]. For this
reason, osteocytes are thought to initiate the bone remodeling process by a piezoelectric
effect, which involves the conversion of mechanical stimuli into biochemical signals [1,19].

2.1.3. Osteoclasts

Osteoclasts are terminally differentiated myeloid cells that are located in shallow depres-
sions on bone surfaces called Howship’s lacunae [13]. Osteoclasts are highly migratory, multi-
nucleated, and polarized cells, which make them uniquely adapted to bone resorption [14].

A disruption in osteoclast formation and activity leads to bone disorders such as osteo-
porosis, where resorption exceeds formation and causes decreased bone density and increased
bone fractures. Furthermore, osteoclasts have been associated with several other functions,
including regulation of the hematopoietic stem cell niche through cytokine production [1].

2.1.4. Bone-Lining Cells

Bone-lining cells are quiescent osteoblasts that are found lining the bone surface, being
responsible for coupling bone resorption to bone formation. They anchor hematopoietic
stem cells and provide them with appropriate signals to keep them in an undifferentiated
state [1,20]. Thus, they play a crucial role in bone remodeling by gap junction communica-
tion with osteocytes in the bone matrix [10,20]. Specifically, these cells promote osteoclast
differentiation and prevent undesired bone resorption by hampering direct interaction
between osteoclasts and bone matrix [1]. Moreover, bone-lining cells prepare the bone
surface by cleaning unmineralized collagen fibrils using matrix metalloproteinases (MMPs)
and they deposit a smooth layer of collagen after remodeling [20].

2.1.5. Bone Matrix

Bone matrix constitutes a complex and organized framework that plays a crucial role
in mechanical strength and adhesive characteristics of the bone, consisting of an organic
(30%) and an inorganic component (70%) [10,13]. The organic segment is mainly composed
of collagenous proteins (90%) such as type I collagen, and 10% non-collagenous proteins
(i.e., osteocalcin, osteonectin, osteopontin, fibronectin, and bone sialoprotein II), BMPs,
and growth factors [1,10]. All these proteins have been shown to be crucial in relevant
processes such as bone osteogenesis, mineralization, and remodeling [13].
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The inorganic matrix consists predominantly of hexagonal hydroxyapatite (HA) crys-
tals (Ca10(PO4)6(OH)2), making up 99% of the body’s storage of calcium, 85% of the
phosphorous, and 40–60% of the magnesium and sodium [13]. In addition, ions such
as bicarbonate, potassium, citrate, carbonate, fluorite, zinc, barium, and strontium are
also present [1]. Biomineralization consist of deposition of HA crystals in the voids of
a non-collagen protein and collagen-based scaffold, and allows interaction of organic
and inorganic matrix [21]. Indeed, bone matrix proteins vary their concentration with
age, nutrition habits, disorders, and treatments, which may increase bone fracture risk
if disrupted [1].

2.2. Bone Remodeling Process

Bone remodeling constitutes a lifelong process that guarantees bone tissue integrity
and mineral homeostasis by a coupling mechanism consisting of old or damaged bone
removal (resorption) and new bone deposition (formation) [16,22].

The bone remodeling cycle comprises five different stages, depicted in Figure 2:
activation, resorption, reversal, formation, and termination, occurring over several weeks
(around 120 and 200 days in cortical and trabecular bone, respectively) [15,23].

2.2.1. Activation

The bone remodeling process begins when bone in a quiescent state detects an
initiating signal. This trigger can occur via different pathways, including mechanical
forces, microscopic bone damage, and systemic hormones such as parathyroid hormone
(PTH) [23,24]. The detection of the signal can result in osteocyte apoptosis [3,15], which
involves the release of osteoclastogenic factors such as colony-stimulating factor 1 (CSF-1)
and receptor activator of NF-κB ligand (RANKL) that favor osteoclast precursor recruitment
and activation [1].

The bone-lining cells separate from underlying bone, exposing the bone surface
and forming a canopy that can be resorbed. Thus, active BMU includes bone-resorbing
osteoclasts which cover the newly exposed bone surface, preparing it for the deposition of
replacement bone, and osteoblasts that secrete and deposit unmineralized bone osteoid [15].

2.2.2. Resorption

Osteoclasts attach to bone matrix through Arg-Gly-Asp (RGD) binding sites and
release enzymes and acids that help dissolve the mineral content of the organic matrix,
forming an isolated environment known as the “sealing zone” and a ruffled border that
provides an enhanced secretory surface area [10,16,23]. The remaining organic bone matrix
is subsequently degraded by cathepsin K and matrix metalloproteinases [15]. The resorp-
tion phase lasts approximately 2–4 weeks and is concluded by mononuclear cells after
osteoclasts undergo apoptosis [25], ensuring that excess resorption does not occur [23].

In addition, osteoblasts secrete cytokines and MMPs in order to degrade the un-
mineralized osteoid in bone surface and expose RGD adhesion sites to help osteoclast
attachment [3]. Osteoclast differentiation, expansion, and survival depend on many factors
and cytokines, such as CSF-1, RANKL, osteoprotegerin (OPG), interleukin (IL)-1, IL-6,
PTH, and calcitonin [13,15].

2.2.3. Reversal

Following the resorption phase, cells from an osteoblastic lineage, also called “reversal”
cells, prepare the bone surface by removing unmineralized collagen matrix. Furthermore,
they deposit a “cement line” of non-collagenous mineralized matrix to enhance osteoblastic
adhesion [23]. The reversal cells are responsible for sending and receiving coupling signals,
including bone matrix-derived factors such as transcription growth factor (TGF)-β, insulin-
like growth factor, and BMPs [25,26]. Moreover, osteocytes up-regulate osteoblasts by the
production of second messengers, such as nitric oxide and prostaglandins, which induce
bone formation [15,16].
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Osteoclasts are also thought to secrete cytokines such as IL-6 and to express a reg-
ulatory surface receptor called Ephrin receptor family [23]. Additionally, semaphorins
comprise a large family of glycoproteins that are expressed by osteoclasts, and they have
been proposed as inhibitors of bone formation during bone resorption [1]. The switch be-
tween resorption and formation has also been proposed to be triggered by a strain gradient
within the lacunae, which may provoke sequential activation of osteoclasts (reduced strain)
and osteoblasts (increased strain) [25]. Osteoclasts are then replaced by osteoblast-lineage
cells, promoting the initiation of bone formation [15].

2.2.4. Formation

Once early osteoblast progenitors have replaced osteoclasts in the resorption lacunae,
they differentiate and start new bone formation [3]. Osteoblasts first synthesize and
secrete a type 1 collagen-rich organic matrix, in order to fill in the cavities generated by
osteoclasts [15,23]. Secondly, osteoblasts regulate osteoid mineralization, which involves
the deposition of HA crystals amongst collagen fibrils. This process is mainly regulated
by calcium and phosphate concentrations within membrane-bound matrix vesicles, and
by local mineralization inhibitors such as pyrophosphate or proteoglycans [23,25]. Bone
formation lasts approximately 4 to 6 months, completed by the apoptosis of the rest of the
osteoblasts, which constitutes 50–70% of total osteoblasts [23].

2.2.5. Termination

When the amount of bone formed equals the resorbed bone, the remodeling cycle
terminates [15]. Osteocytes produce TGF-β and sclerostin, suppressing osteoclastogenesis
and osteoblast differentiation through the Wnt pathway, respectively, which directly in-
hibits bone formation [17,23]. Osteoblasts form new bone until they revert to bone-lining
cells that cover the bone surface [15,25]. Then, the resting bone surface environment is
reestablished and preserved until the bone remodeling cycle is again initiated [3].
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Figure 2. Bone remodeling process. Activation: Bone in quiescent state detects an initiating signal
triggered by mechanical forces, microdamage, or systemic hormones such as PTH [23,24]. Osteocyte
apoptosis is then induced [3,15], releasing osteoclastogenic factors such as colony-stimulating factor 1
(CSF-1) and receptor activator of NF-κB ligand (RANKL) that favor osteoclast precursor recruitment
and activation [1]. Resorption: Osteoblasts secrete cytokines and matrix metalloproteinases (MMPs)
in order to expose RGD adhesion sites to facilitate osteoclast attachment [3]. Osteoclasts dissolve
mineralized matrix and organic bone matrix through hydrogen ions and MMP secretion, respec-
tively [15]. Reversal: “reversal” cells remove unmineralized collagen matrix and deposit a “cement
line” of non-collagenous mineralized matrix to enhance osteoblastic adhesion [23]. The reversal cells

and the osteoclasts are responsible for sending and receiving coupling signals, including bone
matrix-derived factors such as TGF-β, BMPs, and IL-6 [25,26]. Osteoclasts are then replaced by
osteoblast-lineage cells, promoting the initiation of bone formation [15]. Formation: Osteoblast
progenitors replace osteoclasts in the resorption lacunae, they differentiate and start new bone forma-
tion [3]. Osteoblasts continue to form new bone until they revert to bone-lining cells that cover the
bone surface [15,25]. Termination: Osteocytes produce sclerostin, suppressing osteoblast differentia-
tion and bone formation [17,23]. Then, the resting bone surface environment is reestablished and
preserved until bone remodeling cycle is again initiated [3].

3. Bone Pathology

Bone disorders constitute the most common causes of severe long-term pain and
physical disabilities [27]. They can result from several conditions, including tumors, genetic
disorders, trauma, age-related disorders, and autoimmune diseases, among others [21,28].
In particular, disruptions in coupling bone resorption and formation during the bone
remodeling cycle lead to loss of bone mass and skeletal integrity [29,30]. Among bone
disorders, osteoporosis, Paget’s disease, osteoarthritis, fractures, and bone metastasis are
the most frequent, and will be briefly described in this section.

3.1. Osteoporosis

Osteoporosis is the most common metabolic disease, characterized by low bone mass
and structural deterioration of bone, causing bone fragility and an increased fracture
risk [31]. Three different types of osteoporosis can be distinguished: primary, secondary,
and idiopathic.

Primary osteoporosis includes senile and postmenopausal varieties, both related to
natural gradual loss of bone mass. In postmenopause, estrogen is responsible for inhibiting
bone resorption. Secondary osteoporosis occurs in patients with chronic diseases that
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provoke loss of bone mass, such as nutritional deficiencies, anorexia, alcoholism, and
chronic liver disease. Idiopathic osteoporosis occurs in young adults or children with no
endocrine abnormality or risk factor [27].

3.2. Paget’s Disease

Paget’s disease is a metabolic bone disease with controversial etiology. Genetics factors
have shown to affect Paget’s development, specifically mutations that affect the RANK,
OPG, and sequestosome 1. Paget’s patients show increased bone metabolic activity and
imbalance between bone formation and resorption. Serum alkaline phosphatase constitutes
a bone formation marker that allows diagnosis and monitoring of patients [27]. Bone
pain, osteoarthrosis, deformities, fractures, and hypercalcemia are complications in Paget’s
disease, among others [32].

3.3. Osteoarthritis

Osteoarthritis is the most common adult joint disease, appearing as a result from
gradual loss of cartilage and development of bony spurs and synovial cysts at the ends of
the joints [27]. It can be classified into primary osteoarthritis, which results from genetic
causes and affects middle-aged people, and secondary osteoarthritis, related to metabolic
diseases, endocrine disorders, etc. Risk factors for osteoarthritis include endogenous factors
(age, obesity, sex, heredity, ethnic origin, and postmenopausal alterations), and exogenous
factors (i.e., macrotrauma, prior joint surgery, and lifestyle factors) [27,33].

3.4. Autoinflammatory Diseases

Innate and acquired immunity disorders can cause autoinflammatory bone diseases
by infiltrating innate cells into the bone with subsequent increased osteoclast activity,
osteolysis, and bone remodeling [34]. Indeed, low-grade chronic inflammation leads to
bone resorption in many rheumatic diseases, making up the link between the immune
system and the bone. In autoimmune diseases, osteoclastogenesis might be triggered by
autoreactive T cell-secreted IL-17 and RANKL. Moreover, Toll-like receptor signaling is
thought to be involved in its modulation. The most common autoinflammatory bone dis-
eases include chronic non-bacterial osteomyelitis; synovitis, acne, pustulosis, hyperostosis,
and cherubism, among others [35].

3.5. Bone Metastasis

Bone metastasis constitutes a frequent consequence of many cancers and typically
indicates a short-term prognosis in cancer patients [36]. Indeed, patients with bone metas-
tasis have a higher mortality rate and suffer from pain and clinical complications such as
fracture, spinal cord compression, and hypercalcemia, which seriously reduce the quality
of life [37].

Bone metastases are classified as osteolytic, osteoblastic, or mixed, according to the
interference with the bone remodeling cycle. Osteolytic metastasis is present in the great
majority of bone cancers, destroying normal bone primarily mediated by osteoclasts,
parathyroid hormone-related peptide (PTHrP) and RANKL. Osteoblastic metastasis is
characterized by deposition of new bone, and occurs in prostate cancer and Hodgkin
lymphoma, among others [36].

3.6. Therapeutics in Bone Disease

Broadly, most bone disease treatments only help to reduce the symptoms, but do
not cause a total suppression of the disease. The mechanism of action for the majority of
the drugs consists of disrupting the osteoclastic pathway and promoting the osteoblastic
one [38]. Bisphosphonates constitute the most commonly used drugs in most bone treat-
ments, mainly indicated for osteoporosis, Paget’s disease, and bone tumors [7]. These
agents bind to HA and block the bone resorption mediated by osteoclasts. Although
they increase bone mineral density (BMD) and reduce serum PTH, long-term treatment
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causes inhibition of both bone resorption and formation markers. Moreover, they cause
gastrointestinal and cardiovascular side effects [7]. To date, the Food and Drug Adminis-
tration (FDA) has approved four different bisphosphonate-based drugs for the treatment
of osteoporosis, including alendronate, risedronate, ibandronate, and zoledronic acid [27].

Calcitonin is used in the treatment of Paget’s disease, binding to the calcitonin recep-
tors located on the osteoclast surface. Calcitonin also presents analgesic properties that
further help treat patients with bone pain [31]. However, it is only used in those patients
with intolerance to bisphosphonate, since it shows a short duration of action, partial re-
sponse, and acquired resistance. Denosumad, a monoclonal antibody, is an anti-resorptive
pharmaceutical agent targeting RANKL signaling in osteoclast activation. It is indicated for
anti-fracture in women with postmenopausal osteoporosis, and also in bone tumors [38].
It stimulates osteoclast differentiation and function and promotes osteoclast survival, in-
creasing bone mineral density. In contrast, it causes hypercalcemia, nephrotoxicity, and
seizures [7]. Raloxifene is approved for the treatment of osteoporosis and bone fracture. It
is a selective estrogen receptor modulator that acts as an estrogen agonist on both bone
and fat tissue, and as an estrogen antagonist on breast and uterine tissue. Raloxifene has
been shown to cause cardiovascular events and venous thromboembolism [7].

Currently, bone metastasis can be treated by inhibiting cancer cell growth or by
inhibiting the osteoclast activity. Chemotherapy is the most common approach to date to
inhibit cancer cell growth, and efficient drug delivery to the bone metastasis is essential
for success. Nevertheless, the skeleton presents significantly poorer blood supply than
other tissues, decreasing the efficiency of drug delivery to bone and resulting in severe side
effects caused by the lack of tissue specificity [37].

In the bone fracture framework, autologous bone grafting has been established as
the gold standard technique for repairing bone tissue, consisting in bone harvested from
the same individual receiving the treatment [21,28]. Autografts have been shown to be
histocompatible and non-immunogenic, but they present significant limitations, such as
donor site injury and morbidity, surgical risks (bleeding, inflammation, infection, and
chronic pain), and resorption of the implanted bone [28]. Allografts provide an alternative
method, particularly in areas with larger bone defects, based on transplanting donor bone
tissue between genetically non-identical individuals of the same species [21,39]. However,
they present reduced osteoinductive properties when compared to autografts [40], taking
longer for a defect to be filled by native bone tissue [29], which leads to mechanical stress
and immunogenesis [39].

Since no treatment option provides overall successful results in bone pathologies,
recent research has been devoted to developing tissue engineering strategies that can
overcome these issues. In this context, BTE has emerged as an excellent tool to design and
implement new bone repair interventions. Fundamental notions behind this subject and
the state of the art to date will be reviewed in the next section.

4. Scaffolds in Bone Tissue Engineering

BTE has arisen as a powerful tool for developing new bone treatment options to
overcome shortages of existing bone graft materials and bone disease therapies. In recent
decades, BTE strategies have been directed to produce bone constructs that mimic natural
bone structure regarding mechanical strength and microstructure [41].

In this context, the design of accurate biomaterials for BTE should be broadly based on
several components: (1) a biocompatible scaffold that resembles extracellular matrix (ECM),
(2) osteogenic cells to build the bone tissue matrix, (3) morphogenic cues and growth factors
to help guide osteogenic cells towards bone phenotype, and (4) material/host interactions
mediated by immune cells that fulfill the bone healing process [39,40].

Ideally, the material should degrade following initial cellular colonization simultane-
ously to new bone formation. Then, the tissue will reestablish its function with no clinical
intervention needed to remove the implant [42]. The key factors involved in the achieve-
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ment of this smart biomaterial will be addressed in the following subsections, presenting
the state of the art to date and the aspects to be considered in the material design.

4.1. Scaffold Composition

Scaffolds are temporary matrices built from biocompatible, bioactive, and biodegrad-
able materials. An ideal scaffold should mimic the structure and function of the ECM
of original bone, which will maintain a suitable environment and architecture for bone
growth and development. Specifically, they should be based on a 3D structure that allows
proliferation and homing, osteogenic differentiation, vascularization, host integration, and
load bearing [6,43].

Since the different bone types present different remodeling period lengths, there is not
one ideal scaffold material for all BTE purposes, being subject to the size, type, and location
of the bone tissue to be regenerated [44]. First generation biomaterials include metals
(mainly titanium derivates), synthetic polymers (such as Poly (methyl metacrylate) (PMMA)
and Polyether Ether Ketone (PEEK)), and ceramics (such as alumina and zirconia), being
bioinert and hardly interacting with host tissue. Second generation biomaterials stood out
for their bioactive and biodegradable features, including synthetic and natural polymers,
calcium compounds (phosphates, carbonates, and sulfates), and bioactive glasses. The
third generation of biomaterials allow the addition of cells, biological factors, or external
stimuli, among other instructive substances, to induce specific biological responses [45].

Most of the scaffolds that are currently used for BTE applications can be grouped into
polymers, bioactive ceramics, composite materials, and nanomaterials.

4.1.1. Polymeric Scaffolds

Generally, polymeric materials present reproducible and adjustable physiochemi-
cal characteristics such as pore size, porosity, solubility, biocompatibility, and immune
response [46]. Both natural and synthetic polymers are valuable materials for BTE.

Natural polymers include proteins (such as collagen, gelatin, fibrinogen, elastin,
keratin, and silk); polysaccharides (chitosan, alginate, hyaluronic acid, and cellulose);
and polynucleotides (DNA, RNA) [47,48]. ECM-based scaffolds have been also proposed
due to their similarity to bone tissue. All of them have shown great biocompatibility,
osteoconductivity, controlled biodegradation, and low immunogenicity [6,47]. However,
they present poor mechanical properties, uncontrollable degradation rate, and reduced
tunability [6,29].

Synthetic polymers consist of aliphatic polyesters such as poly(lactic-acid)(PLA),
poly(glycolic-acid)(PGA), poly(caprolactone) (PCL), polypropylene fumarate (PPF), and
PEEK and their copolymers [47]. They are biocompatible, biodegradable, and display a
controlled degradation rate. Moreover, synthetic polymers offer tunable properties and
structure, allowing a controllable degradation rate and mechanical properties [29]. These
features guarantee predictable, reproducible, and cost-effective production of BTE scaffolds.
However, they have shown reduced bioactivity and osteoconductivity when compared to
natural polymers [48].

Hydrogels are hydrophilic polymeric 3D networks that constitute some of the most
promising biomaterials in BTE applications, due to their flexibility and bioactivity. In
contrast to rigid scaffolds, hydrogels can actively interact with the host tissue, allowing
controlled release of cells and growth factors. Unfortunately, because of their low stiffness,
they cannot be utilized in the repair of load-bearing lesions, such as large fractures of
long bones [49].

4.1.2. Bioceramics

Bioceramics are inorganic biomaterials that almost mimic bone tissue composition,
providing osteoconductive properties, nontoxic degradability, high compressive strength,
and long shelf-life [38].
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Most common bioceramics include coralline, HA, tricalcium phosphate (TCP), and
calcium silicates [6]. Particularly, calcium phosphate ceramics (CPCs) have been exten-
sively studied for bone tissue repair as tunable bioactive materials, providing the pores
for tissue ingrowth and viability [50]. The capacity of these materials to elicit osteoge-
nesis and angiogenesis effects through releasing biologically active ions has attracted
great interest [46].

Bioactive glasses are usually composed of calcium-containing silicates. For instance,
45S5 Bioglass contains 45wt% SiO2, 24.5wt% CaO, 24.5wt% Na2O, and 6.0wt% P2O5,
enabling an increased regeneration rate when compared with HA-based ceramics. Bioactive
glasses are thought to create a bone-like apatite layer on the material surface, releasing ions
such as Ca2+, PO4

3−, and Si4+ and hence promoting osteogenesis. Moreover, mesoporous
bioactive glasses have emerged as an excellent tool for BTE, since they can be easily loaded
with drugs or biomolecules, due to their large pore surface [46].

However, bioceramics are inherently brittle, making them difficult to handle in im-
plantation. To overcome this issue, several strategies have been explored. For instance,
coating bioceramics with polymers such as Poly Lactic-co-Glycolic Acid (PLGA), chitosan,
or Polyethylene Glycol (PEG) has been shown to improve scaffold mechanical properties
and also osteogenic capacity [50]. Furthermore, the composition of bioceramics can be
altered to modulate the fracture toughness. In particular, doping β-TCP scaffolds with
SiO2 (0.5%) and ZnO (0.25%) raised the compressive strength 2.5-fold and increased cell
viability up to 92% [47].

4.1.3. Composite Materials

Composites combine two or more materials with different properties that may improve
scaffold features when compared to their individual components, such as processability,
printing performance, mechanical properties, or bioactivity [46]. They can be formed from
co-polymers, polymer–polymer blends, or polymer–ceramic composites [6].

Composites can be based on co-polymers derived from two or more monomers, such as
PLGA, which combines poly lactide and polyglycolide and shows adequate biodegradability
and ease of fabrication. In this context, hydrogels seem to mimic ECM topography and hence
they are ideal for cell adherence, proliferation, and differentiation. Hydrogels can be both
natural (agarose, alginate, and gelatins) and synthetic (poly(vinyl alcohol) based) [6].

Polymer–ceramic composites resemble the natural bone, which is also a composite
material made of inorganic HA crystals and collagen fibers. As has been previously
mentioned, calcium phosphate (CP)–polymer composites show mechanical integrity and
bioactivity, being successfully applied in bone regeneration. Moreover, the incorporation of
bioceramic and bioglass particles, carbon nanotubes, or magnesium-based particles seems
to improve scaffold mechanical properties [6].

4.1.4. Nanomaterials

In recent decades, nanosized materials have shown better bioactive properties than
micro-sized ones, attracting much interest in BTE. In particular, nanoceramics appear to
be promising biomimetic candidates, since bone can be considered a nanocomposite [6].
Specifically, the collagen fibers and HA crystals are nanosized in diameter, as well as
all living molecular building blocks. Thus, bone cells are predisposed to interact at the
nanoscale, enhancing adhesion, proliferation, and differentiation processes [40]. Indeed,
changes at the nanoscale level of tissue hierarchy may have further effects on migration
and cell signaling [42,51].

Furthermore, nanoparticles (NPs) can be incorporated into scaffolds, leading to su-
perior mechanical properties, increased surface area, and roughness, as well as osteoin-
tegration, osteoconduction, and osteoinduction [40]. Consequently, biomaterial design
has focused on the introduction of nanoparticles to elicit directed cellular behavior while
imparting structural and mechanical advantages. Moreover, NPs can be applied as drug
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delivery and cell tracking systems, due to their functionalization versatility, allowing a
significant improvement in prospective therapies.

For instance, HA–collagen nanocomposite systems, for example, are emerging rapidly
and showing promise [52]. Yan et al. reported that the incorporation of calcium phosphate
NPs into silk fibroin (SF)-based scaffolds induced increased bone formation after 3 weeks
of implantation in rat femur, compared to bare SF scaffolds [53]. Wang et al. presented
magnetic lanthanum (La)-doped HA NP/chitosan scaffolds (MLaHA/CS) that were able
to recruit rat bone marrow MSCs and modulate host-to-scaffold immune responses via
macrophage polarization [54].

In addition, multi-walled carbon nanotubes (MWCNTs) have been shown to improve
the compressive strength and elastic modulus of 45S5 Bioglass® (Gainesville, FL, USA)
scaffolds [55]. Mesoporous silica nanoparticles (MSNs) present high bioactivity and excel-
lent biocompatibility, being also particularly suitable for loading bioactive agents due to
their highly controllable morphology and structure [56]. Although nanosystems have not
yet achieved clinical implementation, in vitro and in vivo studies have been performed in
recent years, showing the great potential of this technology [9].

4.2. Scaffold Properties for BTE

The modulation of the scaffold characteristics is key in the final success of the biomate-
rial for clinical implementation (Table 1). In general terms, a scaffold must be biocompatible,
not elicit an immune response, and be biodegradable into non-toxic components with a
controllable degradation rate to match new bone formation [21,44]. Particularly, bioincom-
patibility could lead to immune system activation, tumor formation, and inflammation
processes [6,40]. Recent research has been directed to immune-inert and immunomodula-
tory biomaterials that are potentially able to regulate host immune response [57].

Biodegradability of the material occurs through chemical or enzymatic breakdown
of the material over time when introduced into living organisms [21]. Degradation prod-
ucts should be non-toxic components and they must be either recycled or excreted with
negligible interference with other organs [6].

Scaffold bioactivity constitutes another key feature, comprising osteoconductivity and
osteoinductivity processes [54]. Osteoconductive scaffolds facilitate bone deposition on the
material surface by interacting with the surrounding living tissues. Bioactive scaffolds are
hence designed to enhance cell migration, tissue formation, and integration, overcoming
conventional passive biomaterial limitations [6]. Moreover, osteoinduction properties
provide the scaffolds with the ability of promoting the differentiation of progenitor cells
down an osteoblastic lineage [10,52].

Structurally, a scaffold must be a 3D network with highly interconnected pores that
allow cell growth and mass transfer of nutrients and metabolic waste [44]. Moreover, a
large surface area becomes crucial for vascularization and tissue infiltration [54]. Broadly,
macroporosity might promote osteogenesis by facilitating cell and ion transport, while
microporosity improves surface area for protein adsorption, increasing ionic solubility in
the microenvironment, and providing attachment points for osteoblasts [58].

Typically, pores should be bigger than 300 µm to facilitate new bone formation and
vascularization, since they provide enough space for oxygen and nutrient supply [54]. BTE
scaffolds broadly range from 50 to 900 µm. Small pore sizes (75–100 µm) have shown
successful bone regeneration in vitro and are thought to promote angiogenesis. On the
other hand, macropores might promote osteoinductivity by mediating vascularization. A
pore size range from 200 to 500 µm has shown the optimal tissue penetration vascularization
in vivo [6,21].

Pore interconnectivity has been shown to positively influence bone deposition rate and
depth of infiltration both in vitro and in vivo [58]. Percolation diameter is a key parameter
in scaffold architecture, which defines the diameter of the largest tracer that can cross the
interconnected pores of a scaffold. Thus, it determines the scaffold interconnectivity and
hence the size of cells and nutrients that can pass through them. The bottleneck dimension
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describes the diameter of connections between pores, with it being established that the
700–1200 µm range is the optimal dimension for bone substitutes [54,59].

Other relevant surface features are surface roughness, surface free energy, surface
charge, and surface topography, which can be easily tailored by chemical treatment or
incorporation with bioactive molecules or artificial ECM [60]. Apparently, the biomaterial
surface is the most critical aspect in the host immune response upon implantation and
becomes responsible for avoiding macrophage adhesion and activation, as well as their
fusion into foreign body giant cells [6]. Specifically, roughened surfaces have shown
increased osteointegration by favoring epithelial attachment, when compared to smooth
surfaces, improving implant durability and function [61].

Likewise, the scaffold is temporarily responsible for mechanical support and stability
at the tissue formation site. Thus, mechanical properties are also considered crucial in
BTE scaffolds and should be adapted to the site of implantation to minimize risk of stress
shielding, implant-related osteopenia, and subsequent refracture [6]. In general terms, the
scaffold material should be sufficiently robust to host cells and resist contraction forces
during tissue healing [44].

Properties such as elastic modulus (a measure of the stiffness of a solid material),
tensile strength (capacity of a scaffold to cope with loads tending to reduce size), and fatigue
strength (the highest stress that a material can hold for a given number of cycles without
breaking) should be similar to those of natural bone in order to ensure bone mechanical
strength [62]. However, bone presents diverse and dynamic mechanical properties, tightly
related to its complex hierarchical structure [63]. Specifically, the elastic moduli of human
bone tissue usually varies between 1 and 20 GPa (around 2.0 GPa and 14-18 GPa for
trabecular and cortical bone, respectively) [54,64], and the tensile strength of cortical and
cancellous bones is 50–150 MPa and 10–100 MPa, respectively [65].

Table 1. Scaffold properties for design considerations.

Surface area

Crucial for cell–scaffold interactions, facilitating
vascularization and tissue infiltration [54]

Macroporosity might promote osteogenesis by facilitating cell
and ion transport [58]

Table 1. Cont.

Microporosity improves surface area for protein adsorption,
increasing ionic solubility and attachment points for osteoblasts [58]

Pore size

Pores > 300 µm facilitate new bone formation
and vascularization [54]

75–100 µm pore size is thought to promote angiogenesis [6]

Pore size range from 200 to 500 µm results in optimal tissue
penetration vascularization in vivo [6,21]

Pore
interconnectivity

Enhanced bone deposition rate and depth of infiltration [58]

Optimal diameter of connections between pores ranges from
700–1200 µm [54,59]

Surface topology Roughened surfaces promote osteointegration and favor
epithelial attachment [61]

Mechanical
properties

Young’s modulus should be close to 7–30 GPa and a tensile
strength of 50–151 MPa [62]

Compressive strength should be comparable to cortical bone
(100–230 MPa) [62]

Degradation rate should match the growth of native ECM to
ensure scaffold mechanical support [21,44]
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Likewise, the mechanical strength can be weaken by high porosity and degradation
rates [21]. Although higher porosity and pore size promote bone regeneration, both can
impair the mechanical properties of the scaffold [54]. In addition, the degradation rate
should match the growth of native ECM to ensure mechanical support throughout the
lifecycle of the scaffold. This is also influenced by the porosity and pore size: if a scaffold
degrades too quickly, it may lead to mechanical failure. In the same way, if the degradation
rate is not sufficiently quick, an inflammatory process is triggered towards the foreign
material, impairing tissue regeneration [62].

Therefore, a trade-off between biomechanical properties and degradation kinetics
becomes necessary. Ideally, a scaffold material should provide sufficient mechanical
stability while the newly formed bone tissue substitutes the scaffold matrix [44]. To achieve
that, overall porosity can be tailored to adjust site-specific biomechanical requirements.
Several studies claim that changes in macroporosity, and more specifically minimizing
closed porosity, have shown a more significant effect in mechanical properties [58,66].

Considering all these scaffold requirements, the ideal scaffold is thought to have a com-
pressive strength comparable to cortical bone (100–230 MPa), with a Young’s modulus close
to 7–30 GPa and a tensile strength of 50–151 MPa [62]. Scaffolds fabricated from biomateri-
als with a high degradation rate should avoid high porosities, whereas slowly degrading
biomaterials can be highly porous and still present adequate mechanical integrity [44].

Furthermore, stimulus-responsive scaffolds have attracted much interest in terms of
modulating their physicochemical and mechanical properties, as well as the degradation
profile in response to stimuli (including photoirradiation, mechanical, magnetic, and electri-
cal forces, and changes in pH or enzymatic reactions) [42]. For instance, thermoresponsive
biomaterials based on different polymers are tailored to have transition temperatures to
gelate when the temperature is elevated to physiologic temperature [67–69]. Recent studies
have designed piezoelectric systems that might accelerate new tissue formation in response
to mechanical loading. In addition, NP-reinforced polymers can offer better mechanical,
electrical, and thermal properties [42]. The development of clear strategies for optimizing
and balancing all these properties becomes crucial for BTE translation in clinics.

4.3. Scaffolds as Vehicles of Cells and Growth Factors

Although cell-free biomaterials have been used to stimulate bone regeneration, exoge-
nous cells with osteoblast differentiation potential must be provided when osteoprogenitors
are not available in the damaged tissue [49]. Thus, scaffolds can act as vehicles for different
types of cells in order to promote bone formation in vivo by differentiating towards the
osteogenic lineage [6]. These cells may be expanded ex vivo before the implant, and the
most commonly utilized are embryonic stem cells, induced pluripotent stem cells, MSCs,
and genetically modified cells [6].

Embryonic stem cells (ESCs) can differentiate into a number of specialized cells
present in the bone, including MSCs, osteoblasts, chondrocytes, endothelial cells, etc. [70].
Moreover, ESCs show rapid proliferation and self-renewal over long periods of time,
making them ideal tools in BTE. For instance, Tang et al. [71] described in 2012 how
hESCd-MSC-encapsulating hydrogel microbeads in a macroporous CPC construct undergo
osteogenic differentiation and bone mineral synthesis. However, ESCs have resulted in
ethical concerns in various countries, as well as immunogenicity and tumorigenicity, which
strongly hamper their clinical application [72].

In this context, induced pluripotent stem cells (iPSCs) show analogous advantages to
ESCs, and they avoid the risk of immune rejection, since they derive from patient somatic
cells. In many studies, iPSCs and MSC-like derived iPSCs cultured on an HA/TCP scaffold
showed osteogenic differentiation both in vitro and in vivo [73]. However, incomplete or
false reprogramming may result in teratomas, especially in the presence of oncogenes or
reprogramming viral methods. Prior in vitro differentiation into MSCs and direct differen-
tiation into osteoblasts, among other strategies, have been reported to avoid tumorigenicity
associated with pluripotency [72].
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MSCs are relevant in osteoblast differentiation and immunomodulatory capability, be-
ing critical for stimulating tissue regeneration. In particular, MSCs secrete immunosuppres-
sive and anti-inflammatory cytokines, regulate T cells, and promote a local healing response
by stimulating proliferation and differentiation of host stem cells [49]. In MSC-based tissue
engineering approaches, MSCs are incorporated in scaffolds that facilitate the local delivery
of MSCs into the bone defects. Scaffold colonization can occur either by cell culture prior
to scaffold creation, or by simultaneous deposition of cells and biomaterials [74].

Transplanted MSCs have been shown to proliferate and differentiate into an osteogenic
phenotype [75]. However, their short lifespan after implantation becomes a major limitation,
mainly due to poor adherence to the matrix, ischemia, and low glucose levels. Cells colonize
the defect, proliferate, and differentiate into mature osteoblasts, promoting the formation
of new bone tissue. However, the lack of a vascular network upon implantation impedes
cells survival in the site of implantation. In this framework, different strategies can be
followed to promote cell and rapid vascularization in the defect area [49]. For instance, the
association of oxygen carriers with BTE scaffolds has been shown to improve survival and
the bone regeneration capacity of the cells [49]. Moreover, several studies have sought to
mimic the initial stages of endochondral ossification by chondrogenic priming of MSCs,
which can significantly increase osteogenic differentiation and mineralization, even to a
higher extent than culturing cells in osteogenic growth factors alone [76].

Thus far, bone healing has been shown to be improved when utilizing MSCs with
metals, ceramics, and polymeric and composite materials [74]. The scaffolds should provide
the proper microenvironment for cells to survive, proliferate, and differentiate in vitro and
in vivo. For instance, a system comprising PLGA membranes incorporating BMP-2-loaded
microspheres and rat mesenchymal stem cells (rMSC) with their Smad ubiquitin regulatory
factor-1 (Smurf1) expression knocked down was evaluated in a rat calvaria, a critical size
defect by Rodríguez-Évora et al. [77], showing a defect repair of 85% after 8 weeks.

The interdependence between macrophages and osteoblasts is also essential for the res-
olution of the inflammatory process, since it has been demonstrated that some macrophages
are involved in particle clean up and the up-regulation of osteolytic and pro-inflammatory
cytokines, including IL-6 and tumoral necrosis factor (TNF-α) [42]. Further research has
shown that the use of macrophage-recruiting agents combined with platelet-rich plasma in
a hydrogel induced bone formation [78].

Still, bone tissue biology depends on the action of growth factors (GFs), which control
cell behavior through specific receptors on the target cell membrane. In a bone regeneration
context, these factors diffuse signals at the defect site through the ECM, facilitating the
migration of progenitors and inflammatory cells to initiate the healing process [79].

Therefore, incorporation of GFs into the scaffold biomaterial is thought to improve
osteogenesis and angiogenesis, limiting excessive bone formation and accelerating the
healing process [47,79]. Thus, bone tissue engineering strategies pursue the combination of
cells and engineering materials with growth factors. The main factors involved in bone
healing have been mentioned in previous sections and can be grouped into several families:
osteogenic (BMPs, activins, among others), angiogenic (such as platelet-derived growth
factor (PDGF) and vascular endothelial growth factor (VEGF)), inflammation control (e.g.,
TNF-α, interleukins, interferon-γ), and systemic factors (vitamin D, growth hormone,
calcitonin, PTH) [47,80].

Among them, the use of BMP-2 and BMP-7 has been incorporated in FDA-approved
devices for bone regeneration, showing a clinical performance comparable to autografts
in certain BTE applications [79]. Still, large doses of recombinant BMP-2 are required
to promote bone formation, sometimes leading to adverse effects (e.g., heterotopic ossi-
fication and osteolysis). In this context, BMP-9 has emerged as a potential alternative,
described as the most potent BMP in osteogenic differentiation. Indeed, it has been shown
to completely close rat critical-sized calvaria defects when loaded into a microparticle
(MPs)–hydrogel scaffold [81]. Furthermore, BMP-2 treatment has been shown to fail to
regenerate articular cartilage structures such as joints, where BMP-9 has been proven to
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stimulate regeneration. For this reason, the sequential administration of BMP-2 and BMP-9
has resulted in regeneration of both bone and joints, providing the adequate environment
for bone regeneration [82].

In addition, molecules such as N-acetyl cysteine have been exploited to promote
runt-related transcription factor 2 (RUNX2) expression, which is involved in osteogenic
differentiation of MSCs [80]. A product based on β-tricalcium phosphate carrying rhPDGF
(Augment® Bone Graft, BioMimetic Therapeutics, (Franklin, TN, USA)) is also commer-
cially available to treat foot, ankle, and distal radius fractures in the USA [80]. Moreover,
local delivery of angiogenic growth factors such as VEGF and basic fibroblast growth factor
(bFGF) has been shown to accelerate vascularization through recruitment of endothelial
progenitor cells (EPCs) [40].

Despite the success of numerous bone-promoting growth factor-based products, sev-
eral complications have been reported related to their clinical utilization. Specifically,
inflammation, pleiotropic effects, hypotension, and teratogenic effects constitute some of
the main concerns. In this regard, carriers with reliable release kinetics could help in the
adoption of this therapeutical strategy [80]. Additionally, proper dosage of GFs has been
shown to affect the quality of the vessels. For this reason, the addition of growth factors
that stimulate the recruitment of smooth muscle cells or pericytes has been considered to
help vessels stabilize and mature [40].

Likewise, scaffolds loaded with soluble molecules such as antibiotics and chemother-
apeutic agents that can be delivered in the environment have also been exploited. An
extensive review on the clinical application of bone-targeted drug delivery for bone malig-
nancies is presented by Ferracini [83], showing a promising route to treat osteomyelitis,
bone metastasis, OS, osteoarthritis, osteonecrosis, and delayed/non-unions, among other
bone disorders.

5. Cell–Biomaterial Interactions beyond Microenvironment

Despite the recent advances in BTE, utilization of biomaterials has barely translated
to human clinical trials, mainly due to a lack of studies about the interaction between
biomaterials and host cells. Particularly, cell–material interactions occur at micro- and
nanoscales, where cells physically contact the ECM, altering their response. As has been
mentioned in Section 4.2, tuning 3D scaffold chemistry, topography, and stiffness can help
selectively guide cell proliferation and differentiation within the bulk material. A better
understanding of the effect that scaffold parameters exert on host cells might help map out
the future path for BTE translation.

5.1. Cell Response to Biomaterial Chemistry

Biomaterial surface chemistry is somehow the most manageable parameter to control
its effect on cell behavior. At the macroscale, coating approaches seek to increase cell
adhesion or specifically select cell types for cell attachment.

There are a variety of inorganic and organic compounds, such as collagen, fibronectin,
gelatin, or poly-L-Lysine, that have been used for covering substrates. Interestingly, culture
surfaces have been frequently ornamented with adhesion-derived peptides, such as RGD at
1 pmol/mm2 [84], that enhance cell attachment in 2D. To avoid degradation or detachment
issues of the coated compound, normally, the substrate chemistry is modified, or ligands are
added as presenting proteins. Biomaterials functionalized with RGD peptides have been
shown to direct cell adhesion, migration, and differentiation in numerous tissues, including
bone, neural, endothelial, liver, and cancer cells [85]. It has been found that RGD density
positively regulates osteoblast mineralization [86]. RGD sequence interaction with integrins
is further modulated by RGD conformation (cyclic penta- and hexapeptide), which leads
to specific integrin affinity. In the case of osteogenic cells, functionalization of PMMA
and PEG-PLA substrates with RGD favors osteoblast adhesion, proliferation, and bone
formation through selective engagement of αvβ3 and αvβ5 integrins [87,88]. Moreover, Gly-
Phe-Hyp-Gly-Glu-Arg (GFOGER)-functionalized hydrogel leads to superior osteogenic
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differentiation and bone formation of human mesenchymal stromal cells, compared to
RGD-functionalized hydrogel both in vitro and in vivo [89].

Patterning at the microscale is a potent tool to control the cell shape, location, and
density. Combining non-adhesive regions (normally treated with PEG) with adhesive
regions (a variety of cell adhesion proteins (CAPs)) can generate a multitude of patterns
and cell spots, which can be especially useful in printing methods [90,91].

Using fibronectin micropatterned material, McBeatch et al. [92] demonstrated that
cell shape regulated human mesenchymal stem cell (hMSC) differentiation. Thus, hM-
SCs allowed to adhere, spread, and flatten were differentiated into osteoblasts, whereas
those that did not attach formed spherical cells that resulted in adipocytes. Furthermore,
modeling techniques can be used in co-culture assays where two or more types of cells
are selectively adhered by controlling their cell–cell contact, spacing, and microenviron-
ment interactions across flow-through microfluidic channels [93,94], by stamping with
a stencil-based approach [95], or by seeding on surfaces that dynamically switch from
cell adhesive to cell repulsive [96,97]. Advances in high-throughput chemical interaction
approaches permit a large screening of cell–ECM, cell–biomaterial, or cell–cell interaction
at the nanoliter scale. Recently, microarrays of biomaterials have been generated by robotic
spotters that dispense and immobilize nanoliters of materials to test the interaction of stem
cells with extracellular proteins [98].

5.2. Cell Response to Biomaterial Topography

Cell behavior can be regulated by topographical signals from the underlying substrate.
In this regard, micro- and nanofabrication methods that reproduce in the substrate the
topographical cues of the cell niche have become crucial [99].

Topography represents the different structures that exist on the surface of biomaterials.
The majority of biological surfaces contain non-organized features at the macro- and
microscale, being more organized at the nanoscale [100]. Cells have been shown to respond
to topographical cues down to 5 nm, affecting proliferation, gene expression [101], cell
adhesion [102], motility [103], alignment, differentiation [104], and matrix production [105].

At the microscale, cell spreading directly correlates to the substrate exposure to ECM
proteins, being topography independent. Osteoblasts [102] and endothelial cells [106] have
demonstrated a reproducible response to surface texture. Polarization or cell alignment
generally rises with increasing groove depth and decreasing groove spacing [106], although
the response to substrate topography is highly dependent on cell type. At the nanoscale,
several reports have suggested that cells can sense and respond to features of 10–30 nm in
size [107]. Indeed, the repetition of similar patterns has the greatest effect and provides the
most predictable results [108,109]. Proteomic-derived studies have shown that human os-
teoprogenitor cells respond to nanosized pits and pores in asymmetrical patterns, favoring
differentiation and matrix production [110].

Altogether, advances in domineering topography would provide an alternative to
exogenous biological stimulation, diminishing fabrication costs and avoiding its adverse
effects. For instance, intra-articular injections of TGF-β result in osteophyte formation in
the murine joint [111].

5.3. Cell Response to Biomaterial Elasticity

Cells are also affected by physical and mechanical properties (stiffness or rigidity)
of the substrate. Stiffness constitutes the resistance of a solid material to deformation,
being defined by elastic modulus (E) and reported in “Pascals” (Pa). Bones usually range
from 10–20 × 109 Pa, even though most of the tissues have elastic moduli in the range of
101–106 Pa, lower than most culture surfaces, such as TCP (3–3.5 × 109 Pa).

The rigidity of a material hence regulates cell adhesion, spreading, and migration. In
particular, the mechanotaxis phenomenon induces cells to migrate preferentially towards
stiff surfaces in 2D cultures [112]. Moreover, elasticity has also been proven to trigger
the differentiation of MSCs. For instance, Engler et al. [113] demonstrated that MSCs cul-
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tured on collagen-coated material with stiffness variability can differentiate into neuronal,
myogenic, and osteogenic lineages.

5.4. Cell Response to Mechanical Deformation

Elongation or compression of a material (2D) or matrix (3D) can lead to cell alignment
in the direction of the applied load, resulting in elongated morphology in both 2D and 3D
cultures [114,115]. In vitro, cyclic strain in both tensile and compressive loading enhances
osteoblast mineralization [116]. In this context, bioreactors capable of applying physiologic
loads have been fabricated to selectively produce and align extracellular matrix in a number
of tissues, including bone [117], cartilage [118], and tendon [119].

5.5. Organ-on-a-Chip 3D Culture

Organ-on-a-chip models have arisen as a powerful means to mimic the 3D in vivo
environment, since 2D culture lacks many native tissue aspects (such as microfluidic
flow) [120]. An organ-on-a-chip is composed of a 3D culture system with dynamic flow
through microchannels, achieved by integration of knowledge on microfluidics, micro-
fabrication, and bioreactors. Cells can be exposed to flow pressure, topographical signals,
and stimulation by embedded biomolecules and microelectrodes. The result can then be
registered using microsensors [121] which will detect and control changes on a continuous
basis, allowing real-time monitoring [122].

5.6. Extracellular Matrix and Cell–Biomaterial Interactions

ECMs are composed of noncellular biological materials, including (1) fibrillar, struc-
tural, and adhesive proteins such as collagen, elastin, and fibronectin; (2) amorphous
matrix macromolecules like proteoglycans, glycosaminoglycans, and hyaluronan; and
(3) growth factors, cytokines, and hormones. Biophysical properties of the ECM include
strain, viscoelasticity, topography, and permeability [123].

At the tissue level, the ECM acts as a scaffold that provides structural and biome-
chanical support. At the cellular level, the ECM acts as a biophysical medium in which
cells can attach and function. Moreover, the ECM also constitutes a reservoir for bioactive
molecules such as growth factors and cytokines [123]. Cells interact with the ECM mainly
through transmembrane adhesion proteins that are primarily integrins. Integrin–ECM
ligand interactions are regulated by extracellular divalent cations (Ca2+ and/or Mg2+) and
by the conformation of extracellular portion of integrins [124].

To stimulate cell–biomaterial interaction, ECM molecules and mimetic adhesive pep-
tides can be introduced into scaffolds to reproduce biophysical and biochemical tissue
properties, hence allowing the targeting of specific integrins and/or other receptors. In
bone, fibronectin-specific α5β1 and collagen-specific α2β1 integrins are critical in bone
marrow MSCs for osteoblastic differentiation [125,126].

5.7. Effect of Mechanical Forces on Cells and Tissues

Julius Wolff detailed in 1892 how structural bone remodeling was influenced by
mechanical forces [127]. The evidence that mechanical forces rule tissue remodeling was
one of the first insights into mechanosensing in biological systems and later became known
as Wolff’s law. Broadly, cellular mechanosensing can be classified into: (1) focal adhesion
and mechanosensing at the ECM, (2) cytoskeletal mechanotransduction, and (3) nuclear
mechanotransduction (Figure 3).
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Figure 3. Canonical signaling pathway during cell–ECM interaction with a bone-like scaffold.
Mechanical deformation induced by elongation and compression forces triggers recruitment of
focal adhesion proteins (vinculin, talin, and paxillin). Focal adhesion kinase (FAK) proteins induce
polymerization of actin from the cell cytoskeleton, transmitting the deformation cue to the nucleus
cytoskeleton. In parallel, YAP/TAZ molecules are translocated to the nucleus in a mechanical-
dependent manner, controlling the expression of genes implicated in proliferation and migration.

Focal adhesion consists of multiprotein frameworks composed of integrins that create
a mechanical link between the cell’s cytoskeleton and the local microenvironment [128,129].
The canonical model of cell adhesion is based on integrin activation, which leads to Rho
and Rac protein activation [130] and subsequent recruitment of focal adhesion-associated
proteins (e.g., vinculin, talin, and paxillin) [131]. These associated proteins sense mechanical
tension across the focal adhesions [132]. In this sense, TGF-α mechanosignaling has been
shown to be involved in the connection between endothelial cells and cancer [133].

Cytoskeleton mechanotransduction is based on focal adhesion complex activation,
which triggers actin filaments and non-muscle myosine II to polymerize and rearrange
into stress fibers [134]. Forces applied at focal adhesions can be passed on to the nucleus
either through signal molecules or direct mechanical forces (Figure 3) [135]. Nuclear
envelope spectrin repeat proteins (nesprins) are located on the outside of the nuclear
envelope, allowing attachment of actin filaments and microtubules to the nucleus [136]. The
generated structures are also known as “linker of nucleoskeleton and cytoskeleton” (LINC),
and allow direct transmission of mechanical forces to the chromatin [137]. Major mediators
of mechanosignaling are the transcriptional regulators YAP and TAZ (YAP/TAZ), which
are crucial in the Hippo signaling pathway [138]. The tension on LINC proteins causes
nuclear deformation, which favors YAP/TAZ nuclear entry and subsequent transcription
of genes related to proliferation and migration [139,140].

5.8. Mechanical Forces in the Bone

Osteocytes are considered mechanosensors, since they respond to mechanical forces
(principally to shear stress [141]), releasing prostaglandins and transmitting signals to
other bone cells and the matrix through channels or cell–cell gap junctions, mainly formed
by connexin43 [142]. Bone loss caused by a sedentary lifestyle, limb paralysis, or micro-
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gravity during space flight has proven the positive effects of physiological loading on
skeletal tissues [143].

The compact bone matrix withstands compressive forces that range from 0.04–0.3%,
limiting the transfer of force to the cells. Indeed, in vitro studies have concluded that
strains must be 1–10% to induce cellular responses. Unmineralized bone matrix around
osteocytes is more permeable than mineralized bone, creating lacuna–canalicular porosities
for interstitial fluid flow that is mainly sensed by the osteoclasts [143]. Exercise-stimulated
bone remodeling may be the response of osteoblasts to interstitial fluid flow [144].

In this sense, a recent elegant work showed that running exercise, in a murine model,
control osteolectin+ cell content. Osteolectin-positive cells include osteoblasts, a subset of
stromal cell leptin receptor-positive cells (LeptinR+), osteocytes, and hypertrophic chon-
drocytes in the bone marrow. Consequently, an increase in osteolectin levels activates
osteogenesis. Osteolectin binds to α11β1 integrin, triggering Wnt pathway activation,
which is necessary for the osteogenic response, revealing a new mechanism for mainte-
nance of adult bone mass [145,146].

6. Computational Modeling
6.1. Bone Mechanobiology

Computational modeling has emerged as an excellent means to improve, predict, and
optimize the clinical potential in terms of tissue-level phenomena, such as cell proliferation
and differentiation, tissue growth, adaptation, and maintenance [12]. Cell incorporation
into artificially engineered matrices has been commonly used in tissue engineering. As has
been mentioned, most of the dynamic cell processes, such as growth, differentiation, or
migration, are somehow controlled by mechanotransduction [147].

Although it is possible to mechanically stimulate bone and quantify changes at
tissue levels in experimental techniques, it is extremely difficult to simultaneously de-
scribe and predict cellular and molecular mechanisms that underlie those changes. For
this reason, computational mechanobiology has focused on elucidating the cell stimu-
lation and on modeling individual bone cells to predict tissue differentiation. To do so,
mechanoregulation algorithms and cell models for predicting mechanobiological changes
have been developed [148].

Among mechanoregulation algorithms, two different approaches can be distinguished.
First, algorithms based on the fact that tissue differentiation can be regulated by mechanical
stimulation. For instance, Lacroix et al. proposed a poroelastic model based on the finite
element (FE) method that was able to simulate direct periosteal bone formation, endochon-
dral ossification in the external callus, stabilization during bridging, and resorption. The
model successfully predicted tissue differentiation in a rabbit bone chamber and during
osteochondral defect healing [148].

The second approach considers that musculoskeletal tissues also adapt to mechanical
loading through changes in mass and shape. Studies based on tissue growth were initiated
by Heegaard et al. [149], who reported a model to describe how the stresses generated
by joint motion may affect the growth, leading to a congruent articular surface. Partic-
ularly, they developed a planar biomechanical model of the proximal interphalangeal
joint and FE analysis to simulate joint kinematics and stress distribution resulting from
muscle contraction [148].

Continuum methods such as FE simulations allow for examining mechanical ex-
periments on cells and in vivo mechanical environments. These models include single
cell–biomaterial interaction models; cell population–biomaterial interaction models; and
indirect mechanistic models in tissue engineering [147]. Among them, Byrne et al. [150]
and Sanz-Herrera et al. [151] simulated how scaffold design parameters such as porosity,
Young’s modulus, and dissolution rate influence tissue growth.
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6.2. Cell Adhesion

Numerous models for the analysis of adhesion have been developed to date. Among
them, molecular models take place at the protein level, focusing on the ligand linkage
between a cell and the ECM. In these models, steered molecular dynamics (SMD) allow
computational modeling of molecular structure unbinding by applying an external force.
Thus far, SMD has provided some insights on fibronectin-integrin binding and also on
biotin–streptavidin, both of them crucial in ECM–substrate contact [147]. However, molec-
ular models do not consider essential proteins such as cytoskeleton structures, which are
relevant for achieving a proper modeling of adhesion.

On the other hand, information regarding adhesion surface modeling is primarily
based on kinetics and chemomechanical models. This type of models interrelate the kinetic
rates or binding affinities and the mechanical variables, combining two concepts: the
mechanics of adhesive tape peeling and the thermodynamics of L-R binding, which relate
to kinetic energy of the adhesive bonds [147].

6.3. Optimization of Scaffold Design

Computer-aided simulation can be of use in designing scaffold architectures for a wide
range of situations, since it is possible to simulate different strain fields and mechanical
properties [152].

Broadly, multi-scale modeling utilizes the rigid body model at the system level to
estimate the body loading and boundary conditions. Then, an FE analysis of the organ level
can estimate the tissue stress [153]. The combination of a system-level model and organ-
level model prevents many models from being successful, as they lead to misinterpretation
of simulation outcomes. Dao et al. have presented a fully integrated multiscale modeling
workflow to account for the interscale synergies, applying the model to a case study on the
bone remodeling process of the human jaw [154].

6.4. Machine Learning for 3D Printing

The design of scaffolds for tissue engineering can be optimized through three-
dimensional printing technologies, which offer unparalleled control over the design of
constructs with complex architecture. In particular, extrusion-based 3D printing constitutes
a widespread manufacturing technique for scaffold fabrication, due to its low cost and
compatibility for processing of a wide range of biomaterials. Optimization of processing
parameters, such as speed, pressure, and temperature of the printing process [155], often
involves time- and labor-intensive experiments.

In this framework, artificial intelligence (AI) techniques based on machine learning
(ML) have arisen to improve 3D printing of materials by analyzing underlying behaviors
within a given dataset. The three ML approaches that have been used in these studies are
to (1) predict and optimize printing parameters to maximize the structure’s properties,
(2) optimize printability of the material, and (3) assess the quality of the prints [156]. For
instance, a convolutional neural network trained with a database of hundreds of thousands
of geometries from FE analysis was used to design and 3D print composite constructs with
superior mechanical properties. In this work, the ML model could identify the geometrical
configurations of soft and stiff materials that resulted in the highest toughness and strength
when 3D printed as composite structures [157].

6.5. Computerized Multiscale Diagnostic System

Bone structure analysis in a patient-specific fashion is often limited to models that
incorporate only macro and micro levels. Thus, achieving specific models below the
microscale level might lead to significant advances in medical treatment of bone disor-
ders. A conceptual representation of a comprehensive computerized diagnostic system
has been proposed by Podshivalov et al. for patient-specific treatment of metabolic bone
diseases, fractures, and bone cancer. The diagnostic system is thought to include the fol-
lowing: (a) high-resolution images of human bone at different scales; (b) image processing;
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(c) 3D reconstruction and multiscale modeling of bone at different structural levels to
obtain highly accurate and complete 3D bone models; (d) analysis of bone architecture by
applying 3D bone microstructural and topological parameters; (e) multiscale FE analysis of
bone structure; and (f) patient-specific scaffolds and/or implants for damaged bone tissue
replacement. The system could be also utilized for follow-up and treatment assessment
after medication and local therapy procedures [63].

7. Current Challenges and Future Directions

To date, numerous biomaterials have been proven to contribute to the development
of BTE. However, clinical implementation of these biomaterials is still at its first stages,
mainly due to a lack of knowledge about the mechanisms that underlie cell–biomaterial
interactions [57]. Particular limitations of current approaches include cell death due to poor
nutrient transport in biomaterial scaffolds, inadequate integration of regenerated tissue
with the host tissue, and poor mechanical rigidity to provide load-bearing functions [42].

In this context, emerging technologies applied to BTE together with a better under-
standing of bone biology allow the combination of scaffolds, cells, and growth factors for
successful bone repair and regeneration. In order to optimize their implementation, more
effective cell isolation, seeding, and culturing methods need to be developed [6]. Moreover,
the scaffold properties, discussed in this review, need to mimic those of the native tissue in
order to stimulate cell adhesion, migration, proliferation, and differentiation [42].

Overall, the complex scenario present in bone regeneration is extremely dependent
on the local microenvironment, including factors such as patient age, injury type, early
inflammatory response, ECM composition, physiological adaptation, and angiogenic capac-
ity [61]. One of the concerns that should be addressed is related to adverse effects caused
by the presence of biomaterial degradation products for a long period of time. This causes
inflammation processes and macrophage polarization from M1 to M2, affecting cytokines
such as TNF-α and IL-6, which play a crucial role at the initial stage of the healing process.
Thus, further fundamental research should be carried out to describe the mechanisms that
control cell–biomaterial interactions [57].

Cell incorporation in BTE scaffolds has been predominantly focused on MSCs. How-
ever, induced pluripotent stem cells and embryonic stem cells could be appropriate alter-
natives to be used for specific disease states [49].

Animal models constitute a major limitation in the preclinical research of effective
BTE strategies. Particularly, works on small animals (i.e., mice) have not resulted in
relevant results due to major differences in graft size and healing properties. For this
reason, it is thought that load-bearing large animal models should be used to assess graft
functionality [40]. In this regard, long-bone segmental defects have been modeled in
dogs, pigs, goats, and most commonly in sheep, due to their similar body weight to adult
humans, well-known mechanical loading, and analogous metabolic and bone remodeling
rates [158]. Still, Zeiter et al. [159] performed in 2020 an evaluation of preclinical models
in BTE, reporting a lack of standardized and accepted models, and showing the need for
optimizing translational aspects (i.e., adaptation to the targeted patient population and
justification of the animal model in scientific publications).

Computational approaches might be a useful strategy to optimize and predict sub-
strate performance on bone tissue. However, the translation of computational models from
bench to bedside is limited by several issues. First, the determination of patient-specific
parameter values becomes difficult when information is limited or of insufficient quality.
In addition, current computational models are only validated in animal models, whereas a
thorough assessment of the in silico predictive models is critical to encourage health care
providers [160]. Furthermore, computational modeling can help improve both scaffold
design and the use of high-resolution bioprinting technologies, allowing the design at the
cell-specific level at the micro- and nanoscale [42].

Altogether, the future of BTE should integrate fundamental knowledge in bone mi-
croenvironment, scaffold design, and simulation and prediction of bone tissue phenomena.
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Therefore, a multidisciplinary perspective becomes essential for upcoming treatments in
bone disorders.
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bFGF Basic Fibroblast Growth Factor
BMD Bone Mineral Density
BMP Bone Morphogenic Protein
BMU Basic Multicellular Unit
BRC Bone Remodeling Compartment
BTE Bone Tissue Engineering
CAP Cell Adhesion Protein
CPC Calcium Phosphate Ceramic
CS Chitosan
CSF-1 Colony-stimulating Factor 1
ECM Extracellular Matrix
ESC Embryonic Stem Cell
EPC Endothelial Progenitor Cell
FAK Focal Adhesion Kinase
FDA Food and Drug Administration
GF Growth Factor
GFOGER Gly-Phe-Hyp-Gly-Glu-Arg
HA Hydroxyapatite
hMSC Human Mesenchymal Stem Cell
IL Interleukin
iPSC Induced Pluripotent Stem Cell
LINC Linker of Nucleoskeleton and Cytoskeleton
MLaHA/CS Magnetic Lanthanum (La)-doped HA Nanoparticles/Chitosan Scaffolds
MMP Matrix Metalloproteinase
MP Microparticle
MSC Mesenchymal Stem Cell
MSN Mesoporous Silica Nanoparticle
MWCNT Multi-walled Carbon Nanotube
NP Nanoparticle
OPG Osteoprotegerin
OS Osteosarcoma
PEEK Polyether Ether Ketone
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PCL Poly(caprolactone)
PDGF Platelet-derived Growth Factor
PEG Polyethylene Glycol
PGA Poly(glycolic acid)
PLA Poly(lactic acid)
PLGA Poly Lactic-co-Glycolic Acid
PMMA Poly (methyl metacrylate)
PPF Polypropylene Fumarate
PTH Parathyroid Hormone
PTHrP Parathyroid Hormone-related Peptide
RANKL Receptor Activator of NF-κB Ligand
RGD Arg-Gly-Asp
rMSC Rat Mesenchymal Stem Cell
RUNX2 Runt-related Transcription Factor 2
SF Silk Fibroin
Smurf1 Smad Ubiquitin Regulatory Factor-1
TCP Tricalcium Phosphate
TNF Tumoral Necrosis Factor
TGF-β Transcription Growth Factor β
VEGF Vascular Endothelial Growth Factor
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8. Wubneh, A.; Tsekoura, E.K.; Ayranci, C.; Uludağ, H. Current State of Fabrication Technologies and Materials for Bone Tissue

Engineering. Acta Biomater. 2018, 80, 1–30. [CrossRef]
9. Vieira, S.; Vial, S.; Reis, R.L.; Oliveira, J.M. Nanoparticles for Bone Tissue Engineering. Biotechnol. Prog. 2017, 33, 590–611.

[CrossRef]
10. Ansari, M. Bone Tissue Regeneration: Biology, Strategies and Interface Studies. Prog. Biomater. 2019, 8, 223–237. [CrossRef]
11. Roddy, E.; DeBaun, M.R.; Daoud-Gray, A.; Yang, Y.P.; Gardner, M.J. Treatment of Critical-Sized Bone Defects: Clinical and Tissue

Engineering Perspectives. Eur. J. Orthop. Surg. Traumatol. 2018, 28, 351–362. [CrossRef]
12. Carlier, A.; Lammens, J.; Van Oosterwyck, H.; Geris, L. Computational Modeling of Bone Fracture Non-Unions: Four Clinically

Relevant Case Studies. Silico. Cell Tissue Sci. 2015, 2, 1. [CrossRef]
13. Buck, D.W.; Dumanian, G.A. Bone Biology and Physiology: Part I. The Fundamentals. Plast. Reconstr. Surg. 2012, 129, 7.

[CrossRef]
14. Sommerfeldt, D.W.; Rubin, C.T. Biology of Bone and How It Orchestrates the Form and Function of the Skeleton. Eur. Spine J.

2001, 10, S86–S95. [CrossRef]
15. Katsimbri, P. The Biology of Normal Bone Remodelling. Eur. J. Cancer Care 2017, 26, e12740. [CrossRef]
16. Xiao, W.; Wang, Y.; Pacios, S.; Li, S.; Graves, D.T. Cellular and Molecular Aspects of Bone Remodeling. In Frontiers of Oral Biology;

Kantarci, A., Will, L., Yen, S., Eds.; S. Karger AG: Basel, Switzerland, 2015; Volume 18, pp. 9–16, ISBN 978-3-318-05479-8.
17. Langdahl, B.; Ferrari, S.; Dempster, D.W. Bone Modeling and Remodeling: Potential as Therapeutic Targets for the Treatment of

Osteoporosis. Ther. Adv. Musculoskelet. Dis. 2016, 8, 225–235. [CrossRef]
18. Bernhardt, A.; Wolf, S.; Weiser, E.; Vater, C.; Gelinsky, M. An Improved Method to Isolate Primary Human Osteocytes from Bone.

Biomed. Eng. Biomed. Tech. 2020, 65, 107–111. [CrossRef]
19. Datta, H.K.; Ng, W.F.; Walker, J.A.; Tuck, S.P.; Varanasi, S.S. The Cell Biology of Bone Metabolism. J. Clin. Pathol. 2008, 61, 577–587.

[CrossRef]

23



Materials 2021, 14, 4896

20. Brown, J.L.; Kumbar, S.G.; Laurencin, C.T. Bone Tissue Engineering. In Biomaterials Science; Elsevier: Amsterdam, The Netherlands,
2013; pp. 1194–1214, ISBN 978-0-12-374626-9.
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Abstract: Many bone defects arising due to traumatic injury, disease, or surgery are unable to
regenerate, requiring intervention. More than four million graft procedures are performed each
year to treat these defects making bone the second most commonly transplanted tissue worldwide.
However, these types of graft suffer from a limited supply, a second surgical site, donor site morbidity,
and pain. Due to the unmet clinical need for new materials to promote skeletal repair, this study
aimed to produce novel biomimetic materials to enhance stem/stromal cell osteogenesis and bone
repair by recapitulating aspects of the biophysical and biochemical cues found within the bone
microenvironment. Utilizing a collagen type I–alginate interpenetrating polymer network we
fabricated a material which mirrors the mechanical and structural properties of unmineralized bone,
consisting of a porous fibrous matrix with a young’s modulus of 64 kPa, both of which have been
shown to enhance mesenchymal stromal/stem cell (MSC) osteogenesis. Moreover, by combining
this material with biochemical paracrine factors released by statically cultured and mechanically
stimulated osteocytes, we further mirrored the biochemical environment of the bone niche, enhancing
stromal/stem cell viability, differentiation, and matrix deposition. Therefore, this biomimetic material
represents a novel approach to promote skeletal repair.

Keywords: bone; collagen type I; alginate; conditioned medium; viability; MSC; osteogenesis

1. Introduction

Bone defects arise due to traumatic injury, disease, or orthopedic surgeries and many of these
are unable to regenerate requiring intervention [1]. More than four million graft procedures are
performed each year to treat these defects making bone the second most commonly transplanted
tissue worldwide [2]. The prevalence of bone defects, their associated morbidity, and socio-economic
cost necessitates the need for new materials to promote skeletal repair through regeneration [3]. It is
intuitive that a material which mimics the native tissue may be optimal to promote repair and it is
autografts that are currently used as the clinical gold standard. However, these types of grafts suffer
from a limited supply, a second surgical site, donor site morbidity, and pain [4]. Allografts on the other
hand carry the risk of transmission of infections or an enhanced immune response [5,6]. Therefore,
bone substitute materials are gaining much interest as an alternative to grafts. These materials should
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be designed in such a way so that they provide both biochemical and biophysical cues similar to that
found in the native extracellular matrix (ECM) inductive of bone and the marrow cavity, that can
promote cell attachment, migration, proliferation, and osteogenesis [7].

There are numerous biochemical and biophysical cues present within the bone niche which
promote progenitor cell osteogenesis. For example, physical cues derived from the substrate can
dramatically influence cell behavior. Substrate stiffness in the range of 25–40 kPa has been shown to
be osteogenic mimicking the non-mineralized osteoid tissue deposited by osteoblasts during bone
formation [8]. The surface topography presented to a cell is also a mediator for stem cell fate since
it influences the extent a cell can spread over the surface. A higher degree of spreading commits
the mesenchymal stromal/stem cell (MSC) to the osteogenic lineage [9–12]. Furthermore, a more
disordered surface topography results in a higher osteogenic stimulus [13]. In addition, an average
roughness on the micrometer range has been found to be the most favorable for the osteogenic
differentiation of MSCs [14]. The biochemical makeup of the material can also greatly influence cell
behavior. The native composition of bone tissue is mainly comprised of collagen type I, interspersed
with mineral crystals [15]. Collagen type I, the major protein present in the tissue, comprises a number
of adhesive ligands which influences the degree of cell attachment, spreading and hence the osteogenic
differentiation of resident cells [9,10]. Therefore, there is a need for a synthetic alternative to autograft
which aspires to recapitulate the various structural and physical properties of bone ECM in a 3D
environment [16].

In addition to biophysical cues derived from the cell substrate, biochemical cues within the
bone niche arise predominately from resident cells via paracrine signaling. Bone is exquisitely
mechanosensitive and can structurally adapt to its mechanical environment to maintain function [17].
Macroscopic loading resulting in tissue deformation leads to fluid flow at the cellular level in the
lacuno-canalicular system [18]. The fluid flow translates in various stimuli at the cell level but it has been
shown that stimulation through a fluid-flow induced shear stress has the greatest capacity for mechanical
activation and prevention of apoptosis [19–21]. Osteocytes are the most abundant cell type within
bone and are largely believed to be the master orchestrator of bone physiology [22]. Factors secreted by
mature bone cells, such as osteocytes, have been shown to drive mesenchymal stem cell recruitment,
proliferation, and osteogenic differentiation, with medium collected from mechanically stimulated
osteocytes demonstrating a greater capacity for osteogenesis [23–26]. This therefore demonstrates that
factors secreted by resident bone cells may represent novel anabolic agents to functionalize materials
to enhance bone repair.

Taken together, this study aims to produce novel biomimetic materials to enhance stem/stromal
cell osteogenesis and bone repair by recapitulating aspects of the biophysical (ECM structure/stiffness)
and biochemical cues (osteocyte secretome) found within the bone microenvironment.

2. Materials and Methods

2.1. Interpenetrating Polymer Network (IPN) Synthesis

Interpenetrating polymer network hydrogels were made with a final rat tail collagen type I
(COL-I) (Corning, Bedford, MA, USA) concentration of 1.5 mg/mL mixed in a 1:1 ratio with either a
final concentration of 5 (interpenetrating polymer network (IPN) 5), 10 (IPN 10), or 15 (IPN 15) mg/mL
of ultrapure, low-viscosity, and high glucuronic acid (LVG) alginate (ALG) (Novamatrix, Sandvika,
Norway) in phosphate buffered saline (PBS) (Thermo Fisher Scientific, Carlsbad, CA, USA). According
to the manufacturer’s instructions, collagen was brought to alkalinity to assist in the gelling procedure.
The alginate stock solution was first centrifuged at 650 g for 5 min, diluted to 10, 20, and 30 mg/mL,
mixed with the collagen solution and added to custom-made molds. These molds were then placed
in petri dishes for collagen gelation at 37 ◦C for 30 min. In the meantime, 20 mM calcium chloride
(Sigma, Arklow, Ireland) in ultrapure water was prepared and brought up to a pH of 7.2 using 1 N
NaOH. The calcium chloride was used to ionically crosslink the alginate present in the IPN hydrogels
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for an additional 3 h at 37 ◦C. Control sample hydrogels were made that completely consisted of
1.5 mg/mL collagen type I by following the same gelation procedure as outlined above. The samples
for compressive testing were stored in ultrapure water whereas the samples for histology and scanning
electron microscopy (SEM) were washed with PBS, fixed with 4% paraformaldehyde (PFA) for 4 h,
subjected to 30 min of 30% ethanol (EtOH) and stored in 50% EtOH.

2.2. Compressive Testing

Unconfined compressive testing was performed on hydrogels submersed in PBS up to 30%
strain at a strain rate of 1 mm/min (Zwick Roell Z005, Herefordshire, UK, 5 N load cell). A 0.005 N
pre-load was applied so that the impermeable compressive plates touch the sample on both sides.
The compressive modulus was then calculated as the slope in the linear region of the stress-strain
curve between 0% and 30% strain.

2.3. Scanning Electron Microscopy

The fixed IPN samples that were stored in 50% EtOH were further dehydrated in concentrated
EtOH baths (70% EtOH, 90% EtOH, and absolute ethanol) before being transferred to a critical point
dryer (Quorum Technologies, Lewes, UK) for further dehydration. The samples were then adhered to
sample stubs using carbon tape, sputter coated with 5 mm of platinum-palladium (Cressington sputter
coater, Cressington Scientific Instruments Ltd., Watford, UK) and imaged with a scanning electron
microscope (Zeiss Ultra Plus, Cambourne, UK).

2.4. Cell Culture

The MLO-Y4 cell line (Kerafast, Boston, MA, USA) [27] is a murine derived osteocyte cell line that
was cultured, as previously described [28], on 0.15 mg/mL rat tail collagen type I (Sigma)-coated culture
flasks with α-modification of Eagle’s minimal essential medium (α-MEM) (Labtech, Heathfield,
UK) supplemented with 5% fetal bovine serum (FBS) (Labtech), 5% calf serum (CS) (Sigma),
1% penicillin/streptomycin (Pen/Strep) (Sigma), and 1% L-glutamine (Sigma). Human mesenchymal
stromal/stem cells (hMSCs) (Lonza, Huddersfield, UK) were cultured with low glucose Dulbecco’s
modified Eagle’s medium (DMEM) (Sigma) supplemented with 10% FBS and 1% Pen/Strep. Standard
incubator culture conditions (37 ◦C, 5% CO2) were used for all cell types. MLO-Y4 cells were used
between passage numbers 33 and 36 and HMSCs between passage numbers 3 and 4.

2.5. Conditioned Medium Production

MLO-Y4 cells were seeded on 0.15 mg/mL rat tail collagen type I-coated 6-well plates at a density
of 11,600 cells/cm2 in 2 mL of α-MEM supplemented with 2.5% FBS, 2.5% CS, 1% Pen/Strep, and 1%
L-glutamine per well. After 48 h of culture, these cells were either subjected to mechanical stimulation
or left in culture for an extra 2 h. For mechanical stimulation, 6-well plates were placed on an orbital
shaker (Carl Roth, Karlsruhe, Germany) for 2 h at a rotational speed of 100 rpm in an incubator. Both
the statically cultured as well as the mechanically activated osteocytes were then washed with 2 mL of
PBS and 833 µL of serum free media was applied onto the cells. After 24 h of culture, both the static
(S-CM) as well as the mechanically activated (MA-CM) conditioned medium was collected, centrifuged
at 3000 g for 10 min at 4 ◦C to remove debris after which the supernatant was used or stored at −20 ◦C.

2.6. Conditioned Medium Osteogenesis Study

hMSCs were seeded at a density of 5000 cells/cm2 in 6-well plates in either 2 mL of growth medium
(α-MEM + 1% Pen/Strep + 1% L-glutamine) with the addition of 10% FBS as a negative control (GM),
static osteocyte conditioned medium supplemented with 10% FBS and osteogenic factors (100 nM
dexamethasone (Sigma), 10 mM β-glycerol phosphate (Sigma) and 0.28 mM ascorbic acid (Sigma))
(S-CMost), mechanically activated osteocyte conditioned medium with the addition of 10% FBS and
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osteogenic factors (MA-CMost) or growth medium supplemented with 10% FBS and osteogenic factors
as a positive control (GMost). These four different media groups were cultured for 21 days with a
medium change twice a week.

2.6.1. DNA Analysis

After 21 days of culture, the hMSC monolayer was washed with cold PBS where after 100 µL of
lysis buffer (DNAse free water (Thermo Fisher Scientific) with 0.2% Triton X100 (Sigma), 10 mM Tris
pH8 (Thermo Fisher Scientific), and 0.5% phenylmethylsulfonyl fluoride (PMSF) (Sigma)) was added
per well. Cells were then detached with a cell scraper, transferred to a microtube, vortexed, sonicated,
frozen at −80 ◦C, thawed and homogenized with a needle. A quant-it picogreen dsDNA assay kit
(Invitrogen, Carlsbad, CA, USA) was used to quantify the amount of DNA present in the cell lysate
samples with reference to set standards. The samples and standards were excited at 480 nm and their
emission was captured at 520 nm.

2.6.2. Collagen Production

Collagen was stained and quantified through a protocol previously described [29,30]. The hMSC
monolayer was fixed with 10% formalin (Sigma) for 15 min with PBS washing steps both before and
after the fixation procedure. After 1 mL of picrosirius red was added per well, gentle shaking was
applied for 1 h at room temperature. The cell monolayer was then washed twice with 0.5% acetic
acid (Sigma) and once with ultrapure water. To quantify the amount of collagen deposited by the
HMSCs, 1 mL of PBS was added per well and a cell scraper was used to remove the monolayer of
cells and subsequently transferred to a microtube. After centrifugation at 14,000 g for 10 min at room
temperature, the pellet was resuspended in 0.5 M NaOH and vortexed until the stain was dissolved.
The samples were then compared against a collagen standard (Corning) that was centrifuged and
resuspended in 0.5 M NaOH. The absorbance of both standards and samples was read at 550 nm.

2.6.3. Mineral Production

Mineral deposits were stained and quantified through a protocol previously described [29,30].
The hMSC monolayer was fixed with 10% formalin for 15 min with PBS washing steps both before and
after the fixation procedure. The fixed monolayers were incubated with 2 mL of alizarin red S (ARS)
solution (Sigma) at a pH of 4.1 for 20 min at room temperature with gentle shaking. Afterwards, the
cells were washed with excess ultrapure water until the background staining was maximally cleared.
To quantify the amount of mineral that was produced by the differentiating hMSCs, 1.6 mL of 10%
acetic acid was added to each well. The plates were then incubated for 30 min at room temperature
while shaking at 150 rpm on an orbital shaker. The monolayer of cells were detached using a cell
scraper, transferred to a microtube, vortexed, and heated to 85 ◦C for 10 min after which these tubes
were transferred to ice for 5 min. Once the tubes were fully cooled, they were centrifuged at 20,000 g for
15 min. After adding 200 µL of 10% ammonium hydroxide to 500 µL of the supernatant, the samples
were quantified against serial dilutions of ARS solution by reading their absorbance at 405 nm.

2.7. IPN + Conditioned Medium Osteogenesis Study

Both static as well as mechanically activated osteocyte conditioned medium were concentrated up
to 10 mg/mL of protein content using a Speedvac concentrator (Savant, Carlsbad, CA, USA). The S-CM
was then diluted to 0.5 mg/mL (S-CM0.5) whereas the MA-CM was both diluted to 5 (MA-CM5) and
0.5 (MA-CM0.5) mg/mL. All the conditioned media was then sterile filtered and 10% FBS was added to
the media.

Human mesenchymal stromal/stem cells were resuspended into either growth medium with the
addition of 10% FBS (GM) or the different conditioned media solutions that were prepared as described
before with an appropriate cell density to obtain 500,000 hMSCs per IPN construct. The hydrogels
were then cultured for either 1 (GM D1) or 21 days (GM D21, S-CM0.5, MA-CM0.5, and MA-CM5) in
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osteogenic medium (growth medium with the addition of 10% FBS and osteogenic factors) with a
medium change twice a week. The complete experimental planning for this study is shown in Figure 1.
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phosphate (Sigma), 0.5998 g monobasic sodium phosphate (Sigma), and 1 mL of 500 mM EDTA to 90 

Figure 1. Experimental outline investigating the effect of osteocyte secreted factors on human
mesenchymal stromal/stem cells (hMSC) osteogenesis within interpenetrating polymer network (IPN)
hydrogels comprising collagen type I (COL-I) and alginate (ALG). Five different groups are investigated:
GM = growth medium (α-modification of Eagle’s minimal essential medium (α-MEM) supplemented
with 10% fetal bovine serum (FBS), 1% Pen/Strep, and 1% L-glutamine), 0.5 mg/mL statically cultured
osteocyte conditioned media (S-CM) supplemented with 10% FBS, 0.5 mg/mL mechanically activated
osteocyte conditioned media (MA-CM), and 5 mg/mL MA-CM supplemented with 10% FBS. hMSCs
were resuspended into these media groups and incorporated into the COL-I/ALG hydrogel subsequently
exposed to thermal gelation (T), ionic crosslinking (Ca2+), and cultured for 21 days in osteogenic
medium. DNA content, collagen, and mineral deposition was quantified at D1 and D21, n = 5.

Either after 1 or 21 days, the osteogenic media was removed and the IPN was washed with
PBS. The materials for biochemical assessment were cut in two and put into 1.5 mL microtubes for
either papain or hydrochloric acid digestion. These microtubes were then stored overnight at −80 ◦C.
The histology samples were fixed with 4% PFA for 4 h, dehydrated in 30% EtOH, and stored in
50% EtOH.

2.7.1. DNA Analysis

A papain buffer extract (PBE) was made by adding 0.7098 g of dibasic anhydrous sodium
phosphate (Sigma), 0.5998 g monobasic sodium phosphate (Sigma), and 1 mL of 500 mM EDTA to
90 mL of ultrapure water. The pH was brought to 6.5 by adding 38% HCl (Sigma). Ultrapure water
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was then added up to 100 mL and the solution was sterile filtered to remove dust particles. The papain
digestion buffer was activated by adding 63 mg of L-cysteine hydrochloride hydrate (Sigma) together
with 3.88 units/mL of papain enzyme to 40 mL of PBE. Samples were removed from the freezer and
472.5 µL of the activated papain buffer extract was added to each microtube before being put on a
rocker for 18 h at 60 ◦C. Then, 27.5 µL of a 1 M sodium citrate solution was subsequently added to
fully digest the IPN sample. The samples were then vortexed and centrifuged at 15,000 g for 10 min at
4 ◦C and the amount of DNA within these samples was obtained with a quant-it picogreen dsDNA
assay kit (Invitrogen) by referring to set standards. The emission of both samples and standards was
captured at 520 nm after excitation at 480 nm.

2.7.2. Collagen Production

A hydroxyproline assay was performed to quantify the amount of collagen present in the samples
as previously described [31]. Briefly, the papain digested sample was combined with PBE and 38%
hydrochloric acid. The samples were then incubated at 110 ◦C for 18 h, cooled, centrifuged, allowed to
dry in a fume hood and dissolved in ultrapure water. Hydroxyproline standards were made by serial
dilution of the hydroxyproline stock solution. Both standards and samples were subsequently added
to a 96-well plate in triplicate. A citrate stock buffer was made as the basis of the assay buffer and the
chloramine T reagent which were added to both standards and samples in the 96-well plate. After
the oxidation of hydroxyproline, (dimethylamino)benzaldehyde (DMBA) reagent was added and the
absorbance of the plate was read at 570 nm. Qualification of the collagen content in the IPN samples
was obtained through picrosirius red staining. The histology samples stored in 50% EtOH were further
dehydrated in more concentrated EtOH and xylene baths before being embedded in paraffin wax.
A microtome was used to slice the samples where after these were put in a water bath and mounted on
a glass slide. After drying overnight, picrosirius red staining was applied and a bright-field microscope
was used to image with a 2× and 10× objective.

2.7.3. Mineral Production

A calcium assay kit (Sentinel Diagnostics, Milan, Italy) was used to quantify the amount of calcium
present in the samples compared to standards which were made as serial dilutions of a 20 µg/mL
and 100 µg/mL stock solution based on calcium chloride and hydrochloric acid solutions. Mineral
depositions were also visualized through alizarin red staining of the sliced IPN samples. These were
then subsequently imaged with a bright-field microscope using a 2× and 10× objective.

2.8. Statistical Analysis

The data obtained in this study was subjected to a statistical analysis with GraphPad Prism
v8.2.0 (GraphPad Software, La Jolla, CA, USA) presented as mean ± standard deviation. The different
experimental groups were compared using an ordinary one-way ANOVA with Tukey’s multiple
comparison test. A p-value less than 0.05 was accepted as a significant difference between groups.

3. Results

3.1. Fabrication of an IPN Material with Mechanical Properties Mirroring the Bone Marrow/Osteoid Niche

Figure 2a gives an overview of the IPN hydrogel synthesis where the constant collagen
concentration is mixed with different concentrations of alginate. Unconfined compressive testing
was performed to quantify the compressive modulus of the developed polymer networks (Figure 2b).
Addition of alginate results in a significant considerable increase in the modulus of the material.
Whereas the modulus of collagen type I (COL-1) lies around 0.3 kPa, it is increased to around 25 kPa
with the addition of 5 mg/mL of alginate (IPN 5). Further addition of alginate results in significantly
increased moduli of around 60 kPa (IPN 10) and 85 kPa (IPN 15). To determine the influence of
alginate addition to the microstructure of the materials, each IPN was observed under SEM (Figure 2c).

36



Materials 2020, 13, 1690

The collagen type I network on its own possesses a fibrillar structure with small pore spaces between
the fibers. Addition of 5 mg/mL of alginate reduces these pore spaces and tends to break up the
fibrillar structure. When 10 mg/mL of alginate is added to the collagen type I network, the fibrillar
microstructure is restored with enlarged pore spaces between the fibers making the structure more
open. The pore spaces are further enlarged by the addition of 15 mg/mL of alginate. As the IPN 10
hydrogel possesses both a compressive modulus and a fibrillar porous architecture similar to that
previously shown to enhance osteogenesis, this material was utilized for all further experimentation.
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Figure 2. Fabrication of an IPN material mirroring the bone marrow/osteoid niche (a) Overview of the
IPN synthesis with a 1.5 mg/mL collagen type I (COL-I) concentration and a varying alginate (ALG)
concentration of 0, 5, 10, and 15 mg/mL subjected to a collagen type I gelation phase at 37 ◦C (T) for
30 min next to an ionic crosslinking (Ca2+) phase of alginate at 37 ◦C for 3 h; (b) unconfined compressive
modulus compared for four different materials: a collagen type I hydrogel (COL-I), a COL-I/ALG IPN
hydrogel with 5 mg/mL alginate (IPN 5), a COL-I/ALG IPN hydrogel with 10 mg/mL alginate (IPN 10),
and a COL-I/ALG IPN hydrogel with 15 mg/mL alginate (IPN 15) (n = 5); (c) SEM images of COL-I,
IPN 5, IPN 10, and IPN 15 (scale bar: 1 µm).

3.2. Paracrine Factors Released by Osteocytes Can Enhance Osteogenic Matrix Deposition by hMSCs in
Monolayer Culture

In Figure 3a, an overview of the different media groups is given that will be used in subsequent
experiments, i.e., growth media (GM), statically cultured osteocyte conditioned media (S-CM),
and mechanically activated osteocyte conditioned media (MA-CM). The proliferation of hMSCs over
21 days was quantified through a picogreen dsDNA assay (Figure 3b). The addition of osteogenic
supplements resulted in a significant 2.4-fold increase in proliferation of hMSCs when compared to
standard growth medium (p < 0.05, n = 5). While an increase in hMSC proliferation was also seen
following treatment with S-CM (1.6-fold) and MA-CM (1.7-fold) when compared to GM, this was
not significant. This is likely due to the depletion of nutrients in the media during the conditioning
procedure. There was also no difference in hMSC proliferation when comparing S-CM to MA-CM.

To determine the effect of osteocyte secreted factors on hMSC matrix deposition, we next analyzed
collagen and matrix deposition after 21 days. As expected, the addition of osteogenic supplements
resulted in a significant 4-fold (p < 0.05, n = 5) increase in collagen deposition (Figure 3c). An increase
in collagen deposition following treatment with S-CM (2-fold) and MA-CM (2-fold) was also identified
when compared to GM, but this was significantly less than that seen with GMost. This trend mirrors
that seen in the DNA analysis. Interestingly, mineral deposition was significantly altered by factors
secreted by osteocytes (Figure 3d). Both the S-CM and MA-CM groups significantly enhanced mineral
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deposition over both GM and GMost (p < 0.05, n = 5). However, there was no difference in mineralization
when comparing S-CM to MA-CM.

Taken together, this data demonstrates that paracrine factors released by osteocytes can enhance
osteogenic matrix deposition by hMSCs in monolayer culture, and thus represent potential factors to
enhance bone regeneration.
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Figure 3. Effect of paracrine factors released by osteocytes on hMSC behavior in 2D cell culture.
(a) Overview of the different media groups including growth medium (GM), conditioned medium
collected from statically cultured osteocytes (S-CM) and conditioned medium collected from
mechanically activated osteocytes (MA-CM); (b) quantification of the DNA content through a
picogreen dsDNA kit for hMSCs treated with GM, S-CMost, MA-CMost, and the growth medium group
supplemented with osteogenic factors (GMost) (n = 5); (c) quantification of collagen deposition through
the amount of bound picrosirius red staining for each medium group (n = 5); (d) quantification of
mineral deposition through the amount of bound alizarin red staining for every medium group (n = 5).

3.3. Osteocyte Derived Paracrine Factors Maintain hMSC Viability in Biomimetic IPN Hydrogels

We next looked to combine the paracrine factors released by osteocytes with the IPN materials to
achieve a scaffold that recapitulates some of the biochemical and biophysical cues similar to that seen
in the bone niche. Figure 4a schematically displays how both the hMSCs and the conditioned medium
were incorporated into the IPN 10 material. A picogreen dsDNA assay was used to quantify the
viability and proliferation of hMSCs within the IPN hydrogel over 21 days (Figure 4b). All groups show
a significant decrease in DNA content compared to the day 1 group, demonstrating that these materials
can have adverse effects on viability over long term culture. However, the addition of osteocyte
secreted biochemical factors significantly improved cell viability approximately 2-fold (p < 0.05, n = 5)
when compared to GM alone at day 21. As seen in 2D culture, no difference was seen between S-CM
and MA-CM, nor was it influenced by CM concentration.
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Figure 4. Effect of osteocyte derived paracrine factors on cell viability in IPN 10 hydrogels. (a) Schematic
overview of the different media groups supplemented with 10% FBS and osteogenic factors including
growth medium quantified at both day 1 and day 21 after incorporating the hMSCs into the
IPN hydrogel (GM D1 and GM D21), Speedvac-concentrated static osteocyte conditioned medium
diluted to a protein content of 0.5 mg/mL quantified at day 21 after hMSC incorporation (S-CM0.5

D21), Speedvac-concentrated mechanically activated osteocyte conditioned medium diluted to a
protein content of 0.5 mg/mL quantified at day 21 after hMSC incorporation (MA-CM0.5 D21),
and Speedvac-concentrated mechanically activated osteocyte conditioned medium diluted to a protein
content of 5 mg/mL quantified at day 21 after hMSC incorporation (MA-CM5 D21); (b) quantification
of the DNA content through a picogreen dsDNA kit for the different media groups (n = 5).

3.4. IPN Hydrogels Functionalised with Osteocyte Derived Biochemical Factors Enhance hMSC Osteogenic
Matrix Deposition

We next examined whether the osteocyte derived biochemical factors could enhance osteogenic
matrix deposition within biomimetic IPN 10 hydrogels. The picrosirius red collagen staining is evident
across both the complete IPN hydrogel (Figure 5a, inset) and at a higher magnification (Figure 5a).
Furthermore, at high magnification, punctate collagen staining is seen surround entrapped cells
demonstrating collagen production by encapsulated cells. Interestingly there is no increase in collagen
deposition over 21 days in the GM group but an increasing trend in deposition is seen following
the addition of osteocyte secreted factors. The mechanically activated osteocyte conditioned media
groups have an overall higher amount of staining across the hydrogels when analyzing the magnified
images which is also confirmed in the quantification shown in Figure 5b. This increase in collagen
deposition reaches significance in the higher concentration MA-CM compared to the growth media
groups (p < 0.05, n = 5). The dose-dependent effect can also be observed when comparing both MA-CM
groups. This data demonstrates the osteocyte derived factors can enhance hMSC collagen deposition
in IPN hydrogels, although high concentrations are required.

Mineralization, as measured by Alizarin red staining, is evident across all groups by day 21 shown
in Figure 5c. Interestingly, the GM IPN demonstrated poor mineralization within the center of the
material while each of the osteocyte CM IPNs demonstrated good mineralization throughout, with high
intensity staining observed surrounding encapsulated cells. Quantifying the mineral deposited, there
is significant ~10-fold increase in calcium content after 21 days culture (Figure 5d). The osteocyte CM
groups did not significantly influence the total concentration of mineral deposited when compared
to GM at day 21 except for the MA-CM at 0.5 mg/mL which demonstrated a reduced total mineral.
However, this was corrected when MA-CM concentration was increased to 5 mg/mL. Therefore,
osteocyte derived factors do not increase overall quantity of mineral in IPN hydrogels but improves
the distribution of mineral throughout the material.
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Figure 5. IPN hydrogels functionalized with osteocyte derived biochemical factors enhance hMSC
osteogenic matrix deposition. (a) Collagen production qualified through picrosirius red staining for the
different media groups supplemented with 10% FBS and osteogenic factors including growth media
GM D1 and GM D21, osteocyte conditioned medium at 0.5 mg/mL quantified at day 21 after hMSC
incorporation (S-CM0.5 D21), mechanically activated osteocyte conditioned medium at 0.5 mg/mL and
5 mg/mL quantified at day 21 after hMSC incorporation (MA-CM0.5 D21 and MA-CM5 D21) (scale bar:
200 µm, scale bar inset: 1 mm); (b) collagen content quantified with a hydroxyproline assay for every
medium group (n = 5); (c) mineral production qualified through alizarin red staining for the different
media groups (scale bar: 200 µm, scale bar inset: 1 mm); (d) mineral content quantified with a calcium
assay for every medium group (n = 5).

4. Discussion

Due to the unmet clinical need for new materials to promote skeletal repair, this study aimed to
produce novel biomimetic materials to enhance stem/stromal cell osteogenesis and bone repair by
recapitulating aspects of the biophysical and biochemical cues found within the bone microenvironment.
Utilizing a collagen type I–alginate interpenetrating polymer network we fabricated a material which
mirrors the mechanical and structural properties of unmineralized bone, consisting of a porous fibrous
matrix with a young’s modulus of 64 kPa, both of which have been shown to enhance MSC osteogenesis.
Moreover, by combining this material with biochemical paracrine factors released by statically cultured
and mechanically stimulated osteocytes, we furthered mirrored the biochemical environment of the
bone niche, enhancing stromal/stem cell viability, differentiation and matrix deposition. Therefore,
this biomimetic material represents a novel approach to promote skeletal repair.

Various cues have been shown to affect the lineage commitment of bone marrow stromal/stem
cells. Collagen type I was selected for this study as this structural protein is the most abundant protein
found in bone and exhibits a fibrillar architecture that facilitates cell adherence which has been shown
to favor osteogenic differentiation [9,10]. However, collagen alone displays poor mechanical properties.
By adding alginate to collagen type I, forming an interpenetrating polymer network, we were able
to significantly improve the mechanical properties of the material in terms of compressive modulus.
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The IPNs containing 5 and 10 mg/mL alginate possess compressive moduli that lie within the range
predicted to be optimal for osteogenesis [8]. The reported electrostatic complexation with alginate
further adds to the roughness of the material on the microstructural level which has also been shown to
be favorable and hence further adds to the stimulating environment for osteogenic differentiation [14].
Increasing the alginate content of the IPN also resulted in a more open network structure. This can be
explained by a reduced number of available nucleation sites for collagen fibrillogenesis due to the
choice for a low concentration of collagen type I present in the IPN material as well as the formation
of an electrostatic complex with alginate leading to the inhibition of the branching lateral addition
of collagen molecules [32]. It was hypothesized that this more open structure would facilitate cell
migration and the diffusion of nutrients. Ultimately, the IPN with 10 mg/mL alginate was chosen since
it has the highest ability to incorporate both biophysical and biochemical cues present in the bone
marrow stromal cell niche.

In vivo, mechanical loading leads to bone formation by recruiting or activating osteoprogenitor
cells from the marrow stroma and along the bone surface which subsequently differentiate into
bone forming osteoblasts [33,34]. Osteocytes have been shown to play a key role in this bone
mechanoadaptation [26,35]. To decipher the potential regenerative properties of biochemical factors
released by osteocytes, we collected the secretome of statically cultured and mechanically stimulated
osteocytes and utilized this to treat human MSCs and evaluate cell viability/proliferation and osteogenic
matrix deposition in 2D culture. Conditioned media, either static or mechanically activated, was found
to have a minimal effect on stem cell proliferation, which is consistent with previous findings by
Birmingham et al. [23]. This is partially in contrast to Brady et al. who identified a significant increase
in murine MSC proliferation following treatment in mechanically activated osteocyte conditioned
medium. [25]. However, this discrepancy in proliferative effect may be due to the different species,
the different mechanical stimulus that was applied (a rocking platform versus an orbital shaker),
the difference in duration of mechanical activation (24 h instead of the 2 h time frame used in this
experiment), and finally due to the use of a shorter time point at which proliferation was quantified
(day 3 versus day 21). This minimal effect of the osteocyte secretome was also seen in terms of collagen
deposition. However, this is in contrast to the mineral production of the conditioned media groups
which was significantly increased compared to controls. This is consistent with data obtained by Heino
et al. for static osteocyte conditioned medium [24]. Brady et al. found that the normalized calcium
concentration of both the mechanically activated osteocyte conditioned medium and the positive
control was significantly upregulated compared to static osteocyte conditioned medium and the
negative control group [25]. This discrepancy arises possibly because no osteogenic factors were added
in their conditioned media groups or, as discussed earlier, due to either a different mechanical activation
or the use of another cell type. In conclusion, the main effect of adding osteocyte conditioned medium
in terms of matrix deposition can be found in the production of mineral deposits. However, the orbital
shaker mechanically activated osteocyte conditioned medium shows the same mineral production as
the one observed with static osteocyte conditioned medium, suggesting that a more robust mechanical
stimulation regimen is required to harness the benefits of physical loading previously identified.

To elucidate the combined effect of the cues presented in the paracrine signaling of osteocytes and
the cues incorporated into the biomaterial, an osteogenic differentiation study was conducted that
evaluated both cell viability as well as matrix deposition in 3D cell culture. It was hypothesized that
the experimental biomaterial groups that incorporated the conditioned medium would have a more
favorable effect on the osteogenic differentiation. Moreover, it was speculated that the concentrated
mechanically activated conditioned media group would lead to an enhanced osteogenic differentiation.
The number of cells present after 21 days quantified through the amount of DNA content is significantly
decreased compared to the negative control at day 1. This could be attributed to a lack of nutrients
especially in the center of the hydrogel which can be seen in the histology images of both the collagen
production and more pronounced in the mineral production for the growth medium group quantified
at day 21. The conditioned media groups still show a significant decrease compared to day 1 although
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significantly less pronounced than the one identified with the negative control at day 21. This shows
that the addition of conditioned medium to the hydrogel positively influences cell survival but is not
able to completely turn the issue of cell death in the core of the hydrogel around.

Combining the biophysical cues within collagen based IPN hydrogels with biochemical
cues derived from osteocytes, we developed a material that recapitulates aspects of the bone
microenvironment, enhanced cell viability and osteogenic matrix deposition. While the IPN material
presents a mimetic architecture, it was evident that cell death occurred particularly within the center of
this construct over a 21-day period which is indicative of poor nutrient transport. Interestingly,
the addition of biochemical factors released by osteocytes significantly improved cell viability.
This positive influence of osteocyte derived factors is further evident when examining matrix deposition.
Collagen deposition is significantly enhanced by concentrated mechanically activated osteocyte derived
factors. Moreover, a uniform distribution of mineralization was clear throughout the material while
mineralization is absent in the core of materials lacking osteocyte derived factors. While the increase in
mineralization relative to GM controls seen in 2D culture was not found in the IPN materials, this is
likely due the inherent osteogenic capacity of the collagen based IPN hydrogel. Taken together this
data demonstrates that mimicking aspects of the bone microenvironment can be utilized as a strategy
to enhance MSC osteogenesis and bone repair.

There are a number of limitations in this study. For example, the orbital shaker used here was not
able to optimally activate osteocytes since the effect of the mechanically activated conditioned medium,
despite some minor non-significant trends, did not differ significantly from its static counterpart, as has
been previously shown using alternative bioreactors. Although shear stress values reported with the
orbital shaker vary between 0.02 and 1.3 Pa, the delivered shear stress distribution might be too low
and irregular to achieve a sufficient mechanical activation [36]. Future work should look at a new type
of bioreactor that is able to have a higher control over the delivered shear stress distribution, whilst also
enabling the generation of large volumes of media. Concentrating the conditioned media should also
be explored further as a mechanism to stimulate osteogenesis next to an optimal mechanical activation.

5. Conclusions

In this study we recapitulated aspects of the biophysical and biochemical cues found within the
bone microenvironment in a material as a strategy to address the clinical need for novel materials to
enhance bone repair. Utilizing a collagen based interpenetrating polymer network we fabricated a
material which mirrors the mechanical and structural properties of unmineralized bone, consisting of
a porous fibrous matrix with a young’s modulus of 64 kPa, both of which have been shown to enhance
MSC osteogenesis. Moreover, by combining this material with biochemical paracrine factors released
by osteocytes, we furthered mirrored the biochemical environment of the bone niche, enhancing
stromal/stem cell viability, differentiation and matrix deposition. Therefore, this biomimetic material
represents a novel approach to promote skeletal repair.
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Abstract: For bone tissue engineering, stem cell-based therapy has become a promising option. Re-
cently, cell transplantation supported by polymeric carriers has been increasingly evaluated. Herein,
we encapsulated human olfactory ectomesenchymal stem cells (OE-MSC) in the collagen hydrogel
system, and their osteogenic potential was assessed in vitro and in vivo conditions. Collagen type
I was composed of four different concentrations of (4 mg/mL, 5 mg/mL, 6 mg/mL, 7 mg/mL).
SDS-Page, FTIR, rheologic test, resazurin assay, live/dead assay, and SEM were used to characterize
collagen hydrogels. OE-MSCs encapsulated in the optimum concentration of collagen hydrogel and
transplanted in rat calvarial defects. The tissue samples were harvested after 4- and 8-weeks post-
transplantation and assessed by optical imaging, micro CT, and H&E staining methods. The highest
porosity and biocompatibility were confirmed in all scaffolds. The collagen hydrogel with 7 mg/mL
concentration was presented as optimal mechanical properties close to the naïve bone. Furthermore,
the same concentration illustrated high osteogenic differentiation confirmed by real-time PCR and
alizarin red S methods. Bone healing has significantly occurred in defects treated with OE-MSCs
encapsulated hydrogels in vivo. As a result, OE-MSCs with suitable carriers could be used as an
appropriate cell source to address clinical bone complications.

Keywords: tissue engineering; collagen hydrogel; cell delivery; bone regeneration; olfactory ectomes-
enchyme stem cells

1. Introduction

Bone defects represent a primary concern of disability worldwide [1]. Although there
have been enormous advances in developing new drugs, surgical methods and treatment
modalities, clinical outcomes remain fundamentally undesirable in many patients. Autolo-
gous bone grafting has been popularized as a therapeutic tool, accelerating the overgrowth
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of cells that can regenerate new bone tissue [2]. Restricted access to bone tissue has been
widely challenged in the clinic [3]. Hence, developing new strategies for bone regeneration
is highly required. As a new area with a clinical prospect, tissue engineering has emerged
as powerful platforms for tissue reconstruction [4].

Biomaterials as a main component of tissue engineering have emerged as effective
cell delivery systems to accelerate their survival and proliferation rate and differentiation
capacity [5]. Up to now, many types of polymeric materials and bone substitutes have
been studied and developed to regenerate bone defects. Among them, hydrogels contain
hydrophilic cross-linked networks with water-swelling capacity have a great potential to
increase cell adhesion and migration with biodegradation property [6]. Therefore, these
bioactive three-dimensional scaffolds provide appropriate conditions for cell proliferation
and differentiation. Living cells can be encapsulated in hydrogels as a cell delivery system
and can be easily transferred to the target region for tissue regeneration [7].

Collagen is one of the most important structural proteins in the extracellular matrix
(ECM). A large and growing body of literature has emphasized the application of collagen
in medicine owing to its supreme biocompatibility and low immunogenicity [8]. Since bone
ECM is composed of hydroxyapatite mineral deposits in collagen type I substrate, collagen
hydrogel can be a suitable candidate for stem cell encapsulation with flexibility analogous
to natural tissue features for bone regeneration [9]. Additionally, the different type of
stem cell has been examined in the tissue engineering field and can be isolated from adult
and embryonic tissues [10]. Immunomodulatory effects, releasing paracrine molecules,
and remarkable angiogenic capacity are known as the leading mechanisms for tissue
regeneration [11]. Various mesenchymal stem cells (MSC) sources, such as dental pulp
MSCs, human amniotic MSCs, placental-derived MSCs, and mesenchymal cell derived
from bone marrow and adipose tissue, have been identified for bone regeneration [12].
Clinical trials of autologous adult stem cells transplantation for bone repair exhibited
long term safety and efficacy [13]. Researchers have shown a growing trend towards
using olfactory-derived ectomesenchymal stem cells (OE-MSC) as an appropriate available
stem cell source for therapeutic strategies [14–16]. Human olfactory mucosa consists
of two layers, lamina propria, and the epithelial layer. The globose and basal cells lay
quiescent in the epidermal layer of olfactory mucosa, involving epithelial regeneration. The
olfactory mucosa also contains multipotent cells in the lamina propria with neuronal and
mesenchymal properties. These stem cells have been considered as a new family of MSCs
due to their easy accessibility and autologous grafting ability [17,18] to solve immune
system rejection and ethical issues in clinical trials [19].

There has been exciting research that recognized the critical immunomodulatory role
played by olfactory-derived stem cells via releasing TGF-B and IL10 [20]. Moreover, it
has been shown that OE-MSCs have a higher differentiation capacity into osteocyte than
progenitor cells found in the umbilical cord [15,21]. OE-MSCs have been successfully
used for nerve regeneration [22,23]. Due to its capacity to osteocyte [17], It can be ap-
propriate sources for in vivo study of bone regeneration. However, no comprehensive
research has been performed on OE-MSCs and their application in vivo condition for bone
tissue engineering.

The main questions have been raised about the behavior of human OE-MSCs in an
osteogenic microenvironment. Accordingly, in this research, we encapsulated human
OE-MSCs in a collagen hydrogel system, and their osteogenic potential was evaluated
in vitro conditions. After optimization of collagen concentration, we transplanted this
system to assess in vivo bone condition in a rat calvaria defection.

2. Materials and Methods
2.1. Materials

Ethylenediaminetetraacetic acid (EDTA) was purchased from Gibco, Canada Inc.
Ethanol, methanol, and acetic acid (100%) were obtained from Merck, Germany. Poly-
acrylamide, Alizarin Red, Dil, The fetal bovine serum was given by Gibco (FBS). Primers
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and cDNA synthesis kit were obtained from Sinaclon, IRAN. B-glycerophosphate and
dexamethasone were prepared from SANTA CRUZ biotechnology. The SYBR-Green PCR
Master Mix was given by ThermoFisher Scientific in the United Kingdom.

2.2. Ethics

This investigation was confirmed by IUMS Ethical Committee (NO; IR.IUMS.REC.
1399.020). All procedure performed according to the University guidelines.

2.3. Experimental Studies
2.3.1. Isolation and Characterization of Cells

Olfactory mucosa samples were harvested from human sources and processed, as
previously defined [1]. Shortly, the tissue pieces were minced and transferred to a sterile
dish, and OE-MSCs isolation was carried out as previously reported [2]. The isolated cells
were cultured in DMEM/F12 nutrient mixture and proliferated. After that, cells were
characterized by flow cytometry assessment for specific proteins like CD90, CD29, CD105,
CD31, and CD34. The adipogenic and osteogenic capacity of stem cells were assessed on
day 21. Moreover, to detect mesenchymal cells markers, immunocytochemistry was done,
and the expression of nestin and vimentin were assessed.

2.3.2. Collagen Extraction, Hydrogel Preparation, and Characterization
Rat Tail Collagen Type I Extraction

First of all, we harvested tendons from the rat tails [3]. Tissue samples transferred
to a petri dish containing 70% ethanol. The tendons then were separated from the sheath
attached to the vertebrae. The extracted tendons were transferred in 0.02% acetic acid under
moderate vibration at 4 ◦C. After that, the solution was centrifuged for 1 h at 12,000× g
and deposited at −80 ◦C. The frozen solution was transferred to a freeze dryer machine to
obtain dried collagen.

Fourier Transform Infrared Spectroscopy (FTIR)

The detection of amide bands was done using Fourier transform infrared spectroscopy
(FTIR) [4]. The spectra were collected in a Nicolet 6700 spectrometer (Mundelein, IL, USA)
and documented with a resolution of 4 cm in 1 over 64 scans.

Gel Electrophoresis

Gel electrophoresis sodium dodecyl sulfate-polyacrylamide (SDS-PAGE) was carried
out to detect collagen type I according to previous studies [5]. Gel electrophoresis was
prepared by a combination of running and stacking gels. After electrophoresis, the gels
were set and dyed in Coomassie Blue R-250 (0.1%) for four hours at 60 ◦C in a 25% solution;
then several rinses in a decolorizer solution containing methanol, acetic acid, and water
(2:3:35, V/V) dissolved the residual stain.

Hydrogel Preparation and OE-MSCs Encapsulation

Collagen type I extracted from rat tail was dissolved in 1 mL acetic acid 2 N. This
solution was mixed with phosphate buffer saline (10× PBS) and NaOH (1N) at pH 7.4 while
kept on ice [6] and was prepared in four final separate concentrations including 4 mg/mL,
5 mg/mL, 6 mg/mL, and 7 mg/mL. The human OE-MSCs pellet was resuspended in
cell culture medium and 1 × 104 cells/mL mixed into the non-gelated collagen mixture,
followed by immediate gelation in 37 ◦C incubation, and the cell culture medium was
added on top of the gelated hydrogels [7].

Field Emission Scanning Electron Microscopy

The morphology and elemental composition of the specimens were determined using
digital field emission scanning electron microscopy [8]. OE-MSCs had been cultured sepa-
rately on four concentrations of hydrogels (4 mg/mL, 5 mg/mL, 6 mg/mL, and 7 mg/mL)
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for 48 h; until drying with a critical point dryer, the encapsulated OE-MSCs in four concen-
trations of collagen hydrogels is dehydrated in a graded sequence of ethanol concentrations.
Gold was sputtered on the dried specimens. The spectrum was mapped and analyzed
using energy dispersive spectroscopy (TESCAN CLARA, Brno-Kohoutovice, Czechia).

Porosity Assessment

To determine porosity of scaffolds, the liquid displacement method was done [9].
Ethanol was applied for liquid displacement because it did not cause shrinking or swelling
of the scaffold. The scaffolds were weighed, soaked in ethanol for 30 min, and then the
weight of the scaffolds in ethanol [10] was determined. The filter paper was used to extract
the ethanol from the scaffold base, and the weight of the wet scaffold (ww) was also
calculated (n = 3). The scaffold porosity was estimated by Equation:

Porosity (%) = (ww − wd)/(ww − wl) × 100

Rheological Analysis

The effect of concentration on the storage (G′) and loss modulus (G′′) of collagen
hydrogels was evaluated by rheometric mechanical spectroscopy (RMS) tests using an
MCR300 rheometer (Anton Paar, Graz, Austria) equipped with a cone-plate geometry [11].
For sample preparation, the hydrogels were poured into a mold and then placed on the
plate of the rheometer; and before beginning the procedure, surface water was carefully
removed with tissue paper. Frequency sweeps were performed at frequencies ranging from
0.01 to 100 Hz. At a stable temperature of 37 ◦C, both tests were carried out.

OE-MSCs Viability and Proliferation Assessment

The viability of human OE-MSCs was quantified using a live/dead viability package
(ThermoFisher, Berlin, Germany), following the manufacturer’s staining protocol [11].
Briefly, after stem cell encapsulation in collagen hydrogels on days 1, 7, and 14, the samples
were dyed for 10 min after the culture medium was extracted. The cells were then washed
with PBS and observed under the fluorescence microscope. By staining the hydrogels
with fluorescent diacetate (FDA) and propidium iodide (PI), the existence of encapsulated
OE-MSCs was determined. FDA indicates living cells with green fluorescence, while PI
indicates dead cells with red fluorescence. Furthermore, for proliferation quantitative
evaluation, resazurin kit (Kiazist, Tehran, Iran) was used at various time points (1st, 7th,
and 14th days after stem cell encapsulation). Following the removal of the media, 10 mL of
resazurin reagent containing 180 mL of serum-free medium was applied to each well of
a 96-well plate and incubated for 4 h at 37 ◦C. Using a microplate reader, the absorbance
values of each well were calculated at 570 nm.

Osteogenic Differentiation

Encapsulated OE-MSCs were included in collagen hydrogels containing 10% min-
imum essential medication eagle alpha modification (Alpha MEM) supplemented with
fetal bovine serum, 1% PS, 50 g/mL L-ascorbic acid, 100 nM dexamethasone, and 10 mM
b-glycerophosphate in the osteogenic separation media [12]. For two to three weeks, the
culture medium was updated twice a week.

ECM Mineralization

Alizarin Red S staining as a quantitative and qualitative evaluation was done to
extracellular matrix mineralization study on day 21. The samples were set in 10% formalin
at room temperature before being stained with Alizarin Red (catalogue N 5533-25G, Sigma–
Aldrich) for 30 min at a pH of 4.1 to 4.5. The samples were then washed three times with
purified water and photographed under a microscope in each well. The 10% acetic acid was
applied to samples and incubated for 30 min at room temperature to determine calcium
content. After being heated for 10 min at 85 ◦C, the sample was put on ice for 5 min before

48



Materials 2021, 14, 3909

being centrifuged at 20,000 g for 15 min. A total of 200 µL of supernatant is combined
with 75 µL of 10% ammonium hydroxide. Alizarin red staining was assessed using a plate
reader (BioTek, Oxfordshire, UK) set to 405 nm and light microscopic images [13].

Gene Expression of Bone Markers

On days 14 and 21, gene expression for the osteogenic markers runt-related transcrip-
tion factor 2 (Runx2), collagen type I (Col 1), osteopontin (OPN), osteocalcin [14], and
alkaline phosphatase was determined using real-time PCR. According to manufacturer
protocol [15], max RNA was collected from the samples of five classes using an RNX-plus
solution (PRIMA Scientific Co, Favorgen, Thai). Then, using oligo [16] primers and a
cDNA synthesis package (QIAGEN-BIOTECH, Hilden, Germany), complete RNA was
transformed to cDNA, and real-time RT-PCR analysis was performed using PCR master
mix green-high RoxA325402, and the operation was built using the ABI step one unit
(Applied Biosystems, Sequences Detection Systems, Foster City, CA, USA) for 40 cycles.

2.4. In Vivo Study
2.4.1. Calvarial Defect Model

Parietal calvarial defects were made in two-month-old male rats with an average
weight of 200 to 250 g. The animals were anaesthetized by intramuscular injection of
ketamine hydrochloride (35 mg/kg) and xylazine (2 mg/kg). To expose the parietal
bone, a break was made just outside the sagittal midline. To avoid dora perforation, the
pericranium was cut, and a 7 mm defect on the calvaria was produced with a trifoliate
drill [17]. The surgical site was cleaned with a saline solution. The rats were randomly
divided into three groups (n = 5) as follows: group 1: calvarial defection without any
treatment as a control group; group 2: calvarial defection treated by 7 mg/mL collagen
hydrogel (blank scaffold); and group 3: calvarial defection treated by OE-MSCs that
encapsulated in 7 mg/mL collagen hydrogel (OE-MSCs).

2.4.2. OE-MSCs Labelling and Implantation

Dil dye was used as a fluorescent lipophilic cationic carbocyanine to tag OE-MSCs
membranes. According to the protocol mentioned in a previous study [18,19], OE-MSCs
were tagged with 4 µg/mL Dil for 30 min at 37 ◦C and then OE-MSCs were washed
twice with PBS. Each defect in the Hydrogel+OE-MSCs group was filled with 1 × 106

OE-MSCs encapsulated in 1 mL of 7 mg/mL collagen hydrogel. The skin was sutured after
implantation.

2.4.3. Optical Imaging

DiI-labelled human OE-MSCs tracing was performed to evaluate the survival of OE-
MSCs after 72 h in rat calvaria defection [20]. Therefore, 72 h after transplantation, optical
images were taken by Kodak FX (Connecticut 06511, USA) pro system to stem cell tracing.

2.4.4. Micro-Computed Tomography

Four and eight weeks after surgical implantation, samples were taken. At any time
point, the animals were sacrificed by CO2 asphyxiation with cervical dislocation. The
calvaria of the skull was removed and retained in 10% formalin. The reconstructed cranium
morphology was assessed using a micro-CT system (LOTUS-NDT, Behin Negareh Co.,
Tehran, Iran). The voltage and current of the X-ray tube are set to 80 kV and 85 A,
respectively. In this analysis, no additional filtration was used. The scan took about 2 h,
with a nominal resolution of 10 microns. The LOTUS NDT-ACQ program handled both
protocol configurations. LOTUS NDT-REC was used to reconstruct the acquired 3D data
using a simple Feldkamp, Davis, Kress (FDK) algorithm [21]. On the defect field, a 7 mm
diameter volume of interest (VOI) was chosen. Then, because the sample had soft tissue
and different parts, thresholding was used for the segmentation of VOI into other parts.
Then, by calculating the number of voxels related to newly formed bone, bone volume
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(BV) was obtained, and the amount of bone volume fraction in VOI was calculated with
BV/TV. TV: total volume of regenerated bone, pores, and soft tissue trapped in analyzed
3D volume of interest (VOI) selected on structures (unit: mm3). BV: volume of regenerated
bone-in analyzed 3D volume of interest (VOI) selected on structures (unit: mm3). Bone
volume fraction: The fraction of BV/TV (unit: percent).

2.4.5. Hematoxylin and Eosin (H&E) Staining

In order to evaluate bone formation, H&E staining was carried out [22]. After fixing
the samples in 4% paraformaldehyde, After decalcification, the tissues were dehydrated in
an ascending sequence of ethanol and then placed in paraffin. Sections that were 5 m thick
were prepared and stained with (H&E). The reconstructed bone tissue photograph obtained
under a microscope (ZEISS Axio Scope A1, Oberkochen, Germany) was quantified using
ImageJ software.

2.5. Statistical Evaluation

The statistical analysis in this article was performed using the Graph Pad PRISM 7.03
software. All findings were evaluated using Student’s t-tests for two comparisons and
one-way ANOVA analysis of variance followed by Tukey’s test. Both statistical data are
shown using the mean and standard deviation of the mean. The statistical significance
level was set at p ≤ 0.05.

3. Results
3.1. Collagen Type I Extracted from Rat Tail and Characterized Next Prepared Collagen Hydrogel

Collagen type I was lyophilized and dissolved at a concentration of 7 mg/mL in acetic
acid. The self-assembly of collagen was done in pH 7.4 and 37 ◦C. The hydrogel was
injected easily and continually via a 0.7 mm diameter syringe (Figure 1A–C).

Figure 1. Characterization of collagen type I, which is extracted from rat tail. (A) The freeze-dried
collagen; (B) the collagen solution at 7 mg/mL concentration; (C) self-assembled collagen, in pH 7.4
and 37 ◦C was injected via a 0.7 mm diameter syringe; (D) The FTIR spectrum shows the presence
of specific molecular vibrations such as amide A, amide B, amide I, amide II, and amide III, which
certified the attendance of type 1 collagen structure; (E) The inclusion of monomer α1, α2, and β

dimers and dimers in sodium dodecyl sulfate-polyacrylamide electrophoresis data revealed collagen
type I structure. In addition, the same molecular weight (MW) was found between the collagens.
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The spectrum in FTIR showed the absorption peaks at 3251.95 cm−1 is associated with
–OH. The band at 2923.64 cm−1 has corresponded with CH3 and CH2 symmetric stretching,
respectively. At 1446.71 cm−1, the C-N deformation reached its maximum. The bands
at 1626.48 cm−1, 1535.60 cm−1, and 1232.42 cm−1, respectively, reflect Amide I (C=O),
Amide II (N-H stretching and C-N deformation), and Amide III (C-N deformation and N-H
stretching) (Figure 1D). SDS-PAGE was carried out to certify the type of collagen extracted
from the rat tail. The protein ingredients were isolated according to their electrophoresis
volubility (Figure 1E). The extracted collagen showed two distinct bands that are attributed
to two different types of α chain and β-chains. The molecular weight of α1 collagen type I
was about 125 kDa, while α2 was approximately 110 kDa, and β-chains was higher than
170 kDa. Additionally, the ratio of the α1 band was higher than the α2 band (Figure 1E).

3.2. OE-MSCs Isolated from Human Olfactory Mucosa and Characterized

Based on the images obtained from the optical microscope, the morphology of OE-
MSCs isolated from human olfactory mucosa appears to be completely homogeneous. It
resembles the spindle-like mesenchymal cells (Figure 2A). Furthermore, immunocytochem-
istry analysis showed the significant expression of nestin and vimentin as neuronal and
mesenchymal markers, respectively (Figure 2A).

Figure 2. OE-MSCs characterization. (A) Morphology of OE-MSCs in passage one. Scale bar: 20 µm; (a,b) Morphology of OE-
MSCs in passage three which was described as a spindle-like morphology. Scale bar: 10 µm; Immunocytochemistry of OE-
MSCs to characterized specific neural crest and mesenchymal markers; (c) nestin; and (d) vimentin by immunofluorescence
staining. Osteogenic and adipogenic differentiation of OE-MSCs, respectively; (e,f) Scale bar: 40 µm. (B) Flow cytometric
assessment to characterization of OE-MSCs surface markers; including CD29 as a positive marker; CD31 as a negative
marker; CD105 as a positive marker; CD90 as a positive marker; and CD34 as a negative marker.

Besides, the differentiation of human OE-MSCs into osteoblasts and adipocytes was
assessed by Alizarin red S and Oil red O staining, respectively, with the results suggesting
high mineralization and high adipogenic potency of OE-MSCs (Figure 2A).

The OE-MSCs is positive for CD90, CD29, and CD105 in greater than 98.4%, 90.3%,
and 92.6% of the time, respectively, according to flow cytometry study as MSCs special
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surface markers. In addition, these cells were negative for CD31 and CD34, respectively,
0.127% and 1.13% (Figure 2B).

3.3. The Increase in the Concentration of Collagen Leads to Enhance Stem Cell Viability and
Proliferation of OE-MSCs

Based on the images obtained from the live/dead assay (Figure 3A), the OE-MSCs
attachment and proliferation with elongated (green) morphology in collagen hydrogel
were evident in all samples. Cell proliferation was related to collagen concentration and
cell culture time. On day 14, the highest cell proliferation and survival were observed
in the collagen 7 mg/mL group, and cell density was higher on day 7 than on day 1. In
comparison, the highest density was shown on day 14. Only a small number of dead (red)
cells were visible in all samples.

Figure 3. Evaluation of human OE-MSCs viability that encapsulated in different concentrations
of collagen hydrogels for 14 days. (A) Live/dead fluorescence images of OE-MSCs cultured in
collagen hydrogels, the green color shows the living cells, and the red color shows the dead cells
(scale bar = 100 µm); (B) Images of OE-MSC in the bulk of collagen hydrogel (scale bar = 100 µm);
(C) Comparison of the proliferative activity of OE-MSCs encapsulated in different concentrations
of collagen hydrogels by resazurin assay (NS, no significant difference; p < 0.05, *** p < 0.001,
**** p < 0.0001, the Scale Bars: 100 µm).

Metabolic and proliferative activity of OE-MSCs in collagen hydrogel was evaluated
using the resazurin method at different time points (1, 7, and 14 days after cell culture).
According to the results, as shown in Figure 3B, proliferative activity depended on collagen
concentration and cell culture time for all samples. The metabolic activity was higher on
day 14 than on other days. Comparing the results for different concentrations of collagen
showed that the proliferative activity of human OE-MSCs was increased on days 7 and
14 with increasing collagen concentration, and on days 7 and 14, there was a significant
difference between 7 mg/mL and 6 mg/mL groups. The proliferative activity of OE-MSCs
encapsulated in collagen 7 mg/mL was higher than other groups at every time points.

3.4. Hydrogel Properties and Biocompatibility

FE-SEM images of acellular hydrogel (Figure 4) showed the formation of a three-
dimensional high porous structure of the collagen hydrogel with uniform network connec-
tions. Evaluation of FE-SEM images after OE-MSCs encapsulated in the collagen hydrogels
(Figure 4A) showed that the human OE-MSCs were alive and elongated with attached
adequately to the hydrogels in all groups. Figure 4B indicates the porosity of collagen
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hydrogel scaffolds in different concentrations of 4 mg/mL, 5 mg/mL, 6 mg/mL, and
7 mg/mL. The results obtained in this study show that all scaffolds are very porous and
above 90% porosity. As shown in Figure 4B, the percentage of porosity was associated with
collagen concentration. The porosity of scaffolds containing collagen 4 mg/mL is higher
than other scaffolds, and there is no significant difference between groups.

Figure 4. (A) FE-SEM images of the collagen hydrogel structures with different concentration of
collagen (Scale bar: 100 µm) and OE-MSCs encapsulated in different concentration of collagen
hydrogel (Scale bar: 10 µm); (B) The porosity percentage of collagen hydrogel scaffolds in different
collagen concentrations, including 4 mg/mL, 5 mg/mL, 6 mg/mL, and 7 mg/mL.

3.5. Collagen Concentration of 7 mg/mL Has a Storage Modulus Comparable to the
Other Concentrations

The mechanical properties include a rheological assessment characterized storage
modulus (G′) and loss modulus (G′′) vs. Frequency of hydrogels with different concentra-
tion of collagen (4 mg/mL, 5 mg/mL, 6 mg/mL, and 7 mg/mL) during frequency sweep
analysis. G′ was better than G′′, with minimal frequency dependency in all groups, accord-
ing to the examined data presented in Figure 5. Rheological data analysis showed that the
storage modulus was associated with collagen concentration significantly enhanced from
~875 Pa in group contained 4 mg/mL collagen to ~95,789 Pa in the group had 7 mg/mL
collagen at 6 Hz.
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Figure 5. (A) Rheological evaluation of storage and loss modulus of different collagen hydrogel concentrations during
frequency sweep study. (B) At 6 Hz, the effect of collagen concentration on hydrogel storage modulus (G′).

3.6. The Increase in the Concentration of Collagen Hydrogel Improved Osteogenic Differentiation
of OE-MSCs

The ECM mineralization was evaluated on day 21 by Alizarin Red S staining. All data
were assessed compared to two dimensional cultured of human OE-MSCs exposed to the
osteogenic differentiation media as a control group. According to the data (Figure 6), the OE-
MSCs encapsulated in all collagen concentrations showed calcium deposition. Additionally,
the human OE-MSCs encapsulated in the collagen 7 mg/mL showed the highest calcium
deposition than other groups. A significant difference was demonstrated between collagen
7 mg/mL absorbance and other groups (Figure 6B).

The real-time PCR was carried out to evaluate the osteogenic differentiation potency of
encapsulated OE-MSCs in various concentrations to evaluate the osteogenic differentiation
potency of encapsulated OE-MSCs in different concentrations of collagen hydrogel. Table 1
lists the gene primer sequences used in real-time PCR. The cycle threshold technique was
used to approximate gene expression in relation to β-actin expression. The gene expression
of significant osteogenic markers included Runx2, Col1, OPN, OC, and ALP, was evaluated
on days 14 and 21. According to the data (Figure 6B), the up-regulation of osteogenic
markers was shown in all groups during 21 days compared to the control group. These
data demonstrate that the osteogenic differentiation of OE-MSCs was done in all groups,
but the expression level of osteogenic markers was significantly higher on days 14. The
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level of gene expression was associated with collagen concentration, and the highest gene
expression was obtained for encapsulated OE-MSCs in collagen 7 mg/mL in all genes.
Furthermore, the significant difference between collagen 7 mg/mL and 6 mg/mL was
shown in all groups.

Figure 6. Osteogenic differentiation of OE-MSCs. (A) The extracellular matrix mineralization
evaluation of encapsulated OE-MSCs in different concentration of collagen; The extracellular matrix
mineralization was stained by Alizarin red S; quantifying the level of calcium production by Alizarin
red S; (B) Osteogenic-related gene expression. Relative osteogenic marker expression of Runx2, Col1,
OPN, OC, and ALP (n = 3, * p < 0.05; ** p < 0.01; *** p < 0.001; **** p < 0.0001), (scale bar: 100 µm).

Table 1. Primer sequences for real-time RT-PCR.

Gene Name Primer

RUNX2 F GCCTCCAAGGTGGTAGCCC
R CGTTACCCGCCATGAGAGTA

Collagen I (Col1) F TCCGACCTCTCTCCTCTGAA
R GAGTGGGGTTATGGAGGGAT

Osteopontin (OPN) F GACCTGACATCCAGTACCC
R GTTTCAGCACTCTGGTCATC

Osteocalcin (OC) F GCAAAGGTGCAGCCTTTGTG
RGGCTCCCAGCCATTGATACAG

Alkaline Phosphatase (ALP) F GCACCTGCCTTACTAACTC
RAGACACCCATCCCATCTC

B-actin F CTTCCTTCCTGGGCATG
R GTC TTTGCGGATGTCCAC

3.7. Encapsulated DiI-Labeled Human OE-MSCs in Collagen Hydrogel Were Traced in
Rat Defection

For cell tracking in the defection region, 1 × 106 cells/mL of human OE-MSCs were
labeled with DiI (Figure 7A). Next, these stem cells encapsulated in 7 mg/mL collagen
hydrogel were implanted in the rat calvaria defection with a 7 mm critical size defect
(Figure 7(B1,B2)). In vivo monitoring of alive DiI positive OE-MSCs in the lesion of calvaria
was performed using optical imaging modality. Based on the data, we observed alive
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human OE-MSCs in the lesion area after 72 h (Figure 7D); conversely, in the blank scaffold
group (OE-MSCs free), we did not recognize any trace of cell presence (Figure 7C).

Figure 7. Human OE-MSCs labeled with DiI (A); and implanted with collagen hydrogel in a rat
calvarial defection with critical size defect (7 mm) (B1,B2); Representative optical image of blank
scaffold group (C); and covering images of X-ray and fluorescence images reveal a large number of
DiI+ OE-MSCs at the calvarial defective region in OE-MSCs group after 72 h (D) (scale bar: 100 µm).

3.8. The Highest Bone Healing Rate of Rat Calvarial Defection Observed in the OE-Mscs Group

After four weeks of implantation, H&E staining showed that the collagen hydro-
gel had vanished, but fibrous tissue defect had been filled (Figure 8A). Freshly formed
bone tissues [15] were also evident in the OE-MSCs classes. At both 4 and 8 weeks, sta-
tistical analysis showed that the OE-MSCs group developed more NB in the calvarial
defect area than the other groups. Compared to the other groups, the relative region of
fresh bone tissue in the OE-MSCs population improved significantly over time in 8 weeks
(Figure 8A,B). Micro-CT images also confirmed the new bone generation in the experimen-
tal groups in the rat calvarial defection (Figure 8B). The micro-CT images exhibited that
the control and blank scaffold group revealed minimal bone healing (less than 5%) than
OE-MSCs groups at four weeks. We also detected the highest rate of new bone formation
in the OE-MSCs group than other groups after eight weeks. The region of bone growth was
calculated by dividing the total defect volume by the new bone volume. In comparison, the
group treated with OE-MSCs exhibited a significantly higher percentage of healing defects
(about 10%) at eight weeks, associated with the osteogenic differentiation of implanted
OE-MSCs that was encapsulated in collagen hydrogel (Figure 8D).
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Figure 8. (A) After 4 and 8 weeks of implantation, H&E staining images showed new bone development in the calvarial
defect area; (B) Representative micro-CT images of rat calvarial defects treated with or without OE-MSCs after 4 and 8 weeks;
(C) The relative areas of fresh bone formation in three experimental groups, as determined by histological examination, (n = 5,
* p < 0.05; ** p < 0.01; *** p < 0.001; **** p < 0.0001). Human OE-MSCs encapsulated in 7 mg/mL collagen hydrogel regenerate
calvarial bone in vivo; (D) In rat calvarial defect models, summarized data showing new bone tissue volume/total defect
volume (BV/TV) for newly developed bone tissue.

4. Discussion

This proof-of-concept study proposed a natural-based scaffold consisted of olfactory-
derived MSCs for bone regeneration. The data from this study demonstrated that the
encapsulated stem cells within collagen hydrogel cultured in osteogenic media could
differentiate to osteoblasts and accelerate bone regeneration post-implantation.

Some requirements, such as biocompatibility and degradability of materials and
osteoprogenitor cells, should be addressed when designing bone tissue engineering. Cell-
loaded scaffolds presented an attractive option for bone formation in critical and massive
defects. Additionally, there is growing interest in identifying easy available with high
proliferative and osteogenic properties cell sources for bone tissue engineering. Therefore,
collagen hydrogels were developed to create a supportive carrier for our study.

In 2009, Delmore et al. [14] reported a new type of undifferentiated cells with a
neurogenic and osteogenic property from the olfactory mucosa defined as OE-MSCs.
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Due to their easy access, higher mitotic activity, and proliferation rate than bone marrow
and Wharton jelly MSCs, they have received more attention in recent years. Since these
multipotent stem cells have telomere adjustment and maintain telomerase activity, they
can sustain proliferative and culture ability for the long term even more than 15 weeks [2].
In other adult stem cells, the telomeres are decreased, and telomerase gradually loses
its activity [23]. As expected, the morphology and characteristics of surface markers of
isolated cells were like mesenchymal and ectodermal cells.

The collagen type I, which is pure and unchanged, was extracted from the rat tail. The
FTIR spectrum was performed to detect the functional groups in the structure of extracted
collagen. Moreover, it shows unique molecular vibrations, including amide A, amide B,
amide I, amide II, and amide III. Carbonyl groups (C=O) were identified as amide I at peak
1626.48 cm−1, indicating the presence of secondary structure in collagen proteins. The peak
found at 1535.60 cm−1 indicated the tension of N-H and C-N that revealed amide II. Amide
III was found at peak 1232.42 cm−1 and indicated the existence of C-N that confirm the
presence of proline [24]. This evidence follows the data reported on similar research that
has been effectively extracted collagen type I from adult tissues [25]. SDS-PAGE is a valid
analysis to determine the type of collagen. Collagen type I has a striking pattern in terms
of migration on an electrophoresis gel. After it runs on, the gel should be separated by
α-monomer chains and β-dimer chains. The intensity and molecular weight of α2 chain
are lighter than α1 because the collagen I triple helix is made up of two chains (α1 and
α2). In this study, the molecular weight for α1, α2 was, respectively, about 125 kDa, and
110 kDa and β-chain was higher than 170 kDa, and the α1 bond was heavier than the α2
band. These data showed that the extracted collagen has a molecular weight similar to
related published articles [26].

Collagen is a natural polymer in medical application due to high biocompatibility,
suitable biodegradability, and low immunogenicity for cell encapsulation [27]. Collagen
fibrils have some cell-binding sites, such as Arg-Gly-Asp (RGD) sequence, which interact
and connect to cells. They significantly facilitate the attachment of cells to the hydrogel [28].
Mazzoni et al. [29], confirmed that collagen/hydroxyapatite is an ideal microenvironment
for MSCs, with increased cell binding, cell augmentation, matrix synthesis, and mineraliza-
tion to that shown in osteogenic condition media. The stimulation of distinct osteogenesis
signaling pathways, such as extracellular signal-regulated protein kinase is mediated via
collagen fibers [30].

For this reason, we investigated collagen type I hydrogel with different collagen
concentrations based on some criteria, including gelation time, mechanical strength near to
bone tissue and natural effect on cell attachment and proliferation.

The rheological test confirms that collagen hydrogel with 7 mg/mL concentration
has optimum viscoelastic behavior. A frequency sweep was used to analyze the storage
modulus (G′) and loss modulus (G′′) of hydrogels with varying collagen concentrations.
According to the obtained data, G′ was higher than G′′ in all groups. No intersection
showed the viscoelasticity and gelation rate and stability of all groups, and the storage
modulus was related to collagen concentration. The viscoelasticity and gelation rate
depended on collagen concentration, and the highest viscoelasticity was observed in the
group containing 7 mg/mL collagen. The rheology analysis showed that collagen hydrogel
storage modulus in concentrate of 7 mg/mL was close to the native bone (100 kpa) [16].
Collagen hydrogels, in particular, maintain the viability of encapsulated human OE-MSCs
during in vitro tests such as live/dead and resazurin assays. The results have shown that
the biocompatibility of collagen hydrogels was appropriate in all collagen concentrations.
As proven in previous studies, the high concentration of collagen in the scaffold structure
increases the proliferation rate of cells [31]. Therefore, this carrier provides an outstanding
opportunity for cell delivery into the damaged tissue. Encapsulated human OE-MSCs
maintain their morphology and live over culture time. FE-SEM images also demonstrated
the cell attachment ability and the morphology of OE-MSCs on the surface of the hydrogel.
As shown in Figure 4, OE-MSCs were alive and elongated with correct attachment to the
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hydrogels in all groups. Furthermore, the porosity of 90% is required to facilitate the flow of
nutrients and metabolism and create a suitable space for the reconstruction of scaffolds [32].

In this study, collagen hydrogels’ porosity containing different collagen concentrations
was between 94.5–97%. The percentage of porosity was dependent on collagen concentra-
tion, and the group with 7 mg/mL collagen had lower porosity than other groups. In both
classes, Alizarin red staining and real-time PCR data were used to show the osteogenic
differentiation of human OE-MSCs, but gene expression was significantly better with
increasing collagen concentration. The expression of RUNX2 and OPN plays a vital role
in bone differentiation and formation. Additionally, Col-I and ALP genes expression are
essential in the early phases of ossification and OCN in the middle and late ossification
phases [33,34].

According to this study results, the 7 mg/mL collagen concentration was associated
with up-regulation of ECM mineralization and the highest osteogenic gene expression
of encapsulated human OE-MSCs. High regulation of osteogenic markers in 7 mg/mL
collagen groups indicates this scaffold showed considerable ability to promote osteoblast
proliferation and differentiation.

Optical imaging results showed that OE-MSCs labeled with DiI, which were encapsu-
lated in collagen 7 mg/mL, could survive at the rat calvaria defection site for up to 72 h
after transplantation are traceable.

Micro-CT analysis of human OE-MSCs encapsulated in 7 mg/mL collagen hydrogel
in rats calvarial defects that were certified to promote bone regeneration. This group has
a significant impact on bone formation after 4 and 8 weeks. Considering histological
evidence and micro-CT results, bone defect in the OE-MSCs-treated rats is significantly
covered by new bone compared to other groups. The most important observation from the
data is that osteoblast proliferation and bone growth are induced at the defect’s margins.

The previous study reports potential alternatives of bone marrow MSC-encapsulated
collagen microspheres that can be differentiated into osteogenic and chondrogenic lineages
in 3D collagen microspheres [35]. Collagen microspheres with committed MSCs possess
osteoinductive-activities as confirmed by the ability to induce undifferentiated MSCs to
commit to the osteogenic lineage [36]. We hypothesize that encapsulated human OE-MSCs
in collagen hydrogel with osteoinductivity capacity have a good alternative candidate for
fresh bone grafting in tissue defection

Based on our results obtained from bone tissue regeneration, it can be declared that
OE-MSCs lead to increasing osteogenesis in the defection site. This event can occur on two
factors: (1) high proliferation rate and osteogenic differentiation of OE-MSCs encapsulated
in collagen 7 mg/mL that was proved in vitro part; (2) OE-MSCs osteogenesis secre-
tome can exert significant paracrine effects in the surrounding tissue defection [3]. These
paracrine signals can promote osteoblast cells’ survival in defection or recruit osteoblast
progenitor cells from the other organs and improve bone regeneration.

5. Conclusions

A collagen-based hydrogel for human OE-MSCs delivery that allows highly efficient
cell transplantation to the bone defect was fabricated and characterized. We proposed
an optimum collagen concentration that meets the criteria of being a feasible carrier,
biocompatible, and biodegradable. This construct provides human OE-MSCs survival and
osteogenic differentiation and augmentation in vitro and shows mineralization and bone
formation in vivo.

Author Contributions: P.B.M. and M.S. were in charge of conceptualization; S.S., M.G., Z.B., A.H.,
R.A., Z.A., M.H. and C.D. were involved in the investigation; S.S. was in charge of writing—original
draft preparation; S.S. was in charge of writing—review and editing. The written edition of the
manuscript has been read and approved by P.B.M. All authors have read and agreed to the published
version of the manuscript.

59



Materials 2021, 14, 3909

Funding: The Iran University of Medical Sciences (IUMS) provided funding for this project under
grant number 98-4-14-16643.

Institutional Review Board Statement: Not applicable.

Informed Consent Statement: Not applicable.

Data Availability Statement: Data sharing is not permitted. This analysis did not generate or review
any new data. This report does not include data sharing.

Acknowledgments: Iran University of Medical Sciences provided funding for this research (IUMS).
The Real time-PCR analyses and cell culture were performed by the Cellular and Molecular Research
Center at IUMS, which the authors gratefully acknowledge. We’d like to thank the Behin Negareh
office (BN) for their assistance with imaging.

Conflicts of Interest: There are no conflict of interest declared by the authors.

References
1. Simorgh, S.; Alizadeh, R.; Eftekharzadeh, M.; Haramshahi, S.M.A.; Milan, P.B.; Doshmanziari, M.; Ramezanpour, F.; Gholipour-

malekabadi, M.; Seifi, M.; Moradi, F. Olfactory mucosa stem cells: An available candidate for the treatment of the Parkinson’s
disease. J. Cell. Physiol. 2019, 234, 23763–23773. [CrossRef]

2. Alizadeh, R.; Bagher, Z.; Kamrava, S.K.; Falah, M.; Hamidabadi, H.G.; Boroujeni, M.E.; Mohammadi, F.; Khodaverdi, S.; Zare-
Sadeghi, A.; Olya, A. Differentiation of human mesenchymal stem cells (MSC) to dopaminergic neurons: A comparison between
Wharton’s Jelly and olfactory mucosa as sources of MSCs. J. Chem. Neuroanat. 2019, 96, 126–133. [CrossRef]

3. Rajan, N.; Habermehl, J.; Coté, M.-F.; Doillon, C.J.; Mantovani, D. Preparation of ready-to-use, storable and reconstituted type I
collagen from rat tail tendon for tissue engineering applications. Nat. Protoc. 2006, 1, 2753. [CrossRef] [PubMed]

4. Paola, C.M.; Camila, A.M.; Ana, C.; Marlon, O.; Diego, S.; Robin, Z.; Beatriz, G.; Cristina, C. Functional textile finishing of type I
collagen isolated from bovine bone for potential healthtech. Heliyon 2019, 5, e01260. [CrossRef] [PubMed]

5. Wu, J.; Li, Z.; Yuan, X.; Wang, P.; Liu, Y.; Wang, H. Extraction and isolation of type I, III and V collagens and their SDS-PAGE
analyses. Trans. Tianjin Univ. 2011, 17, 111. [CrossRef]

6. Jin, G.-Z.; Kim, H.-W. Effects of type I collagen concentration in hydrogel on the growth and phenotypic expression of rat
chondrocytes. Tissue Eng. Regen. Med. 2017, 14, 383–391. [CrossRef]

7. Bagheri, S.; Bagher, Z.; Hassanzadeh, S.; Simorgh, S.; Kamrava, S.K.; Nooshabadi, V.T.; Shabani, R.; Jalessi, M.; Khanmohammadi,
M. Control of cellular adhesiveness in hyaluronic acid-based hydrogel through varying degrees of phenol moiety cross-linking. J.
Biomed. Mater. Res. A 2021, 109, 649–658. [CrossRef]

8. Iqbal, B.; Muhammad, N.; Jamal, A.; Ahmad, P.; Khan, Z.U.H.; Rahim, A.; Khan, A.S.; Gonfa, G.; Iqbal, J.; Rehman, I.U. An
application of ionic liquid for preparation of homogeneous collagen and alginate hydrogels for skin dressing. J. Mol. Liq. 2017,
243, 720–725. [CrossRef]

9. Jiankang, H.; Dichen, L.; Yaxiong, L.; Bo, Y.; Bingheng, L.; Qin, L. Fabrication and characterization of chitosan/gelatin porous
scaffolds with predefined internal microstructures. Polymer 2007, 48, 4578–4588. [CrossRef]

10. Hui, T.; Cheung, K.; Cheung, W.; Chan, D.; Chan, B. In vitro chondrogenic differentiation of human mesenchymal stem cells in
collagen microspheres: Influence of cell seeding density and collagen concentration. Biomaterials 2008, 29, 3201–3212. [CrossRef]

11. Karimi, S.; Bagher, Z.; Najmoddin, N.; Simorgh, S.; Pezeshki-Modaress, M. Alginate-magnetic short nanofibers 3D composite
hydrogel enhances the encapsulated human olfactory mucosa stem cells bioactivity for potential nerve regeneration application.
Int. J. Biol. Macromol. 2021, 167, 796–806. [CrossRef] [PubMed]

12. Apinun, J.; Honsawek, S.; Kuptniratsaikul, S.; Jamkratoke, J.; Kanokpanont, S. Osteogenic differentiation of rat bone marrow-
derived mesenchymal stem cells encapsulated in Thai silk fibroin/collagen hydrogel: A pilot study in vitro. Asian Biomed. 2019,
12, 273–279. [CrossRef]

13. Souza, A.T.P.; Lopes, H.B.; Freitas, G.P.; Ferraz, E.P.; Oliveira, F.S.; Almeida, A.L.G.; Weffort, D.; Beloti, M.M.; Rosa, A.L. Role of
embryonic origin on osteogenic potential and bone repair capacity of rat calvarial osteoblasts. J. Bone Miner. Metab. 2020, 1–10.
[CrossRef]

14. Delorme, B.; Nivet, E.; Gaillard, J.; Häupl, T.; Ringe, J.; Devèze, A.; Magnan, J.; Sohier, J.; Khrestchatisky, M.; Roman, F.S. The
human nose harbors a niche of olfactory ectomesenchymal stem cells displaying neurogenic and osteogenic properties. Stem Cells
Dev. 2010, 19, 853–866. [CrossRef] [PubMed]

15. Haramshahi, S.M.A.; Bonakdar, S.; Moghtadaei, M.; Kamguyan, K.; Thormann, E.; Tanbakooei, S.; Simorgh, S.; Brouki-Milan,
P.; Amini, N.; Latifi, N. Tenocyte-imprinted substrate: A topography-based inducer for tenogenic differentiation in adipose
tissue-derived mesenchymal stem cells. Biomed. Mater. 2020, 15, 035014. [CrossRef]

16. Liu, J.; Zheng, H.; Poh, P.S.; Machens, H.-G.; Schilling, A.F. Hydrogels for engineering of perfusable vascular networks. Int. J. Mol.
Sci. 2015, 16, 15997–16016. [CrossRef] [PubMed]

60



Materials 2021, 14, 3909

17. Hamidabadi, H.G.; Shafaroudi, M.M.; Seifi, M.; Bojnordi, M.N.; Behruzi, M.; Gholipourmalekabadi, M.; Shafaroudi, A.M.; Rezaei,
N. Repair of critical-sized rat calvarial defects with three-dimensional hydroxyapatite-gelatin scaffolds and bone marrow stromal
stem cells. Med. Arch. 2018, 72, 88. [CrossRef]

18. Simorgh, S.; Alizadeh, R.; Shabani, R.; Karimzadeh, F.; Seidkhani, E.; Majidpoor, J.; Moradi, F.; Kasbiyan, H. Olfactory mucosa
stem cells delivery via nasal route: A simple way for the treatment of Parkinson disease. Neurotox. Res. 2021, 39, 598–608.
[CrossRef]

19. Ramhormozi, P.; Mohajer Ansari, J.; Simorgh, S.; Nobakht, M. Bone Marrow-Derived Mesenchymal Stem Cells Combined With
Simvastatin Accelerates Burn Wound Healing by Activation of the Akt/mTOR Pathway. J. Burn Care Res. 2020, 41, 1069–1078.
[CrossRef]

20. Abe, T.; Sumi, K.; Kunimatsu, R.; Oki, N.; Tsuka, Y.; Nakajima, K.; Tanimoto, K. Dynamic imaging of the effect of mesenchymal
stem cells on osteoclast precursor cell chemotaxis for bone defects in the mouse skull. J. Dent. Sci. 2018, 13, 354–359. [CrossRef]

21. Feldkamp, L.A.; Davis, L.C.; Kress, J.W. Practical cone-beam algorithm. J. Opt. Soc. Am. A 1984, 1, 612–619. [CrossRef]
22. Hivechi, A.; Bahrami, S.H.; Siegel, R.A.; Siehr, A.; Sahoo, A.; Milan, P.B.; Joghataei, M.T.; Amoupour, M.; Simorgh, S. Cellulose

nanocrystal effect on crystallization kinetics and biological properties of electrospun polycaprolactone. Mater. Sci. Eng. C 2021,
121, 111855. [CrossRef]

23. Banfi, A.; Bianchi, G.; Notaro, R.; Luzzatto, L.; Cancedda, R.; Quarto, R. Replicative aging and gene expression in long-term
cultures of human bone marrow stromal cells. Tissue Eng. 2002, 8, 901–910. [CrossRef] [PubMed]

24. Nguyen, T.; Gobinet, C.; Feru, J.; Pasco, S.B.; Manfait, M.; Piot, O. Characterization of type I and IV collagens by Raman
microspectroscopy: Identification of spectral markers of the dermo-epidermal junction. Int. J. Spectrosc. 2012, 27, 421–427.
[CrossRef]

25. Carvalho, A.M.; Marques, A.P.; Silva, T.H.; Reis, R.L. Evaluation of the potential of collagen from codfish skin as a biomaterial for
biomedical applications. Mar. Drugs 2018, 16, 495. [CrossRef]

26. Gelse, K.; Pöschl, E.; Aigner, T. Collagens—Structure, function, and biosynthesis. Adv. Drug Deliv. Rev. 2003, 55, 1531–1546.
[CrossRef] [PubMed]

27. Arabpour, Z.; Baradaran-Rafii, A.; Bakhshaiesh, N.L.; Ai, J.; Ebrahimi-Barough, S.; Esmaeili Malekabadi, H.; Nazeri, N.; Vaez,
A.; Salehi, M.; Sefat, F. Design and characterization of biodegradable multi layered electrospun nanofibers for corneal tissue
engineering applications. J. Biomed. Mater. Res. A 2019, 107, 2340–2349. [CrossRef]

28. Dedhar, S.; Ruoslahti, E.; Pierschbacher, M.D. A cell surface receptor complex for collagen type I recognizes the Arg-Gly-Asp
sequence. J. Cell Biol. 1987, 104, 585–593. [CrossRef] [PubMed]

29. Mazzoni, E.; D’Agostino, A.; Manfrini, M.; Maniero, S.; Puozzo, A.; Bassi, E.; Marsico, S.; Fortini, C.; Trevisiol, L.; Patergnani,
S. Human adipose stem cells induced to osteogenic differentiation by an innovative collagen/hydroxylapatite hybrid scaffold.
FASEB J. 2017, 31, 4555–4565. [CrossRef]

30. Duan, W.; Haque, M.; Kearney, M.T.; Lopez, M.J. Collagen and hydroxyapatite scaffolds activate distinct osteogenesis signaling
pathways in adult adipose-derived multipotent stromal cells. Tissue Eng. Part C Methods 2017, 23, 592–603. [CrossRef]

31. Zhang, D.; Wu, X.; Chen, J.; Lin, K. The development of collagen based composite scaffolds for bone regeneration. Bioact. Mater.
2018, 3, 129–138. [CrossRef] [PubMed]

32. Sadeghi, A.; Zandi, M.; Pezeshki-Modaress, M.; Rajabi, S. Tough, hybrid chondroitin sulfate nanofibers as a promising scaffold
for skin tissue engineering. Int. J. Biol. Macromol. 2019, 132, 63–75. [CrossRef] [PubMed]

33. Zhang, T.; Chen, H.; Zhang, Y.; Zan, Y.; Ni, T.; Liu, M.; Pei, R. Photo-crosslinkable, bone marrow-derived mesenchymal stem
cells-encapsulating hydrogel based on collagen for osteogenic differentiation. Colloids Surf. B Biointerfaces 2019, 174, 528–535.
[CrossRef] [PubMed]

34. Ge, L.; Jiang, M.; Duan, D.; Wang, Z.; Qi, L.; Teng, X.; Zhao, Z.; Wang, L.; Zhuo, Y.; Chen, P. Secretome of olfactory mucosa
mesenchymal stem cell, a multiple potential stem cell. Stem Cells Int. 2016, 2016, 1243659. [CrossRef]

35. Chan, B.P.; Hui, T.; Yeung, C.; Li, J.; Mo, I.; Chan, G. Self-assembled collagen–human mesenchymal stem cell microspheres for
regenerative medicine. Biomaterials 2007, 28, 4652–4666. [CrossRef]

36. Chan, B.P.; Hui, T.Y.; Wong, M.Y.; Yip, K.H.K.; Chan, G.C.F. Mesenchymal stem cell–encapsulated collagen microspheres for bone
tissue engineering. Tissue Eng. Part C Methods 2010, 16, 225–235. [CrossRef]

61





materials

Article

In Vitro Production of Calcified Bone Matrix onto
Wool Keratin Scaffolds via Osteogenic Factors and
Electromagnetic Stimulus

Nora Bloise 1,2,* , Alessia Patrucco 3 , Giovanna Bruni 4 , Giulia Montagna 1,5 ,
Rosalinda Caringella 3, Lorenzo Fassina 5 , Claudio Tonin 3 and Livia Visai 1,2,*

1 Department of Molecular Medicine (DMM), Centre for Health Technologies (CHT), UdR INSTM, University
of Pavia, Viale Taramelli, 3/B-27100 Pavia, Italy; giulia.montagna04@universitadipavia.it

2 Department of Occupational Medicine, Toxicology and Environmental Risks, Istituti Clinici Scientifici (ICS)
Maugeri, IRCCS, Via Boezio, 28-27100 Pavia, Italy

3 Institute of Intelligent Industrial Technologies and Systems for Advanced Manufacturing (STIIMA),
Italian National Research Council (CNR), Corso Pella, 16-13900 Biella, Italy; a.patrucco@stiima.cnr.it (A.P.);
linda.car87@yahoo.it (R.C.); c.tonin@stiima.cnr.it (C.T.)

4 Center for Colloid and Surface Science (C.S.G.I.), Department of Chemistry, Section of Physical Chemistry,
University of Pavia, Viale Taramelli, 16-27100 Pavia, Italy; giovanna.bruni@unipv.it

5 Department of Electrical, Computer and Biomedical Engineering (DIII), Centre for Health
Technologies (CHT), University of Pavia, Via Ferrata, 5-27100 Pavia, Italy; lorenzo.fassina@unipv.it

* Correspondence: nora.bloise@unipv.it (N.B.); livia.visai@unipv.it (L.V.); Tel.: +39-0382-987725 (L.V.)

Received: 11 May 2020; Accepted: 4 July 2020; Published: 8 July 2020

Abstract: Pulsed electromagnetic field (PEMF) has drawn attention as a potential tool to improve
the ability of bone biomaterials to integrate into the surrounding tissue. We investigated the
effects of PEMF (frequency, 75 Hz; magnetic induction amplitude, 2 mT; pulse duration, 1.3 ms) on
human osteoblast-like cells (SAOS-2) seeded onto wool keratin scaffolds in terms of proliferation,
differentiation, and production of the calcified bone extracellular matrix. The wool keratin scaffold
offered a 3D porous architecture for cell guesting and nutrient diffusion, suggesting its possible use
as a filler to repair bone defects. Here, the combined approach of applying a daily PEMF exposure
with additional osteogenic factors stimulated the cells to increase both the deposition of bone-related
proteins and calcified matrix onto the wool keratin scaffolds. Also, the presence of SAOS-2 cells,
or PEMF, or osteogenic factors did not influence the compression behavior or the resilience of keratin
scaffolds in wet conditions. Besides, ageing tests revealed that wool keratin scaffolds were very stable
and showed a lower degradation rate compared to commercial collagen sponges. It is for these
reasons that this tissue engineering strategy, which improves the osteointegration properties of the
wool keratin scaffold, may have a promising application for long term support of bone formation
in vivo.

Keywords: pulsed electromagnetic field; osteogenic factors; wool keratin scaffolds; bone tissue
engineering

1. Introduction

In bone tissue engineering (BTE), two fundamental properties that each biomaterial should present
are biocompatibility and biodegradability. Other than these properties, most of the materials used as
scaffolds for the repair of bone defects offer only a feasible passive support within which the tissue
may heal or regenerate. However, an active induction and promotion of the core processes mentioned
above would accelerate the tissue healing. In BTE, bioceramic scaffolds (such as calcium phosphates)
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are widely employed to improve bone regeneration because their chemical similarity to the bony
inorganic matrix confers osteoconductive properties, increasing osseointegration.

In general, and within the context of the biodegradable natural polymers, keratin-based materials
have changed the field of modern biomaterials due to their distinct properties such as biodegradability,
biocompatibility, and mechanical durability. Interestingly, they can be cast as sponges, films,
and hydrogels for various biomedical applications [1]. Moreover, keratin constitutes the major
components of hair, wool, feathers, and nails, and can be extracted in significant amounts from
animal tissues without the need for animal sacrifice [2], something which is not the case for collagen
and other animal-derived osteoconductive proteins. In vivo investigation of keratose (water-soluble
fraction of the keratin) was studied as a BMP2 carrier for bony regeneration of rat femoral bone defect.
Results indicated There was enhanced regeneration of bone along with reduced adipose tissues [3].

This in vitro work of bone-tissue engineering starts from the wool keratin scaffold previously
described [4] and aims to enrich the extracellular bone matrix (ECM) components, i.e., the over-wrap
of a proteinaceous and, calcified surface, are reveal possible uses in vivo. Herein, we aimed to obtain,
directly in vitro, a biomaterial summarizing the characteristics of the compact bone before in vivo
implantation. As previously stated [4], wool keratin scaffolds exhibit high level of cell adhesion and
proliferation; in particular, the 3D structure of this biomaterial, with controlled-size macro-porosity
suitable for cell guesting and nutrient diffusion, provides a suitable environment for bone tissue
engineering. In addition, and in order to accelerate and ameliorate ECM deposition we implemented the
classical idea of tissue engineering using mechanical stimuli. Theoretically, the growth and development
of in vitro tissue substitutes should be supported not only by biomolecules (e.g., growth factors) but
also by physical factors provided by the structural context (e.g., geometric and mechanical properties of
scaffolds) and by the biophysical context (e.g., the concentrated/distributed, perpendicular/tangential
forces acting onto the cell plasma membrane). Fluid shear stress [5], for instance, or ultrasounds [6] or
biomaterial features [7] lead to the remodeling of bone matrix in vitro.

Nonetheless, the modulation of the cell behavior on the different biomaterials is clearly proved by
the osteoblasts exposed to pulsed electromagnetic field (PEMF) [8,9]. In particular and according to
the “tensegrity” theory of Ingber [10], mechanical forces may induce biochemical responses targeting
the transcriptional profile via mechanotransduction. The electromagnetic stimulus of this study was
demonstrated [8,9] to elicit time varying mechanical forces acting perpendicularly or tangentially
onto the cell membrane, in order that these forces were able to modulate the cell behavior via tensile,
compressive, and shear deformations.

In this study, the electromagnetic stimulus employed to elicit time-varying mechanical forces
acting perpendicularly or tangentially upon the cell membrane [8,9]. In other words, these forces
were able to modulate the cell behavior via tensile, compressive and shear deformations. For instance,
osteoblasts are susceptible to fluid shear stress and react with an enhanced transcription of bone matrix
genes [11,12]. Both traction and compression vary the activities of intracellular signaling molecules
such as Rho GTPases, guanine nucleotide exchange factors, GTPase activating proteins, and the MAPK
pathway, consequently modulating the expression of transcription factors essential for the homeostasis
of bone, cartilage and tooth tissues [13]. As a consequence, we can hypothesize the significance of
PEMF application to improve the clinical outcome of numerous regenerative and prosthetic therapies
in orthopedics and dentistry fields [14].

In sum our aim was to evaluate the feasibility of wool keratin sponges in supporting osteoblast-like
cells viability and ECM deposition. Moreover, we want to verify if PEMFs, with the presence of
osteogenic factors, ameliorate osteoblast-like cells responses to wool keratin biomaterial, improving
their differentiation and bone matrix enrichment. Such a tissue engineering strategy could be promising
for wool keratin scaffold applications in vivo, for example towards a filler for bone defects.
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2. Materials and Methods

2.1. Preparation of the Keratin Sponges

Sponges (or scaffolds) were prepared following the previous procedure [4]. Botany wool, 20.3 µm
mean fiber diameter, was supplied by The Woolmark Co., Milan, Italy. In brief, 8 g wool fibers snippets
were bathed in 400 mL of 0.1 N NaOH, material to liquid ratio 1:50, for 24 h at 60 ◦C. The snippets
were rinsed with tap water until pH neutral, soaked in deionized water and submitted to ultrasonic
irradiation for 30 min (600 W, 20 kHz). Coarse fiber fragments were removed from the suspension by
filtration with stainless steel 120 mesh sieves. The permeate was centrifuged (12,000 rpm, 15 min),
and the supernatant was removed. The solid precipitate was added with deionized water and stirred
until the suspension reached 0.05 g/mL. This suspension was added with 1.17 g/mL controlled-size
NaCl (400–500 µm), then cast at 50 ◦C. The resulting material was washed with deionized water in
order to remove salt. The sponge was dried at 50 ◦C, then at 180 ◦C for 2 h to improve its water stability
and increase crosslinks [15].

2.2. Pulsed Electromagnetic Field (PEMF)

Our electromagnetic apparatus (Igea, Carpi, Italy) was used [16]. Cells were exposed to PEMF for
1 h per day at the same moment, adopting the following parameters: magnetic induction amplitude of
2 ± 0.2 mT, frequency of 75 ± 2 Hz, pulse duration of 1.3 ms (Table 1).

Table 1. Experimental set up to investigate the effect of the daily pulsed electromagnetic field (PEMF)
treatment on human SAOS-2 osteoblast-like cells seeded onto porous wool keratin scaffold for 21 days.

Experimental Condition PEMF * Exposure Protocol In Vitro Investigation

Ctrl
(maintenance medium, MM) not exposure ◦

Day 7:
qRT-PCR bone gene expression

Day 21:
• DNA content
• SEM analysis
• ALP activity
• Phosphate content
• Calcium content
• Bone proteins: qRT-PCR and ELISA
• Confocal Laser Scanning Analysis
• Mechanical characterization

PEMF
(MM + PEMF) 1 h per day up to 21 days ◦

OF
(MM + OF) not exposure ◦

PEMF + OF
(MM + OF + PEMF) 1 h per day up to 21 days ◦

* The following parameters were adopted: magnetic induction amplitude of 2 ± 0.2 mT, frequency of 75 ± 2 Hz,
pulse duration of 1.3 ms. The electromagnetic bioreactor was placed into a standard cell culture incubator in a 37 ◦C,
5% CO2 environment. ◦ The medium was changed every 3 days.

2.3. Cell Cultures

The human osteosarcoma cell line SAOS-2 was cultured in a maintenance medium (MM)
constituted of McCoy’s 5A modified medium with L-glutamine (Lonza Ltd., Basel, Switzerland) and
HEPES (Cambrex Bio Science, Baltimore, MD, USA), supplemented with 15% fetal bovine serum,
1% L-glutamine, 0.4% antibiotics, 2% sodium pyruvate, and 0.2% fungizone. Cells were cultured,
routinely trypsinized after confluence, and maintained in an incubator at 37 ◦C with a 5% CO2

atmosphere. Before cell seeding, scaffolds (diameter, 0.8 cm; height, 1 cm) were sterilized [4] at 180 ◦C
for 3 h, then washed twice in PBS for 10 min, placed in 48-wells, and incubated O.N. in the maintenance
medium. To ensure a maximum number of attached cells for scaffolds a cell suspension of 4 × 105

cells × scaffold was added in two steps onto the top of each scaffold and, after 0.5 h, 1 mL of culture
medium was added to cover the scaffolds. After 24 h from seeding, the medium was changed and
replaced with MM (control, ctrl) or, to induce osteogenic differentiation, with MM supplemented with
osteogenic factors (OF). The osteogenic factors, dexamethasone and β-glycerophosphate were added
to the maintenance medium at a concentration of 10−8 M and 10 mM, respectively [7]. McCoy’s 5A
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modified medium contains the ascorbic acid, another osteogenic supplement, at a concentration of
0.5 µg/mL. Treatment lasted up to 21 days and the medium was changed every 3 days.

2.4. DNA Content

Total DNA content in SAOS-2 was determined after 21 days of culture using PicoGreen assay
(PicoGreen; Molecular Probes, Eugene, OR, USA). Briefly, at the end of incubation, to process material
for analysis of DNA content, samples were processed through the three freeze/thaw cycles method in
sterile deionized distilled water. Between each freeze/thaw cycle, scaffolds were roughly vortexed.
The released DNA content was measured with the fluorometric DNA quantification kit. Samples
were diluted 1:100 in 100 µL of working solution (PicoGreen reagent in TE buffer, 1:200) for the
measurement. Fluorescence was detected in a dedicated 96-well plate, at 520 nm, after excitation at
480 nm, with CLARIOstar® Plus Multi-mode Microplate Reader (BMG Labtech, Ortenberg, Germany).
A DNA standard curve [9], obtained from a known number of osteoblasts, was used to express the
results as cell number attached per scaffold.

2.5. Fluorescein Diacetate Assay

At day 21 of culture, live cells were visualized by a vital staining with fluorescein diacetate
(FDA) on all experimental groups as described previously [17]. Briefly, 5 mg/mL FDA stock solution
(Invitrogen) was prepared in acetone: 40 µL stock solution was diluted in 10 mL phosphate buffer
solution (PBS) (137 mM NaCl, 2.7 mM KCl, 4.3 mM Na2HPO4, 1.4 mM NaH2PO4, pH 7.4) and
250 µL was mixed with 500 µL culture medium. Cells were incubated with a working solution for
10 min. The live cells were examined by a confocal laser scanning microscope model TSC SP5 II (Leica
Microsystems, Bensheim, Germany), using a 40× oil immersion objective.

2.6. Scanning Electron Microscopy (SEM)

On day 21 of culture, samples were treated as previously described [16]. The samples were
fixed with 2.5% (v/v) glutaraldehyde solution in 0.1 M Na-cacodylate buffer (pH = 7.2) for 1 h at
4 ◦C, washed with Na-cacodylate buffer, and then dehydrated at room temperature in an ethanol
gradient series up to 100%. Scaffolds were then lyophilized 4 h for complete dehydration, and then
sputter-coated with gold under high vacuum to render them electrically conductive prior to observation
with Zeiss EVO-MA10 scanning electron microscope (Carl Zeiss, Oberkochen, Germany) at accelerating
voltage of 20 kV for analysis of cell morphology. An energy dispersive X-ray spectroscopy (EDX)
detector (X-max 50 mm2, Oxford Instruments, Oxford, UK) used coupled with SEM to perform the
distribution maps of calcium and phosphorus onto the wool keratin scaffold surfaces. In this case
(SEM-EDX analysis), the samples were examined without a conductive coating under low vacuum
condition and with an accelerating voltage of 20 kV.

2.7. ALP Activity

ALP activity was estimated using a colorimetric endpoint assay at day 21 as previously reported [7,16].
The assay measures the conversion of the colorless substrate p-nitrophenol phosphate (pNPP) by the
enzyme ALP into the yellow product p-nitrophenol (pNP). The rate of color change corresponds to
the amount of enzyme present in the solution. Briefly, an aliquot (0.5 mL) of 0.3 M pNPP (dissolved
in glycine buffer, pH 10.5) was added to each scaffold at 37 ◦C. After incubation, the reaction was
stopped by the addition of 50 µL 5 M NaOH. Standards of pNPP in concentrations ranging from 0
to 50 µM were freshly prepared from dilutions of a 500 µM stock solution and incubated for 10 min
with 7U of ALP (Sigma-Aldrich, St. Louis, MO, United States) previously dissolved in 500 µL of
ddH2O. The optical densities (OD) reading was performed at 415 nm with a microplate reader (BioRad
Laboratories, Hercules, California) using 100 µL of standard or samples and placed into individual
wells on a 96-well plate. Samples were run in triplicate and optical densities obtained from each
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sample, after blank subtraction, were compared with the calibration curve of p-nitrophenol standard in
order to obtain the ALP activity expressed as µM of p-nitrophenol produced per min per µg of protein.

2.8. Inorganic Phosphate Determination

A commercially available kit (Phosphate Colorimetric Assay Kit, Sigma Aldrich, St. Louis, MO,
USA) was used to quantify inorganic phosphate levels. Briefly, the cell-seeded scaffolds were washed
with TBS (Tris-buffered saline, 50 mM Tris-Cl, 150 mM NaCl, pH 7.6), and chilled on ice in 1 mL cold
TBS for 15 min. TBS buffer containing Tris and NaCl does not interfere with phosphate content in
the assay and then not alter the final results. Samples were then sonicated 3 times for 60 s at high
setup (one cycle = 30 s sonication—10 s break—10 s sonication—10 s break). The samples were then
centrifuged for 15 min at 4 ◦C at top speed using a cold microcentrifuge to remove any insoluble
material. Supernatant was collected and transferred to a clean tube. The supernatant was diluted 1:10
in double-distilled water, and phosphates were determined. At the end of reaction, an absorbance
reading was performed at 655 nm with a microplate reader (BioRad Laboratories). Samples were run
in triplicate and compared against a standard-solution calibration curve. The amount of phosphate
from samples was expressed as pmol/(cells × scaffold).

2.9. Calcium-Cresolphthalein Complexone Method

The calcium content of each sample was assayed to quantify the amount of mineralized matrix
present and was measured using a Calcium Fast kit (Mercury S.p.A., Naples, Italy) according to
the manufacturer’s instructions as previously reported [17]. Samples were run in triplicate and
compared with the calibration curve of standards. The colorimetric end point assay measures the
amount of purple-colored calcium-cresolphthalein complexone complex formed when cresolphthalein
complexone binds to free calcium in an alkaline solution. Briefly, an aliquot (1 mL) of 1 N HCl was added
to each sample and incubated for 24 h at RT to release calcium into solution. The sample supernatant
was diluted 1/10 with the Assay Working Solution by mixing equal parts of calcium-binding reagent
and calcium buffer reagent provided by the kit. Ca2+ standards in concentrations ranging from 0
to 10 mg/mL were prepared from dilutions of a 100 mg/mL stock solution of Ca2+. The absorbance
reading was performed at 595 nm with a microplate reader (BioRad Laboratories) using 100 µL of
standard or sample placed into individual wells of a 96-well plate. Samples were run in triplicate and
compared against the standard solution calibration curve. Results are expressed as pg/cell×scaffold
and presented as mean ± SD.

2.10. Confocal Laser Scanning Microscopy (CLSM)

For morphological observation, cell-seeded wool fibril sponges were washed for 24 h with PBS,
fixed with 4% (w/v) paraformaldehyde solution for 30 min at 4 ◦C, permeabilized with 0.1% Triton
X-100, then stained with Tetramethylrhodamine B isothiocyanate (TRITC) phalloidin conjugate solution
(10 µg/mL, EX/EM maxima ca. 540/575, Sigma-Aldrich) in PBS for 40 min at RT, finally incubated
with the primary antibody Alexa-Fluor 488 anti-β tubulin and with Hoechst 33342 for nuclei staining
(2 µg/mL, Sigma-Aldrich). For osteogenic protein labeling, paraformaldehyde-fixed samples were
blocked with PAT [PBS containing 1% (w/v) bovine serum albumin and 0.02% (v/v) Tween 20] for 1 h at
RT. Anti-osteocalcin rabbit polyclonal antiserum (provided by Dr. Larry W. Fisher, National Institutes
of Health, Bethesda, MD, USA) was used as primary antibody diluted 1:500 in PAT. The incubation
with the primary antibody was made overnight at 4 ◦C, whereas the negative controls were incubated
overnight at 4 ◦C with PAT instead of the primary antibodies. The scaffolds and the negative controls
were washed and incubated with Alexa Fluor 488 goat anti-rabbit IgG (Molecular Probes) at a dilution
of 1:750 in PAT for 1 h at room temperature. At the end of the incubation, the scaffolds were washed in
PBS, counterstained for 5 min with a solution of Hoechst 33342 (2 µg/mL) to target nuclei, and then
washed. The images (39 sections, images acquired every 112 µm till 4.4 mm depth) were taken using
a confocal laser scanning microscope model TSC SP5 II (Leica Microsystems, Bensheim, Germany),
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using a 20× oil immersion objective for each sample condition, and the orthogonal projections of
images were obtained using Fiji software ((Fiji Is Just) ImageJ 2.0.0-rc-69/1.52p, National Institutes
of Health, Bethesda, MA, USA). The fluorescence background of the negative control was almost
negligible (Figure S4). Cells seeded and cultured on Tissue Culture Plates (TCPS) after 21 days in MM
and with osteogenic factors (OF) were insert as controls (Figure S4).

2.11. qRT-PCR

The total RNA from all samples was extracted on day 7 and 21 of culture with the NucleoSpin®

RNA XS kit (MACHEREY-NAGEL GmbH & Co. KG, Düren, Germany) and retro-transcribed to c-DNA
with the iScript cDNA Synthesis kit (Thermo Fisher Scientific, Waltham, MA, USA). Quantitative
reverse-transcription polymerase chain reaction (qRT-PCR) analysis was performed in a 96-well optical
reaction plate using a qPCR Quant3 Studio (Applied BioSystem, Foster City, CA, USA). Analysis was
performed in a total volume of 20 µL amplification mixture containing 2× (10 µL) Brilliant SYBR Green
QPCR Master Mix (Bio-Rad Laboratories), 2 µL cDNA, 0.4 µL of each primer, and 7.2 µL H2O. The PCR
conditions were as follows: 3 min at 95 ◦C, 40 cycles of 5 s at 95 ◦C, and 23 s at 60 ◦C. The reaction
mixture without cDNA was used as a negative control in each run. Gene expression was analyzed in
triplicate. GAPDH housekeeping was used as the housekeeping gene and results were analyzed with
the 2−∆∆Ct method [18] relative to the expression in the cells at day 0. The primers used are listed in
Table S1.

2.12. Extraction of Bone Matrix Proteins and ELISA Assay

To evaluate the amount of extracellular matrix protein constituents onto the keratin scaffold
in in all experimental conditions, an enzyme-linked immunosorbent assay (ELISA) was performed
as previously described [7]. Briefly, samples were washed extensively with sterile PBS to remove
culture medium and then incubated for 24 h at 37 ◦C with 1 mL of sterile sample buffer (20 mM
Tris-HCl, 4 M GuHCl, 10 mM EDTA, 0.066% (w/v) sodium dodecyl sulphate (SDS), pH 8.0) At the
end of the incubation period, the samples were centrifuged at 4000 rpm for 15 min in order to collect
also the sample buffer entrapped inside the pores of the scaffolds. The total protein concentration
in the collected sample buffer was evaluated with the BCA Protein Assay kit (Pierce Biotechnology,
Inc., Rockford, IL, USA). Calibration curves to measure alkaline phosphatase (ALP), type-I collagen
(COL-I), decorin (DCN), osteocalcin (OSC), osteonectin (OSN), and osteopontin (OSP) were prepared as
previously described [7]. In order to measure the extracellular matrix amount of each protein the ELISA
assay was performed as previously reported [7]. In brief, microtiter wells were coated with increasing
concentrations of each purified protein, from 10 ng to 2 µg, in coating buffer (50 mM Na2CO3, pH 9.5)
overnight at 4 ◦C. Control wells were coated with bovine serum albumin (BSA) as a negative control.
To measure the ECM amount of each protein by ELISA, microtiter wells were coated, overnight at
4 ◦C, with 100 µL of the previously extracted ECM (20 µg/mL in coating buffer). After three washes
with PBS containing 0.1% (v/v) Tween 20, the wells were blocked by incubating with 200 µL of PBS
containing 2% (w/v) BSA for 2 h at 22 ◦C. The wells were subsequently incubated for 1.5 h at 22 ◦C with
100 µL with anti-phosphatase (ALP), anti-type-I collagen (COL-I), anti-decorin (DCN), anti-osteocalcin
(OSC), anti-osteonectin (OSN), and anti-osteopontin (OSP) polyclonal antisera (1:500 dilution in 1%
BSA), kindly provided by Dr. Larry W. Fisher. After washing, the wells were incubated for 1 h at 22 ◦C
with 100 µL of horseradish peroxidase (HRP)-conjugated goat anti-rabbit IgG (1:1000 dilution in 1%
BSA). The wells were finally incubated with 10 µL of the development solution (phosphate-citrate
buffer with o-phenylenediamine dihydrochloride substrate). The color reaction was stopped with
100 µL of 0.5 M H2SO4, and the absorbance values were measured at 490 nm with a microplate reader
(BioRad Laboratories). The optical densities from each sample were plotted against a calibration curve
containing known amounts of each proteins. An underestimation of the absolute protein deposition
is possible because the sample buffer used for matrix extraction contains SDS, which may interfere
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with protein absorption during the ELISA assay. The amount of extracellular matrix constituents
throughout the wool keratin scaffold in the different conditions was expressed as pg/(cells×scaffold).

2.13. Ageing Test

Wool keratin scaffolds and commercial collagen sponges were dried at 105 ◦C to a constant weight
then aged in isotonic fluid (0.02 mg/mL, Ringer’s solution, pH 7) at 37 ◦C, with the fluid replaced every
14 days [19].

2.14. Compression Behavior

Compression properties of the wool keratin scaffolds were determined in conditioned standard
atmosphere at 20 ◦C, 65% RH, with an Instron 5500 R Series IX dynamometer (Instron, Pianezza,
Italy). The measurements were performed on the scaffold in the absence or presence of cells in all the
conditions (ctrl, PEMF, OF, and OF + PEMF) after 21 days of culture. Six samples (8 mm, diameter;
4 mm, thickness) in conditioned and wet states (bathed in distilled water for 2 h, then drained for
testing) were submitted to 10 compression cycles (maximum load of 5 N) at the constant deformation
rate of 10 mm/min, in order to evaluate resilience as well. Every compression cycle was stopped
on reaching 3 mm stroke, starting from the top of the sponge scaffold. Samples were measured for
compression force and deformation, reporting the average and standard deviation of the results.

2.15. Statistics

Three independent experiments (N) (unless otherwise indicated) were performed to get a
statistically significant number of events, and in order to test the reproducibility of the results per
each type of experiment from 2 to 3 scaffolds (n) were analyzed (as indicated in the figure legends).
Results were expressed as mean ± standard deviation. Statistical analysis was carried out using
GraphPad Prism 6.0 (GraphPad, Inc., San Diego, CA, USA). Analysis was performed using one-way or
two-way ANOVA analysis of variance (ANOVA), followed by Bonferroni post hoc test (significance
level of 0.05).

3. Results

To explore the effect of daily treatment with a low-frequency PEMF on human osteoblast-like
cells (SAOS-2) seeded onto wool keratin scaffolds on proliferation and bone matrix deposition after
21 days of culture, four conditions were investigated: (a) cells grown in a maintenance medium
(MM, control, ctrl); (b) cells grown in MM and daily exposed to PEMF; (c) cells differentiated in
medium supplemented with osteogenic factors (OF); and (d) cells differentiated in the presence of
OF and treated daily with PEMF (PEMF + OF). The experimental setup was performed as indicated
in Table 1. The SAOS-2 cell line was selected because it exhibits several fundamental osteoblast
characteristics. Although, this cell line is derived from osteosarcoma and so could display some cellular
behavior differences from primary human osteoblasts, it represents an accepted and representative
model for in vitro osteogenic study [20], including studies of the multiple osteoblasts responses on
new developed biomaterials [21,22].

3.1. Proliferation and Morphology of Osteoblast-Like Cells onto Wool Keratin Scaffold after PEMF Treatment

Firstly, the capability of the 3D fibrous structure of wool to support the cell adhesion and
migration into the pore of wool keratin scaffold was confirmed by confocal laser scanning microscopy
(Figure S1). Specifically, analysis of the orthogonal projections of CLSM images (Figure S1) displayed
that osteoblasts were able to migrate into the pores of wool keratin scaffold after 24 h of incubation,
that is a relevant event, since the migration and colonization into the scaffold may favor the bone
matrix deposition. We selected PEMF with a frequency of 75 Hz and an intensity of 2 mT based on
our previous study, demonstrating that these parameters improve the osteogenic differentiation of
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human mesenchymal stem cells (MSCs) [23]. The daily treatment with PEMF for 1 h was chosen as an
exposure protocol on the basis of viability preliminary studies performed by using a single or daily
PEMF dose (Figure S2). Next, cell proliferation on wool keratin scaffolds were assessed after 21 days of
culture for the above treatments. The proliferation of SAOS-2 over 21 days was determined through a
DNA quantification assay (Figure 1a). According to the data the addition of osteogenic factors, with or
without the PEMF exposure resulted in a significant decrease of cell proliferation comparison both
with ctrl and PEMF groups (* p < 0.05 and § p < 0.05, respectively). It can be seen that the proliferation
of cells exposed to PEMF and OF simultaneously (PEMF + OF) showed comparable results with OF
group (p > 0.05). Similarly, no significant difference was observed between ctrl and PEMF stimulated
cells (p > 0.05). It is important to note that this may be an underestimation of the culture cellularity due
to the trapping of DNA within the formed extracellular matrix and fibrous scaffold meshes. The SEM
images show that the cells (indicated with red stars in the SEM images) adhered and spread onto the
surface of the scaffolds after 21 days (Figure 1b), demonstrating that scaffolds are suitable frameworks
for cellular attachment, spreading and proliferation and differentiation. All of these are crucial features
for bone healing applications. However, differences were detected among the different experimental
conditions. In comparison with ctrl and PEMF, due to OF and PEMF + OF stimuli, cells built their
extracellular matrix (ECM) over the scaffold surface, which was tending to be hidden by a dense layer
of cell-extracellular matrix (Figure 1b).

3.2. Bone Matrix Production by Human Osteoblast-Like Cells onto Wool Keratin Scaffold after PEMF
Treatment

To determine the action of daily PEMF exposure on human osteoblast-like cells cultured onto
wool keratin scaffold, at the end of culture and treatment (21 days), all groups were assessed by
evaluation of ALP activity, inorganic matrix production, bone-related protein gene expression and
deposition. When the ALP activity was examined (Figure 2) it was found that both OF and PEMF + OF
groups significantly increased the enzymatic activity over both ctrl and PEMF cultures (* p < 0.001 and
§ p < 0.001). The simultaneous treatment with PEMF and OF, however, significantly reduced the ALP
activity when compared to the osteogenic factors’ sole exposure (◦ p < 0.001).

Next, the quantification of the inorganic matrix produced was performed in all four conditions
by the assessment of both phosphate and calcium content (Figure 3a,b). At day 21, the PEMF + OF
group had the greatest phosphate content (ctrl, * p < 0.001; PEMF, § p < 0.001; OF, ◦ p < 0.01). Although
no significant differences were detected between ctrl and PEMF samples (p > 0.05), a significant
increase of phosphate was detected in PEMF + OF group and not in the OF group (◦ p < 0.01). In line
with phosphate data, the analysis of calcium content reported that the calcium amount, expressed
as pg of calcium per cell × scaffold, was greater in PEMF + OF samples than in the other conditions
(* § ◦ p < 0.001). Additionally, the daily PEMF exposure significantly increased the calcium presence
over ctrl (PEMF vs. ctrl, * p < 0.05) and over OF (PEMF + OF vs. OF, § p < 0.001). These quantitative
results are corroborated by SEM-EDX elemental mapping (Figure 3c). Inorganic deposits were clearly
identified by SEM imaging both in OF and PEMF + OF, but were absent both in ctrl and PEMF
groups (Figure 3c). EDX elemental maps, in which calcium and phosphorus concentrations were
mapped in green and red, respectively, revealed that the signal of both elements was remarkably
higher and localized in specific region onto the wool keratin scaffold surfaces (indicated by the red
dotted circles) treated with OF and PEMF + OF than the others (Figure 3c). In these latter conditions,
both calcium and phosphorus signals were lower and appeared homogeneously distributed throughout
the scaffold’s surface.

70



Materials 2020, 13, 3052

Materials 2020, 13, x FOR PEER REVIEW 8 of 20 

 

days of culture for the above treatments. The proliferation of SAOS‐2 over 21 days was determined 
through a DNA quantification assay (Figure 1a). According to the data the addition of osteogenic 
factors, with or without the PEMF exposure resulted in a significant decrease of cell proliferation 
comparison both with ctrl and PEMF groups (* p < 0.05 and § p < 0.05, respectively). It can be seen 
that the proliferation of cells exposed to PEMF and OF simultaneously (PEMF + OF) showed 
comparable results with OF group (p > 0.05). Similarly, no significant difference was observed 
between ctrl and PEMF stimulated cells (p > 0.05). It is important to note that this may be an 
underestimation of the culture cellularity due to the trapping of DNA within the formed extracellular 
matrix and fibrous scaffold meshes. The SEM images show that the cells (indicated with red stars in 
the SEM images) adhered and spread onto the surface of the scaffolds after 21 days (Figure 1b), 
demonstrating that scaffolds are suitable frameworks for cellular attachment, spreading and 
proliferation and differentiation. All of these are crucial features for bone healing applications. 
However, differences were detected among the different experimental conditions. In comparison 
with ctrl and PEMF, due to OF and PEMF + OF stimuli, cells built their extracellular matrix (ECM) 
over the scaffold surface, which was tending to be hidden by a dense layer of cell‐extracellular matrix 
(Figure 1b). 

 
Figure 1. (a) Cell growth evaluation has been assessed by means of DNA quantification at day 21 of 
culture. Bars represent the mean values ± SD (standard deviation) of results (N = 3; n = 3, symbols 
indicate statistical significance vs. control (*) and vs. PEMF (§)). (b) Cell morphology assessed by SEM 
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Figure 1. (a) Cell growth evaluation has been assessed by means of DNA quantification at day 21 of
culture. Bars represent the mean values ± SD (standard deviation) of results (N = 3; n = 3, symbols
indicate statistical significance vs. control (*) and vs. PEMF (§)). (b) Cell morphology assessed by SEM
on all samples (scale bars = 10 µm; magnification: ctrl = 1020×; PEMF = 1040×; OF = 1050×; PEMF +

OF = 1070×). Red stars indicate cell distribution on the wool keratin scaffolds in all conditions. In OF
and PEMF + OF the dense layer of extracellular bone matrix (ECM) made difficult to discriminate a
cell from another. Representative live cells visualized by fluorescein diacetate (FDA) staining on the
scaffold’s surfaces are shown in Figure S3.
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Figure 2. Alkaline phosphatase (ALP) activity after 21 days. ALP activity was colorimetrically
determined, corrected for the protein content (measured with the BCA Protein Assay kit), and expressed
as mM of p-nitrophenol produced per min per µg of protein. Bars express the mean ± SD (N = 3; n = 2,
symbols indicate statistical significance vs. control (*), vs. PEMF (§) and vs. OF (◦)).
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Figure 3. Quantification of inorganic matrix produced for 21 days. (a) Quantification of phosphate
content by Phosphate Colorimetric Assay kit. Phosphate is measured in pmol/cell×scaffold; results
are presented as mean ± SD (N = 3; n = 2; symbols indicate statistical significance vs. control (*),
vs. PEMF (§) and vs. OF (◦)). (b) Quantification of calcium content by the Ca2+/o-cresolphthalein
complexone method. Results are expressed as pg/cell×scaffold and presented as mean ± SD (N = 3;
n = 2, symbols indicate statistical significance vs. control (*), vs. PEMF (§) and vs. OF (◦)). (c) Scanning
Electron Microscopy with Energy Dispersive X-ray Spectroscopy (SEM-EDX) analysis of calcium and
phosphorous deposits. Representative SEM pictures show the presence of inorganic deposits (indicated
with red dotted circles) in particular in cells cultured in wool keratin scaffolds and treated for 21 days
with PEMF + OF. EDX elemental mapping of calcium (green) and phosphorus (red) relative to the SEM
pictures (dimension: 64.68 × 43.12 µm). All EDX analyses were conducted with an accelerating voltage
of 20 kV and under low vacuum conditions. Wool keratin scaffolds cultured in maintenance medium in
absence of cells (w/o cells) and with OF (w/o cells + OF) for 21 days were included as control. In both
these conditions, the calcium and phosphorus signals were negligible.
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Subsequently, quantitative real-time PCR (qRT-PCR) analysis of the early and late osteogenic
marker expression after 7 and 21 days was performed on the total RNA extracted from cells cultured
in different conditions (Figure 4). In general, the addition of osteogenic factors in the maintenance
media, with/without PEMF exposure, significantly enhanced osteogenic transcription factors levels in
the cells cultured onto wool-keratin scaffold compared to day 0 (+ p < 0.05). This increase showed that
variations of osteogenic genes were expression time dependent. During the early differentiation (day 1),
the osteogenic gene expression was greatly upregulated in OF and PEMF + OF groups compared to ctrl
and PEMF condition (* p < 0.05; § p < 0.05). Notably, expression of OSX, Runx-2, ALP and OSC gene
expression was significantly increased by PEMF + OF compared with the OF group (◦ p < 0.05). At the
same time, neither the control or PEMF group showed any stimulatory trend for osteogenic markers
levels compared to day 0 (p > 0.05). Notably, at the end of the experimental procedure (21 days),
expression of osteogenic genes declined in OF and PEMF + OF groups, but were still significantly
higher than most genes tested on day 0 (+ p < 0.05), expect for Runx-2, which reached comparable levels
of ctrl and day 0 (p > 0.05). Furthermore, on day 21 the stimulatory effect of PEMF in presence of OF
was no longer apparent for the above-mentioned genes, with no significant difference between OF and
PEM + OF condition (p > 0.05). It was interesting to observe that after 21 days of culture, the control
group showed an increase of most analyzed genes (OSX, ALP, OSC, DCN, COL-1) in comparison with
day 0 (+ p < 0.05). A similar trend was observed in PEMF exposure without osteogenic factors, with a
strong upregulation of some genes related to the initial phases of osteogenic differentiation, like Runx-2
and ALP, compared with day 0 (+ p < 0.05).
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Figure 4. Gene expression of bone-specific markers as determined by quantitative reverse-transcription
polymerase chain reaction (qRT-PCR) at day 7 and 21 of culture. Graphs show the fold change of gene
expression relative to the expression in the cells at day 0. Symbols indicate statistical significance vs.
day 0 (+), vs. control (*), vs. PEMF (§) and vs. OF (◦) as determined by two-way ANOVA (N = 2, n = 3).
Abbreviations: OSX, osterix; Runx-2, runt-related transcription factor-2; ALP, alkaline phosphatase;
OSC, osteocalcin; DCN, decorin; COL-I, type-I collagen.
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Furthermore, the extracellular matrix constituents were extracted and quantified by ELISA assay
at the end of the culture to characterize the osteogenic process. Remarkably, at the end of the study
it emerged that the amount of bone extracellular matrix proteins produced by cells onto wool fibril
sponges resulted significantly higher in osteogenic groups (with or without PEMF) than in the control
and PEMF-treated cells (* p < 0.05 and § p < 0.05, Figure 5a). Furthermore, the highest production
was detected in cells exposed daily to PEMF with osteogenic factors added in the culture medium
(PEMF + OF) over all the other samples. Noteworthy, compared to OF, a significant enhancement
of ALP, OSN, DCN, and OSC deposition was found in PEMF + OF samples (◦ p < 0.001, ◦ p < 0.01,
◦ p < 0.01, ◦ p < 0.05, respectively). By contrast, no significant difference was measured between the
control and PEMF-treated cells for all bone proteins measured (p > 0.05). Lastly, although the thick and
intricated structure of the 3D wool keratin scaffolds presented challenges, the orthogonal projections of
CLSM images confirmed the presence of cell (nuclei in blue), showing that they were able to migrate
and infiltrate into the full depth of the scaffold and colonize its porosities. Agreeing with ELISA data,
immunofluorescence images showed a clear and marked osteocalcin fluorescence signal, in particular
in cells differentiated in OF and PEMF + OF treatments (Figure 5b).

3.3. Mechanical Properties of Wool Keratin Scaffolds after Cell Growth/Differentiation and PEMF Treatment

During compression cycles carried out in the dry state, wool keratin scaffolds (or sponges) showed
a permanent deformation not evident in sponges compressed in wet conditions [4]. Since their
application is forecast to be performed in wet conditions (inside body), the compression behavior was
evaluated in wet conditions after 21 days of immersion in a culture medium. The compression behavior
of sponges submitted to 10 repeated compression cycles in a wet state, after 21 days of immersion in
MM with or without cells or PEMF, has been evaluated (Figure 6, Table 2).

Table 2. Mechanical characterization of wool fibril sponges in the wet state after 21 days in different
culture conditions.

Experimental Condition Compression Range (kPa) Average Modulus (kPa)

without cells in MM
2–8 18.0 ± 5.2

10–22 11.1 ± 8.3

without cells in PEMF
2–8 14.1 ± 2.2

10–22 85.2 ± 8.1

without cells in OF
2–8 21.3 ± 3.1

10–22 80.4 ± 7.4

without cells in PEMF + OF
2–8 22.1 ± 3.1

10–22 54.4 ± 4.6

with cells in MM (ctrl) 2–8 24.2 ± 2.2
10–22 102.6 ± 9.1

with cells in PEMF
2–8 16.2 ± 2.7

10–22 58.3 ± 9.2

with cells in OF
2–8 27.4 ± 30.1

10–22 90.5 ± 90.2

with cells in PEMF + OF
2–8 25.1± 3.3

10–22 59.3± 8.1

After 21 days of culture in maintenance (MM) and osteogenic (OF) medium a resilient behavior was
still observed: compression traces are almost overlapping each other, and no permanent deformation
can be detected (Figure 6). All compression traces display a horizontal line in the load range 22–24 kPa,
which is most likely due to reversible crushing deformation of the pore structure of sponges (Figure 6).
In other words, water filled the macro- and micro-pores and penetrated into the amorphous keratin
domains as well, resulting in increased elasticity of the whole structure. Nevertheless, for compression
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loads higher than 24 kPa, the structure of the wool fiber assembly would not represent a sponge
anymore. Thus, the compression moduli of sponges have been compared in the load ranges 2–8 kPa
and 10–22 kPa (Table 2).
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Figure 5. Bone osteogenic protein production by cells onto wool fibril sponges in the different conditions
after 21 days of culture. (a) Quantification of indicated osteogenic proteins quantified by ELISA assay.
Data are expressed as pg/cell×scaffold (N = 3; n = 2, symbols indicate statistical significance vs. control
(*), vs. PEMF (§) and vs. OF (◦)). (b) Representative orthogonal view of Confocal Laser Scanning
Microscope (CLSM) images of bone osteocalcin immunolocalization (green) are shown with xy, yz,
and xz planes. Nuclei (blue) were counterstained with Hoechst 33342. White arrows indicate the
scaffold areas containing cells. Magnification 20×; the scale bar represents 50 µm. Negative control for
non-specific staining of the secondary antibody and Tissue Culture Plates (TCPS) controls are shown in
Figure S4.
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Figure 6. Compression traces of the wool fibril sponges in the wet state after 21 days of culture in MM
with cells and PEMF. Similar behavior was obtained for all other conditions tested.

3.4. Ageing Test

Both wool keratin scaffolds and commercial collagen sponges (reference polymeric material)
were immersed into the same Ringer’s solution (ageing reference solution for bone biomaterials) at
37 ◦C. The degradation rate of collagen sponges was significantly higher when compared with the
degradation rate of the wool scaffolds. The collagen sponges degraded completely in 22 days, whereas
the wool sponges exhibited a degradation rate of only 22% only after 180 days (Figure 7).
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Figure 7. Degradation rate of the commercial collagen sponge vs. wool fibril sponge.

4. Discussion

Our study investigated the effects of electromagnetic stimulation on osteoblasts seeded onto wool
keratin scaffolds in terms of growth, differentiation, and bone extracellular matrix production.

Most of the other materials used as scaffolds for the repair of bone defects offer only a feasible
structure within which to heal or regenerate and do not induce or boost the regeneration processes.
Among the biomaterials, bioceramic scaffolds, mainly from calcium phosphates, are widely employed
for bone regeneration because of their chemical similarity to the bony inorganic matrix which confers
osteoconductive properties, increasing scaffold integration inside tissue and, as a consequence,
leading to the bone healing. A large number of strategies have and are been investigated in order
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to improve the interaction of biomaterial with bone tissue. The use of PEMF might be a potential
adjuvant treatment to enhance the osseointegration process. The effects of PEMF on osteoblasts onto
different biomaterials have been investigated in several in vitro and in vivo studies [14]. PEMFs act
on osteoblasts, improving their growth, differentiation and expression of a mature phenotype on
implanted materials and, as consequence, promote tissue integration [24–26]. Most of these researches
were focused on titanium and titanium alloy-based biomaterials [7,23,25,27–30], but similar effects were
also achieved after PEMF application on cells cultured onto bioceramic and polymers scaffolds [31–33].

The electromagnetic stimulus of this study was demonstrated [8,9] to elicit time varying mechanical
forces acting perpendicularly or tangentially onto the cell membrane. For instance, osteoblasts are
susceptible to fluid shear stress and react with an enhanced transcription of bone matrix genes [11,12].
Traction and compression vary the activities of intracellular signaling molecules such as Rho GTPases,
guanine nucleotide exchange factors, GTPase activating proteins, and the MAPK pathway, consequently
modulating the expression of transcription factors essential for the homeostasis of bone [13]. In addition,
several studies demonstrated that the electromagnetic fields are accompanied by increases in cytosolic
calcium concentration and might involve calcium/calmodulin pathway [34]. According to Pavalko’s
diffusion-controlled/solid-state signaling model, the increase of the cytosolic calcium concentration is a
starting point of signaling pathways targeting specific genes of the bone matrix [11].

In agreement with this model, our previous findings on human mesenchymal stem cells (hMSCs)
showed that the daily PEMF exposure affected cells osteogenesis by interfering with selective
calcium-related osteogenic pathways [35], including when they were seeded on TiO2 nanostructures
surfaces [23]. In line with these studies, our previous findings on human mesenchymal stem cells
(hMSCs) showed that the daily PEMF exposure affected cells osteogenesis by interfering with selective
calcium-related osteogenic pathways [35], including when they were seeded on TiO2 nanostructures
surfaces [23].

We note, however, that though the effects of PEMF stimuli on cells are well documented,
the mechanism of action is still unclear. The broad range of settings used for PEMFs stimulation
represents an obstacle, making it difficult to compare the results in the literature. It has been
demonstrated, for example, that the time of PEMF exposure could be a critical parameter [36].
We previously observed that exposure to PEMF for 10 min per day at the same time increased,
on hMSCs, the extracellular matrix secretion as well as enhancing the osteogenic gene expression [23].
Another study on a rat model found that 1 h of exposure significantly improved the bone healing
process compared with longer treatment [37]. Moreover, other variables can affect PEMF outcomes,
including the types, density, and differentiation stage of cells [38] as well as the medium composition
(e.g., serum percentage and osteogenic supplements) [39]. For these reasons, there are contradictory
results. PEMF can directly stimulate osteoprogenitor cells towards osteogenic differentiation at the
expense of proliferation [40], or enhance both hMSCs osteogenic differentiation and proliferation [41].
Besides, Martino et al. reported that repetitive PEMF exposure increased the SAOS-2 matrix
mineralization without affecting cell proliferation [42]. In agreement with Martino et al., in our
experimental settings, we observed that, the daily application of pulsed electromagnetic field slightly
affected SAOS-2 growth (both with or without osteogenic factors), but that osteogenic differentiation
and mineralization significantly increased only in combination with osteogenic agents. The number of
proliferated cells and their differentiation should be important parameters to estimate the biological
effect of PEMF on cells onto the wool keratin scaffold. According to our results, cell proliferation
increased with culture time in all conditions tested (ctrl, PEMF, OF, and PEMF + OF), demonstrating
that the scaffold has good biocompatibility. However, at the end of culture, the proliferation resulted
lower in the groups cultured in the presence of the osteogenic factors, with or without PEMF, suggesting
a link with the osteogenic factors’ addition. Commonly, in vitro osteogenic factors (e.g., dexamethasone
and β-glycerophosphate) are directly introduced into the culture medium to drive the cells toward
osteogenic differentiation: dexamethasone is a synthetic glucocorticoid that activates the osteogenic
lineage differentiation and β-glycerophosphate acts as a source of phosphate with an important role
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in the mineralization process. At the beginning of the osteogenic differentiation, cells undergo a
proliferation process that stops when the differentiation starts [43]. Additionally, this phenomenon
may clarify the small increase of proliferation found in OF and PEMF + OF groups at the end of
the experiments.

Again, because of variables mentioned, the effects of PEMF described in the literature vary
considerably, with significant variations in the determination of the peak. Tsai et al. observed an
increase of ALP activity on hMSCs after PEMF stimulation on day 7, but not on day 3 and 10 [44],
whereas Jansen et al. reported that ALP activity was not significantly affected by PEMF treatment
and the peak significantly varied between bone marrow mesenchymal stem cells from different
donors [40]. After 21 days, we detected a lower ALP activity in PEMF + OF cultures than the OF
samples. During osteogenic differentiation, in the early stages, there is an initial peak in ALP activity,
which is followed by a subsequent reduction as the cells mature and lay down mineral [45,46]. Here,
it is possible to speculate that the decrease of ALP activity observed in PEMF + OF group over OF
may be correlated with the fact that, after 21 days, the cells were in the late stage of differentiation as a
consequence of both osteogenic factors and PEMF stimulation, well-known to accelerate and boost the
osteogenic differentiation and mineralization [47]. It is probable that we overlooked and missed the
PEMF induced stimulation of ALP activity, which could have occurred earlier than 21 days.

The ECM deposition and calcification represent optimal indicators for assessing the in vitro
maturation of osteoblastic phenotype [48]. Notably, in our in vitro system, the presence of the
osteogenic factors seemed to be critical for the osteogenic commitment in PEMF-treated groups.
SAOS-2 cells stimulated by PEMF, without osteogenic factors, clearly displayed comparable levels
of mineralization with ctrl groups. By contrast, when cultured in medium containing osteogenic
ingredients, PEMF-treated cells increased both phosphate and calcium deposition. SEM images
and EDS mapping of the elements Ca, P, and Mg corroborated the idea that the new bone matrix
was ultimately deposited onto the surface of the wool keratin scaffold. Also, the osteogenic factors
determined an enhancement of both calcium and phosphate contents, but the OF-groups merely
presented a homogeneous distribution of both elements onto the scaffold surface. The formation of
mineral nodules, mainly in PEMF + OF cases, might be ascribable to the accelerated differentiation
exerted by the synergic action of PEMF and OF, a point which was also confirmed by the quantification
of bone-related proteins. We observed that PEMF exposure significantly increased the production of
some proteins related to the matrix deposition and mineralization (e.g., ALP, OSN, DCN, and OSC),
preferentially in osteogenic medium (PEMF + OF group). The enhancement of the proteins implicated
in bone formation and remodeling further supports the hypothesis that PEMF, in combination with
osteogenic signals, promotes the production of proteins necessary for mineralization (ALP makes
the phosphates available for calcification, OSN is a calcium- and collagen-binding ECM glycoprotein
acting as a modulator of cell-matrix interactions, DCN orchestrates the correct collagen fibril assembly,
OSC is the most specific marker for osteoblasts maturation [49]).

The qRT-PCR analysis appears to confirm the speeding-up effects towards a fully osteoblastic
mature state exerted by the simultaneous presence of OF and PEMF. Indeed, during the early
differentiation (day 7), we determined an up-regulation of osteogenic markers in both OF and
PEMF-treated groups. At day 21 of culture, we found a decrease of the expression of both early
(Runx-2, OSX, ALP) and late bone-related genes (COL-I, DCN, OSC) in particular in both PEMF + OF
and OF condition than control and PEMF group. These findings strongly suggest that the PEMF + OF
exposition seems to accelerate the cells toward the bone differentiation pathway influencing all the
proteins involved in terms of transcription and translation in a significant manner. Hypothetically,
the bone protein transcription was immediately activated after the osteogenic addition, with or without
PEMF exposition, which allowed protein translation. Perhaps the fast reaching of a mature phenotype
from the cells in these conditions forced them to downregulate and prematurely stop the protein
transcription with respect to protein translation. Interestingly, in the ctrl and PEMF groups, cells could
be in an early stage of differentiation, and so result in a higher level of bone gene expression over OF
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and PEMF + OF, that may be due to spontaneous differentiation of the cells after 21 days of culture in
response to the porous topography of the scaffold. In general, similarly to a previous study where PEMF
alone did not affect cell mineralization or cell viability in osteoblast-precursor MC3T3-E1 cells [50],
we found that SAOS-2 cells matrix mineralization was heavily influenced by the PEMF exposure
only when the medium was supplemented with the osteogenic factors. Furthermore, keratin presents
peculiar tri-peptide motives relevant for cell binding, such as leucine-aspartic acid-valine (LDV),
glutamic acid-aspartic acid-serine (EDS), and arginine-glycine-aspartic acid (RGD). Indeed, these
motives are found in several extracellular matrix proteins, like fibronectin [51] and their interaction with
cells can elicit different responses [52]. These responses might overlap with the signaling regulation
exerted by PEMF and/or osteogenic factors. As reported by Klontzas et al. [53], alginate hydrogels
crosslinked with a specific tri-peptide (glycine-histidine-lysine or GHK, characterizing the bone ECM
protein osteonectin) significantly induced osteogenic differentiation because of the presence of this
GHK peptide. Hence, we can speculate the different mechanical/biochemical stimuli utilized in the
present study are acting on the very same or closely interconnected metabolic pathways. To corroborate
or refute this hypothesis, further studies should focus on the specific action the individual stimulus
has on the osteogenic differentiation pathways. Besides, precise and analytic approaches, such as mass
spectrometry-based metabolomics and proteomics could be properly employed for these purposes.

In summary, we have demonstrated the importance of including both physical and biochemical
factors for fostering the osteogenic differentiation. PEMF (frequency of 75 Hz, magnetic induction of
2 mT, 1 h of exposure per day) stimulated in the osteogenic cultures the highest production of bone
extracellular matrix and, therefore, it could be very useful in combination with osteogenic factors
during the cell culture onto wool keratin scaffolds. Finally, no significant differences were detected in
mechanical behavior between scaffolds with or without cells, in maintenance or osteogenic medium
and with or without PEMF. The presence of SAOS-2 cells influenced neither the compression behavior
nor the resilience of keratin scaffolds in wet conditions. As expected, the wool fibril sponges showed
high chemical and physical stability after 21 days of culture, despite the fact that they consist of
proteins (biodegradable polymers). Ageing tests revealed that wool fibril sponges, characterized
by an exceptional number of crosslinks stabilizing the keratin structure are very stable and show a
lower degradation rate than commercial collagen sponges. This suggests that these materials have
a promising application for long-term support of in vivo bone formation (e.g., as biocompatible,
bone-proteins rich, bone-cells rich fillers for bone defects). In the future, experiments involving a
higher number of scaffolds may help to study more precisely the not significant results observed in
our study.

5. Conclusions

With the awareness that in vivo studies will confirm the feasibility and the bone healing potentiality
of the integrated bioengineering approach proposed in this paper, we can conclude by stating that
this is the first in vitro evidence of the positive advantages of this approach: the capability of the
PEMF to boost the osteogenic differentiation in synergy with osteogenic factors made the 3D wool
keratin an osteoconductive biomaterial, which, once tested in in vivo models, may elicit positive bone
response and may speed up tissue healing after surgery. Prospectively, this experimental design may
be employed to electromagnetically stimulate the differentiation of bone marrow mesenchymal stem
cells toward the osteogenic phenotype onto keratin substrates, subsequently leading to a potential
application in regenerative medicine.

Supplementary Materials: The following are available online at http://www.mdpi.com/1996-1944/13/14/3052/s1,
Figure S1: CLSM morphological analysis of osteoblast-like cells seeded onto the wool fibril sponges, Figure S2:
Viability of SAOS-2 cells cultured onto the wool keratin scaffolds and exposed to different PEMF doses, Figure S3:
Representative CLSM images of live cells onto wool fibril sponge in the different experimental conditions, Figure
S4: Representative CLSM images of negative control for non-specific staining of the secondary antibody and TCPS
controls, Table S1: Primers used for qRT-PCR study.
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Abstract: Deacetylated chitin derivatives have been widely studied for tissue engineering purposes.
This study aimed to compare the efficacy of an injectable product containing a 50% deacetylated
chitin derivative (BoneReg-Inject™) and an existing product (chronOS Inject®) serving as a predicate
device. A sheep model with a critical size drill hole in the tibial plateau was used. Holes of 8 mm
diameter and 30 mm length were drilled bilaterally into the proximal area of the tibia and BoneReg-
Inject™ or chronOS Inject® were injected into the right leg holes. Comparison of resorption and
bone formation in vivo was made by X-ray micro-CT and histological evaluation after a live phase
of 12 weeks. Long-term effects of BoneReg-Inject™ were studied using a 13-month live period.
Significant differences were observed in (1) amount of new bone within implant (p < 0.001), higher
in BoneReg-InjectTM, (2) signs of cartilage tissue (p = 0.003), more pronounced in BoneReg-InjectTM,
and (3) signs of fibrous tissue (p < 0.001), less pronounced in BoneReg-InjectTM. Mineral content at
13 months postoperative was significantly higher than at 12 weeks (p < 0.001 and p < 0.05, for implant
core and rim, respectively). The data demonstrate the potential of deacetylated chitin derivatives to
stimulate bone formation.

Keywords: bone implant; bone defects; chitosan; degree of deacetylation; bone formation; X-ray
micro CT; histology; sheep tibia

1. Introduction

Whenever disease or trauma causes skeletal void or when healing of a fracture is
impaired, a common surgical technique is to harvest bone from the iliac crest of the patient
and insert it to the injury site to fill the void (autograft). Autografts are regarded as the
golden standard in orthopedic surgery. Still, this procedure has a severe drawback, i.e.,
donor site morbidity such as pain and numbness [1]. Over the last decade, several new
products have been introduced, intended to replace bone autografts for filling of skeletal
voids and/or for stimulation of bone healing [2,3]. This rapidly growing group of materials
is commonly referred to as “synthetic bone graft substitutes”. Despite an intensive search
for replacement therapies, no single material has been developed with proven properties
that would make it suitable for filling skeletal defects as well as for induction or promotion
of bone healing [4]. Instead, two major groups of synthetic bone graft materials can be
identified where one group has properties intended to provide bone induction, while in

85



Materials 2022, 15, 838

the other group materials have properties that make them suitable to fill bone voids caused
by trauma or disease. This second group is by far the larger of the two in terms of product
excess, while the group intended for bone induction only consists of a very small number
of products. As an example of a material intended for bone induction, synthetic grafts
containing bone morphogenic protein (BMP), a recombinant growth factor, are effective in
many applications [5]. However they are only approved for a limited number of indications
due to safety concerns, such as heterotopic ossification [6,7].

Chitosan is a natural biopolymer that has been shown to promote both differentia-
tion of stem cells into bone-forming osteoblasts and growth of bone colonies in in vitro
studies [8–11], suggesting osteogenic properties. Results of in vivo studies indicate that
chitosan alone is sufficient to stimulate osteogenesis [10,12,13]. Studies where other mate-
rials with osteogenic, osteo-inductive and/or osteoconductive properties were added to
chitosan-based composites to further stimulate the bone healing process have also been
described in the literature [14,15].

Chitosan is biodegradable and biocompatible and consists of a linear polysaccharide
chain comprising randomly distributed β-(1→4)-linked D-glucosamine and N-acetyl-D-
glucosamine units. It is derived from chitin, an insoluble linear β-(1→4)-linked N-acetyl-
D-glucosamine polysaccharide, by deacetylation. An increased degree of deacetylation
increases the solubility of the polymer by exposing positively charged amine groups of the
glucosamine units [16]. Chitin itself serves as a structural material in the exoskeleton of
arthropods and in the cell walls of fungi and is the second most abundant biopolymer in
nature after cellulose.

In a previous study in a rat model the quantitative assessment of osteogenic effect of
chitin derivatives was established and used to compare the osteogenic effect of deacetylated
chitin derivatives, with degree of deacetylation from 50–96% [17]. The study showed that
injectable implants containing 50% and 70% deacetylated highly pure chitin derivatives
gave the highest bone volume regeneration of the materials tested. Therefore it was decided
to compare the efficacy of a developmental product referred to as BoneReg-Inject™, which
contains ChitobiomerTM, and an existing, similar and commercially available product,
chronOS Inject®, by DePuy Synthes Inc., which served as a predicate device.

BoneReg-Inject™ is a calcium phosphate-based composition comprising tetra-calcium
phosphate (TTCP, Ca4(PO4)2O) and α-tricalcium phosphate (α-TCP, α-Ca3(PO4)2) which
reacts in situ to form hydroxyapatite (Ca10(PO4)6(OH)2) without excess heat formation.
Calcium phosphate based bone cement was chosen as a base for the implants because of
its widespread clinical use as well as biocompatible and osteoconductive properties [18].
ChronOS Inject®, however, is based on β-tricalcium phosphate (β-TCP, β-Ca3(PO4)2),
monocalcium phosphate monohydrate (MCPM, Ca(H2PO4)2·H2O) and magnesium phos-
phate (MgHPO4·H2O), forming brushite (CaHPO4·2H2O) instead of hydroxyapatite. Both
products contain acetylated biopolymers; chronOS Inject® contains sodium hyaluronate
and BoneReg-Inject™ contains partially deacetylated chitin.

The aim of the study was to compare the performance of BoneReg-Inject™ and
chronOS Inject® in a sheep tibia model with respect to new bone formation, calcification
and effect on surrounding tissues on the basis of findings from X-ray micro-CT combined
with histology after an observation period of 12 weeks, and to study the long-term effect of
the BoneReg-Inject™ implant in a similar model with an observation period of 13 months.

2. Materials and Methods
2.1. Implants

The chitosan polymer used was produced from chitin from the shells of northern
Atlantic shrimps (Pandalus borealis). Deacetylation and purification in multiple steps,
involving a series of filtration and precipitation steps, was carried out as described ear-
lier [19]. Extensive analytical work was performed to confirm purity and physico-chemical
properties of the material [19,20].
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Kits of the BoneReg-Inject™ implants were produced and packaged in the laboratories
of Genis hf. The implants consisted of 3.0% w/v partially deacetylated chitin (chitosan
polymer, 50% DDA) (Genis hf., Siglufjörður, Iceland), 30.9% w/v TTCP/α-TCP (Himed, Old
Bethpage, NY, USA), 4.2% w/v sodium glycerol phosphate (Merck, Darmstadt, Germany),
1.9% w/v calcium hydroxide (Sigma-Aldrich, St. Louis, MO, USA), 7.7% w/v phosphoric
acid (Merck) and water. These ingredients were packed into a solid and a liquid fraction
and sterilized by 20 kGy γ-irradiation. Upon application, solid and liquid components
were mixed directly by hand for 3 min; the cement was ready to use 7 min after mixing.
The cement was designed to set within 30 min at room temperature but the setting can
be delayed up to 2 h by cooling at 2–4 ◦C. The implant material is soft and injectable,
and develops into a non-loadbearing solid (unpublished information) within 24 h, with
increasing hydroxyapatite content in the further course of the setting reaction.

The predicate device, ChronOS Inject® (product number 710.066S, Lot No, 2538153),
was purchased from Synthes AB, Korta Gatan 9, 171 54 Solna, Sweden.

2.2. Experimental Design

It was decided to use a sheep model and to drill holes (8 mm diameter × 30 mm
length) into the proximal epiphyseal area of the tibia to inject a standardized volume of
the BoneReg-Inject™ implant or chronOS Inject® into the drill holes in order to compare
efficacy, resorption, osteoconductive and bone formation (osteogenic) properties in vivo
by these two different injectable implants. One hole was drilled into the right leg and one
hole was drilled into the left leg of each sheep. Implants were injected into right leg holes.
Left leg holes were left empty to serve as control. This model was intended to serve as a
representation of a trabecular bone loss associated with bicondylar fracture of the tibial
plateau, involving central impaction and causing substantial loss of trabecular bone. The
dimensions of the drill holes were chosen to serve this purpose and at the same time to
avoid fracture risk [21,22]. The resulting epiphyseal bone void is typically filled with a
bone graft or a bone graft substitute. An important aspect of this model is the involvement
of cortical and trabecular bone tissues as well as fat and marrow tissues. The comparison
was made by applying X-ray micro-CT and histological evaluation of preserved bone tissue
after a live phase of 12 weeks (3 months). During a 13 month live period, the long-term
effects of BoneReg-Inject™ were tested using the same model. Long term effects of chronOS
Inject® were not assessed in this study which represents a limitation.

For the purpose of the study, 45 healthy female sheep, 5–7 years old and of a pristine
Nordic breed, were acquired. Thirty sheep were randomly selected for the comparative
3 months study (15 for BoneReg-Inject™ and 15 for chronOS Inject®) and 15 sheep were
randomly selected for the long-term 13 months study on BoneReg-Inject™. The randomiza-
tion procedure took place before the animals arrived at the surgical facilities, and without
the team having seen the sheep. Each sheep already had an identification number. Com-
puter generated random numbers were used to divide the sheep into the 3 test groups,
maintaining similar age distribution in all groups. One sheep in the 3 months chronOS
Inject® group was diagnosed with Mycobacterium paratuberculosis infection in the lower
intestines and was euthanized 3 weeks postoperatively. The average age of all animals
was 5.9 years; 5.9 years in the BoneReg-Inject™ short term group, 5.9 years in the chronOS
Inject® group and 5.8 years in the long term BoneReg-Inject™ group. Bodyweight of the
animals ranged from 53–86 kg, with an average of 65.6 kg. Average body weight of animals
in the BoneReg-Inject™ and chronOS Inject® group was 64.8 kg and 66.4 kg respectively.
The average body weight of animals in the long term BoneReg-InjectTM study was 60.5 kg.
Changes in average body weight during the 13 months experiment was +3.24 kg in the
BoneReg-Inject™ group, indicating that the animals were in good condition. The changes
in body weight in the 3 months comparative study are not available. All 15 sheep in the
3 months BoneReg-Inject™ group, 14 sheep in the 3 months chronOS Inject® group and
15 sheep in the 13 months long term BoneReg-Inject™ group completed the trial alive and
without any apparent morbidity.
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Before the experiment, sheep were acclimatized for four weeks in the experimental
facility (Institute for Experimental Pathology, University of Iceland, Keldur, 112 Reykjavík).
During acclimatization and after the operation, animals were kept 3–4 together in a pen.
Before the operation, the general health of the animals was confirmed and individual ani-
mals assigned to test groups to maintain similar age distribution within the groups. Before
the operation the animals were not fed in the afternoon the day before operation and in the
morning of the day of operation, but were allowed free access to water. Postoperatively,
the sheep were fed hay twice daily (1–2 kg/day) and water ad-libitum.

All experiments were designed and conducted according to the FELASA guidelines.
The study protocol was approved by the Icelandic Committee on Animal Experiments with
the identification number 0709–0405/2009.

2.3. Surgical Procedure and Sample Preparation

At arrival to the operation theater, the sheep were weighed and injected i.v. with
Chanazin 10% and Atropine sulfate. Further medication administered during the procedure
is listed in Table 1. The sheep were prepared for surgery by shaving both hind upper legs
around the knee and the left side of the neck, to expose the jugular vein. An i.v. catheter was
inserted in the jugular vein and a bolus of ketamin 100 mg/50 kg administered. Following
that a 3–5 mg/kg bolus of propofol was given. When the animal was anesthetized it was
positioned on the right side on the operating table. The sheep breathed spontaneously
during the operation receiving 6 L 100% oxygen via mask at the nostrils. Every 5–10 min
during the operation a bolus of 1–2 mg/kg propofol was given i.v., more often if there were
signs of movement. Continous monitoring of the anaesthesia depth was performed by
an assigned person with no other duties during the operation. Monitoring of pulse and
oxygenation was carried out with pulse oximetry at the tail after shaving it. The right hind
leg was fixed to the table and the left leg fixed in an upright position.

Table 1. Medication and dosages.

Premedication Chanazin 10% (xylazin) Dosage: 0.1 mL/50 kg Body Weight i.v. and
Atropine Sulfate, 1 mL s.c.

General anaesthesia

Narketan Vet. (ketamin 100 mg/mL). Dosage: 1 mL/50 kg i.v.
Propofol 10 mg/mL. Bolus at induction 3–5 mg/kg. Maintainance
with 1–2 mg/kg every 10 min during the operation and if signs of

movement

Local anaesthesia Xylocain adrenalin 2% and Marcain adrenalin, 5 mg/mL mixed
together

Analgesis Finadyne vet (flunixin) 1 mL/50 kg body weight on day of operation
and once a day during the next consecutive 3 days

Antibiotica treatment Duplocillin LA, 1 mL/10 kg before operation and twice every second
day after operation

Euthanasia T 61, 10 mL/50 kg

The shaved areas on both hind legs were disinfected with Hibiscrub® and subsequently
Betadine® solution. The bone surface was accessed through an incision parallel to and
over the posterior border of the tibia. The entrance hole was localized centrally between
the anterior and posterior borders of the bone at the level of the tuberositas. A hole of
8 mm in diameter was drilled at a right angle through the cortex whereafter the drill
was redirected into a 45◦ upwards direction ending beneath the floor of the tibia plateau.
After thorough rinsing of bone debris by flushing with 40–50 mL of sterile, saline water
combined with suction, the right leg hole was filled with a standardized amount (1.5 mL)
of the experimental test formulation (BoneReg-Inject™ or chronOS Inject®). The drill hole
in the left leg was left void for comparison. Prior to application the BoneReg-Inject™
product was mixed according to a procedure described in the “Implants” section above
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and kept at 2–4 ◦C until application to delay the setting time. ChronOS Inject® comes
with a mixing device which was used to mix the two phases, the liquid and the solid,
according to instructions from the manufacturer provided with the product. Within the
time frame (3 min) given in product instructions the material was injected to fill the bone
void. These materials were injected from a 5 mL sterile syringe mounted with a sterile
pipette tip, ensuring that the material would fill the entire space of the drill hole from the
tibia plateau down, and outwards, to the opening in the cortex. Thereafter the surgical
wounds were closed with 4–0 running Vicryl subcutaneous sutures and the skin with 4–0
Ethilon continuous intracutaneous suture.

After surgery and wake-up, the animals were moved back to the sheep pen for recovery
and vital signs monitored until they were ambulatory. All animals survived the anaesthesia
and operation without complications.

Postoperatively, the animals received medication according to protocol (Table 1). They
were monitored daily concerning behaviour, appearance, and appetite as an expression
of general health and well-being. No stabilization such as cast was used and the sheep
moved around and loaded their limbs as in normal conditions. In general, a drill hole of
this size does not cause instability to the bone or the joint as has been confirmed in the
literature [23]. Thus, monitoring through X-ray imaging was not considered necessary. The
surgical wounds were regularly evaluated with respect to signs of infection, inflammation
and dehiscence.

All animals completing the study appeared healthy and behaved normally throughout
the study period. One sheep from the chronOS Inject® group was diagnosed 3 weeks
postoperatively with Mycobacterium paratuberculosis and was immediately euthanized.

At termination after 3 and 13 months of recovery (short and long term study, respec-
tively), sheep were euthanized by 10 mL/50 kg body weight i.v. injection of T 61. Left and
right tibia were explanted at the knee joint and carefully cleaned from soft tissues. The tibia
was sawed transversally about 4–5 cm below the proximal end maintaining the entire drill
hole within the sample. Samples were placed in plastic jars with a tight lid for fixation in a
solution of 3.7% formaldehyde in 50 mM phosphate buffer at pH 7.0. During the period
of 11–32 days in the fixation media, samples were scanned in a micro CT-scanner. That is,
samples had been between 11 and 32 days in the fixation media when CT-scanning was
performed. The sample that had experienced the shortest fixation period had been fixed
for 11 days, and the sample that had experienced the longest fixation period had been
fixed for 32 days at the timepoint of CT-scanning. After the bones had been kept in the
fixation media for 21–35 days and scanning was successfully completed, bone samples
were sawed transversely through the epiphysis into 3–4 mm slices with a band saw. That
is, the sawing of samples was started at day 21 after initial immersion in fixation media
and the sawing was finished at day 35 after initial immersion in fixation media. The slices
were photographed and returned into the fixation media and kept there at 22–24 ◦C under
occasional stirring until a total fixation time of 73–94 days from initial immersion into
the media. Thereafter, the slices were decalcified in 15% EDTA solution at neutral pH for
13 weeks, with 3 changes of solution during the decalcification period, as explained in the
following. Selected sections were further prepared for histological evaluation.

2.4. X-ray Micro CT Analysis

Scanning was performed in an X-ray micro computed tomography (CT)-scanner
(nanotom S, General Electric Inspection Technologies, Wunstorf, Germany). The tibia
samples were scanned during the period of 11–32 days postmortem. Samples were fixed
in a closed plastic cylinder filled with buffered formalin (3.7% formaldehyde in water),
which could be mounted on the rotational table in the CT-scanner. Micro CT scanning was
performed by transmitting adjusted dosages of X-rays through the sample while the sample
was step wise rotated 360◦ in intervals of 0.5◦, collecting 720 2D images from each sample.
Magnification was 2.5, voxel size 20 µm/voxel edge, with exposure time of 3000 ms, frame
averaging of 3, and 1 frame skipped. X-ray settings were 110 kV and 120 µA, using tube
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mode 0 and no filter. Volume reconstruction was performed using the Datos-x software
accompanying the CT-scanner. Data analysis of X-ray micro CT data was performed using
Volume Graphics Studio Max 2.0 from Volume Graphics GmbH, Heidelberg, Germany.

Mineral content was assessed with the help of a hydroxyapatite (HA) phantom from
QRM GmbH, Möhrendorf, Germany, which was scanned together with each sample. The
phantom has 5 cylindrical inserts of 5 mm diameter with different partial densities of
calcium hydroxyapatite of approximately 0, 50, 200, 800 and 1000 mg HA/cm3. The
reconstructed CT-data set from each sample was calibrated according to the HA200 insert,
which has a partial HA density of 200.3 mg/cm3 ± 0.5%. In the following quantitative
analysis the HA200 density was chosen as a lower limit, as this was found to include all
traces of implanted fillers as well as mineralized tissue. The grayscale value obtained
from the calibration for each sample was used to separate the grayscale range into two
corresponding density ranges, one of lower density and the other of higher density than the
HA200 standard. This value marked the border between mineralized and unmineralized
material in the sample and was termed “iso-surface”. The volume of all voxels within
the defined volume under analysis (sphere or cylinder), having a grayscale value equal to
or greater than the iso-surface value, were added up and defined as the “mineral phase
volume” within the total volume under analysis. Hence, in the numerical mineral content
calculations, the volume of all voxels with a density equal to HA200 or higher, divided by
the total volume being analyzed, was defined as “mineral volume ratio” (volume with a
density of ≥200 mg/cm3 divided by the total volume).

Mineralization was compared in specific volumes defined by virtual cylinders. A
cylinder of 8 mm in length and with a radius of 3 mm was defined and carefully and con-
centrically orientated with the longitudinal axis in the direction of the drill hole (Figure 1).
While keeping the orientation of the cylinder fixed, the radius was increased stepwise to 4,
5 and 6 mm and the mineral phase volume in each cylinder measured. This analysis was
repeated in all samples, both empty holes and holes with implant (Figure 1). By subtracting
the narrower cylinder from the broader, such as radius 3 mm from radius 4 mm (R4-R3),
R5-R4 and R6-R5, mineral phase volume of a 1 mm outer shell (tube) of each cylinder
was obtained. Mineral phase volume of the shell of all cylinders was normalized to a
standard volume of 1 mm3, obtaining mineral content with a density higher than that of
the hydroxyapatite standard used.

To estimate mineral density inside the implants a virtual sphere with a radius of
2 mm was defined in the center of all implants/drill holes (Figure 1). Mineral phase
volume (volume of voxels with a density ≥ 200 mg/cm3) inside the sphere was calculated.
Mineral volume ratio was calculated as mineral phase volume/volume of sphere (33.5 mm3;
r = 2 mm). For comparison to initial density of the two implant types (chronOS Inject®

and BoneReg-Inject™), samples of implant composites were allowed to harden ex vivo
and mineral phase volume measured in triplicates in 2–3 separate spheres in each sample.
Mineral phase volume was measured after 24 h of setting ex vivo at 37 ◦C in saline water
and after 18 months of storage in buffered formaldehyde solution at room temperature in
order to exclude storage-influenced changes in mineral phase volume.

2.5. Histology

Histological analysis was used for qualitative identification of areas showing dense
structures in the micro CT data and to characterize tissue responses to the implant. A
ranking system was applied in order to extract statistical data form the histological images.

The medial condyle was sawed off in the sagittal plane, thus forming a plan to lay
the tibia on to continue sectioning. Then the tibia plateau was axially (transverse) sawed
off (2–3 mm) and subsequently 6–8 axial slices (3–4 mm) were made as far as beyond
the cortical entrance of the drill hole. Thereafter all slices were put back into the fixative,
carefully ensuring good access of the formaldehyde solution to the entire surface of each
slice.
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Figure 1. (a–c) show micro CT constructs in two different planes of samples after 3 months in vivo. 
(a) Sample derived from the left tibia (negative control, empty hole) of an animal receiving BoneReg-
Inject™ in right leg drill hole, still essentially void of mineralized tissue. A rim of increased density 
integrated with the adjacent trabeculum on the edge surrounding the drill hole. The figure shows 
how virtual cylinders were created, concentric to the drill hole and with different radiuses. (b) Bon-
eReg-Inject™ treated sample from the right tibia. A rim of mineralized tissue, well integrated with 
the adjacent trabecular bone, surrounding the implant, islands of dense material are scattered within 
the body of the implant. (c) chronOS Inject® treated sample from the right tibia. High density 
granules, characteristic for chronOS Inject® are apparent in the images. Mineralized new tissue is 
less pronounced in the chronOS Inject® group compared to the BoneReg-Inject™ group. (d) Illustra-
tion of virtual cylinders created. Length of all cylinders was 8 mm. The largest cylinder has a radius 
of 6 mm, the smallest has a radius of 3 mm and in the center is a sphere with radius of 2 mm. The 
cylinder with radius of 4 mm (8 mm in diameter) shows the border of the drill hole. 

To estimate mineral density inside the implants a virtual sphere with a radius of 2 
mm was defined in the center of all implants/drill holes (Figure 1). Mineral phase volume 
(volume of voxels with a density ≥ 200 mg/cm3) inside the sphere was calculated. Mineral 
volume ratio was calculated as mineral phase volume/volume of sphere (33.5 mm3; r = 2 
mm). For comparison to initial density of the two implant types (chronOS Inject® and Bon-
eReg-Inject™), samples of implant composites were allowed to harden ex vivo and min-
eral phase volume measured in triplicates in 2–3 separate spheres in each sample. Mineral 

Figure 1. (a–c) show micro CT constructs in two different planes of samples after 3 months in vivo.
(a) Sample derived from the left tibia (negative control, empty hole) of an animal receiving BoneReg-
Inject™ in right leg drill hole, still essentially void of mineralized tissue. A rim of increased den-
sity integrated with the adjacent trabeculum on the edge surrounding the drill hole. The figure
shows how virtual cylinders were created, concentric to the drill hole and with different radiuses.
(b) BoneReg-Inject™ treated sample from the right tibia. A rim of mineralized tissue, well integrated
with the adjacent trabecular bone, surrounding the implant, islands of dense material are scattered
within the body of the implant. (c) chronOS Inject® treated sample from the right tibia. High density
granules, characteristic for chronOS Inject® are apparent in the images. Mineralized new tissue is less
pronounced in the chronOS Inject® group compared to the BoneReg-Inject™ group. (d) Illustration
of virtual cylinders created. Length of all cylinders was 8 mm. The largest cylinder has a radius
of 6 mm, the smallest has a radius of 3 mm and in the center is a sphere with radius of 2 mm. The
cylinder with radius of 4 mm (8 mm in diameter) shows the border of the drill hole.

For further histological preparation, 3 slices were selected from each sample. The
most proximal slice was the first slice under the tibial plateau where the implant could be
seen macroscopically, containing the greatest amount of trabecular bone surrounding the
implant. The most distal slice contained the cortical entrance of the drill hole. The third
slice was selected from the slices between the proximal and the distal slices with marrow or
fat tissue surrounding the implant. The three slices from each tibia were decalcified in 15%
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EDTA (w/v) at pH 7.2–8.0 (EDTA (ethylenediaminetetraacetic acid disodium salt dihydrate),
Sigma-Aldrich, St. Louis, MO, USA). The process of decalcification was monitored by micro
CT analysis. Decalcification period was about 13 weeks, EDTA-solution was renewed every
3–4 weeks. After complete decalcification, the specimens were dehydrated and embedded
in paraffin according to conventional histological protocol. To that end, tissue specimens
were put into cassettes and tissue rinsed in running tap water for 30 min. The next step was
the conventional method of tissue processing overnight in an automatic tissue processor
(Tissue Tek VIP, Sakura Finetek, Inc., Torrance, CA, USA) ending with paraffin embedding
where the tissue is embedded in paraffin wax at 63 ◦C. Paraffin blocks were then moved
over to a cooling plate for hardening and after that to a microtome for sectioning (Leica
RM2255, Leica Microsystems, Wetzlar, Germany). Disposable blades were used (Accu-Edge
Disposable Blades, Sakura) for cutting sections at 3 µm thickness. Sections were mounted
on coated microscope slides (Star Frost 76 mm× 26 mm, Knittel Glas GmbH, Braunschweig,
Germany), dried in a 60 ◦C oven for 60 min. Ten sections were taken from each paraffin
block at 12 µm intervals each and mounted on 10 Star Frost slides marked with specimen
number and Roman numerals from I to X. After drying, H&E staining was performed using
Shandon instant Hematoxylin and Eosin solution (Sigma-Aldrich).

For histological ranking samples from 13 sheep from the BoneReg-Inject™ group and
samples from 12 sheep from the chronOS Inject® group were used, i.e., 25 sheep in total.
Three sections per sample were considered. Two observers blindly examined all samples
(25 × 3) separately, a total of 25 × 3 × 2 = 150 observations. This gives 6 observations for
each sheep. An average was calculated for each sheep. The average was rounded up to the
nearest integer of 0, 1, or 2 and the data analyzed for non-parametrical tests. The ranking
(0 = none, 1 = moderate presence or 2 = strong presence) was performed with respect to a
bone in implant, signs of cartilage tissue and signs of fibrous tissue.

2.6. Statistical Analysis

For statistical analysis, SigmaPlot 13 (Systat Software, Inc., San Jose, CA, USA) was
used. ANOVA and Student’s t-test (two-tailed) were used for parametrical comparison of
groups. For non-parametrical comparison, ANOVA on ranks and Dunn’s or Mann-Whitney
test was applied. The level of significance was accepted at p < 0.05.

3. Results
3.1. Short Term Study, 3 Months In Vivo

3.1.1. Comparison of Mineral Phase Volume inside BoneReg-InjectTM and ChronOS Inject®

Implants

Results of mineral phase volume calculations of the 2 mm radius sphere in the center
of the implant after 24 h ex vivo and 3 months in vivo, presented in Figure 2a, indicate
higher initial mineral phase volume in chronOS Inject® (32.9 mm3) compared to BoneReg-
Inject™ (23.0 mm3). For comparison, the volume of a full sphere is 33.5 mm3. However,
during 3 months in vivo, the mineral phase volume of chronOS Inject® was reduced to
29.6 mm3 while the mineral phase volume of BoneReg-Inject™ was reduced to 18.2 mm3.
Figure 2b shows the same data when the initial mineral phase volume has been normalized
to 100% for both implants. Hence, during 3 months in vivo, the mineral phase volume of
BoneReg-Inject™ was reduced by 21% and chronOS Inject® by 10%. These data suggest
that in this model, BoneReg-Inject™ breaks down significantly faster than chronOS Inject®

(Student’s t-test; p < 0.001).

3.1.2. Comparison of Mineral Volume Ratio in the Rim of the Implants

Mean mineral volume ratios in concentric virtual cylinders and tubes (1 mm wall
thickness) (Figure 1d) represent a gradient of mineral density reaching from the implant
and into adjacent tissues (Figure 3). The higher mineral volume ratio of chronOS Inject® in
the center of the implants was discussed in the previous section. The same can be observed
comparing the mineral volume ratio within cylinders R3. This is reversed for the volume
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represented by tube R4-R3, forming the rim of the drill hole, where the mineral volume
ratio of the BoneReg-Inject™ group was 53% higher than that for chronOS-Inject® group
(Student’s t-test, p < 0.001). On the other hand, no statistical difference was observed
between the mineral volume ratio in both materials in the outer cylinders R5-R4 and R6-R5.
As expected, the lowest mineral volume ratio was observed in the empty holes (Figure 3).
The diameter of the drilling hole is 8 mm (radius 4 mm), suggesting that the BoneReg-
Inject™ induced mineralization is a result of bone growth into the drill hole, where the
new bone is replacing the implant material as the implant is resolved. A comparison
between mineral volume ratio in cylinder R3 on one side and tube R4-R3 on the other side
for each type of implant reveals that mineral volume ratio increases on going from R3 to
R4-R3 in BoneReg-InjectTM, but decreases in chronOS Inject®. This points to increased bone
formation in the BoneReg-InjectTM material compared to chronOS Inject®. Histological
examination was used to clarify if the mineralized tissue was new bone, as well as possible
differences between the groups in terms of tissue response to the two types of implant.

3.1.3. Comparison of Closure of the Cortical Opening of the Drilled Hole

During the 3 months study period, the drill hole through the cortical bone of the tibia
was closed to a different degree by bone growth emerging from the edges and striving to fill
the hole. Estimated cortical closure of the drilled hole 3 months postoperatively was scored
for all samples (0% = no growth, 100% = complete closure of cortical hole). BoneReg-Inject™
group scored highest (94.0%), then chronOS Inject® group (45.0%) and the empty holes
had the lowest score (15.0%). However, a statistical difference was revealed between the
BoneReg-Inject™ group and the empty hole group (p < 0.05), but no difference was found
between the ChronOS Inject® and empty hole groups or between the two groups of implant
materials (Figure 4).

3.1.4. Histological Examination

Figure 5 shows a series of images selected from two animals from each group rep-
resenting a characteristic appearance of histological images from BoneReg-Inject™ and
chronOS Inject®. Histological images are aligned with the corresponding micro CT sections
in order to compare how dense structures in the micro CT data align with newly formed
bone tissue. Figure 5e represents samples from each of the treatment groups showing the
best case observed of neo-osteoid formation inside the BoneReg-Inject™ implant and the
chronOS Inject® implant.
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R5. As expected, the lowest mineral volume ratio was observed in the empty holes (Figure 
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Figure 2. (a) Mineral phase volume inside the composites ex vivo (before implantation) and after
3 months in vivo, measured in spheres (radius 2 mm). (b) Bars show mineral phase volume before
implantation normalized to 100% for both composites and their relative reduction during 3 months
in vivo. Mineral phase volume in BoneReg-Inject™ group (n = 15) is reduced by 21% and in chronOS
Inject® (n = 14) by 10%. (Student’s t-test; p < 0.001). Means and SEM (BoneReg-Inject™ n = 15;
chronOS Inject® n = 14).
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Figure 3. Bars indicate the mean mineral volume ratio in one virtual cylinder and 3 tubes in both
experimental groups and the empty holes (negative control). The empty holes in both groups were
summed up into a single control group. Results for a cylinder with a 3 mm radius and 3 different
tubes with fixed volume are shown; R4-R3, R5-R4, and R6-R5 (see Figure 1 and insert above for
location and alignment). The BoneReg-Inject™ group shows a significantly higher mineral volume
ratio in a 1 mm rim of the implant (R4-R3) compared to the chronOS Inject® group (Student’s t-test
p < 0.001, indicated by three asterisks in the figure). Values are means and bars are standard error of
the mean (SEM). R3 = radius 3 mm, R4 = radius 4 mm, etc. (BoneReg-Inject™ n = 15; chronOS Inject®
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Figure 4. Scoring of percentage closure of cortical entrance hole in the two test groups and the empty
holes in both groups 3 months postoperatively shown as box plot based on results from ANOVA on
ranks, and only showing a significant difference between BoneReg-Inject™ and empty hole (Empty),
Dunn’s Method, p < 0.05. Boxes show a 50% confidence limit and bars show a 90% confidence limit.
The median is indicated by the horizontal line within the boxes. (BoneReg-Inject™ n = 15; chronOS
Inject® n = 14; Control n = 29).
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Implant. (c) A close up of the right yellow frame in (b). New bone, connected to the bone shell 
covering the implant, has grown into the implant (yellow arrows). Characteristic blue deposits seen 
on the interface between new bone and the implant indicate areas of calcification. Osteoblast-like 
cells (OB) visible on the outer layer of the new bone shell. (d) A close up of the left yellow frame in 
(b). The rim of neo-osteoid covering the implant is evident (BL) and individual osteocytes are visible 
(yellow arrows). Osteoblast-like cells (OB) are visible on the outer layer of the bone shell. (e) Tra-
becular-like neo-osteoid formation inside the BoneReg-Inject™ implant. Blue indicates regions of 
on-going calcification. chronOS Inject® column: (b) A close up of the yellow frame area shown in 
(a). The fibrous tissue covering the implant is characteristic of the chronOS Inject® group. The char-
acteristic granules are apparent in the implant. FT: Fibrous tissue, TB: Trabecular bone. (c) A close 
up of the yellow framed area in (b) showing the implant surrounded by fibrous tissue and bone 
marrow. It is characteristic for the chronOS Inject® group to see this layer of fibrous tissue surround-
ing the implant (*). Blood vessels with red blood cells are evident both in the bone marrow and 
fibrous tissue layer (yellow arrows). (d) Implant surrounded by fibrous tissue. (e) Trabecular-like 
neo-osteoid (TB) formed inside the layer of fibrous tissue replacing the chronOS Inject® implant (IP), 
as it resolves. This formation of new bone was generally rare in the chronOS Inject® group and was 
poorly integrated with the existing surrounding trabecular bone. 

Figure 5. 3 months postoperative. (a) An alignment of histological sections with two-dimensional
cross-sections of micro CT constructs in a bone marrow/trabecular bone area in the right legs of
sheep with BoneReg-Inject™ implant (left column) and chronOS Inject® implant (right column). The
left images in each column show the two-dimensional micro CT cross sections in the plane aligned
with the histological section in the right image. The scale bars are 2 mm. BoneReg-Inject™ column:
(b) Histological section, a close up of the area of the yellow frame shown. (a). The rim of neo-osteoid
covering the implant is clearly visible (yellow arrows). BM: Bone marrow, FL: Fibrous layer, IP:
Implant. (c) A close up of the right yellow frame in (b). New bone, connected to the bone shell
covering the implant, has grown into the implant (yellow arrows). Characteristic blue deposits seen
on the interface between new bone and the implant indicate areas of calcification. Osteoblast-like
cells (OB) visible on the outer layer of the new bone shell. (d) A close up of the left yellow frame
in (b). The rim of neo-osteoid covering the implant is evident (BL) and individual osteocytes are
visible (yellow arrows). Osteoblast-like cells (OB) are visible on the outer layer of the bone shell.
(e) Trabecular-like neo-osteoid formation inside the BoneReg-Inject™ implant. Blue indicates regions
of on-going calcification. chronOS Inject® column: (b) A close up of the yellow frame area shown
in (a). The fibrous tissue covering the implant is characteristic of the chronOS Inject® group. The
characteristic granules are apparent in the implant. FT: Fibrous tissue, TB: Trabecular bone. (c) A
close up of the yellow framed area in (b) showing the implant surrounded by fibrous tissue and
bone marrow. It is characteristic for the chronOS Inject® group to see this layer of fibrous tissue
surrounding the implant (*). Blood vessels with red blood cells are evident both in the bone marrow
and fibrous tissue layer (yellow arrows). (d) Implant surrounded by fibrous tissue. (e) Trabecular-like
neo-osteoid (TB) formed inside the layer of fibrous tissue replacing the chronOS Inject® implant (IP),
as it resolves. This formation of new bone was generally rare in the chronOS Inject® group and was
poorly integrated with the existing surrounding trabecular bone.
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A qualitative pathological evaluation, based on three sections from the right leg of
each animal. revealed differences between BoneReg-Inject™ and the predicate device.

BoneReg-Inject™ Group: The implanted material was intensely eosinophilic and finely
granular. Around the implant was a rim of neo-osteoid, its thickness approximately that of
a normal bony trabecula. In some cases, there were signs of the inner border of the new
osteoid undergoing calcification. The outer periphery of the rim was lined by a row of
osteoblasts, osteoclasts being virtually absent. In some cases, neo-osteoid at the periphery
of the rim was seen to connect with adjacent preexistent bone. No foreign body reaction
was noted around the implant.

ChronOS Inject® Group: The implanted material was homogenous, weakly eosinophilic
and punctuated by large perfectly round defects. Around the implant, most cases demon-
strated signs of marked tissue reaction, consisting of granulation tissue, i.e., newly formed
vessels, fibroblasts, and lymphocytes, as well as foreign body reaction, including epithelioid
histiocytes and multinucleated giant cells of the foreign body type. No cytoplasmic inclu-
sions were noted in giant cells. Neo-osteoid was inconspicuous, seen only in a minority of
cases. Where seen, neo-osteoid was haphazardly present, without an apparent connection
to preexistent bone trabeculae.

A histological ranking was used for comparison of samples from both groups. Samples
were rated from 0–2 in terms of parameters of interest regarding group differences in
the histological images. Significant differences between the two groups were revealed
concerning: (1) amount of new bone within the implant (p < 0.001), (2) signs of cartilage
tissue (p = 0.003) and (3) signs of fibrous tissue (p < 0.001). Table 2 shows the ranking
outcome. The histological ranking showed more bone in implant, more signs of cartilage
tissue and less fibrous tissue for BoneReg-InjectTM implants compared to the predicate
device.

Table 2. Mann-Whitney rank sum test results. A total comparison of 25 sheep tibia, 13 of BoneReg-
Inject™ and 12 of chronOS Inject® implants. When ranking histological samples (0, 1 or 2) with
respect to a bone in implant, signs of cartilage tissue and signs of fibrous tissue, a statistical evaluation
showed significant differences between the two groups. 0 = none; 1 = moderate presence; 2 = strong
presence.

BoneReg BoneReg BoneReg ChronOS ChronOS ChronOS

Median 25% 75% Median 25% 75% p

Bone in
implant 1 0 1 0 0 0 <0.001

Cartilage 0 0 1 0 0 0 0.003
Fibrous
tissue 0 0 0 1 0.5 2 <0.001

3.2. Long Term Effect of BoneReg-InjectTM, 13 Months In Vivo
3.2.1. X-ray Micro CT Analysis

Comparison of micro CT data of BoneReg-Inject™ implants at 3 and 13 months
postoperative revealed continuous mineralization during the 10 months period. The new
mineralized tissue appeared well integrated with the adjacent trabecular bone and appeared
to be increasingly migrating into the implanted material.

Mineral volumes obtained using virtual cylinders defining specific volumes inside
and surrounding the BoneReg-Inject™ implants were used to compare 3 and 13 months
postoperatively (Figure 6).
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Figure 6. Mineral volume ratio in a virtual cylinder (R3) and tubes R4-R3, R5-R4 and R6-R5 in
BoneReg-Inject™ samples after 3 months (BoneReg 3) and 13 months (BoneReg 13) and in the empty
control (Empty 3 and Empty 13). Mean and SEM (n = 15 for each treatment). Mineral content
within the implanted scaffold at 13 months postoperatively was significantly higher than at 3 months
postoperatively (R3 t-test, p < 0.001 and R4-R3 t-test, p < 0.05). In the empty drill holes, mineral
content within R3 was significantly higher after 13 months (t-test, p < 0.001). A significant increase
in mineral content was also observed in the trabecular bone outside the empty holes (R6-R5, t-test,
p < 0.001), potentially reflecting a response to counteract weakening of the bone due to the drill hole.

When comparing the empty holes (Empty 3 and Empty 13), a significant increase is
observed in the innermost cylinder (R3) during the 10 month period (t-test, p < 0.001). No
significant difference is observed in the rim of the drill hole (R4-R3 or R5-R4) but there is a
significant increase in the trabecular bone density in R6-R5 during the 10 months period
(t-test, p < 0.001). This might reflect a response to a weakening of the tissue structure
imposed by the drill hole.

Comparing short and long term effect of BoneReg-Inject™ implants (BoneReg 3 versus
BoneReg 13, Figure 6), there is a significant increase in mineral content of the R3 cylinders
(t-test, p < 0.001) as well as for the R4-R3 tubes (t-test, p < 0.05). The mineral content of the
adjacent outer trabecular bone tissue, R5-R4, and R6-R5, is not increased over time. This
suggests that the implant possesses both osteoconductive and osteogenic activities, leading
to the formation of new mineralized bone tissue in the implanted material, remodeling the
implanted scaffold into a new mineralized bone tissue.

3.2.2. Histological Evaluation

In the long-term 13 month group, the BoneReg-InjectTM implant is eosinophilic and
finely granular in appearance. Around the implant is a rim of new bone with a trabecular
structure. Trabecular spaces are filled with non-reactive bone marrow. The outer periphery
of the new bone is lined by osteoblasts and in some cases connects with adjacent preexistent
bone. Bone in-growth is observed in the implanted material, in many cases including its
central part. The border between the implant and the new osteoid is often covered with
blue deposits indicating calcification. There were no histological signs of inflammation. An
example of a series of histological images is shown in Figure 7.
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Figure 7. BoneReg-Inject™. (a) Micro CT image (scale bar = 2 mm) and (b) a histological slide show-
ing BoneReg-Inject™ implant at 13 months postoperative (scale bar = 2 mm). New bone is well in-
tegrated with the surrounding trabecular bone. Yellow frames on the histological slide refer to re-
gions in focus in (c) (176) and (d) (177). In this animal, the micro CT image shows relatively well-
developed colonization of mineralized tissue inside the implant. The histological slide indicates tra-
becular-like neo-osteoid replacing the resolved outer rim of the implant and integrating into the 
surrounding trabecular bone. (c,d) show neo-osteoid replacing the resolved surface of the implant 
and forming islands scattered inside the mass of the implant. Blue indicates calcification. Samples 
stained with hematoxylin and eosin. 

4. Discussion 
A significant difference was observed between the two experimental groups, Bon-

eReg-Inject™ and chronOS Inject®, with more bone regeneration in the BoneReg-Inject™ 
group. 

The BoneReg-Inject™ group was characterized by the formation of a dense mineral-
ized new bone tissue, surrounding the entire implant with scattered islands of new bone 
formation throughout the interior of the implant. 

Quantitative analysis of mineral volume ratio revealed that the BoneReg-Inject™ im-
plant underwent more rapid resolution compared to the chronOS Inject® implant. Higher 
mineral volume ratio was measured on the periphery of the BoneReg-Inject™ implant 
pointing to a more pronounced formation of new bone. Histological ranking results sup-
ported this finding. 

In the long term group implanted with BoneReg-Inject™, a continuing resolution of 
the implant was apparent and a continuous bone formation within the implant was ob-
served. This indicates that the BoneReg-Inject™ bone void filler comprises a sustained 
stimulation of bone formation and is replaced by new bone tissue as the implant is re-
solved with time. 

The results obtained here can be viewed in the light of results from experiments that 
our group performed in rat mandibular bone [17]. It was found that implants containing 
50–70% DDA chitosan polymer may stimulate new bone growth. The main increase in 
bone volume took place in bone tissue surrounding the drill hole in the mandibular bone. 
The findings suggested that the increase in bone volume was the combined result of bio-
mechanical stresses around the drill hole, and the implant material or components thereof. 
In the current experiment the same 50% DDA chitosan polymer was used. Here, a signif-
icant difference in mineral volume ratio outside the BoneReg-InjectTM implants compared 

Figure 7. BoneReg-Inject™. (a) Micro CT image (scale bar = 2 mm) and (b) a histological slide
showing BoneReg-Inject™ implant at 13 months postoperative (scale bar = 2 mm). New bone is
well integrated with the surrounding trabecular bone. Yellow frames on the histological slide refer
to regions in focus in (c) (176) and (d) (177). In this animal, the micro CT image shows relatively
well-developed colonization of mineralized tissue inside the implant. The histological slide indicates
trabecular-like neo-osteoid replacing the resolved outer rim of the implant and integrating into the
surrounding trabecular bone. (c,d) show neo-osteoid replacing the resolved surface of the implant
and forming islands scattered inside the mass of the implant. Blue indicates calcification. Samples
stained with hematoxylin and eosin.

4. Discussion

A significant difference was observed between the two experimental groups, BoneReg-
Inject™ and chronOS Inject®, with more bone regeneration in the BoneReg-Inject™ group.

The BoneReg-Inject™ group was characterized by the formation of a dense mineral-
ized new bone tissue, surrounding the entire implant with scattered islands of new bone
formation throughout the interior of the implant.

Quantitative analysis of mineral volume ratio revealed that the BoneReg-Inject™
implant underwent more rapid resolution compared to the chronOS Inject® implant. Higher
mineral volume ratio was measured on the periphery of the BoneReg-Inject™ implant
pointing to a more pronounced formation of new bone. Histological ranking results
supported this finding.

In the long term group implanted with BoneReg-Inject™, a continuing resolution
of the implant was apparent and a continuous bone formation within the implant was
observed. This indicates that the BoneReg-Inject™ bone void filler comprises a sustained
stimulation of bone formation and is replaced by new bone tissue as the implant is resolved
with time.

The results obtained here can be viewed in the light of results from experiments that
our group performed in rat mandibular bone [17]. It was found that implants containing
50–70% DDA chitosan polymer may stimulate new bone growth. The main increase
in bone volume took place in bone tissue surrounding the drill hole in the mandibular
bone. The findings suggested that the increase in bone volume was the combined result
of biomechanical stresses around the drill hole, and the implant material or components
thereof. In the current experiment the same 50% DDA chitosan polymer was used. Here,
a significant difference in mineral volume ratio outside the BoneReg-InjectTM implants
compared to the chronOS Inject® implants was not observed, but a non-significant trend
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towards an increased mineral volume ratio outside the BoneReg-InjectTM implants could
be identified. Less biomechanical stress is expected around the drill hole in the current
study as compared to the rat study, as the ratio between the hole and the surrounding bone
is lower, thus displaying relatively lower levels of mechanical stress. This might lead to a
lower factor of biomechanical stimulation of bone growth. However, extensive formation
of new bone was observed within the implant in the current study. This might reflect the
better containment of the implant, so that biomechanical stimulation through the implant
is more effective than in the rat mandibular model. Another explanation may be found
in the differences in the biological nature of the mandibular bone compared to the tibial
bone (intramembranous ossification vs. endochondral ossification) leading to different
conditions for the evolvement of the effect of the chitosan polymer and thus bone formation
within the implant in the tibia.

Various chitosan composites and chitosan coatings for bone tissue engineering materi-
als have been tested and reported. A common feature of the research is that the chitosan
used is highly deacetylated, as opposed to the chitosan employed in the current research.
Chitosan preparation and dissolution strategies vary and different composite components
are used, all potentially influencing the biological properties and activity of the chitosan.
This often makes the comparison between results from different research groups com-
plicated. Some researchers have observed a neutral effect of the use of chitosan in bone
implants [24,25]. Several recent papers indicate a positive influence of chitosan on bone
regeneration. A chitosan/dicarboxylic acid scaffold was shown in vivo to be an effective
bone regeneration material with good osteoinductive and osteoconductive properties [26].
In a review paper, titanium surfaces functionalized with chitosan were concluded to have
greater osseointegration capacity than uncoated controls [27]. Thitiset et al. [28], used
chitoologosaccharide for preparation of composites that did show promising results in
cell culture, as well as for new bone formation in vivo. The results from Thitiset et al.
are remarkable in the light of our ideas on the mechanism of action of chitosan in bone
regeneration where chitooligosachharides play a central role [17].

5. Conclusions

Our overall conclusion is that, in this non-weightbearing sheep tibia model, BoneReg-
Inject™ showed osteogenic and osteoconductive properties without identifiable foreign
body reaction. In the same model chronOS Inject® provokes foreign body reactions sur-
rounding the implant with significantly less signs of new bone tissue formation. A long-
term study indicates that the BoneReg-Inject™ implant stimulates sustained bone formation
and is replaced by normal-looking new bone tissue.

For clinical use in bone defects, the current results point to an opportunity for the ap-
plication of implant materials containing specific, partially deacetylated chitin derivatives,
as an active component. The materials stimulate bone formation within the defect over an
extended period and, while slowly degrading, facilitate bone ingrowth into the defect.
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Abstract: (1) Background: This study aimed to evaluate the incorporation of
hydroxyapatite/β-tricalcium phosphate blocks grafted in rabbit mandibles. (2) Methods: Topographic
characterization of biomaterial was performed through scanning electron microscopy coupled with
energy-dispersive X-ray spectroscopy (SEM-EDX). Ten rabbits randomly received autogenous bone
graft harvested from the tibia (Autogenous Group—AG) or synthetic biomaterial manufactured in
β-tricalcium phosphate (Biomaterial Group—BG) at their right and left mandibular angles. Euthanasia
was performed at 30 and 60 postoperative days; (3) Results: SEM-EDX showed a surface with the
formation of crystals clusters. Histological analyses in BG at 30 days showed a slower process of
incorporation than AG. At 60 days, BG showed remnants of biomaterial enveloped by bone tissue
in the anabolic modeling phase. Histometric analysis showed that mean values of newly formed
bone-like tissue in the AG (6.56%/9.70%) were statistically higher compared to BG (3.14%/6.43%)
in both periods, respectively. Immunohistochemical analysis demonstrated early bone formation
and maturation in the AG with more intense osteopontin and osteocalcin staining. (4) Conclusions:
The biomaterial proved to be a possible bone substitute, being incorporated into the receiving bed;
however, it showed delayed bone incorporation compared to autogenous bone.

Keywords: biocompatibility; biomaterials; bone augmentation; bone conduction; bone grafting;
calcium hydroxyapatite; tissue regeneration
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1. Introduction

The results of alveolar bone remodeling after tooth loss, dentoalveolar trauma, and infections may
promote an unfavorable site for dental implant rehabilitation with proper prosthetic planning [1]. Bone
defects have different patterns and sizes, and their reconstruction can be classified into vertical and
horizontal augmentation [2]. Several techniques have been proposed to treat bone defects, including
bone substitutes from different origins such as autogenous, heterologous, and alloplastic materials [3,4].

In particular, block grafting is a recommended treatment in cases of horizontal defects, associated
with severe atrophy of the alveolar bone [5–8]. In order to recreate the proper anatomy of the alveolar
ridge, autogenous bone is considered the gold standard, being the only graft material that presents
osteogenic, osteoinductive, and osteoconductive characteristics simultaneously [9]. On the other
hand, the harvesting procedure is not free from drawbacks, including the risk of neurovascular
injuries at the donor site, the need for an additional surgical site, an extended surgical time, an
increasing post-operative patient morbidity, and a prolonged recovery time occasionally associated
with hospitalization of the patient for extraoral donor sites [10]. Thus, research has been directed
towards the use of biomaterials as autogenous bone substitutes when reconstructive surgery is needed.
Currently, a wide range of synthetic or biological biomaterials is commercially available.

Among the different biomaterials, beta-tricalcium phosphate (β-TCP) ceramic has been introduced
as a bone substitute [11]. β-TCP acting as a scaffold promotes bone formation through osteoconduction.
As a result of its biocompatibility, bioactivity, favorable incorporation, and osteoconductive properties,
synthetic β-TCP has been generally accepted and evaluated as a grafting material [12–14]. Its structural
characteristic resembling the mineral phase of bone tissue is another factor that promotes great
expectations for this material as a bone substitute [15]. As a disadvantage, biomaterials based on
β-TCP present high solubility, which makes them unsuitable in reconstructions that need to maintain
and create bone volume [16]. In order to reduce its rapid absorption, the association of β-TCP with
hydroxyapatite (HA) in different proportions has been studied [17]. It was found that the biphasic
composition consisting of HA and β-TCP provides better osteoconductive capabilities when compared
to monophasic ceramics, decreasing osteoclastic activity allowing the formation of a framework for
osteoconduction [18]. The search for the ideal ratio of HA and β-TCP, although controversial, is
considered important because it modifies the solubility of the biomaterial and influences the resorption
time. In a biocompatibility and biomechanical study, the association of 60%/40% HA/β-TCP has
been tested and suggested as the ideal proportion of these components [19]. The combination of
60% HA/40% β-TCP has been used in a study to lift maxillary sinus in humans, obtaining favorable
results for bone neoformation, proving to be an interesting ratio [20]. Different experimental studies in
animals and clinical trials have demonstrated the favorable incorporation of such biphasic composition
in the filling of critical defects in the calvarium, maxillary sinus, and alveolar socket preservation
after dental extraction [14,21,22]. However, most studies employing β-TCP were performed in the
reconstruction of two or more walls filled with cements or granular biomaterials, which may promote
bone neoformation by taking advantage of the osteoconductive potential of the material. On the
contrary, few studies are currently available that evaluate the incorporation of this biomaterial in the
form of blocks for horizontal alveolar ridge augmentation [23,24].

In view of the above, the purpose of the present study was to analyze and compare the process
of bone incorporation of autogenous bone graft and 60% HA/40% β-TCP blocks fixed by means of
bicortical screws to the mandibular angles of rabbits.

2. Materials and Methods

2.1. Study Design

The study protocol was approved by the local Animal Experimentation Ethical Committee (CEEA)
with the identification number 00999/2011. The sample size calculation was based on histometric and
immunohistochemistry values retrieved from the authors’ pilot analyses (unpublished data) before the
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commencement of the study. New bone formation was determined as the primary outcome. Thus, a
significant difference of 5% (standard deviation of 2%) was considered, and for 80% power and setting
alpha at 0.05, five grafts per group were necessary in order to compare two different groups.

The sample consisted of 10 male New Zealand white adult rabbits with a weight ranging from
3 to 4 kg. The animals were kept in individual cages in a humidity- and temperature-controlled
environment, on a light-dark cycle (12:12 h), and fed with water and rabbit chow (Procoelho-Primor,
São Paulo, SP, Brazil) ad libitum. The surgical procedures were made at the local Rabbit Experimentation
Center. After randomization using computer-generated lists on the website Research Randomizer
(https://www.randomizer.org/), the animals received the bone blocks in their mandibles according to a
split-mouth model as described below.

In the autogenous group (AG), an autogenous bone block harvested from the medial portion of the
left tibial metaphysis was randomly grafted into the left or right mandibular angle. In the biomaterial
group (BG), the synthetic biphasic calcium phosphate biomaterial (Grafts® BCP, Smart Bone Substitute,
Aix-En-Provence, France) in the form of blocks was randomly grafted into the contralateral mandibular
angle. The biomaterial was composed of a stable component (HA) and a bioactive bioabsorbable
component (β-TCP) in a 60:40 ratio, respectively. The rationale was to provide a good balance between
support for cell growth and graft absorption. The pores greater than 100 µm distributed over the entire
surface of the material provided a degree of porosity of 70%. The relationship between porosity and
the HA/TCP ratio represented a novelty that could provide greater cellular activity and maintenance of
the trabecular architecture of the biomaterial.

2.2. Topographic Characterization of the Biomaterial

After covering the biomaterial with a thin layer of carbon, the surface topography of the biomaterial
was analyzed using an electron microscope (SEM ZEISS, model EVO LS15, Oberkochen, Germany) to
analyze the biomaterial surface morphology and its porosity, coupled with the X-ray dispersive energy
spectroscopy system (Oxford model EDX microanalysis detector, Inca X-act, Oxford instruments,
Abingdon, UK), for semi-quantitative analysis of the chemical composition of surfaces.

2.3. Experimental Surgery

General anesthesia was induced by intramuscular injections of ketamine hydrochloride
(Vetaset—Fort Dodge Saúde Animal Ltd., Campinas, São Paulo, Brazil) at a dose of 50 mg/kg
body weight associated with xylazine hydrochloride (Dopaser—Laboratório Calier do Brasil Ltd.,
Osasco, São Paulo, Brazil) at a dose of 5 mg/kg body weight. Subsequently, trichotomy and topical
antisepsis were performed in both mandibular angle regions and in the left tibia with iodine solution
(PVPI 10%, Riodeine, Rioquímica, São José do Rio Preto, Brazil). In addition, local infiltration of
0.3 mL/kg of mepivacaine hydrochloride (Scandicaine 2% with epinephrine 1:100,000, Septodont,
Saint Maur des Fossés, France) was used as local anesthesia. A 2-cm dermal incision was made
with a #15 scalpel blade (Feather Industries Ltd., Tokyo, Japan) mounted on a #3 scalpel handle in
correspondence with each mandibular angle. Soft tissues were dissected respecting tissue planes
reaching the periosteum. The periosteal tissue was finally incised in order to expose the bone tissue
of the recipient area (Figure 1a). Bone decortication of the lateral plate of the mandibular angle was
performed with a #701 rotary drill (Maillefer Instruments, Ballaigues, Switzerland), mounted on a
straight surgical handpiece (Kavo do Brasil, Joinvile, Brazil), under constant irrigation of 0.9% sterile
saline solution (Darrow, Rio de Janeiro, Brazil). In the AG, following the exposure of the recipient area,
autogenous bone was harvested from the tibia. A 2-cm linear incision was made in correspondence
with the left tibial metaphysis. A full-thickness skin flap, including skin, muscle, and periosteum, was
raised exposing the surface of the bone. A circular osteotomy was performed (Figure 1b) by means of
8-mm internal diameter trephine bur (Neodent®, Curitiba, Paraná, Brazil) mounted on a contra-angle
handpiece with a 20:1 reduction (Kavo® do Brasil, Joinvile, Brazil) at a speed of 1500 rpm under
constant irrigation with 0.9% sodium chloride (Darrow, Rio de Janeiro, Brazil). The bone was carefully
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removed from the trephine and preserved in a sterile saline solution. In the BG, biphasic calcium
phosphate ceramic blocks were harvested using the same trephine size, in order to collect grafts of
the same diameter in both experimental groups. Autogenous (Figure 1c) or synthetic block grafts
(Figure 1d) were subsequently perforated with a 1.2 mm-diameter drill under copious irrigation with
sterile saline approximately in their central portion, and randomly fixed to the left or right mandibular
angle by means of compressive 1.6 × 8 mm osteosynthesis bicortical screws (SIN, Sistema de Implante
Nacional, São Paulo, Brazil) resulting in appositional onlay-like block graft. The recipient bed was
perforated with a 1.0 mm-diameter drill cooled with sterile saline in order to favor nourishment and
revascularization of the block graft.
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Figure 1. Experimental surgery procedure: (a) Surgical exposure of the recipient bed; (b) Autogenous
bone block grafting procedure; (c) Autogenous block grafted in the autogenous group; (d) Biomaterial
block grafted in the biomaterial group.

Soft tissues were carefully repositioned and sutured in different layers for primary wound closure
using an absorbable suture (Polyglactin 910—Vicryl 4.0, Ethicon, Johnson Prod., São José dos Campos,
SP, Brazil), while a non-resorbable monofilament suture (Nylon 4.0, Ethicon, Johnson, São José dos
Campos, SP, Brazil) was used for interrupted skin suturing. Additional antisepsis with PVPI was
conducted after the suturing. Intramuscular pentabiotic (0.1 mL/kg, Fort Dodge Saúde Animal Ltd.,
SP, Brazil) was injected immediately after the surgery. A single dose of sodic dipyrone (1 mg/kg/day,
Ariston Indústrias Químicas e Farmacêuticas Ltd., São Paulo, SP, Brazil) was also administered. Neither
food nor movement restriction was applied to the animals that remained in individual cages during
the experimental period. At 30 and 60 postoperative days, 5 animals in each group, respectively,
were sacrificed by a lethal dose of pentobarbital (200 mg/kg). The soft tissues were then dissected,
and the mandible of each rabbit was extracted. Osteotomies were performed on each mandible to
obtain bone samples with at least 3 cm of margins circumferentially around the grafted area. All
samples were immersion-fixed in 10% neutral buffered formalin (Reagentes Analíticos®, Dinâmica
Odonto-Hospitalar Ltd., Catanduva, SP, Brazil).
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2.4. Histological Laboratorial Processing

After fixing and washing for 24 h in running water, the descaled were decalcified in 20% EDTA
(ethylenediaminetetraacetic acid, Merck, Darmstadt, Germany) dissolved in Milli-Q water, replaced
weekly for a period of 6 weeks, at room temperature. Following decalcification, the osteosynthesis
screws were carefully removed. The samples were then dehydrated in an ascending series of alcohol
concentrations (70, 90, 95, and absolute alcohol), changing the solutions every hour in an orbital
shaker (KLine CT—150®, Cientec—Equipamentos para Laboratório, Piracicaba, SP, Brazil). The
samples were successively cleared in xylol, paraffin-embedded, and prepared using a precision saw
to obtain 5 µm thick sections. The sections were mounted onto slides and stained with hematoxylin
eosin (HE Merck & Co., Inc., Kenilworth, NJ, USA) for qualitative and histometric analysis, and
stained by osteopontin (OP), osteocalcin (OC), and Tartrate-resistant Acid Phosphatase (TRAP) for the
immunohistochemical analysis.

2.5. Qualitative Histological Analysis

Five slides of each sample were obtained for hematoxylin and eosin staining in the most central
region of the piece. The qualitative evaluation was performed by a researcher, blinded with respect to
the experimentation through a binocular optical microscope JENAMED 2 (Carl-Zeiss, Oberkochen,
Germany), considering the internal part of the bone graft, the interface between the bone graft and the
recipient bed, and the newly formed tissue.

2.6. Histometric Analysis

The capture of the region of interest involving the bone substitute/autogenous bone block, the
interface between the graft and the recipient bed, and the recipient bed, was performed with a 40×
magnification, considering the most central region identified by the contour of the fixation screw and
the limits of the graft. The capture generated an image of the bone substitute, the recipient bed, and
their interface. After obtaining the images, the quantitative analysis was performed using dedicated
software (Image J version 1.53, NIH Image, Bethesda, MD, USA). The image and respective percentage
value generated by the capture using the “rectangle” tool was considered as the total area to be
evaluated. After that, through the integrated tool “polygon”, the bone substitute, connective tissue,
and newly formed bone tissue areas were delimited and the respective percentage areas proportional
to the total area were calculated and submitted to statistical tests.

2.7. Immunohistochemical Analysis

The immunohistochemical analysis was performed in the Department of Basic Sciences, Araçatuba
Dental School—UNESP (FAPESP, 2015/14688-0). The histological slices obtained after 30 and 60 days
from the surgical procedure were used.

The immunohistochemical procedure started by deparaffinization and rehydration of the slices,
and then endogenous peroxidase activity was inhibited with hydrogen peroxide. Endogenous biotin
was blocked with skimmed milk. The primary antibodies (Santa Cruz Biotechnology, Inc., 10410
Finnell Street, Dallas, TX 75220 USA) were used against Osteopontin (OP—SC10593), Osteocalcin
(OC—SC18319), and Tartrate-resistant Acid Phosphatase (TRAP—SC30832). OP and OC proteins are
expressed during the mineralization process, where OP marks osteoblasts at the beginning of the
mineralization process and OC is expressed in the late stages of the mineralization process. TRAP, on
the other hand, is expressed by osteoclast activity, allowing the evaluation of the resorption process.
The rabbit anti-goat IgG (H+L) secondary antibody, Biotin (Pierce Biotechnology, Waltham, MA, USA)
was used and the reaction signal was amplified by streptavidin (Dako North America, Inc., 6392
Via Real Carpinteria, CA 93013, USA). The Diaminobenzidine (Dako North America, Inc., 6392 Via
Real Carpinteria, CA 93013, USA) ends the reaction and then the slices were counterstained with
Meyer Hematoxylin.
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For each antibody used, the expression of proteins was evaluated semi-quantitatively by assigning
different “scores” in accordance with the immunostained cells in the wound-healing process. The
analysis was performed with an optical microscope (LeicaR DMLB, Heerbrugg, Switzerland) by means
of scores (ordinal qualitative analysis); when the scores were light labeling (++), moderate labeling
(+++), and intense labeling (++++) it was considered positive for diaminobenzidine, taking care to
hold negative controls to evaluate the specificity of the antibodies. These scores and the methodology
were established according to previous studies [25–27], where light labeling represented about 25% of
the immunolabeling area in the blades, moderate labeling represented about 50%, and intense labeling
represented about 75%.

2.8. Statistical Analysis

An independent statistician performed the statistical analysis using IBM SPSS Statistics 24.0 (IBM
Corp., Armonk, NY, USA). The results were initially submitted to the Shapiro–Wilk test to assess data
distribution. After testing for normality, Student’s t-test was performed for parametric data, while the
Mann–Whitney U test was applied in cases of non-parametric data. A significance level of 0.05 was
adopted for all tests.

3. Results

3.1. Topographic Characterization of Biomaterial

The SEM-EDX analysis evidenced a surface with the formation of crystals clusters and high
macroporosity > 100 µm between it. The pores showed a crater shape and approximately 100 µm
to 200 µm in diameter in multidirectional ways (Figure 2a). It was possible to observe regions with
different heights on the same block surface (Figure 2b). The biomaterial base showed irregularities of
the surface accompanied by its porosity, as well as the crystal clusters in different shapes and sizes
(Figure 2c–e). The X-ray Dispersive Energy Spectroscopy analysis showed the amount of phosphorus
(467), oxygen (372), and calcium (365) ions present, respectively, followed by a low percentage of
magnesium (Figure 2f).
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Figure 2. SEM-EDX analysis: (a–e) SEM views of the biomaterial surface at ×100, ×5000, ×25,000,
×50,000, and ×100,000 magnifications, respectively. (f) EDX spectrometry values obtained before the
surgery. The elements found were phosphorus, oxygen, calcium, and magnesium.

3.2. Qualitative Histological Analysis

• Autogenous group

In the AG, after 30 healing days (Figure 3a), it was possible to observe the autogenous bone graft
(A), and bone trabeculae under the receiving bed (B). The space between the graft and the recipient
bed was occupied by bone tissue with a relevant number of trabeculae in the maturation stage with
high cellular activity and good vascularization (C). Focusing on the graft (Figure 3b), autogenous bone
(A) and newly formed bone (B) could be identified. In the inner part of the autogenous bone graft,
small areas of resorption (black arrows) might indicate a phase of remodeling.
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contact with the newly formed bone (B), and the residual recipient site (C). In the surrounding areas 
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Figure 3. Histological analysis of the autogenous group (AG) at 30 days. (a) Autogenous bone graft
(A) positioned over the recipient bed (B), trabeculae in maturation stage and good vascularization
(C); space previously occupied by the osteosynthesis screw is recognizable in (D). Hematoxylin and
eosin stain at a magnification 40×; (b) Autogenous bone (A) newly formed bone (B), and small areas of
resorption (black arrows). Hematoxylin and eosin stain at a magnification 125×.

In the AG, after 60 post-operative days (Figure 4a), it was possible to observe the autogenous bone
graft (A) in contact with the newly formed bone (B). Internally, the presence of connective tissue areas
might suggest a remodeling phase of the bone. The identification of anucleated cells could suggest
the presence of osteoblasts (red arrows). At the microscopic examination (Figure 4b), it was possible
to distinguish the autogenous bone graft (A) and newly formed bone (B) separated by a cement line
(black arrow). In the inner part of the autogenous bone graft, connective tissue areas were noticed,
confirming the remodeling phase of the bone. Osteocytes were clearly visible (red arrows).
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Figure 4. Histological analysis of the AG at 60 days. (a) Autogenous bone graft (A) in contact with
the newly formed bone (B), and anucleated cells suggesting the presence of osteoblasts (red arrows).
Hematoxylin and eosin stain at a magnification 40×; (b) Autogenous bone graft (A) and newly formed
bone (B) separated by a cement line (black arrow) and osteocytes (red arrows). Hematoxylin and eosin
stain at a magnification 125×.

• Biomaterial group

In the BG, after 30 healing days (Figure 5a), it was possible to observe the biomaterial (A) in
close contact with the newly formed bone (B), and the residual recipient site (C). In the surrounding
areas of the neoformed bone, it was possible to identify a high number of lining cells compatible with
osteoblasts (blue arrows) suggesting a phase of matrix synthesis. At higher magnification (Figure 5b),
the contiguous contact between the biomaterial (A) and the neoformed bone (B) was appreciated.
Lining osteoblast cells were identified in the periphery of the newly formed bone (blue arrows).
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Figure 6. Histological analysis of the BG at 60 days. (a) Biomaterial (A) enwrapped by newly formed 

bone (B). Hematoxylin and eosin stain at a magnification 40×; (b) Biomaterial (A) on the recipient bed 

(B), and newly formed bone (C). Hematoxylin and eosin stain at a magnification 125×. 

3.3. Histometric Analysis 

The mean values of the neoformed bone tissue in the AG were 6.56% and 9.70% at 30 and 60 

postoperative days, respectively, while the mean values of connective tissue were 47.83% and 45.34% in 

the same periods evaluated. Additionally, the mean values of autogenous graft remnants were 

45.61% and 44.96%, respectively. For the BG, the mean values of newly formed bone tissue were 

3.14% and 6.43% at 30 and 60 postoperative days, respectively, while the mean values of connective 

tissue were 41.58% and 45.34% in the same periods analyzed. The mean remaining values of the 

synthetic biomaterial based on β-tricalcium phosphate were 55.28% and 40.26%, respectively. The 

registered data were submitted to statistical analysis, namely t-test for parametric data (neoformed 

bone tissue, and bone substitute in both periods of analysis, and connective tissue at 60 days period), 

and Mann–Whitney test for non-parametric data (connective tissue at 30 days period). The mean 

Figure 5. Histological analysis of the biomaterial group (BG) at 30 days. (a) Biomaterial (A) in close
contact with the newly formed bone (B), and the residual recipient site (C); osteoblast-like lining cells
are indicated with blue arrows. Hematoxylin and eosin stain at a magnification 40×; (b) Biomaterial
(A), newly formed bone (B), and lining osteoblast cells in the periphery of the newly formed bone (blue
arrows). Hematoxylin and eosin stain at a magnification 125×.

In the BG, after 60 post-operative days (Figure 6a), the biomaterial (A) was enwrapped by
neoformed bone (B). In the inner part of the biomaterial, it was possible to observe islands of newly
formed bone, highlighting the osteoconductivity capability of the bone substitute. At the same
time, areas of resorption associated with volume loss were noticed, indicating high solubility of the
biomaterial. At higher magnification (Figure 6b), it was possible to observe the bone substitute (A) on
the recipient bed (B), and neoformed bone tissue (C).
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Figure 6. Histological analysis of the BG at 60 days. (a) Biomaterial (A) enwrapped by newly formed
bone (B). Hematoxylin and eosin stain at a magnification 40×; (b) Biomaterial (A) on the recipient bed
(B), and newly formed bone (C). Hematoxylin and eosin stain at a magnification 125×.

3.3. Histometric Analysis

The mean values of the neoformed bone tissue in the AG were 6.56% and 9.70% at 30 and
60 postoperative days, respectively, while the mean values of connective tissue were 47.83% and 45.34%
in the same periods evaluated. Additionally, the mean values of autogenous graft remnants were
45.61% and 44.96%, respectively. For the BG, the mean values of newly formed bone tissue were
3.14% and 6.43% at 30 and 60 postoperative days, respectively, while the mean values of connective
tissue were 41.58% and 45.34% in the same periods analyzed. The mean remaining values of the
synthetic biomaterial based on β-tricalcium phosphate were 55.28% and 40.26%, respectively. The
registered data were submitted to statistical analysis, namely t-test for parametric data (neoformed
bone tissue, and bone substitute in both periods of analysis, and connective tissue at 60 days period),
and Mann–Whitney test for non-parametric data (connective tissue at 30 days period). The mean
values of neoformed bone tissue in the AG were statistically higher when compared to the mean values
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of neoformed bone tissue in the BG at both experimental periods. Conversely, there was no statistically
significant difference between groups in the amount of connective tissue and bone substitute in both
experimental periods. The data of newly formed bone tissue, connective tissue, and remnants of
autogenous graft and biomaterial for both groups are reported in Table 1.

Table 1. Analysis of the comparison between the biomaterial and autogenous bone at each
experimental period.

Period Group Bone Substitute Connective Tissue Newly Formed Bone

30 days Biomaterial
Autogenous

55.28%
4.61%

41.58%
47.83%

3.14% *
6.56% *

60 days Biomaterial
Autogenous

40.26%
44.96%

53.31%
45.34%

6.43% *
9.70% *

* Statistically significant difference between BG and AG.

3.4. Immunohistochemical Analysis

At 30 postoperative days, in both groups, it was possible to observe bone tissue in the ongoing
maturation phase, with neoformed bone trabeculae, and the presence of osteoblastic lineage cells.
Already at 60 days, in both groups, organized, mature bone tissue, with the presence of osteocytes
inside the gaps surrounded by a mineralized bone matrix, was noticed.

In the AG, at 30 days, it was possible to observe an intense osteopontin staining, showing a very
intense (++++) initial bone mineralization activity, with positivity for the cells (osteoblasts) around the
trabeculated bone, as well as the staining itself in the mineralized extracellular matrix (Figure 7a). In
contrast, in the same period, in the BG, a light marking (++) was observed (Figure 7d), with a scarce
mineralized extracellular matrix.Materials 2020, 13, x FOR PEER REVIEW 11 of 17 
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Figure 7. Osteopontin (OP), Osteocalcin (OC), and Tartrate-resistant Acid Phosphatase (TRAP)
immunostaining at 30 days for the experimental groups. Immunolabeling is indicated by orange
arrows. (a) OP immunostaining at 30 days in the AG; (b) OC immunostaining at 30 days in the AG;
(c) TRAP immunostaining at 30 days in the AG; (d) OP immunostaining at 30 days in the BG; (e) OC
immunostaining at 30 days in the BG; (f) TRAP immunostaining at 30 days in the BG.

Regarding osteocalcin, a protein related to the late stage of mineralization of the extracellular
matrix, a moderate (+++) staining was observed in the AG (Figure 7b), with cells of the osteoblastic
lineage and the extracellular matrix presenting positive immunostaining for this protein. When the
osteopontin and osteocalcin marking was correlated for this experimental group, it was observed
that the bone mineralization activity was in the initial stages, compatible with the evaluation period
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(30 days). In the BG, it was possible to notice positive osteocalcin light (++) staining in the pre-existing
bone tissue, with osteoblast lineage cells and a positively stained extracellular matrix (Figure 7e).

The TRAP expression, showing osteoclasts in bone resorption activity, was light (++) in the AG
(Figure 7c), with low osteoclast activity, and was moderate (+++) for the BG (Figure 7f), indicating
resorption activity.

At 60 days, in the AG, a moderate (+++) osteopontin staining was observed (Figure 8a), with the
presence of positively stained cells adjacent to the bone tissue. It is worth noting the organization of
the bone tissue visible in the region of interest. At the same time, osteocalcin was markedly intense
(++++), with areas of precipitation on mature bone tissue (Figure 8b). Positively marked osteocytes
were noted, characterizing the maturity of the bone tissue in this period. TRAP protein was lightly
(++) marked, with few osteoclasts in resorption activity (Figure 8c).
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Figure 8. Osteopontin (OP), Osteocalcin (OC), and Tartrate-resistant Acid Phosphatase (TRAP)
immunostaining at 60 days for the experimental groups. Immunolabeling is indicated by orange
arrows. (a) OP immunostaining at 60 days in the AG; (b) OC immunostaining at 60 days in the AG;
(c) TRAP immunostaining at 60 days in the AG; (d) OP immunostaining at 60 days in the BG; (e) OC
immunostaining at 60 days in the BG; (f) TRAP immunostaining at 60 days in the BG.

For the BG, light (++) staining was observed for osteopontin, osteocalcin, and TRAP, showing few
cells stained for each of these proteins (Figure 8d–f). Regarding osteopontin and osteocalcin, which are
extracellular matrix proteins presenting staining on the mineralized matrix, the low mineralization
activity for both proteins in this later period stands out. There were also few TRAP stained in the
region of interest.

The scores obtained from the immunohistochemical analysis in the periods of 30 and 60 days are
listed in Tables 2 and 3, respectively.

Table 2. Osteopontin (OP), Osteocalcin (OC), and Tartrate-resistant Acid Phosphatase (TRAP)
immunostaining at 30 days for the experimental groups.

30 Days Autogenous Group Biomaterial Group

OP ++++ ++
OC +++ ++

TRAP ++ +++
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Table 3. Osteopontin (OP), Osteocalcin (OC), and Tartrate-resistant Acid Phosphatase (TRAP)
immunostaining at 60 days for the experimental groups.

30 Days Autogenous Group Biomaterial Group

OP +++ ++
OC ++++ ++

TRAP ++ ++

4. Discussion

The ability of bioceramics to interact with osteoblastic cells is essentially related to their structural
properties. Synthetic β-calcium-phosphate-based biomaterials present a porosity of approximately 70%.
This type of conformation provides a considerable surface area supplied with several protein-binding
sites available for a stable adhesion with a high number of osteoblasts [28]. Another factor that must
be considered is the pore diameter. A previous study showed that wide pores with an accessible
volume (>200 µm) exhibited an incremented proliferation and differentiation of osteoblasts within
the scaffold, as a result of the revascularization process supplying oxygen and nourishment [29].
The same concept can be applied to calcium-phosphate-based biomaterials, in which the presence
of pores allows the migration and proliferation of osteoblasts and mesenchymal cells along with the
revascularization process needed to promote bone formation. In addition, a porous surface enhances
the interconnection between the biomaterial and the surrounding bone tissue, creating high mechanical
stability in the recipient bone–biomaterial interface [30]. The SEM showed a macroporosity > 100 µm
of the synthetic biomaterial employed in the present study, which constitutes approximately 45% of its
composition, thus facilitating the biological exchanges needed for the osteogenic process. Conversely,
such porosity led to technical difficulties during the stabilization of the graft to the recipient bed during
the experimental surgery. Higher strength was needed to tighten the screws while fixing the graft,
with the risk of developing cracks and fractures of the blocks. Consequently, special attention was
paid while fixing the biomaterial to the recipient bone in order to prevent block fractures during the
intra- and post-operative periods. Indeed, the drilling technique in cases of such small-sized blocks is
extremely challenging, especially for the biomaterial group, as the bone substitute is very friable. In
addition, from an anatomical standpoint, the mandibular angle is particularly fragile, and requires
care to obtain an effective fixation. Thus, the perforations were made in a direction that guaranteed the
preservation of the block and the recipient bed in order to avoid complications such as the fracture
of the block or the loss of stability in the fixation. This, however, often resulted in a non-centered
position of the osteosynthesis screw, which may be considered a technical limitation during the
histomorphometric analysis, as a central position of the screw would have been more helpful by serving
as a reference guide during the cutting process. Energy-dispersive X-ray spectroscopy showed the
presence of a low percentage of magnesium on the biomaterial surface. This component can promote
the osteoimmunomodulatory properties, by improving osteoinduction by BMP signaling [31], being
considered essential for bone tissue [32,33].

Autogenous bone graft is characterized by a relevant number of advantages with respect to most of
the bone substitutes, particularly in terms of biocompatibility and regenerating potential. Autogenous
bone is considered the gold standard due to its osteogenic properties, in addition to osteoinductive
and osteoconductive capabilities, promoting the apposition of new bone tissue from the pre-existing
bone as a model for new bone formation. In the present study, such properties have been validated
when analyzing the microscopic images of the autogenous block graft at 60 post-operative days. Close
contact between the recipient bed and the grafted autogenous block was observed, together with the
presence of cement lines, newly formed bone associated with a high number of trabeculae, and vital
osteocytes populating the inner portions of the graft. These biological events were promoted by the
bone matrix, which induced the differentiation of osteoprogenitor cells of the recipient region into
osteoblasts in order to stimulate bone formation. Those advantages and characteristics are supported
by the expected results of the histometric analysis, where the AG presented a statistically significant
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difference in bone neoformation when compared to the BG. However, the autogenous graft needs
a donor site, which contributed to the development of biomaterials, such as the HA-β-TCP used
in the present experimental study, and although the histometric findings showed a greater amount
of newly formed bone (bone incorporation) for the AG, the biomaterial was incorporated into the
recipient bed and allowed bone formation by osteoconduction, which was expected. A previous
study compared autogenous bone grafts with allogeneic grafts in block form through histological,
histometric, and immunohistochemistry analyzes, showing the superiority of the autogenous bone
in new bone formation and maturation of bone tissue during the incorporation process [34]. This
highlights the need to search for an ideal biomaterial as an alternative to autogenous grafts.

Histological findings were confirmed by the immunostaining of OP and OC proteins. The marking
of OP was intense at 30 days in the AG and light in the BG, showing earlier osteoblastic activity in the
former. A delayed incorporation is confirmed within 60 days, when AG showed intense osteocalcin
expression indicating bone maturation, whereas BG showed light expression of this protein, which
represents the formation of an immature tissue in this period. In a previous study assessing critical-size
defects in rat calvaria filled with autogenous bone or beta-tricalcium phosphate biomaterial, the authors
evaluated the immunostaining of osteocalcin at 30 and 60 postoperative days [13]. It was observed
that the AG showed higher protein expression at 60 days, indicating a greater maturation of the bone
tissue formed compared to the biomaterial, which is in agreement with the results obtained herein.

Considering the donor site, the rabbit tibia was used to collect the autogenous graft. The reason
is related to low post-operative morbidity, and ease of the surgical technique with respect to other
donor sites. Harvesting bone from the rabbit calvaria leaves the dura-mater exposed due to an inability
to separate the external and the internal cortical plates. The tibia is mainly characterized by cortical
bone, with the presence of an intra-medullary canal. Hence, due to its composition, the tibia could
be safely used to retrieve bone tissue in the form of blocks, with an adequate thickness for bone
reconstructions [35]. On the other hand, in order to reduce the morbidity associated with the harvesting
procedure, the research has been directed toward the use of bone substitutes. Among the wide
range of biomaterials, synthetic bioceramics are gaining space in clinical scenarios as an alternative
to autogenous bone grafts in maxillo-facial reconstructions. This study evaluated the incorporation
of a biomaterial based on beta-tricalcium phosphate with hydroxyapatite compared to autogenous
bone grafted in rabbit mandibles, in order to simulate critical clinical situations requiring horizontal
augmentation in mandibular alveolar ridges, in which the use of biomaterial blocks may be indicated.
However, for vertical defects, as an alternative to autogenous bone grafts, these biomaterials may not
be the best clinical choice, or even contraindicated.

The biocompatibility and bifunctionality of calcium phosphate bioceramics in the substitution of
bone tissue have been evaluated in vivo [36]. It was concluded that HA and β-TCP were progressively
resorbed and substituted with newly formed bone, acting as a scaffold that could be favorably colonized
by osteogenic cells. β-TCP has been compared to biphasic calcium phosphate ceramic containing
HA/β-TCP in a 75:25 ratio in the process of trabecular bone repair in an animal model [30]. The
histomorphometric analysis demonstrated that 36% of β-TCP, used alone, underwent resorption
in 26 weeks, whereas the HA/β-TCP group healed undisturbed. Bone neoformation occurred in
both groups; however, a higher amount of peripheral bone volume was observed in the biphasic
ceramic group. Therefore, it was concluded that both bone substitutes were biocompatible and were
characterized by a satisfying osteoconductive potential; nevertheless, the biodegradation of β-TCP
was faster, losing the volume that should be maintained. A previous study evaluated β-TCP as a bone
substitute in preserving the alveolar ridge for subsequent implant insertion in humans [37]. The ridge
dimensions were measured before the grafting procedure and after a 6-month healing period at the
second stage surgery for tissue sample harvesting and implant placement. Resorption of approximately
9% occurred during the healing time. After 6 months, the histological evaluation showed a complete
resorption of the biomaterial, replaced by vital bone of good quality and quantity, which allowed
a proper implant insertion. This might underline the osteoconductive properties of the biomaterial
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associated with a high level of solubility. Accordingly, the same pattern has been observed during the
histological analysis of the present study. However, it must be noticed that the biomaterial has been
used in a more challenging clinical situation in the present study, namely, as an appositional block graft
to increase the bone thickness, and not as a filling material in self-containing defects during socket
preservation procedures. In addition, a recent study evaluated HA/β-TCP in the form of blocks [38].
The study assessed and compared qualitatively autogenous bone grafts versus a synthetic biomaterial
based on HA/β-TCP in a 60:40 proportion. The biomaterial underwent gradual resorption followed by
the apposition of bone tissue. Nonetheless, even at 60 post-operative days, it was possible to detect a
certain amount of bone substitute in contact with newly formed bone and the recipient bed.

5. Conclusions

In conclusion, the biomaterial based on β-tricalcium phosphate combined with hydroxyapatite
evaluated in the present experimental study served as a scaffold, promoting bone formation in
the grafted area and highlighting its osteoconductive property. However, there was a delay in the
incorporation process when compared to the autogenous block graft.
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Abstract: Sol–gel synthesis using inorganic and/or organic precursors that undergo hydrolysis
and condensation at room temperature is a very attractive and less energetic method for preparing
bioactive glass (BG) compositions, as an alternative to the melt-quenching process. When properly
conducted, sol–gel synthesis might result in amorphous structures, with all of the components
intimately mixed at the atomic scale. Moreover, developing new and better performing materials
for bone tissue engineering is a growing concern, as the aging of the world’s population leads to
lower bone density and osteoporosis. This work describes the sol–gel synthesis of a novel quaternary
silicate-based BG with the composition 60 SiO2–34 CaO–4 MgO–2 P2O5 (mol%), which was prepared
using acidified distilled water as a single solvent. By controlling the kinetics of the hydrolysis and
condensation steps, an amorphous glass structure could be obtained. The XRD results of samples
calcined within the temperature range of 600–900 ◦C demonstrated that the amorphous nature was
maintained until 800 ◦C, followed by partial crystallization at 900 ◦C. The specific surface area—an
important factor in osteoconduction—was also evaluated over different temperatures, ranging from
160.6 ± 0.8 m2/g at 600 ◦C to 2.2 ± 0.1 m2/g at 900 ◦C, accompanied by consistent changes in average
pore size and pore size distribution. The immersion of the BG particles in simulated body fluid (SBF)
led to the formation of an extensive apatite layer on its surface. These overall results indicate that
the proposed material is very promising for biomedical applications in bone regeneration and tissue
engineering.

Keywords: bioactive glasses; alkali-free; sol–gel; bone regeneration; tissue engineering

1. Introduction

Noticeable increases in life expectancy have been achieved over the past two centuries,
as well documented in several literature reports [1,2]. The overall scientific progress made
in the medical field, especially over the most recent decades, has greatly contributed to an
increase in the population’s quality of life and life expectancy. Such progresses together
brought an unavoidable increase in the average age of the population, with social, eco-
nomic, and medical consequences [3,4]. Older people are less capable of physical exertion,
and the reduction of the mechanical stimuli of the bones, along with the degradation of
the tissues due to a lifetime of use, increases the risk of fractures [5,6]. The consequent
increased incidence of bone-related diseases (e.g., osteoporosis, trauma fractures, removal
of tumours, etc.) challenges researchers to provide new therapeutic solutions to prevent
the onset of osteopathy, and to develop bone grafts to treat these ailments. Autografts,
although still considered the gold standard due to their optimal osteogenic, osteoinduc-
tive, and osteoconductive properties, have multiple drawbacks, including the donor site
morbidity and their limited availability [7]. On the other hand, allografts are often asso-
ciated with risk of infection and a high non-union rate with host tissue [8,9]. Therefore,
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tissue engineering—and bone tissue engineering in particular—presents itself as a most
promising alternative solution to the current bone grafting approaches [10].

Several materials have been tried, and have achieved some success. Among these materi-
als, bioceramics and bioglasses are promising candidates for bone regeneration, owing to their
natural properties—such as biocompatibility, osteoinduction, and osteoconduction—adding
to their composition, which is similar to that of bone [11]. Dense ceramics, such as alu-
mina [12,13] or zirconia [14–16], have found a wide use in load-bearing applications due
to their excellent mechanical properties and low in vivo toxicity. However, the paradigm
changed with the discovery of bioactive glasses (BGs) by Larry Hench et al., due to their
ability to bond to living tissues through the formation of an interfacial bone-like hydrox-
yapatite layer when the bioglass is put in contact with biological fluids in vivo. Among a
number of tested compositions, the one exhibiting the highest bioactivity index became
well known, and has been trademarked as 45S5 Bioglass® since 1985 [17]. Since then,
the topic has received increasing attention, inspiring many other investigations aimed at
further exploring the in vitro and in vivo performances of this BG, or gradually develop-
ing other related BG compositions [18–20]. Even though these glasses possess excellent
affinity with native bone, their commercial success has so far been relatively limited. Their
drawbacks include inadequate mechanical properties and high dissolution rates of alkaline
ions in biological conditions, which may have a harmful impact on cells [21–26], along
with several other shortcomings, as well summarized elsewhere [27]. Conversely, it has
been demonstrated that well-designed alkali-free bioactive glass compositions offer a great
number of advantages, including the ability to achieve full densification before the onset
of crystallization, a fast biomineralization capability, with the formation of a crystalline
surface apatite layer after immersion in SBF solution for 1 h [28,29], and good in vivo
performances [30].

Traditionally, bioactive glasses are produced by melt-quenching. However, this tech-
nique incurs higher energy costs, and often results in partial devitrification with the forma-
tion of crystalline phases, which have reduced biological properties and are unsuitable for
producing porous scaffolds [11]. Due to this, the sol–gel method has been regarded as a
favourable alternative, as it yields glasses with higher purity, requiring low densification
temperatures and allowing the production of a varied amount of compositions [31,32]. This
technique does, however, exhibit some drawbacks—namely, the high cost of the precursors,
and the difficulty in producing dense, monolithic pieces [33]. The present work aims at
using water as a single solvent in the sol–gel synthesis of a novel, well-balanced, and
thermally stable alkali-free BG composition intended for biomedical applications in bone
regeneration and tissue engineering.

2. Materials and Methods
2.1. Bioglass Synthesis

A quaternary bioactive glass with a composition consisting of 60 SiO2–34 CaO–4
MgO–2 P2O5 (mol%) was prepared via the sol–gel method, following a detailed procedure
described elsewhere [32]. Briefly, tetraethyl orthosilicate (TEOS, Si(O2H5), ≥98%), supplied
by Sigma-Aldrich, and triethyl phosphate (TEP, O4P(C2H5O), ≥98%), supplied by Merck
Schuchardt, were used as Si and P network precursors, respectively, while calcium nitrate
tetrahydrate (Ca(NO3)2·4 H2O), supplied by Panreac, and magnesium nitrate hexahydrate
(Mg(NO3)2·6 H2O), supplied by Scharlab, were selected as Ca and Mg network modifiers,
respectively. Nitric acid (HNO3 ≥ 65%) supplied by Labkem was used as a catalyst to pro-
mote the hydrolysis of network precursors. Each preparation was planned to yield 0.2 mol
of bioactive glass by mixing 1.46 g of TEP, 25.00 g of TEOS, 2.05 g of magnesium nitrate,
and 16.06 g of calcium nitrate. Two separate aqueous solutions were initially prepared:
one containing the network precursors, and the other the network modifiers. In brief, the
required amounts of TEOS and TEP were added together to 20 mL of deionized water
acidified with two drops of concentrated nitric acid, under magnetic stirring for 30 min,
until obtaining a transparent sol. The solution of the network modifiers was prepared in
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parallel by simply adding the required amounts Ca(NO3)2·4 H2O and Mg(NO3)2·6 H2O to
20 mL of deionized water under magnetic stirring for 30 min. Due to their high solubility,
this solution soon became transparent. Afterwards, both solutions were mixed together
and magnetically stirred for a further 60 min, before being poured into Petri dishes and
stored in an oven for 24 h at 100 ◦C to promote a relatively rapid sol–gel transition and
drying. After 24 h, the xerogel was crushed with an agate pestle and mortar into a fine
powder, and then heat treated at different temperatures.

2.2. Thermal Treatment

Ground xerogel powder was calcined for 2 h at temperatures of 600, 700, 800, and
900 ◦C, with a heating rate of 0.5 ◦C min−1, and the powders’ properties were assessed
through several characterization techniques, as described below.

2.2.1. XRD Characterization

The powders’ crystalline phase content was determined by X-ray diffraction (XRD,
Rigaku Geigerflex D/Mac, C Series, Tokyo, Japan) using Cu Kα radiation with 2θ varying
from 5–70◦ in steps of 0.026 s−1.

2.2.2. FTIR Characterization

The functional groups of the samples were analysed by FTIR (FTIR Bruker Tensor 27)
over the wavenumber range of 2000–300 cm−1, with 256 scans and 4 cm−1 resolution.

2.2.3. SEM Imaging

Specimens were covered with a thin (15-nm) carbon layer using a thin film deposition
system (PVD 75, Kurt J. Lesker Co., Jefferson Hills, PA, USA) before being examined using
a Hitachi S4100 scanning electron microscope with a 15.0-kV accelerating voltage.

2.2.4. Specific Surface Area Analysis

Specific surface area (SAA) and pore analyses were carried out with the BET, BJH, and
t-plot methods (Micrometric Gemini M-2380); N2 was used as an adsorbate, and samples
were previously degassed at 200 ◦C.

2.2.5. SBF Immersion Assays

Powder samples were immersed in SBF for a period of 28 days. Every 7 days, the
sample’s reaction with the SBF was halted by filtering, rinsing with deionized water, and
drying.

3. Results and Discussion
3.1. Bioglass Synthesis—Effect of Mixing Time

The XRD patterns of the bioglasses prepared according to previous works [32] dis-
played an unexpected crystalline phase upon calcining at 600 ◦C. Since the synthesis
experiments were carried out in the winter, an explanatory hypothesis for this was the rela-
tively low room temperatures (15–17 ◦C) prevailing in the lab, which might have delayed
the reaction kinetics. Therefore, the duration of the mixing step was increased from 30
to 60 min in order to allow complete hydrolysis. This longer mixing period successfully
produced amorphous glasses, as shown in Figure 1.
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Figure 1. XRD patterns showing the effect of mixing times on the production of amorphous glasses
via the sol–gel method. Changing the mixing period from 30 to 60 min produced amorphous glasses.

3.2. Effect of Heat Treatment Temperature on the Relevant Properties of Bioactive Glass Samples

Heat treating the sol–gel-derived bioactive glasses is important to burn off the or-
ganics and release the nitrate ions from the Ca and Mg precursors. Increasing the heat
treatment temperature enhances the densification of the material, affecting its overall
physical properties.

3.2.1. Crystalline Phase Assemblage

Heat treatment beyond a certain temperature level is likely to promote devitrification.
Therefore, the ideal heat treatment temperature for the sintering step can be assessed by
XRD. Figure 2 shows that the samples calcined within the temperature range 600–800 ◦C
remain amorphous.
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However, relatively well-defined crystalline peaks appear in the XRD pattern of the
sample heat-treated at 900 ◦C. The crystalline phases were identified as silicon oxide (SiO2),
calcium silicate (Ca2SiO4), calcium phosphate (Ca3(PO4)2), and calcium magnesium nitrate
(Ca3Mg(SiO4)2). These results suggest that if an amorphous material is envisaged, the
calcination temperature should not go much beyond 800 ◦C.

3.2.2. Specific Surface Area

The impact of calcination temperature on the specific surface area (SSA) of the powders
was assessed by resorting to gas adsorption of N2, using the BET technique. The evolution
of SSA as a function of temperature is shown in Figure 3.
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Figure 3. Effect of temperature on the specific surface area of the powders.

It can be seen that the SSA after calcination at 600 ◦C is still relatively high (~160 m2 g−1),
and gradually decreases (to ~130 m2 g−1) with temperature increasing to 700 ◦C. This is
followed by a drastic change (to ~16 m2 g−1) with a further increase in the calcination
temperature to 800 ◦C, and then by a more gradual decrease to ~2–3 m2 g−1 upon heat
treatment at 900 ◦C.

3.2.3. Adsorption and Desorption Isotherms

The porous structure profiles of the samples were initially investigated by analysing
their respective adsorption and desorption isotherms. These plots are shown in Figure 4.
After an initial intersection between adsorption and desorption curves at relatively low
pressures, associated with the formation of the N2 monolayer, a hysteresis loop can be
observed due to the condensation of the N2 at higher pressures within the finer pores,
creating multilayers. Such curves are classified as type IV according to IUPAC. At 900 ◦C,
the curves do not intersect, producing an isothermal profile without a classification in
IUPAC. It is known that the finer pores are the first to be eliminated due to their high
driving force for densification. Accordingly, the average pore size tends to increase with
an increase in the heat treatment temperature. On the other hand, some pores might have
shrunk into the microporous scale and become less accessible (more impervious) to gas
exchanges. This explains why condensation is less evident for the sample calcined at
900 ◦C, rendering the BET method ineffective at these ranges, and producing an isotherm
with an apparently open loop.

Regarding the different hysteresis loops found in these type IV isotherms, at 600 and
700 ◦C, an H5 loop—characterized by a slight delay in desorption before a descending
curve—can be observed, pointing towards a structure where both open and partially
blocked mesopores are present. For the powder sample calcined at 800 ◦C, an H2 (Figure 4c)
hysteresis can be observed, indicated by the larger delay before desorption, with a steeper,
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quasilinear, descending curve. This loop also correlates to pore blocking, but with a greater
range of pore neck widths.
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Figure 4. (a–d) Isotherm curves for powders calcined at temperatures of 600–900 ◦C.

3.2.4. Pore Size Distribution

The pore distribution profiles obtained through the BJH method describe the surface
area of these powders in even greater detail. The contributions of the different pore sizes
to the overall surface area (dA/dlog(w)) and pore volume (dV/dlog(w)) are displayed in
Figures 5 and 6, respectively. For all of the powders, the majority of the contribution to the
total area and pore volume came from pores within the 18–200 Å range. The data depict
the aforementioned decrease in total surface area and volume; however, the same data also
depict an interesting trend regarding the porous evolution of these samples. Comparing
the samples calcined at 600 ◦C with those calcined at 700 ◦C, the decrease in surface area is
paired with a shift of the relative contribution to the total area from the smaller pores to
larger ones. From 700 ◦C to 900 ◦C, this trend is reversed, and we observe that the major
contribution to the total values comes from increasingly smaller pore ranges, highlighting
the transition from a mesoporous to a microporous material. This shift is likely derived
from the closure of the smaller pores in the 600–700 ◦C transition, which means that the
larger pores, which are still open, are the main responsible factor for the measured surface
area. With further increases in temperature, these pores will continue shrinking, resulting
in smaller pores in the 800 and 900 ◦C samples.
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Figure 5. (a–d) Contribution of the different pore sizes to the overall surface area for the powders
calcined at temperatures of 600–900 ◦C.
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Figure 6. (a–d) Contribution of the different pore sizes to the overall pore volume for the powders
calcined at temperatures of 600–900 ◦C.

3.3. Bioactivity Assessment through SBF Immersion Assays

The bioactivity of the bioactive glass powders was assessed by immersion in simulated
body fluid (SBF) over a period of 28 days. Considering the generally high SSA values
of the samples, the amount of powder that was added per mL of the SBF solution was
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double compared to the standard ratio of 0.5 cm2 mL−1 proposed by Popa et al. [34] for
bulk samples, calculated according to the following equation:

SM =
ρ·SA·D

6
(1)

where SM is the sample mass in grams, ρ is the density in grams per cubic centimetre,
SA is the sample area in square centimetres exposed to the SBF solution, and D is the
average particle diameter in centimetres. The tested powders were assumed to be perfect
spheres with a diameter of ~1.25 × 10−2 cm (~125 µm, the average aperture size of the two
sieves used, 150 µm and 100 µm). For 20 mL of SBF, 0.06 g of bioglass powder was added.
Samples were retrieved every 7 days, and the reaction halted, and were then analysed via
XRD and FTIR measurements, as well as through scanning electron microscopy.

3.3.1. XRD Patterns

The XRD patterns for the SBF-treated glass powders can be seen in Figure 7. Calcium
phosphate and calcite were the two phases formed on the surface of the particles. Peaks
at 24 and 32◦ were present for all tested timepoints, and can be associated with apatite
reflections. Other peaks in the regions around 29, 40, 47, and 50◦ can be attributed to apatite
reflections as well. These crystalline peaks indicate the presence of a hydroxyapatite layer
on the powders’ surface. Both crystalline phases formed are bioactive and prone to binding
between the implant material and the living tissues.
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Figure 7. XRD patterns of powders (calcined at 600 ◦C) immersed in SBF from 7 to 28 days.

3.3.2. FTIR Spectra

The FTIR spectra further point towards the formation of a hydroxyapatite layer, as seen in
Figure 8a. The spectra reveal the three main vibrational modes of the Si–O–Si groups—namely,
the peaks in the 1000–1100 cm−1 range are associated with the stretching vibration of the
Si–O–Si groups, with the bridging oxygens moving opposite of the silicone; at ~780 cm−1,
a peak associated with the bending vibration of the Si–O–Si group, characterized by the
oxygen atom moving at right angles; and finally, at 500 cm−1, the rocking vibration of
the Si–O–Si is observed. Phosphate groups can also be identified by the peak at 600 cm−1

assigned to asymmetric bending. The peak at the ~1500–1550 cm−1 range is associated
with a C–O stretch, indicating that carbon from the atmosphere may have reacted with
calcium from the powders to form carbonates. Another carbonate stretching vibration can
be observed at ~1300 cm−1

, related to unhydrolysed residual organics from the sol–gel step.
Finally, the band located at ~1600 cm−1 is attributed to the hydrogen bonded to water that
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was absorbed in the sample [35–37]. To better understand the formation of hydroxyapatite
due to SBF, the spectra were subtracted from the base glass, corresponding to 0 days, as
seen in Figure 8b. The subtracted spectra reveal peaks at 1384, 1147, 968, 854, 744, 669, and
518 cm−1

, which correspond to the following vibrational modes: asymmetric stretching
of CO3

2−, asymmetric stretching of PO4
3−, symmetric stretching of PO4

3−, asymmetric
bending of CO3

2−, symmetric bending of CO3
2−, stretching of PO4

3−, and bending of
PO4

3−, respectively [37]. The spectra show that with the increasing number of days, the
amount hydroxyapatite also increases.
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3.3.3. SEM Images

SEM observations further sustain the previous data by showing a relatively smooth
surface for the control powder samples (0 days, calcined at 600 ◦C), whereas after 28 days,
a rugged apatite surface with small circular apatite crystals can be observed (Figure 9).
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4. Conclusions

This work reports on the fabrication and processing of a new bioactive glass belonging
to the SiO2–CaO–MgO–P2O5 system via the sol–gel method. The effects of calcination
temperature on the crystalline phase assemblage and on the specific surface area of these
powders was studied. The results show an accentuated decreasing trend in the surface
area with increasing temperature. At temperatures >> 800 ◦C, the samples undergo
crystallization. According to BET results, the sample calcined at 600 ◦C shows the highest
surface area, thus being suitable for biological applications, including the storage and
release of pharmaceutical drugs. This sample also shows the formation of a hydroxyapatite
layer after only 7 days of SBF treatment, and is therefore a promising material for future
applications in bone regeneration and tissue engineering.
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Abstract: Titanium and its alloys, specially Ti6Al4V, are among the most employed materials in
orthopedic and dental implants. Cells response and osseointegration of implant devices are strongly
dependent on the body–biomaterial interface zone. This interface is mainly defined by proteins: They
adsorb immediately after implantation from blood and biological fluids, forming a layer on implant
surfaces. Therefore, it is of utmost importance to understand which features of biomaterials surfaces
influence formation of the protein layer and how to guide it. In this paper, relevant literature of the
last 15 years about protein adsorption on titanium-based materials is reviewed. How the surface
characteristics affect protein adsorption is investigated, aiming to provide an as comprehensive a
picture as possible of adsorption mechanisms and type of chemical bonding with the surface, as
well as of the characterization techniques effectively applied to model and real implant surfaces.
Surface free energy, charge, microroughness, and hydroxylation degree have been found to be
the main surface parameters to affect the amount of adsorbed proteins. On the other hand, the
conformation of adsorbed proteins is mainly dictated by the protein structure, surface topography at
the nano-scale, and exposed functional groups. Protein adsorption on titanium surfaces still needs
further clarification, in particular concerning adsorption from complex protein solutions. In addition,
characterization techniques to investigate and compare the different aspects of protein adsorption on
different surfaces (in terms of roughness and chemistry) shall be developed.

Keywords: titanium; protein adsorption; biomaterials; surface modifications; cell interactions

1. Introduction

Almost 1000 tons of titanium-based biomaterials are worldwide used every year as
orthopedic and dental implants [1] mainly as commercially pure titanium (cp-Ti) and
αβ-alloy Ti6Al4V (Ti64), eventually as extra low interstitial (ELI) [2]. Despite titanium’s
exceptional biocompatibility implant failure is a current issue. Dental and orthopedic
implants have a failure rate ranging from 5 to 10% after up to 15 years [3]. Implant
osseointegration is mediated by a complex series of events included in the immune response
that are triggered as soon as the tissue are damaged during the surgery. The implant surface
is immediately covered by a layer of water molecules and on top of them, a layer of protein
is adsorbed within the first few minutes. That, along with cytokines released from the
damaged cells and protein-promoted blood coagulation, triggers the foreign body reaction
(FBR) of a host body to an implant [4,5]. In order to achieve osseointegration of Ti implants,
an equilibrium within the events that occurs during FBR need to be found, in order to
avoid chronic inflammation and fibrotic encapsulation. Concerning the inflammatory
response, neutrophilis and monocytes are recruited at the implant site. Then (after about
48 h) monocytes differentiate into macrophages with a phagocytic function for controlling
the immune response. In order to remove larger debris, monocytes and macrophages
can fuse together forming foreign body giant cells (FBGCs). Concerning osseointegration,
it takes place when mesenchymal stem cells (MSC) differentiate into osteoblasts and
osteocytes, leading to new bone formation and it is triggered by an early pro-inflammatory
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response. When this does not happen, the worst scenario is proliferation of fibroblasts
and the formation of a fibrous capsule that engulfs the implant, preventing a correct
contact with the bone tissue [4,5]. Formation of the blood clot on the implant surface is of
great importance to get the mechanical and biochemical environment for osseointegration.
Activation of platelets within the blood clot on the implant surface provides a natural
gradient of signal molecules with a high concentration on the surface of the implant and
consequent attraction of monocytes, neutrophilis, and mesenchymal cells. This allows
the “contact osteogenesis” mechanism with formation of immature bone characterized
by irregularly arranged, interwoven collagenous fibers, and, as last, of mature lamellar
bone through bone remodeling. Due to this cascade of events, cells do not interact directly
with the implant surface, but the interface is strongly mediated and controlled by the
adsorbed proteins. Cells exhibit specific binding sites for certain proteins and their activity
can be enhanced by those adsorbed onto the material surface. For example, protein
such as fibronectin (FN) and vitronectin (VN) are considered adhesive proteins. FN can
activate cell α5β1 integrins through the binding domain arginine-glycine-aspartic acid
(RGD), which is present in VN as well [6]. Bone morphogenetic (BMP) proteins can
promote osseointegration [7] but contemporary increase the inflammatory response to
biomaterials [8]. As a consequence, the ability to control the formation of the protein
layer, by promoting selective adsorption, is of great interest in the design of novel and
more functional biomaterials. Since the ‘70s of the past century, a great amount of efforts
have been put in studying protein adsorption [9]. What happens when a surface gets in
contact with a protein containing solution is dictated by a multitude of different factors.
According to surface characteristics (roughness, wettability, charge), protein properties
(surface charge, hydrophilicity, structure) [9], and even solution parameters (composition,
pH, temperature) [10], adsorption of proteins may be driven by hydrophobic interactions,
electrostatic attraction, or weak forces, such as Van deer Waals’ [11]. Furthermore, the
protein layer is a dynamic entity, where adsorbed proteins can be displaced and replaced by
the ones still in solution, and according to the so-called Vroman effect, they can change their
conformation on the surface, spreading and reorienting themselves, and multilayers of
loosely bound proteins can form thanks to protein–protein interactions [12]. Many authors
have gathered and reviewed knowledge about driving forces of protein adsorption and
their behavior on the surface [12–14]. Nevertheless, despite all these efforts, a fully and
comprehensive understanding of adsorption processes and mechanisms is still missing.
Even though we found that the protein adsorption on certain biomaterials was reviewed,
such as bioactive glasses [15], bioceramics [16], metals of medical interest, steel [17], and
magnesium [18], or even nanomaterials for biosensors [19], to our best knowledge, no
work of this kind was made for protein adsorption on titanium. This review aims to
put together the literature about adsorption of protein on titanium-based materials for
osseointegration, trying to depict a comprehensive picture of how surface characteristics
affect the way proteins bond to Ti surfaces. After a brief introduction on the main driving
forces of protein adsorption, we focused on the principal characteristics of titanium surfaces.
The literature was sorted accordingly to how titanium surfaces were treated or modified
(kind of surface modification or activation, surface chemical composition, and crystalline
structure) in order to explore the specific effect of the different surface features (wettability,
roughness, hydroxylation, or charge) on protein adsorption. The same rational was applied
to investigate how external parameters can affect the protein–titanium interaction and
the correlations among surface features and the competitive adsorption of proteins. This
knowledge can lead to an improved design of novel and more effective biomaterials. At last,
the characterization techniques applied for studying protein adsorption on titanium-based
biomaterials are collected. Due to the great amount of work published on these materials,
only adsorption on bulk materials, these being pure Ti, Ti alloys, or titanium oxides (native
or modified), is discussed. Adsorption on titania nanoparticles, as well as interaction of
proteins with coated or functionalized surfaces were not included unless of interest for the
selected topic. Relevant literature of the past 15 years was researched and selected.
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2. Driving Forces and Factors Affecting Protein Adsorption
2.1. Driving Forces of Protein Adsorption

Protein adsorption is a complex phenomenon that involves different kinds of protein-
substrate interactions and it is influenced by numerous different factors depending on the
surfaces features and chemical or biological environment.

It is well acknowledged that protein adsorption can be promoted by several kind of
driving forces, these being hydrophobic or electrostatic interactions and van der Waals
forces [12,20].

Hydrophobic interactions are fundamental in order to maintain the protein tertiary
structure: When a protein is dissolved into a polar solvent, non-polar amino acid residues
have the tendency of interact between each other, in the inside of the protein, to limit
interaction with solvent. On the reverse, hydrophilic residues are exposed on the protein
surface [21]. If a protein approaches a hydrophobic surface, the balance of protein–solvent
and intra-protein interactions is disrupted, and hydrophobic residues can interact with
the hydrophobic surface. Changes in protein structure lead to entropy gain, with this
being a strong driving force for protein adsorption [22]. As a general rule of thumb,
proteins adsorbed onto the hydrophobic surfaces undergo greater denaturation than on the
hydrophilic ones [10]. Furthermore, dehydration of a surface has to happen for proteins
to adsorb. On hydrophobic substrates, this results in reduction of Gibb’s free energy and
increases protein adsorption [13].

Hydrophobic interactions are the main driving forces of protein adsorption on hy-
drophobic surface. On the other hand, in case of adsorption on hydrophilic and charged
materials, electrostatic and van der Waals interactions take over as primary cause of protein
binding to surfaces [20]. When a charged object is immersed into a solution, ions of oppo-
site charges are attracted towards it, forming the so called double layer: the Stern layer,
which is composed by ions very close to the surface, and the Gouy-Chapman diffuse layer,
which extends towards the solution and exhibits an abundance of ions compensating the
surface charge [23]. When proteins approach a surface, the protein diffuse layer overlaps
with the one of the substrate and attractive or repulsive forces may arise depending on the
zeta potential (ζ). The zeta potential is defined as the electrical potential at the interface di-
viding the Stern and the Gouy-Chapman layers. Proteins are also sensitive to dipole–dipole
interactions, induced or not, commonly referred as van der Waals forces. Usually, van der
Waals interactions are attractive at short distances [24]. The contribution of electrostatic
interactions and van der Waals forces can be predicted by the DLVO (Derjaguin, Landau,
Verwey Overbeek) theory. This theory allows to calculate the total interaction energy
between two surfaces, determining if the resulting force is attractive or repulsive in the
range of few tens of nanometers [24].

2.2. Surface Effect on Protein Adsorption

As discussed in the previous section, it is clear that the surface properties influence
on protein adsorption mechanisms is of great importance. Surface wettability, topogra-
phy, charge, and chemistry are able to deeply modify surface–protein interactions, as
schematized in Figure 1 [12,25].

Wettability of substrates determines the major driving forces for adsorption, and the
final result of the whole process may change heavily. It is well accepted that hydrophobic
surfaces can adsorb more protein with respect to hydrophilic one [26]. Hydrophobic
surfaces can better interact with hydrophobic residues of proteins and water displacement
from the surface is more favorable than on hydrophilic surfaces [14]. The pivotal water
contact angle (WCA)(θ) dividing hydrophobic from hydrophilic surfaces regarding protein
adsorption was set at values near θ = 65◦ by different researchers [27,28].

Wettability does not only influence the total amount of proteins, which can be adsorbed
onto surfaces, but also their spatial conformation. Different studies investigated the effect
of surface wettability on protein conformation upon adsorption, such as FN and bovine
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serum albumin (BSA), highlighting the fact that proteins adsorbed on more hydrophobic
materials present the higher degree of denaturation [29,30].

Figure 1. Effects of the physiochemical properties of material surfaces on various aspects of protein
adsorption (amount, binding strength, orientation, conformation). Reprinted with permission from
ref. [25]. Copyright 2017 WILEY-VCH Verlag GmbH & Co.

Strictly related to surface hydrophilicity/hydrophobicity behavior, there are surface
charges. Usually, hydrophobic materials are non-polar, while hydrophilic substrates present
a distribution of charges onto their surfaces. Surface charge of solids and particles immersed
in solution may vary with the pH of the liquid, and they can be both positive and negative.
Thus, according to protein type and substrate, attractive or repulsive interactions may
happen [20]. Negatively charged surfaces, such as bioactive glasses in physiological
conditions, may hinder adsorption of negative charged proteins [15], and vice versa for
positive surfaces [31]. Still, proteins bearing an overall negative charge may adsorb on
negatively charged surfaces thanks to the interactions of positive residues that remains on
their surfaces, such in the case of BSA [32]. The same can happen with positive charges
onto materials, as in the case of block co-polymers [33].

Cells are able to sense micro- and nano- roughness and it affects their adhesion,
proliferation, and growth [8]. Similarly, morphological features of surfaces can influence
protein adsorption [34]. Increase in surface roughness leads to larger surface area, thus
higher protein adsorption. Still, it has been found that in some cases, proteins adsorb on
appreciably larger amounts than what might be expected accounting only area increase [35].
Grain size and crystallinity of materials have also been reported to influence the adsorption
process on biomaterials [36]

Protein adsorption can be controlled also by changing the chemistry of the surface, for
example by functionalization with polymers or polyelectrolyte brush [12,36].
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2.3. Protein Characteristics Affecting Adsorption

As well as surface characteristics, protein features like structural stability, charge, and
dimension, are of greatly affect the adsorption mechanisms and outcomes.

Structural stability of proteins is related to the easiness to undergo conformational
modification. In the late 1990s, Norde introduced the concept of soft and hard proteins [9]
to highlight the different structural behavior of proteins: Soft proteins are less stable and
they are more prone to change their conformation after adsorption; on the other hand,
hard proteins are more stable and they less prone to be denaturated. Changes in 3D
conformation allows optimization of electrostatic interactions on hydrophilic/charged
surface, since polar amino acid residues can be close to oppositely charged surfaces. Thus,
in general, the soft proteins adsorb in a larger amount than the hard ones [37]. Changes
in tertiary and secondary structure of proteins can affect their biological activity. In some
cases, denaturation produces a loss of protein activity, as in the case of platelets activation
by fibrinogen (FIB) [38]. In another case, denaturation can increase the effect of certain
proteins. Denatured FN may expose more integrin-binding sites RGD, increasing cells
adhesion [39].

Electrostatic interactions are capable to drive adsorption of proteins on charged sur-
faces of biomaterials, in a different way according to the overall net charge of proteins and
distribution of the electrostatically charged residues within the protein’s structure. Proteins’
overall net charge is influenced by the presence of polar amino acids in the primary protein
structure and by the pH of the solution, depending on the acid/basic behavior of the
specific amino acids [40]. The overall net charge of a proteins is positive at pH values below
the isoelectric point (IEP), zero at the IEP, and negative above it: It must be remembered
that in any case the IEP is due to a balance between the number of positively and negatively
charged functional groups which are present at any pH. IEPs of different proteins can vary
in a wide range of values, from 4.7 of BSA to about 11 for Lys [41,42]. Still, proteins can
adsorb to likely charged surfaces thanks to a non-homogeneous charge distribution within
the protein’s structure: Positive residues can be selectively exposed on the outside of BSA
even at pH 7, allowing its adsorption on a negative surface like titanium [32]. Furthermore,
the proteins charges also determine the nature of protein–protein interactions. It is ac-
cepted that a higher amount of a protein is adsorbed at the IEP, when electrostatic repulsion
between proteins is minimized [12]. Dimension and molecular weight of proteins play an
important role too. The smallest proteins can reach the surface before the largest thanks
to a higher diffusion coefficient, thus adsorbing in a larger amount at first. In addition,
the largest proteins need to displace more water molecules, on hydrophilic surfaces, and
higher energy is needed to enter the interface region [43]. On the other side, the largest
proteins usually can interact in a stronger manner with the surface, therefore they can
displace and substitute the smallest proteins with times. This dynamic behavior of the
adsorbed protein layer is known as “the Vroman effect” [12].

2.4. External Parameters Affecting Protein Adsorption

Investigating protein adsorption, it is also fundamental to consider the environment
where the process is carried on and the effects of some external parameters. Temperature
influences several aspects of the adsorption mechanisms. Increasing temperature allows for
higher mobility of proteins in solution, faster adsorption kinetics [44], equilibrium surface
concentration [45], and also protein desorption from the surface is easier [29].

A fundamental and determining role is played by the solution where proteins are
dissolved. As already mentioned, the pH determines both the charge of protein and
surface. Thus, according to its value, the same protein–surface combination may repel or
attract one another [46]. Beside pH, other solution parameters have great influence on the
adsorption. Presence of ions in the solution has a double effect. The first one regards the
ionic strength of the solution, which influences the thickness of the Gouy-Chapman layer
and consequently the distance at which the electrostatic interactions take place. Higher
ionic concentration and strength result in a thinner diffuse layer both on proteins and
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surfaces. Thus, an eventual electrostatic repulsion is less relevant on adsorption [47]. As
a second effect, ions can also compete with proteins in the adsorption on surfaces. For
example, negative phosphate ions in phosphate buffered saline (PBS) solution have been
found to depress protein adsorption [48].

Protein concentration in solution is another parameter that can largely impact on
adsorption. Several studies describe how an increase of the initial protein concentration
results in a higher amount of protein adsorbed onto the surface at the equilibrium [49,50].

The main parameters that affect protein adsorption and the general rules of thumb on
the process are collected in Table 1.

Table 1. Main parameters affecting protein adsorption on surfaces.

Parameters General Rules of Thumb

Surface

Topography/roughness Higher surface roughness ≥ higher amount of adsorbed proteins

Hydrophobicity (non-polar surfaces)
Hydrophilicity (polar surfaces, with a net

surface charge)-

Higher hydrophobicity ≥ higher amount of adsorbed proteins and
denaturation degree; hydrophobic interaction as adsorption

mechanism
Different mechanisms of adsorption on hydrophilic surfaces:

electrostatic, van der Waals, dipole-dipole; adsorbed water must be
removed for adsorption

Chemistry
(functional groups, metal ions) Influence on the surface charge

Protein

Amino acid chain Affects structural stability

Hydrophilicity/hydrophobicity
Surface charges and non-polar residues are always present; they can
be differently arranged according to the environment; hydrophobic

residues interact with hydrophobic surfaces

Charge Higher amount of adsorbed proteins at IEP

Molecular weight
Small proteins adsorb quicker

Large proteins replace the smaller ones and make stronger bonds
with the hydrophobic surfaces

Structural stability
Soft proteins change easier configuration and adsorb larger on

hydrophilic surfaces; denaturation can enhance or reduce biological
activity

Solution

pH Affects surface charge of both proteins and surfaces

Ionic strength Adsorbed ions reduce repulsive effects among proteins; some ions
compete with proteins for adsorption

Protein concentration Higher protein concentration higher amount of adsorption

Protein mixture(single, binary or more
complex) Vroman effect

Temperature Higher temperature ≥ faster kinetics of adsorption

3. How the Characteristics of Titanium Based Biomaterials Influence
Protein Adsorption
3.1. General Consideration on Protein Adsorption on Titanium Based Materials

Titanium peculiar properties have made it one of the most world widespread biomate-
rials [1]. With respect to other metals, titanium and its alloys possess excellent osseointegra-
tion capability, proper mechanical properties, and soft tissue compatibility. They have been
extensively described elsewhere, therefore here only the ones of interest for discussing
protein adsorption will be briefly reported [8,51,52]. Being a very reactive element, titanium
does not exist in its metal form onto its surface, but it is immediately passivated by oxygen
and its surface is covered by a thin native oxide layer, which is mainly amorphous TiO2
about 3–7 nm thick [53]. This layer confers chemical stability, biological inertness and
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corrosion resistance to the surface. To understand how this biomaterial interacts with the
biological environments, it is mandatory to notice that titanium surfaces are highly hydrox-
ylated. OH groups can form by dissociation of water molecules at the five-coordinated Ti
sites. Several kinds of hydroxyls can thus form on the surface, differing in their position
(terminal or bridging) and in their chemical behavior (acidic or basic). As a consequence,
when the surface gets in contact with water, acidic OH groups deprotonate, while basic
OH groups protonate themselves, forming both positive and negative charges (Figure 2).

Acidic OH deprotonation: Ti-OH + H2O↔ [Ti-O]− + H3O+

Basic OH protonation: Ti-OH + H2O↔ [Ti-OH]+ + OH−

Figure 2. Scheme of hydroxylation of Ti surface and surface charge generation during contact with
aqueous solutions.

As consequence of the dissociation constants of both the OH groups, IEP of titanium
lies around 5 [54].

Titanium affinity for proteins is well acknowledged. A stable protein layer was found
to form in vivo after just three hours [55]. This was observed to prevent precipitation
of compound like HA after a week. Ti-based materials can interact with many different
proteins, such as serum albumin [56,57], FIB [58], or FN [59]. Many researchers have tried
to unveil the mechanisms of interaction between proteins and titanium substrates. By
studying the adsorption isotherms of several different proteins (such as human serum
albumin (HSA), BSA, lysozyme (LYS), pepsin, myoglobin, and others) at different pH
values, Imamura et al. [60] ascribed pseudo-irreversible adsorption of protein to electro-
static interactions between the OH2

+ groups on the titanium surface and COO- groups of
proteins. Furthermore, negatively charged carboxyl groups can also induce protonation
of the OH groups of the surface around the IEP of titanium. Another research group
proposed a slightly different interaction mechanism between HSA and titanium [57,61].
They proposed that HSA has a similar effect to a local change of the pH, acting like a
reduction of [H+] and affecting the thickness of the H+ diffusion layer on the Ti surface.
Interactions between albumin and a titanium surface followed the proposed two steps
mechanism, which involves a first hydrogen bonding and a subsequent proton transfer.
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Hydrogen bonding:

Proton transfer:

Even though the interaction mechanisms proposed by Imamura [60] and Camàra [57]
are different, they underline the importance of the OH groups on driving protein adsorption.
Molecular dynamic simulations observed that an increased density of the OH groups on
rutile (1 1 0) means higher affinity for the subdomain IIIb of HSA [62]. Electrostatic
interactions with the COO- and NH3

+ groups of proteins were greatly enhanced. A key
role of the local electrostatic interactions between opposite charges respectively on TiO2
and organic molecules was also observed for peptides [63]. The charge effect of hydroxyls
on the strength of protein adsorption was investigated in another interesting computational
studies by Sun et al. [64]. They tuned the hydrophobicity/hydrophilicity of rutile surface
by scaling the OH charges of different factors. Lower surface charge, related to higher
hydrophobicity, turned out to adsorb lactoferrin and bone morphogenetic protein-2 (BMP-2)
in a stronger manner than a hydrophilic surface. Being a soft protein, BMP-2 is also more
denaturated. At the same time, protein–surface interactions on hydrophilic TiO2 surfaces
are hindered due to water-surface interactions [65]. Thus, spreading and denaturation
of certain adsorbed proteins are limited. OH groups generated onto TiO2 by vacuum
annealing can prevent FIB denaturation by avoiding electron transfer, from the protein
to the surface. In this case, hydrophilic TiO2 surface denatures less proteins than the
hydrophobic ones [38]. Less FIB denaturation is related to lower platelet activity and better
blood compatibility of biomaterials.

In order to predict the biological behavior of biomaterials, alongside the amount and
type of protein adsorbed, it is necessary to be aware of their spatial configuration and
orientation with respect to the surface. Proteins can adsorb in a “side-on” or “end-on”
orientation, according to the positioning of their main axis [12].

Furthermore, denaturation can occur to different extents with different proteins. As
already mentioned, adsorption on titanium substrates lead to denaturation of FIB. Several
authors found that FIB can interact with titanium surfaces through αC domains. Since
they are positively charged at pH = 7.4, electrostatic attraction between the surface and the
protein can occur [58,66]. The strong protein–surface interactions lead to denaturation of
FIB [66]. This was confirmed by Zhao et al. [67]. Furthermore, even though binding via αC
domains shall result in side-on orientation of the proteins on the surface, FIB was found
with preferred end-on orientation [67]. Bimodal adsorption isotherms of immunoglobulin
(IgG) suggest that adsorbed proteins may undergo structural rearrangements and orien-
tation modification according to saturation level of the surface [68]. While in some cases
no denaturation of BSA was observed upon adsorption on titanium oxide [69], others had
observed conformational changes of albumin [56]. Hydrophobicity of titanium may lead
to spreading of adsorbed HSA onto its surface [70]. Conformation and adsorption mecha-
nisms are strictly dependent on both surface features and protein composition. Different
structures were found for proteins that shall be analogous, such as chicken and human
albumin [71]. Adsorption mechanism was also profoundly different: HSA adsorbs as a
continuous thin film, while chicken albumin forms adherent flakes on the titanium surface.
In addition, relevant peptide sequences, such as RGD domains of FN, may change their
spatial configuration after adsorption on rutile or anatase [72]

Surface roughness is a parameter that very often is addressed as pivotal in determining
the outcome of protein adsorption, and more in general, cell behavior [73]. It does not only
change the effective surface area available for interaction with proteins, but it can also affect
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the wettability of the materials. It has been acknowledged that roughness in the micro-range
enhanced protein adsorption due to increase of specific surface area [74]. Several authors
have tried to understand the extent of roughness, in particular in the nano-range, influence
on the protein adsorption on titanium-based surfaces. Roughness variations from few to
some tens of nm were found not to have a unique effect on all proteins and some results in
literature may disagree. BSA adsorption is slightly influenced by roughness between Ra
values of 1.57 and 16.44, while in the same range FIB adsorption is increased to a slightly
larger extend [75]. Controversially, in a more recent study, Rockwell et al. [76] observed
that the increment in the surface area ratio (SAR) due to increased roughness, in the same
range as previously reported [75], along sample profile, was not sufficient for explain
the increased of normalized adsorption of both FIB and BSA (Figure 3a). Increments on
proteins and SAR were up to 50% and 15%, respectively. Instead, the increment in curvature
of surface features accounted better for the increment in adsorption (Figure 3b): Higher
curvature, meaning smaller features radii, favors end-on FIB adsorption and stabilizes
protein secondary structures. Besides, increased roughness, from less than 1 nanometer to
about 11, resulted in increased surface free energy (SFE) that promoted better adsorption
of FN and VN from fetal bovine serum (FBS) [77]. These results were confirmed also on
TiO2 when other proteins, such as BSA [78] or casein [79], were adsorbed.

Figure 3. Normalized adsorption profile of bovine serum albumin (BSA) (black) and fibrinogen (FIB) (blue) on Ti with
roughness gradient (left y-axes). The overlaid red lines are the SAR profile (a) and the curvature profile (b) (right y-axes).
Adapted with permission from ref. [76]. Copyright 2011 Elsevier B.V.

Roughness of titanium substrates is also capable of influencing the mechanisms of
adsorption. While adsorption of BSA, FIB, and streptavidin on flatter substrates occurs
mainly as protein monolayers, roughness values about Rms = 29.5 nm can increase protein–
protein interactions, resulting in a multilayer type adsorption [80]. Surface features such as
protuberances and peaks are not the only topographical characteristics that have influence
on proteins adsorption. Surface pores in the meso- and nano-range need to be accounted
when the effect of surface roughness on this matter is discussed. Proteins are not able
to enter pores smaller than their hydrodynamic radius. In the case of BSA, of which
hydrodynamic diameter is about 7.2 nm, mesopores need to be at least about 9 nm for
albumin to enter them [81]. Larger mesopores can accommodate more than one BSA
molecule, with very little conformational changes, and protein-surface adhesion forces
were stronger with respect to smaller pores [82]. Singh et al. [83], due to protein tendency to
aggregate into nanopores, concluded that nanometer scale morphology is the main reason
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for increased protein adsorption, more than the modest increase in wettability of surface
with different roughness.

Titanium and its oxide exhibit different adsorption properties with respect to other
materials, such as other metals or metal oxides clinically used polymers or dental enamel.
In comparison with other metal surfaces such as Au, Pt, and Ir, titanium adsorbs the largest
amount of plasma proteins. This is because Ti presents the highest SFE and roughness, as
a result of the deposition process of metal thin films [84]. At the opposite, when TiO2 is
compared with other oxides such as ZrOx, TaOx, and NbOx, it showed the least adsorption
capability [85] and it is also the flattest and the least energetic surface. ZrOx interacts
the most with albumin being a hydrophobic surface, while the amount of adsorbed BSA
correlates well with roughness and polar component of the SFE on the hydrophilic oxides.
Similar evidence of different mechanisms of adsorption on hydrophobic or hydrophilic
surfaces was found with FIB, investigating fibrinogen adsorption on the same set of
oxides [86]. Titanium shows also different retention capability of the adsorbed proteins
with respect to the other oxides. Its negative charge makes HSA displacement from its
surface faster than on positive charged alumina, at pH 7 [87]. Al2O3 adsorbs more BSA
than TiO2 also because of its higher number of OH groups that can form H-bonds with
proteins [88]. Adsorption of positively charged proteins such as lactoferrin was enhanced
on titanium with respect to stainless steel, ZrO2, and polymethylmethacrylate (PMMA)
thanks to the higher negative surface charge [89]. Still, stronger interactions were found
on hydrophobic substrates. In order to better understand why different materials have
different behavior during their life as implants, titanium was widely compared to other
surfaces of interest in the dental field. Titanium’s poor adhesion to gingival tissue may be
explained by the fact that, with respect to dentin, it adsorbs less key basal lamina proteins,
such as laminin (LAM) α, a protein with a key role in tooth-epithelium adhesion, and
nidogen-1 [90]. It was also observed that hydrophobic polymeric materials used in dental
field, such as polytetrafluoroethylene (PTFE), polyethylene (PE), and PMMA, adsorb more
salivary proteins than Ti, for instance salivary mucins and proline-rich proteins [91,92].
This also reflects in higher adhesion forces between albumin and polymers as PMMA and
PTFE with respect to titanium [93]. Interestingly, the interaction force between BSA and Ti
is about twofold more than on enamel.

3.2. Effect of Surface Modifications on Titanium: How Topography, Roughness and Surface
Chemistry Change Protein Adsorption
3.2.1. Surface Modification by Sand Blasting and Acid Etching (SLA)

Surface roughness and wettability are the main parameters influenced by SLA treat-
ments, thus changes in protein adsorption are mainly ascribed to these materials features.
According to our findings in literature, the studies on this kind of surfaces are not in com-
plete agreement. Some of them observed that SLA treatments increases the total amount of
adsorbed proteins [94,95], while, in different conditions of adsorption, others observed a ne-
glectable difference [96]. In a remarkable work of Kohavi et al. [94], the authors studied the
influence of SLA and acid treatments on Ti64. Proteins adsorption was carried out in vivo
during dental implantation surgery. A titanium rod was implanted into the osteotomy and
removed after 10 min. Albumin, fibronectin, fibrinogen, and immunoglobulin were quanti-
fied by enzyme-linked immunosorbent assay (ELISA). The SLA surfaces adsorbed more
than fourfold more of each protein with respect to an untreated surface. Acid etched (AE)
titanium surfaces adsorbed only twice more. SLA surfaces were rougher than both AE and
flat surfaces (Ra equal to 287.5, 214.5 and 26.8 nm, respectively). Roughness was addressed
as the main factor influencing in vivo protein uptake. Prewetting of surfaces also increases
protein adsorption. Similar findings on the same surfaces were obtained in vitro [95]. FN
resulted the major protein found on a surface in case of adsorption both from a single
protein solution and whole plasma. The effect of roughness and increased surface area on
protein adsorption was also highlighted by SLA treatment followed by secondary etch-
ing [97]. Protein adsorption is only increased to a certain time of etching, since after about
30 min decreasing in specific surface area is experienced. MC3T3 pre-osteoblastic cells
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viability also correlate well with this observation. Kopf and co-workers [74] put effort in
isolate the effect of wettability and roughness. Hydrophilic and hydrophobic SLA surfaces
were obtained through proper storage in air or NaCl solutions. On some samples, the
storage in NaCl resulted in further nanostructuration of the surface. WCA of hydrophilic
and hydrophobic SLA surfaces ranged between less than 10◦ to 120◦, respectively. Simply,
SLA-treated surfaces showed no influence of the WCA on adsorption of both FIB and FN.
On the contrary, the hydrophilic nanostructured (NS)-SLA samples adsorbed much more
than the hydrophobic ones. In both cases, they adsorbed more than the SLA specimens.
Thus, it seems that protein adsorption is mainly driven by roughness at the microscale and
by a synergistic effect of hydrophilicity and roughness when it comes to nanostrcutures. As
an interesting fact, in the same study, it is observed that blood clotting is more improved
by hydrophilicity than surface topography. H2O2 hydrothermal treatments on SLA-treated
dentals screws can promote bioactivity through surface nanostructuration and formation of
many OH groups [98]. Better protein adsorption, in particular increased selectivity towards
FN, resulted from increased wettability of the implants. Hydroxylation of the surface does
not only account for improved wettability and enhanced protein adsorption. SLA-induced
OH groups are also responsible for denaturation of proteins, such as statherin [99]. Hy-
droxyls can bond with proteins through hydrogen bonds, disrupting the equilibrium of
forces that maintains the native conformation of proteins. Statherin adsorbed onto polished
titanium showed less denaturation.

Some studies focused on how SFE influences the adsorption of proteins. Simple
sandblasting of cp-Ti resulted in very different values of surface energy, according to
dimension of the blasting particles and even to their composition [100]. On rough surfaces,
the authors found a linear correlation between surface energy and amount of adsorbed FN
(Figure 4b). Interestingly, the samples treated with SiC particles showed higher SFE, in
particular the dispersive component, than the ones processed with alumina particles. As
a consequence, FN adsorbed preferably on SiC-blasted samples, regardless of roughness
(Figure 4a). The importance of SFE on SLA treatments was also observed very recently
by Mussano et al. [101]. Adsorption of different proteins, namely collagen (COL) I, FN,
and BSA, was depressed by blasting with alumina if compared with machined surface.
SLA treatment restored titanium adsorptive properties, though without enhancement with
respect to untreated surface. Blasted surfaces showed lower SFE, while machined and SLA
specimens had similar values. This correlates well with the results obtained for alumina
blasting particles in ref. [100].

Figure 4. Correlation of FN adsorption with roughness (a) and surface free energy (SFE) (b) on cp-Ti blasted with different
particles: S, SiC particles; A, Al2O3 particels; 3, particles of 212–300 µm; 6, 425–600 µm. Adapted with permission from
ref. [100]. Copyright 2009 Acta Materialia Inc. Published by Elsevier Ltd.

As previously said, the debate on the effective enhancement of protein adsorption by
SLA treatments is an open issue. A recent study observed no difference in adsorption from
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FBS on machined or SLA cp-Ti [96]. Still, microrough surfaces elicit murine MC3T3-E1
osteoblastic cell spreading and adhesion. Similar findings were observed also in adsorption
kinetics and total amount of adsorbed proteins when FN and BSA are adsorbed from single
protein solutions, even when wettability was increased by heat treatment [102]. As an
interesting fact, heat treatment promoted selective adsorption of fibrinogen and fibronectin
from human serum. Even though hydrophilicity may not increase protein adsorption on
SLA surfaces, it can promote the formation of a more homogeneous protein layer [103].
SLA did not seem to enhance adsorption of salivary proteins neither [104].

3.2.2. Surface Modification by Chemical and Hydrothermal Treatments

Acid etching is a very simple kind of chemical treatment employed to enhance bi-
ological response of titanium surfaces [51]. Nanopatterning by acid etching was found
to affect in different ways adsorption of different proteins [105]. Nanopits, generated by
simultaneous acid etching and oxidation with H2O2, act as physical traps for proteins that
can be accommodated within, such as LYS and growth/differentiation factor 5. Adsorp-
tion of larger proteins, such as FN, is hindered due to steric limitations. Acid etching of
microgrooved titanium resulted in increased hydrophilicity and consequent enhancement
of BSA adsorption and human osteoblast proliferation [106].

Hydrothermal treatments are widespread techniques to obtain surfaces with enhanced
cytocompatibility [51]. Immersion in solutions with different chemicals and subsequent
heating results in nanostructuration of the surface and modification of its chemistry.

Hydrothermal treatments on Ti64 can also be obtained using simply distilled wa-
ter [107]. In this way, higher hydrophilicity is obtained without changing surface roughness.
Increased wettability led to higher laminin adsorption and consequent improved adhesion
of cells through integrins. Hydrogen peroxide is a common reactant for hydrothermal mod-
ification of titanium surfaces. Nanoporous structures can be obtained in this way [108]. The
increased roughness and SFE of H2O2-treated Ti64 results in evident decrease of the WCA,
from 49◦ to 16◦, and in a sixfold increase of cytochrome C adsorption. Enhanced serum
protein adsorption on this kind of surfaces is also due to the generation of OH groups on
titanium surfaces [109]. BSA adsorbs also in a different conformation on H2O2-treated
Ti64 with respect to the polished surfaces [54]. The higher amount of OH on the treated
surface produced adsorption of albumin in a more hydrophilic orientation. FN was proven
to adsorb in an island-like manner on this kind of surfaces, by positioning mainly in the
surface valleys and forming multilayered globular structures ranging from 55 to 83 nm
in diameters [110]. Titanium oxide grown using H2O2 treatment adsorbs FN in a more
irreversible manner than sputtered TiO2. On the other side, adsorbed HSA is more easily
exchanged by HSA molecules in solution [111].

Bioactive titanium surfaces can be obtained by acid-alkali (AA) treatments, which
involve a step of acid etching and a subsequent treatment in alkali solution, mainly NaOH.
Both the steps can be performed at temperatures ranging from 30 ◦C [112] up to 70 ◦C [113].
These treatments allow to obtain surfaces with nanostructures, enhanced wettability, and
different charges with respect to untreated titanium. Nanoscale topography was found
responsible for increased protein adsorption of albumin and fibronectin in particular [112].
Treatments in NaOH result in a formation of Ti-O-Na layer that changes the surface electri-
cal charge further increasing adsorption of negatively charged proteins such as albumin.
AA treatments are more effective in promoting protein adsorption when compared to
other surface treatments, such as alkali-heat (AH) [114] or anodic oxidation treatments
(AO) [115] and also SLA modification [116]. Better BSA adsorption capability of AA-Ti
than AH-Ti, where samples are heated at 600 ◦C for 1 h after alkali treatment, relied on
the higher number of OH groups and on the positive surface charge of AA-Ti [114]. Hu
and Yang observed that the NH3

+ groups of albumin mainly interact with AA and un-
treated samples, exposing more COO- groups while the orientation is different on AH-Ti.
Secondary structures of albumin are also affected by the charge of the surfaces and OH
groups. Interestingly, they found that BSA preadsorption elicited higher mouse osteoblast
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proliferation on polished Ti (P-Ti), due to higher content of cell binding α-helices. The
same research group observed that AA-Ti adsorbs more osseointegration-relevant proteins,
such as FN and bone morphogenetic protein 2 (BMP-2) than AO- and P-Ti [113,115]. They
observed that morphology was more relevant than wettability in determining the amount
of protein adsorbed: Nanopits on AO-Ti are not able to accommodate large proteins, while
grooves on P-Ti and network structure of AA-Ti offers more interaction sites. The latter can
act as reservoir for BMP-2 [113]. On the other hand, protein conformation on the surface is
dictated by hydroxylation of surfaces. Thus, proteins retained their native structure better
on AO-Ti than on AA-Ti. Biological activity of BMP-2 is related to its α-helix content, thus
AO-Ti promoted bone formation to a longer extend than AA-Ti, despite adsorbing less.
Contrary, adhesive properties of FN are more related to β-sheets, which are consistent
with the amount of RGD sequences. In this case, AA-Ti can increase FN effect thanks to
the disruption of α-helices and the formation of β-sheets [115]. AA-treatments were also
found to increase protein adsorption of SLA modified surfaces by turning the surface from
hydrophobic to super-hydrophilic [116]. On hydrophobic samples, air bubbles may be
trapped in micropores in a Cassie-Baxter regime, hindering solution-surface interactions
thus reducing protein adsorption. Moreover, AA-treatments increase SFE. Alkali-acid
treatments were employed also to increase protein adsorption ability of porous titanium
scaffolds [117,118]. Various morphology can be easily obtained by changing the treatment
parameters such as temperature, time, and solution compositions. Nanoneedles [119],
nanopores, or nanoleaves [120] can be obtained on the surfaces. Since nanoneedles showed
much higher BSA adsorption than the untreated surfaces, Yu et al. [119] obtained very
specific adsorption patterns by texturing nanostructured titanium with laser irradiation
(Figure 5).

Figure 5. Fluorescent image of BSA adsorbed onto a patterned nanostructured surface: The protein
is adsorbed on zones with titanium nanoneedles (red) and not in the zones, which were irradiated
with laser. Adapted with permission from ref. [119]. Copyright 2015 WILEY-VCH Verlag GmbH &
Co. KGaA, Weinheim.

Morphology has also effect on adsorption selectivity. They present different surface
area ratios, SFE, or they can generate physical nanotraps for proteins of certain dimen-
sions [120]. Thus, nanoneedles may overall adsorb less proteins from FBS than nanoleaf
or octahedral structures, but still have an equal if not higher number of adhesive proteins
such as FN and VN. As result, focal adhesion of human osteoblasts turned out to be larger
on this kind of nanostructured surface than on others. Depending on the kind of protein,
adsorption may be mainly driven by the contact angle or by roughness. In the case of FIB,
adsorption on hydrothermally treated cp-Ti and Ti64 resulted affected more by topography
than WCA [121]. Protein adsorption on different morphologies obtained by hydrothermal
treatments was also related to their surface potential [122]. High treating temperature,
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140 ◦C, allows to obtain nano-wires on the surface, which exhibit the lowest zeta poten-
tial, about −50 mV at pH 7.4, among other nano-structures, such as a nano-network or
nano-plate, about −30 and −35 mV at pH 7.4, respectively. Adsorption of BSA and FN was
higher on nanowires than on all the other surfaces. Moreover, mouse bone marrow MSCs
(BMSCs) had spread better on this kind of surface.

3.2.3. Growth of Titania Nanotubes (TNTs)

A common and easy way to obtain nanotextured titanium surfaces is formation of nan-
otubes by anodic oxidation [8]. TNTs geometrical features such as diameters, in the range
of 15–300 nm, and length are easily tunable with the process parameters. Such surfaces
have higher biological response than untreated Ti and can induce cellular differentiation.

At first glance, the enhancement of protein adsorption on TNTs can be ascribed to a
much larger surface area than a flat sample [123,124]. At the same time, the oxidized sur-
faces have higher wettability and SFE, which are factors that contribute to BSA adsorption.
The diameters of TNTs further influence the amount of protein adsorbed [125,126]. Increas-
ing diameters from 30 to 100 nm increase adsorption of both FN and COL [125]. Osteoblast
viability is higher on 30 nm TNTs when no proteins are adsorbed, while they have the same
viability on 30 and 100 nm tubes after adsorption of FN and COL. Computational studies
showed that larger diameters correspond to higher interaction energy with collagen, thus
increasing protein adsorption [127]. Conformation of the proteins is not affected by TNT’s
diameters, and collagen lies across several nanotubes. Changes in the 3D structure of other
proteins were reported. Smaller diameters correspond to higher α-helix and β-turn content
of adsorbed BSA and FIB, while β-sheet showed the inverse behavior. Since the bigger the
diameter, the larger flat area on the top of TNTs is, conformation is similar to the proteins
adsorbed onto a flat surface. With smaller nanotubes, proteins are more likely to interact
with the edge of them, generating differences [126]. A very interesting study by Kulkarni
and co-workers [128] defines the synergistic effect of dimensions and charge distribution of
TNTs on protein adsorption. The surface charge density is affected by radius of curvature,
therefore there is a difference between the outer convex surface and the inner concave
surface of TNT. The former presents higher density than the latter. Anyway, the points
with higher curvature are the edges at the top of TNTs. Small proteins like histone and
albumin can enter TNT with diameter ranging from 15 to 100 nm. Being positively charged,
histone can adsorb twofold BSA and also penetrate the space between nanotubes. Albumin
cannot do that because of electrostatic repulsion with titanium oxide. Edges at the top of
nanotubes are preferential adsorption sites for histone due to higher charge density, as
shown in Figure 6

Figure 6. Spatial distribution of albumin and histone adsorbed on titania nanotubes reconstructed by
different techniques: Time of flight-secondary ion mass spectroscopy (ToF-SIMS) (1–3 nm depth);
X-ray photoelectron spectroscopy (XPS) (3–10 nm depth); Tof-SIMS depth profile (from 10 nm to
bottom). Reprinted with permission from ref. [128]. Copyright 2016 Acta Materialia Inc. Published
by Elsevier Ltd. Amsterdam, The Netherlands.
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Adsorption from platelet rich plasma resulted in lower FIB on TNT surfaces with
respect to flat cp-Ti [129]. This is because on more hydrophilic surfaces, such as nanotubes,
fibrinogen can be more easily replaced by other proteins, like kininogen, through “the
Vroman effect”. Adsorption of proteins can be selectively controlled by tuning the diameters
of the tube. Smaller TNTs, about 27 nm of diameter, adsorbed more VN from FBS than
larger ones, diameters of about 88 nm [130]. Similar effect was obtained for other adhesive
proteins such as laminin and fibronectin. Protein adsorption on TNT can be further
enhanced by chemical modification of the surface. Hydrogenation of the surface can
be achieved by thermal treatments in hydrogenated atmosphere [131]. This is because
hydrogenation increase hydrophilicity of TNT and liquid penetration as consequence.
Since TNTs substrates can be used as drug-carrier materials, hydrogenation treatment is
intriguing because of its effect in changing the release profile of the different proteins.

3.2.4. Other Surface Modification Techniques

SLA, chemical treatments, and growth of TNTs are the most common surface modi-
fication techniques for Ti-based biomaterials. Beside those, studies regarding how other
kind of surface modifications affect protein adsorption were found.

Electrochemical methods such anodic oxidation allows to grow oxide layers with
different nanostrucutres: nanopores [132], nanonetworks [133], or nanorods [134]. By
increasing the applied voltage, thickness, micro-roughness, and porosity of the oxide layer
increase, resulting in higher BSA adsorption [132]. Higher anodizing voltages resulted,
on the other hand, in a rutile layer, which is less biocompatible than anatase. On similar
surfaces, no enhancement of adsorbed protein was found when high protein concertation
solution as FBS was used [135]. This is a useful reminder that protein adsorption on surfaces
is not only dictated by the biomaterials properties but also, and in a significant manner,
by the adsorption environment. Subsequent hydrothermal modification of the anodized
surfaces highlighted the effect of the surface charge on protein adsorption [136]. Anatase
nano-spikes lowered the surface potential of titanium and showed inhomogeneous charge
distribution (higher negative charge density on titania tips due to higher curvature). Thus,
adsorption of positively charged histone was increased. Au and Ag- nanoparticles (NPs)
were successfully embedded into the titanium oxide layer by sequential anodization and
soaking in NPs precursor solution and it was found that their presence further increases
BSA adsorption [137]. Increased adsorption capability of surfaces with nanonetwork poros-
ity was addressed as result of increased surface area, where pores can easily accommodate
BSA and FN [133]. On nanorods, adsorption was found to be mainly driven by the density
of the rods. When there are too many or too less structures, adsorption was found to be
lower than on untreated titanium. Only intermediate rod density was beneficial for protein
adsorption, MC3T3-E1 cell proliferation, and bone formation in vivo [134].

Surface texturing with laser beam is a rather novel way of obtain specific surface
pattern in order to increase biological response to biomaterials [138]. It is possible to obtain
very complex surface structures, such as micro-pits with nano-ripples at the bottom or at
the top, selectively. This results in an accelerated adhesion of MSCs and in a more enhanced
osteogenic behavior of the cells [139]. Laser patterning changes surface properties, such as
roughness, wettability, chemistry, and charge, to a great extent. Thus, its effect on protein
adsorption may vary largely according to the process parameters. Patterning of Ti64 was
demonstrated to increase FIB adsorption due to increasing in surface roughness [140].
Furthermore, affinity for FN seemed increased, in particular due to increase in the polar
component of the SFE [141]. For the same reason, adsorption of HSA decreased. Lower
affinity of textured Ti64 for albumin was also ascribed to a reduction of available binding
sites and to chemical modifications and formation of less active titanium oxide forms [142].
Controversy, in a series of studies by Kuczyńska et al. [138,143], an increased adsorption of
both BSA and FN was observed. This is the combined result of modified wettability and
SFE, morphology, and increased negative charge of the treated surfaces. Conformation of
proteins was also affected.
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3.3. Effect of Alloying Elements and Surface Ion Doping

Despite being the most widespread materials for orthopedic and dental implants,
properties of pure titanium and Ti6Al4V alloy, such as Young’s modulus, are not the
optimum for instance to avoid stress shield effect. Thus, titanium alloying with several
different metals have been developed in order to reduce the elastic modulus or to get other
interesting mechanical properties. Nickel is one of the most common alloying elements,
TiNi alloys, such as Nitinol (about 50% Ti 50% Ni), possess shape memory and super-elastic
properties. Nitinol is largely used in the manufacturing of vascular stent, for example [144].

Alloying elements not only modify the bulk properties of titanium, but also the surface
ones. This affect adsorption of proteins. Higher Ni content, from 49.5% to 50.5%, in TiNi
alloy results in lower albumin adsorption (from about 90 to 30 ng/cm2), while FN is quite
unaffected. Both resulted in being largely lower than on cp-Ti, twofold and almost 4 times,
respectively. Albumin adsorption was found to be proportionally related to the polar
component of surface energy, and Ni can reduce it. Fibronectin is more affected by other
factors, such as surface charge [145]. Regarding albumin, different results were obtained
by Clarke at al. [144] by modifying the composition of the oxide layer on TiNi alloy. They
obtained higher adsorption with higher Ni and lower O content in the oxide, regardless
of contact angle and roughness. According to Bai studies with binary alloy of Ti with Cr,
Al, or Ni oxide layer composition has a larger control on protein adsorption than the bulk
ones [146]. In addition, FIB was found to be adsorbed less on Nitinol than on cp-Ti [147].
In both cases, it adsorbs with a “side-on” orientation. FN was found to adsorb in similar
manner on cp-Ti also when Zr is introduced into TiNi alloy [148].

Niobium is another very common alloying element for titanium. Nb lowers the
Young’s modulus of titanium, getting closer to the bone value [149]. β-alloys Ti-Nb-Zr and
Ti-Zr showed very little differences in BSA adsorption with cp-Ti and Ti64, but a slight
increase can be observed thanks to higher Zr content [150]. The oxide layer drives interac-
tions with proteins also for this kind of alloys. In fact, introduction of boron ions causes
a reduction of oxide thickness and hydroxide groups, hindering adsorption of proteins
from FBS. This is also detrimental for MG63 human osteosarcoma cells proliferation [151].
Niobium is a beneficial element for proteins also when it is introduced into more complex
alloys. The Ti-Zr-Pd-Si-Nb alloy showed enhanced adsorption of BSA and FN with respect
to the Nb-free alloy thanks to improved hydrophilicity [152]. The importance of non-polar
component in the adsorption of FN was highlighted by Herranz-Diez et al. [153]. They
observed that very different Ti-based materials, namely cp-Ti, Ti64, and Ti25Nb21Hf, ad-
sorbed very similar amount of fibronectin, despite various contact angels. Analyzing the
components of SFE, they notice different values in the total SFE and polar component, cp-Ti
showed the lowest ones. Instead, no variations were found in the dispersive components.

Several metallic ions are well known for being able to stimulate different biological re-
sponses, particularly in the field of bioactive glasses. As an example, Ca2+ favors osteoblast
proliferation and differentiation, Zn2+ possess anti-bacterial and anti-inflammatory proper-
ties, and Mg2+ increase bone cell adhesion and new bone formation [154]. Thus, surface
treatments of titanium materials have been developed over past years in order to introduce
different ions, in particular within the oxide layer [8]. Presence of ions in the surface results
in changes of biomaterials physio-chemical properties and, obviously, this affects protein
adsorption. According to several authors, enhancement of protein adsorption is due to
increased surface charge of ion-doped titanium materials [31,155] or the bridging effect
of divalent ions [155]. Some of the most common methods to produce ion-containing
titanium surfaces are hydrothermal treatments [155–158], which allows to obtain at the
same time a nanostructured surface and ionic doping. Higher adsorption of albumin was
found on treated cp-Ti with Mg2+ or Ca2+ ions with respect to Na+. Additionally, increased
adsorption was obtained by increasing ions concentration [155]. Magnesium bridging
effect towards protein was confirmed in other studies [157] and treated titanium turned
out to be bioactive, inducing hydroxyapatite precipitation, and promoting osteoblast at-
tachment and spreading [159]. Anyway, cell adhesion can be depressed by too high Mg
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concentration in the TiO2 layer due to much higher content of BSA, which reduces cell focal
adhesion [160]. Similar results were obtained by lithium ions [31]. Treated surfaces showed
super-hydrophilicity, ascribed to increase in surface energy, charge, or OH groups due to
Li+. Maximum adsorption of different proteins was found at different lithium concentra-
tion, such as FN and BSA. Therefore, it is possible to selectively regulate proteins uptake
on the surface and, consequently cellular response. Besides increased protein adsorption,
ion presence in a biomaterial is beneficial due to eventual ions release. Co-implantation
of Mg and Zn and their release as ions improve adhesion, proliferation, and motility of
human gingival fibroblasts [161]. Bridging effect with proteins was confirmed also for
trivalent ions such as Fe3+ [162], with benefits both in vitro and in vivo. Calcium ions
showed further improved protein adsorption, also with respect to other divalent ions
such as Mg2+ and Sr2+ [155,156,163]. Thanks to specific Ca-binding site on some proteins,
such as laminin, osteopontin, which is a major non-collagenous bone protein [156], and
BSA [163], they adsorb in higher amount on Ca-containing surfaces. Protein adsorption
and, more important regarding implants, osteointegration were enhanced also by doping
of titanium materials with phosphate ions on TNT [164] or on hydrothermal treated cp-
Ti [158]. Growth of TNTs on Ti-Zr-Sn-Mo-Nb alloy resulted into sparse nanotubes due
to alloying elements. Spacing between TNTs increased both protein adsorption and rat
primary osteoblasts adhesion, proliferation, and activity [165].

All the doping treatments result also in morphological modification of the surface,
which may also have a strong effect on protein adsorption. In fewer cases, mainly in the case
of doping with monovalent ions such as Na+ [166], researchers found that morphology had
a stronger effect than surface chemistry. Monovalent ions do not possess bridging capability
towards proteins. Still, many more studies showed how ions presence in titanium-based bio-
materials improved biological properties beyond surface nanostructurations [157,163,164].

3.4. Grain Size and Crystalline Phase

Among the factors that influence surface properties such as wettability and surface
energy, grain size, and crystalline form of the oxide layer on titanium surface play a
major role. It is known that ultrafine-(UG) and nano-grain (NG) metallic surfaces show
beneficial behavior with respect to coarse-grain structure. On 301LN stainless steel, grain
size of a few nanometers was able to improve BSA adsorption and murine pre-osteoblast
cells response [167]. Similar findings, along with improved mechanical properties were
obtained on stainless steel 316L [168]. The effect of grain size on protein adsorption has
been investigated by several studies, including several types of titanium-based materials
such as cp-Ti [169,170], Ti64 [171], and titanium alloy [172,173]. Literature about the
effect of nanocrystallization on protein adsorption is not in good agreement. Still, it is
important to keep in mind that different results may arise from very different factors,
such as surface chemistry, protein concentration in solution, and adsorption conditions.
NGs on titanium were mainly obtained by surface mechanical attrition treatment (SMAT)
or severe plastic deformation (SPD). The former treatment consists of bombarding the
material surface with hardened steel balls [169,172]. The latter is obtained by mechanical
stresses such as hydrostatic extrusion [170], sliding friction treatment [171], or high-pressure
torsion [173]. All authors assessed that both treatments result in an increased volume of
grain boundaries (GBs). They are highly defective sites that contributes to increase the
surface energy and the hydrophilicity of titanium-based materials. Usually this resulted in
augmented protein adsorption. Bahl et al. [169] applied SMAT to cp-Ti, obtaining nano-
grains on the surface. Contrary to other studies, nanocrystallization obtained by SMAT
decreases BSA adsorption due to changes in electronic and physicochemical properties of
the oxide. Still, this is beneficial for attachment and proliferation of human MSCs (hMSCs)
and also improved material hemocompatibility thanks to a reduced platelets attachment
and corrosion resistance. Corrosion of metallic implants can be enhanced by proteins in
solution [174]. Contrary to the adsorption behavior observed by Bahl, Kubacka et al. [170]
observed an increase in BSA adsorption on cp-Ti after nanocrystallization through SPD.
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They found that adsorption from FBS results in increase of BSA uptake and in reduction
of FN. GBs are regions where atoms are prone to be charged, resulting in increase of the
acid-base component of the surface energy that is related to adsorption through electrostatic
interactions. Thus, authors claimed that in this way non-specific protein adsorption, as BSA,
is enhanced. Anyway, higher FN adsorption from FBS, along with VN was obtained on
nano-grained Ti64 and Ti-Nb-Mo-Sn-Zr alloys. Huo et al. [171] ascribed enhanced protein
adsorption on treated Ti64 to the smaller contact angle of NG surface with respect to coarse-
grain and to higher surface energy. Thanks to a greater amount of RGD-containing proteins,
these surfaces develop a suitable microenvironment for osteoblasts. β-alloy Ti-Nb-Mo-Sn-
Zr subjected to SMAT treatment was found to adsorb twofold more FN and VN than the
untreated surfaces [172]. Interestingly, the authors claimed that enhanced cell behavior on
these surfaces is also related to proteins being adsorbed in a more active state with respect
to coarse-grain surface. RGD groups are better exposed for cell attachment. Similar results
were also obtained on Ti-Ni alloy subjected to high-pressure torsion [173]. VN adsorption
increased more than BSA. Furthermore, Ni release was found to be hindered after SPD.

Along with grain size, the crystalline phase of titanium surface oxide layer also plays
a fundamental role in determining protein–surface interactions. Different titania phases,
such as amorphous, rutile, and anatase, and their orientation change surface properties and
protein adsorption. TiO2 phase is easily controlled through heat treatment: By increasing
the treating temperature, amorphous titania is transformed into anatase at first and then to
rutile, at about 600 ◦C [175]. The effect of different crystalline phases of titanium on protein
adsorption has been investigated largely on TNT substrates [126,175–177]. Native oxide on
flat cp-Ti was turned from amorphous to mainly anatase by annealing, showing almost no
differences in the adsorption of BSA and FIB [126]. Nevertheless, the crystalline phase has
different effects when adsorption from different proteins is investigated. Gong et al. [176]
and Li et al. [177] agreed on the fact that anatase showed the lowest adsorption of COL I
and FN compared with amorphous titania and rutile, as possible to see in Figure 7. The
latter has the highest adsorption capability. On the other hand, adsorption of BSA or FBS
were increased by higher annealing temperature [175].

Figure 7. Adsorption of different proteins on Titania Nanotube (TNT) substrates with different
crystalline phase: AM, amorphous; AN, pure anatase; AN/R, mainly anatase with rutile presence; R,
pure rutile. Statistical difference by ANOVA: **ρ < 0.01 and *ρ < 0.05. Reprinted with permission
from ref. [177]. Copyright 2019, King Abdulaziz City for Science and Technology.

Phase transformation highly affect the number of hydroxyl groups on the surface:
Anatase has fewer OH groups than amorphous TiO2 and rutile has the highest number of
all [175]. OH groups are fundamental to drive protein–surface interactions, in particular,
basic OH groups can promote protein adsorption, and amorphous titania as more of them
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with respect to anatase [178]. Furthermore, anatase phase is more negatively charged
than non-crystalline oxide or rutile, thus less proteins are adsorbed due to electrostatic
repulsion [177]. Raffaini and Ganazzoli [179], through molecular modelling, observed that,
among titanium oxide polymorphs, anatase provided the highest interaction energy for
both BSA and FN. After initial contact, where the adsorption is driven by dipolar and
dispersive interactions, both proteins tend to spread on the surface, in order to maximize
amino acid residues interacting with the surface. BSA was found to do that on both anatase
and rutile, while FN was more compact onto anatase. Higher crystallization obtained
by heat treatment was beneficial for protein adsorption also on hydrothermally grown
rutile nanoneedles [180]. Beside crystalline phase, also orientation of crystals may affect
how proteins arrange on the surface. Molecular dynamic (MD) study allows to investigate
protein adsorption by changing crystal’s Miller indexes. Myoglobin adsorbs on rutile (1 1 0)
or (0 0 1) faces with different orientation [181]. Due to electrostatic repulsion, the HEME
group is away from the oxygen rich (1 1 0) rutile face, while it is closer to the (0 0 1) one.
Keller et al. [182] proved the effect of anatase orientation on conformation of adsorbed
fibrinogen. Low SFE facets, such as the {1 0 0} family, behave as hydrophobic surfaces,
favoring protein–protein interactions and formation of FIB networks. (1 0 1) and (1 1 0)
crystals have higher hydrophilicity, the latter due to higher surface polarity, and favor
adsorption of proteins in a globular-like shape. Globular conformation of FIB may reduce
the inflammatory response to a foreign body since it is more similar to its native state.

3.5. Surface Activation

UV-light or plasm activations are very well reported to be a way of improve biological
activity of biomaterials surfaces [183,184]. Increase of surface activity is achieved by a three-
step mechanism: Removal of hydrocarbon contaminants; induced surface hydrophilicity;
change of the surface charge from negative to positive. Medical devices would probably
be stored for a very long time before usage, up to 5 years [185], therefore removal of
atmospheric contaminants is a priority. This will be discussed deeply later in Section 4.1.

Protein adsorption on cp-Ti, in particular of BSA and FN was found to be strictly
correlated to hydrocarbon level [186]. When contaminants are removed by UV, Ti4+ sites
are exposed, increasing interaction with both protein and cell (Figure 8a).

Figure 8. Schematic representation of UV effects on protein adsorption and cell attachment: (a) Removal
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of hydrocarbon contamination results in increased protein adsorption and osteoblast adhesion and
spreading, adapted from ref. [186]; (b) effect of number and type of UV-generated OH groups on
protein conformation and subsequent mesenchymal stem cell (MSC) proliferation, adapted with
permission from ref. [187]. Copyright 2017 The Royals Society of Chemistry.

Hydrophilicity and positive surface charge of UV-activated surface arise from the
same physiochemical modifications of TiO2 layer, formation of oxygen vacancies, and
terminal OH groups. Exposure to UV-light promotes an electron from the valence band to
the conduction band. This causes a reduction of Ti4+ to Ti3+ and, as a consequence, oxygen
vacancies are formed [183,188]. Other than increasing positive surface charge, Ti3+ are favor-
able sites for water dissociation, leading to generation of terminal OH groups [187]. Positive
surface charge is also promoted by the basic behavior of UV-generated OH groups [189].
On titania nanoparticles, it was proven that basic hydroxyls can form hydrogen bonds with
-NH3

+ groups on proteins [178]. Electrostatic nature of protein adsorption enhancement
was confirmed by Hori et al. [188]. They observed that more BSA adsorbed onto UV-
activated surface from solution at pH 7 but a smaller increase was found at pH 3, compared
with untreated Ti. At pH 7, both BSA and Ti are negatively charged. Thus, UV-generated
positive charges can attract albumin molecules. At pH 3, BSA is below its IEP, as untreated
Ti. Therefore, UV-activation is not as effective. Conformation of proteins is also affected by
surface UV-activation, in particular by the terminal OH groups. Yu and coworkers [187] ob-
served an increase of α-helix and a decrease of β-sheet contents in albumin, with respect to
adsorption on an untreated surface. They discussed that these conformational changes can
be related to increased osteogenic differentiation of MSCs(Figure 8b). Remarkably, while
cell adhesion and proliferation on UV treated surfaces are increased, bacteria colonization
of surface was hindered [190,191].

Different plasma system can be used in order to obtain activation of the surface: Dif-
ferent kinds of glow discharge plasma, such as atmospheric (APGD) [192], radio frequency
(RFGD) [193], vacuum [194]; nonthermal atmospheric pressure plasma (NTAPP) [184]; or
argon atmospheric pressure dielectric barrier discharge (APDBD) [195]. As well as UV
treatments, plasma can increase protein adsorption thanks to the removal of hydrocarbon
contamination [184] but, unlike UV, surface charge become more negative [184,193]. Specifi-
cally, employing NTAPP creates -COOH, -OH, and NH2 groups on the surface [39]. Oxygen-
containing groups can generate reactive oxygen species during plasma treatments [184].
NTAPP treatments were found to have analogous effect to UV surface activation in terms
of reduction of Ti surface negative charge and adsorption of BSA [196]. To the authors best
knowledge, plasma effect was mostly investigated on fibronectin adsorption. Noticeably,
FN adsorption was selectively increased in case of single protein solution [39,193] and
when mixed to other proteins such as BSA [197] or even from plasma serum [194,198].
FN, as an adhesive protein, is beneficial for cell attachment and spreading per se. On
plasma-treated Ti, negative plasma-induced charges affect FN conformation, promoting a
more bioactive configuration of the protein on the surface. Integrin-binding sites on FN,
namely the tripeptide sequence RGD, are more exposed due to conformational changes
of the proteins. Thus, interactions with α5β1 integrin on cells are promoted, increasing
osteoblast spreading and differentiation [39,193]. Controversy, Santos et al. [199] observed
that low-pressure glow discharge plasma did not affect the total amount of adsorbed HSA,
IgG, or LAM, nor the adsorption isotherms, when single protein solutions were used.
Instead, plasma treatments affected the layer composition of proteins adsorbed from a
mixture of the three of them. Adsorption of HSA and LAM were selectively increased and
decreased, respectively, while IgG was not changed.

UV photoactivation and plasma treatments are effective ways to promote protein
adsorption and surface properties in general. Since surface morphology is not modified,
these techniques can provide useful information on adsorption mechanisms, by isolating
the effect of surface charges and functional groups. Despite not being addressed as the main
adsorption driving force, electrostatic interactions have been proved to play an important
role, in particular regarding selective adsorption of proteins and their biological activity.
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4. External Parameters Affecting Protein Adsorption on Titanium Surfaces
4.1. Aging and Storage: Contamination of Titanium Surfaces

Biological properties of titanium need to be preserved even through the long-lasting
storage of the biomedical devices, up to five years. Implants and dental screw are usu-
ally enclosed in a sterile gas-permeable packaging, which keeps the contents sterile but
allows contamination of the surfaces by the carbonaceous organic impurities in the atmo-
sphere [185,200]. Very recent molecular dynamic studies performed by Wu et al. [201]
demonstrated that carbon contaminants expose C-H bonds, thus greatly reducing sur-
face polarity and dipole–dipole interactions with proteins. Protein adsorption drastically
decreases after four-week storage when titanium is placed in sealed container [202]. Propor-
tional correlation between increased WCA and reduced protein adsorption was observed.
The same authors observed that inclusion of divalent ions like Ca2+ within Ti surface
through chemical treatments may hinder depression of bio-properties due to aging [203].
After four weeks, BSA adsorption, and rat BMCs attachment resulted in being higher with
respect to untreated surface. Therefore, it is necessary to limit surface contamination of
implants during their shelf-life. As described in the previous paragraph, plasma treatments
are an effective way to remove carbon contaminants form titanium surface. Despite being
very efficient in removal of carbon contaminants, UV and plasma might be time-consuming
processes and require delicate equipment. Miki et al. [204] found that simple cleaning of
titanium devices with electrolytic reducing ionic water, which has high OH− concentration,
led to similar results in protein adsorption compared with UV. Bone contact is also much
higher than the control surfaces. This process can be easily performed in a generic dentistry
facility, for example. In the past 10 years, great efforts have been made by researchers to
find a suitable storage method. It shall maintain intact the biological properties of a newly
manufactured Ti surface and it needs to withstand sterilization. Storage in wet conditions
seems to be the most promising way [205,206]. Choi and co-workers observed that soaking
in distilled water may retain properties of titanium surface after UV and plasma activation
for periods up to eight weeks [206]. UV treatment and wet storage on SLA-modified Ti sur-
face allow to obtain the best results, in terms of protein adsorption and murine osteoblast
cells adhesion. Interestingly, storage in water is not only suitable for avoiding carbon
contamination, but also it is capable of maintaining the more positive surface charge of
the UV-treated titanium [200]. Protein adsorption and cell adhesion can be even increased
upon storage by using ion-containing solution [205]. Ca-containing solution can benefit
from the protein bridging effects of adsorbed ions and the cellular affinity for these ions.
Vacuum storage proved to retain biological activity of alkali-heat treated titanium eve
after one year [185]. Wilhelmi et al. [50] confirmed, through time of flight secondary ions
mass spectroscopy (Tof-SIMS) analysis, that the maximum adsorption of BSA on cp-Ti is
obtained for solution at pH 5.2, and decrease with increasing pH values. This confirm that
protein–protein latera interactions play a major role in adsorption mechanisms.

4.2. Influence of the Solution: pH, Temperature and Ions

As discussed in paragraph 2.4, the parameters of the protein solution have a major
role in determining various aspect of protein adsorption, such as amount of the protein
adsorbed, surface–protein interactions, and adsorption kinetic. The pH value determines
charge distribution on both the surface and protein [20]. As a consequence, protein–surface
interactions may vary to a great extent by changing pH. This fact also reflects to loosely
bound proteins. At pH close to the IEP of a protein, repulsive interactions between BSA
molecules are at the lowest, therefore the loosely bound portion of proteins adsorbed is
increased [207]. The highest adsorption was observed near the IEP of the BSA, as it is
possible to see in Figure 9 [208]. The mechanisms that can explain the pH effect on protein
adsorption on Ti was proposed by Imamura et al. [209]. At pH around 4, that is below the
IEP of Ti, acidic residues in the proteins, with COO- groups, are attracted by OH+ groups
on surface. Above pH = 5, the functional groups on the Ti surface turn negatively charged
and can interact with -NH2

+/-NH=NH2
+ groups of the amino acids. They also observed
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that thickness of the adsorbed protein layer may vary by changing pH. Similar behavior
was observed also for titania.

Figure 9. BSA adsorption on TiO2 thin film at different pH values: 3.55 (�), 4.60 (•), 5.60 (N), and
7.51 (H). Reprinted with permission from ref. [208]. Copyright 2009 Elsevier B.V.

Still, due to the high adsorption even under adverse electrostatic condition, namely at
pH 3.55 and 7.51, the authors claimed that the main driving force for albumin adsorption
on titania is hydrophobic interaction. LYS adsorption was also observed to be strongly
dependent on pH [210]: When titania is positively charged, at pH lower than 5, almost no
adsorption was observed due to electrostatic repulsion, as expected, because at this pH
value, LYS is positively charged. In this study, correlation between protein uptake and
temperature was also discussed. Increased temperatures lead to higher amount of adsorbed
proteins. Combined effect of pH and temperature was studied by Kopac et al. [44]. By
fitting adsorption isotherms with Langmuir or Freundlich curves, they observed that the
highest adsorption of BSA onto titania can be obtained at 40 ◦C and pH 4. These data show
that adsorption from different solution may results in very different protein layer on the
surface of biomaterials.

Ions dissolved within the protein solution compete with protein for interacting with
the surface and hinder or elicit protein adsorption. Phosphate ions can easily adsorb
on titanium surfaces [56] and they alter BSA adsorption kinetic and conformation on
TiO2 [211]. Positive mono- and divalent ions are electrostatically attracted by the negative
charges on titanium, subsequently mediating the interaction between the surface and
proteins. Monovalent ions, such as K+ and Na+, do not influence to a great extend protein
adsorption [59] since once their single positive charge is attracted by the surface, they have
no more for proteins to be attracted. On the other hand, divalent ions, Ca2+ and Mg2+ in
particular have a bridging effect toward proteins thanks to spare positive charges after
interaction with titanium [212,213]. Kohavi et al. [59] observed that electrostatic interactions
may play a major role than surface wettability on protein adsorption. Adsorption of HSA
and FN was enhanced by prewetting Ti64 surfaces, with solutions containing divalent ions
or not. Wetted surface were hydrophilic, and non-wetted ones were hydrophobic. After
being dried, surfaces turned hydrophobic again, and adsorption was still enhanced on the
samples that were wetted with Ca2+ containing solutions. The interplay between pH and
ions dissolved in determining the electrostatic interactions between proteins and surfaces
was well described by Hori et al. [188]. Around physiological pH, when both titanium and
albumin are negatively charged, divalent ions are effective in increasing protein adsorption.
At pH 3, below the IEP of surface and protein both, ions did not alter amount of adsorbed
BSA. In the same study, it was also found that anions, as Cl-, can mask UV-generated
positive charges and annihilate the beneficial effect of UV treatments. The fact that ions
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co-adsorption can reduce benefits of positive surface potential on the adsorption of proteins
was recently confirmed [214].

After all these considerations, it is possible to state that attention must be paid to
the solution parameters, in particular when discussing protein adsorption and comparing
results from different studies.

4.3. Protein Concentration in Solution

Human plasma and biological fluids in general contain proteins in a very high con-
centration. The amount of proteins in human plasma is in the range of 60–80 mg/mL [215].
It is not trivial to reproduce this high concentration in laboratory experiment, mainly due
to the high cost of proteins and their availability for purchase. Thus, researchers inves-
tigating protein adsorption used to lower protein concentration in solution, from some
mg/mL [216] down to small fraction of the biological one [145], for example BSA was
employed in concentration ranging from 0.4 to 4 mg/mL while its biological concentration
is reported to be as high as 33–52 mg/mL [217]. As pointed out by Hemmersam and
co-workers [218], adsorption of proteins from low concentrated solution has a stronger
dependence from the substrate than what happens using higher protein concentrations.
Using quartz crystal microbalance (QCM) analysis, they found that adsorption of FIB from
0.03 mg/mL solution to Au-, Ti-, or Ta-sensors showed larger differences, both in layer
structure and protein amount, than in the case where 1 mg/mL solution was used. In the
former case, FIB molecules had time to spread on the surface and to interact with it using
both αC and D domains, adhering more strongly. In the latter case, adsorption rate is too
fast for this to happen. Strong denaturation of proteins adsorbed from low concentrated
solution was observed also for FN on Ti64 [219]. Protein unfolding is also hindered by
surface hydrophilicity obtained through UV activation. Reducing the amount of proteins
used during an experiment, paying the price of be further away from real physiological
conditions, may be necessary to appreciate the influence of the material features on adsorp-
tion mechanisms. Beneficial effect on protein adsorption obtained by Argon plasma or UV
treatments of pure titanium turns insignificant when adsorption was carried out using 10%
FBS solution instead of 2% one [220]. Researchers need to bear in mind that surface effects
observed using solution with a very low content of proteins can be reduced, different, or,
in the worst case, annihilated in case of the real, biological fluids. This fact applies also for
properties and characteristics of the protein adsorbed layers.

5. Protein Co-Adsorption and Competition for the Surface

Human plasma contains about 3020 distinct proteins [221]. As for protein concentra-
tion, it is nearly impossible to replicate this enormous complexity on a lab scale. In addition,
it would be extremely complex to understand adsorption mechanisms and the specific
role of the biomaterial surface in it. Thus, most of researchers conduct their experiments
using a single protein solution, as shown previously. Unfortunately, it is not possible to
predict the adsorption of proteins from complex mixture just knowing how it happens
from the single protein solutions. Researchers tried to expand knowledge of the protein
adsorption on titanium-based biomaterials by mostly using binary protein mixture or
subsequent adsorption.

Adsorption of BSA on cp-Ti was found to be enhanced when obtained from BSA-LYS
containing solutions [222,223]. BSA—LYS+ agglomerates can form in solution and adsorb
on the surface, thus increasing the total mass of adsorbed proteins (Figure 10). Relative
amounts of adsorbed proteins are influenced both by solution composition and pH, as
possible to see in Figure 10a,b. Interestingly, residual enzymatic activity of LYS is not
much influenced on protein content in solution [222]. BSA, due to its larger mass, cannot
be displaced by LYS in case of sequential adsorption, thus limiting LYS amount on the
surface [223].
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Figure 10. Adsorption on cp-Ti from BSA-LYS mixture: Relative amounts of adsorbed proteins form mixtures with different
ratios (BSA: LYS 100:0, 75:25, 50:50, 25:75, 0:100) at different pH, 4.5 (a), 7.0 (b) (amount is expressed as percentage of
adsorbed protein from a pure solution); LYS enzymatic activity, relative to pure LYS solution, in mixture with BSA and after
adsorption from same mixture (c). Adapted with permission from ref. [222]. Copyright 2016 Elsevier B.V.

Physiochemical characteristics of surfaces have a strong role in determining protein
competition for the surface. Hydrophilic titanium surfaces, such as SLA-treated substrates,
have been found to promote FN adsorption during competition with albumin, even when a
biological BSA:FN ratio of about 100:1 is maintained in the solution [224]. The first protein
to adsorb on the surface can inhibit sequential adsorption of other proteins [225], but higher
affinity with the surface can result in protein displacement and substitution [225,226].
Felgueiras et al. [226] showed that FN and COL I can block sequential albumin adsorption
on Ti64 due to their larger mass, and that they are able to displace albumin when adsorbed
as second proteins. Interaction between FN and COL I are dependent on the kind of
the surface. As in the case of LYS, albumin can form complexes with COL I in solution
resulting in higher number of proteins adsorbed with respect to the single protein solutions.
Contrary to these results, BSA was found to be able to displace larger proteins such as FIB
or FN on TiO2 surfaces [227] due to higher affinity for the surface. On a pre-existing BSA
layer, FIB and FN forms a layer on the albumin instead of displacing it.

Being quite simple, binary protein solutions are still not very much representative of
actual biological fluids. Some researchers moved further on in complexity of systems by in-
vestigating through proteomic analysis the exact composition of protein layers adsorbed on
several titanium surfaces from real and whole biological fluids such as plasma [221,228,229]
or saliva [230–232]. Among the thousands of proteins present in human plasma, the most
adsorbed was FN, followed by albumin, alipoprotein, and fibrinogen [221]. From saliva,
which contains about 750 different proteins, less than half of them were found on tita-
nium [232], mainly amylase and lysozyme [230]. The effect of surface modification on the
protein pellicle composition was also evaluated. In case of adsorption from saliva, very low
specificity was observed for different titanium surfaces, smooth, SLA-treated, and SLA-
treated+stored in ionic solution [231]. On the contrary, differences were observed between
smooth and SLA surfaces by using human serum [229]. One hundred and eighty-one and
162 proteins were identified on smooth and blasted/acid-etched surfaces, respectively.
Proteins adsorbed onto smooth Ti are involved in a higher number of biological pathways,
such as clotting, cytokines-mediated inflammation response, integrin signaling, and glycol-
ysis, the latter being absent on SLA-treated titanium. SLA treatments were also found to
affect the proteome on Ti-Zr alloy, from both plasma and saliva [233]. Adsorption from
saliva resulted in 389 common adsorbed proteins, 40 adsorbed uniquely on the machined
samples, and 14 on the SLA treated ones. The proteome from blood plasma was much
more similar with only three unique proteins, on both machined and SLA surfaces, and
145 common proteins. Even though UV activation of the surface has been reported to
improve adsorption of proteins [188], proteomic analyses found that light treatment on
cp-Ti, hydrothermally coated with nano-structured TiO2, depress proteins adsorption from
plasma [228]. Much lower content of FIB, immunoglobulins, and other proteins were found
on pre-activated surfaces. Authors addressed this decrease to a mutual combination of
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surface properties: Roughness, charge, intrinsic, and photo-induced wettability. Reduction
of inflammation-promoting proteins such as immunoglobulins and FIB may be benefi-
cial for osseointegration. Even if adsorption from complex biological fluids can be more
significant than adsorption from a single protein solution for understanding the fate of
biomaterials, this might not be still enough. Jager et al. [234] studied the composition of the
protein layer formed onto explanted hip implants. They found that proteome formed onto
a titanium implants is different with respect of the one that forms from plasma. Among the
2802 unique proteins founded on the implant, cell-free hemoglobin was the most abundant,
almost two-fold albumin. Most of them were of intracellular origin and, interestingly,
fibronectin was absent.

Adsorption from single protein solution can be useful for a preliminary understand-
ing of how the different surface features may interact with biological fluids after being
implanted. Anyhow, it is evident that this is not sufficient and it is quite necessary to test
protein-biomaterials interactions using complex solutions.

6. Methods for Investigating Protein Adsorption on Titanium-Based Materials

During the past years, researchers have developed and optimized a huge number
of experimental techniques in order to overcome the challenges of investigating adsorp-
tion of proteins on surfaces with very different features. Characterization techniques for
proteins adsorption, and biomolecules adsorption in general, are extensively reviewed
elsewhere [235,236]. Here, a brief overview is reported of the techniques used in literature
specifically for characterizing adsorption on titanium-based biomaterials. Different aspects
of proteins adsorption need to be targeted by characterization techniques, for instance
protein quantification, conformation of the adsorbed proteins, protein–surface interactions,
and protein type recognition. Experimental techniques will be described according to
the information that they can provide about the protein adsorption phenomenon, their
advantages, and drawbacks in the characterization of biomaterials, as summarized in
Table 2.

One of the first issue when studying protein adsorption is to quantify the molecules
adsorbed onto the surface. Two main strategies are at the disposal of researchers to perform
a direct quantification of the adsorbed protein: Unlabeled proteins and labeled proteins.
In the latter case, proteins can be labeled with iodine isotope 125I [144,145] or with fluo-
rophores, as rhodamines [74,100]. The use of fluorescent markers allows also to image
the protein layer. Quantification of proteins can be achieved with label-free techniques.
Bicinchoninic acid assay (BCA) is one of the most employed analytical assay for the quan-
tification of proteins [98,101], alongside the Bradford method [224]. With these techniques,
adsorbed protein can be determined by removing the proteins form the material surface
or by measuring the remaining concentration in the uptake solution. Underestimation of
the adsorbed proteins may occur if proteins are not completely detached from the surface.
Protein concentration in solution can be evaluated thanks to the Lambert-Beer law, using
a wavelength of 280 nm [81,117] Other techniques may be adapted from biochemistry
in order to quantify and recognize adsorbed proteins. In some studies, the use of gold-
labeled [131] or fluorescent-marked antibodies [107] is reported, which allows to target
specific proteins and quantify or even image them. With these methods, it is also possible to
search specific proteins within mixture. ELISA is another suitable and widespread method
to evaluate the amount of very specific proteins adsorbed ono the surface [104,128,129,152].
Determination of the specific composition of the protein layer formed onto a surface can
be performed using different methods: Gel electrophoresis is commonly used in various
forms, such as Western blot or sodium dodecyl sulphate–polyacrylamide gel electrophore-
sis (SDS-PAGE) [130,162,199,230], to separate and recognize different proteins; liquid
chromatography electrospray ionization tandem mass spectrometry (LC-ESI-MS/MS) is
another largely used method to identify proteins within a complex layer [90,221,231]. Con-
ventional techniques for surface chemical analysis in material science are also valuable
for evaluating presence of protein on a surface. XPS [75,123] and Tof-SIMS [50,128,223]
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can detect elements or functional groups characteristic of proteins and also identify spe-
cific proteins. Furthermore, XPS can also be employed for investigating protein–surface
interactions [114,148]. X-ray wavelength dispersion spectroscopy (WSD) was also reported
as effective for detect adsorbed proteins in a large concentration range, from ng/cm2 to
µg/cm2 [76,147]. Imaging and qualitative detection of proteins onto a surface can be also
performed by atomic forces microscopy (AFM) [58,110,143]. It is possible to image single
proteins or agglomerates on the surface [58] or, thanks to appropriate tip modifications, it
is also possible to measure the interaction forces between the proteins and surfaces [82].
Distribution of proteins onto a surface can be imaged thanks to the use of confocal laser
scanning microscopy (CLSM) coupled with use of fluorescent-labeled proteins [95,100].
Qualitative evaluation of protein adsorption can be performed directly visualizing the
adsorbed layer by transmission electron microscopy (TEM) [180]. Zeta potential mea-
surements is usually applied for nanoparticles or particles in suspension [196], but it is
also possible to obtain titration curves on bulky samples [54]. IEP shift and curve shapes
can provide information on the surface coverage and protein conformation. Real-time
monitoring of adsorption process can be obtained by QCM. With this technique, proteins
adsorbed onto the surface can be weighted [112]. Different QCM set ups allow to collet
further information: QCM with dissipation (QCM-D) allows to measure the dissipation
of energy in the adsorbed layer, thus providing information about the flexibility and the
water content of the adsorbed layer [67,126,227]; QCM can be coupled with electrochemical
and impedance measurements (EQCI) [66]. Mechanisms of protein adsorption are very
complex to be characterized. The family of spectroscopic techniques comprehend several
powerful methods, which allows to investigate protein secondary structure, layer thickness,
and chemical environment of certain amino acidic residues. Protein conformation, in terms
of α-helix, β-sheet, and random coils content, can be determined by Fourier transform
infrared (FTIR) spectroscopy, in particular in Attenuated Total Reflection (ATR), thanks to
deconvolution of Amide I band [113,216]. Amide I and II band intensity can also provide
quantitative information about adsorbed proteins [88,123]. Raman spectroscopy is a tech-
nique mostly applied for studying adsorption on nanoparticles [36,237], which was also
reported to be used, with 2D-correlation analysis, for adsorption on bulk materials [71].
The evolution of the adsorbing layer can be monitored in situ by spectroscopic ellipsometry
by measuring the thickness of the layer, according to the variation of the ellipsometric
angles ∆ and Ψ [86,208,209]. Some amino acids are intrinsically fluorescent, tryptophan
and tyrosine in particular, and their emission is sensitive to the chemical environment
around them. By choosing a suitable ∆λ, synchronous fluorescent spectroscopy (SFS) can
be applied to monitor the conformation of proteins around such residues [113–115]. The
electrochemical behavior at the protein–surface interface can provide information about
the evolution of the layer and protein–surface interactions. This information can be ob-
tained by electrochemical impedance spectroscopy (EIS) performed in protein-containing
solutions [57,61,169,212]. Information about the denaturation of proteins after adsorption
can be obtained by exploiting circular dichroism (CD) analysis [187].

156



M
at

er
ia

ls
20

21
,1

4,
15

90

Ta
bl

e
2.

C
ha

ra
ct

er
iz

at
io

n
te

ch
ni

qu
es

co
m

m
on

ly
us

ed
fo

r
pr

ot
ei

n
in

ve
st

ig
at

io
n

on
tit

an
iu

m
-b

as
ed

su
rf

ac
e.

Th
e

ou
tp

ut
ab

ou
tp

ro
te

in
ad

so
rp

tio
n,

th
e

ki
nd

of
su

bs
tr

at
es

th
at

ca
n

be
an

al
yz

ed
,

th
e

po
ss

ib
ili

ty
of

in
si

tu
(w

it
ho

ut
pr

ot
ei

n
de

ta
ch

m
en

t)
an

d
re

al
-t

im
e

m
ea

su
re

m
en

t,
an

d
m

ai
n

ad
va

nt
ag

es
an

d
dr

aw
ba

ck
s

ar
e

re
po

rt
ed

.

Te
ch

ni
qu

e
O

ut
pu

t
Su

bs
tr

at
e

In
Si

tu
/R

ea
lT

im
e

A
dv

an
ta

ge
s

D
ra

w
ba

ck
s

R
ef

er
en

ce
s

La
be

le
d

pr
ot

ei
ns

12
5 I-

la
be

lin
g

Q
ua

nt
ifi

ca
ti

on
A

ny
Ye

s/
no

D
ir

ec
tq

ua
nt

ifi
ca

ti
on

C
ha

ng
e

of
pr

ot
ei

n
pr

op
er

ti
es

,h
an

dl
in

g
is

su
es

[1
44

,1
45

]

Fl
uo

re
sc

en
tl

ab
el

in
g

Q
ua

nt
ifi

ca
ti

on
an

d
im

ag
in

g
A

ny
Ye

s/
no

D
ir

ec
tq

ua
nt

ifi
ca

ti
on

,
co

m
pe

ti
ti

ve
ad

so
rp

ti
on

ev
al

ua
ti

on

C
ha

ng
e

of
pr

ot
ei

n
pr

op
er

ti
es

,e
xp

en
si

ve
re

ag
en

ts
[7

4,
80

,1
00

,1
16

]

U
V

-v
is

sp
ec

tr
os

co
py

BC
A

Q
ua

nt
ifi

ca
ti

on
A

ny
N

o/
no

Lo
w

co
st

,l
ar

ge
ra

ng
e

of
co

nc
en

tr
at

io
ns

Pr
ot

ei
n

de
ta

ch
m

en
t

ne
ed

ed
[9

8,
10

1,
11

4,
11

5]

Br
ad

fo
rd

as
sa

y
Q

ua
nt

ifi
ca

ti
on

A
ny

N
o/

no
Lo

w
ti

m
e

co
ns

um
e

Pr
ot

ei
n

de
ta

ch
m

en
t

ne
ed

ed
,s

en
si

bl
e

to
su

rf
ac

ta
nt

[8
8,

15
5,

22
4]

Sp
ec

tr
op

ho
to

m
et

ry
(λ

=
28

0
nm

)
Q

ua
nt

ifi
ca

ti
on

A
ny

N
o/

no
N

o
re

ac
ta

nt
ne

ed
ed

Pr
ot

ei
n

de
ta

ch
m

en
t

ne
ed

ed
,i

na
cc

ur
at

e
w

it
h

co
m

pl
ex

sa
m

pl
es

[8
1,

11
7]

La
be

le
d

an
ti

bo
di

es
Q

ua
nt

ifi
ca

ti
on

,
pr

ot
ei

n
re

co
gn

it
io

n
an

d
im

ag
in

g
A

ny
Ye

s/
no

Ta
rg

et
in

g
of

sp
ec

ifi
c

pr
ot

ei
ns

Ti
m

e
co

ns
um

in
g,

sp
ec

ifi
c

re
ag

en
ts

[9
4,

10
7,

13
1,

17
3]

EL
IS

A
Q

ua
nt

ifi
ca

ti
on

an
d

pr
ot

ei
n

re
co

gn
it

io
n

A
ny

Ye
s/

no
H

ig
h

sp
ec

ifi
ci

ty
Ti

m
e

co
ns

um
in

g,
sp

ec
ifi

c
re

ag
en

ts
[1

04
,1

28
,1

29
,1

52
]

G
el

el
ec

tr
op

ho
re

si
s

W
es

te
rn

bl
ot

Q
ua

nt
ifi

ca
ti

on
an

d
pr

ot
ei

n
re

co
gn

it
io

n
A

ny
N

o/
no

N
o

to
xi

c
ch

em
ic

al
s

Sa
m

pl
e

pr
ep

ar
at

io
n,

po
or

ba
nd

se
pa

ra
ti

on
[1

02
,1

30
]

SD
S-

PA
G

E
Q

ua
nt

ifi
ca

ti
on

an
d

pr
ot

ei
n

re
co

gn
it

io
n

A
ny

N
o/

no
H

ig
h

se
ns

it
iv

it
y,

sm
al

ls
am

pl
es

ne
ed

ed

Po
or

ba
nd

re
so

lu
ti

on
,

to
xi

c
ch

em
ic

al
s

[1
09

,2
30

]

LC
-E

IS
-M

S/
M

S
Pr

ot
eo

m
ic

an
al

ys
is

A
ny

N
o/

no
H

ig
h

sp
ec

ifi
ci

ty
an

d
se

ns
it

iv
it

y
H

ig
h

co
st

s
[2

29
,2

33
,2

34
]

157



M
at

er
ia

ls
20

21
,1

4,
15

90

Ta
bl

e
2.

C
on

t.

Te
ch

ni
qu

e
O

ut
pu

t
Su

bs
tr

at
e

In
Si

tu
/R

ea
lT

im
e

A
dv

an
ta

ge
s

D
ra

w
ba

ck
s

R
ef

er
en

ce
s

X
PS

Q
ua

nt
ifi

ca
ti

on
,

pr
ot

ei
n-

su
rf

ac
e

in
te

ra
ct

io
n

A
ny

Ye
s/

no

H
ig

h
se

ns
it

iv
it

y,
si

m
ul

ta
ne

ou
s

ev
al

ua
ti

on
of

su
rf

ac
e

ch
em

is
tr

y,
de

pt
h

pr
ofi

lin
g

N
o

ab
so

lu
te

qu
an

ti
fic

at
io

n,
co

m
pl

ex
da

ta
an

al
ys

is

[1
10

,1
14

,1
33

,2
12

]

To
f-

SI
M

S
Q

ua
nt

ifi
ca

ti
on

,
pr

ot
ei

n
re

co
gn

it
io

n
A

ny
Ye

s/
no

H
ig

h
se

ns
it

iv
it

y,
po

ss
ib

le
or

ie
nt

at
io

n
an

d
co

nf
or

m
at

io
n

an
al

ys
is

,d
ep

th
pr

ofi
lin

g

N
o

ab
so

lu
te

qu
an

ti
fic

at
io

n,
co

m
pl

ex
da

ta
an

al
ys

is

[5
0,

12
8,

22
3]

W
SD

Q
ua

nt
ifi

ca
ti

on
A

ny
Ye

s/
no

Se
ns

it
iv

e
to

a
w

id
e

ra
ng

e
of

pr
ot

ei
n

su
rf

ac
e

co
nc

en
tr

at
io

n

Th
or

ou
gh

ca
lib

ra
ti

on
ne

ed
ed

[7
6,

14
7]

A
FM

Im
ag

in
g,

ad
he

si
on

fo
rc

es
,c

on
fo

rm
at

io
n

Fl
at

su
bs

tr
at

es
Ye

s/
no

H
ig

h
re

so
lu

ti
on

,
cu

st
om

iz
ab

le
ti

p
Lo

w
th

ro
ug

hp
ut

,
ti

m
e

co
ns

um
in

g
[5

8,
82

,1
10

,1
43

]

C
LS

M
Im

ag
in

g,
re

la
ti

ve
qu

an
ti

fic
at

io
n

A
ny

Ye
s/

no
H

ig
h

re
so

lu
ti

on
,3

D
di

st
ri

bu
ti

on
in

to
su

rf
ac

e
fe

at
ur

es
Ex

pe
ns

iv
e

re
ag

en
ts

[9
5,

10
0]

TE
M

Im
ag

in
g,

th
ic

kn
es

s
m

ea
su

re
m

en
t

A
ny

Ye
s/

no
D

ir
ec

tv
is

ua
liz

at
io

n
of

pr
ot

ei
n

la
ye

r
C

om
pl

ex
sa

m
pl

e
pr

ep
ar

at
io

n
[1

80
]

Z
et

a
po

te
nt

ia
l

A
ds

or
pt

io
n

ev
al

ua
ti

on
,p

ro
te

in
co

nf
or

m
at

io
n

Po
w

de
r

or
pl

an
ar

sa
m

pl
es

Ye
s/

no
Si

m
pl

e
m

ea
su

re
m

en
t

N
o

pr
ot

ei
n

re
co

gn
it

io
n,

pr
el

im
in

ar
y

in
fo

rm
at

io
n

ne
ed

ed

[5
4,

78
,2

28
]

Q
C

M

Q
ua

nt
ifi

ca
ti

on
,

vi
sc

oe
la

st
ic

pr
op

er
ti

es
of

la
ye

r,
ch

an
ge

s
in

co
nf

or
m

at
io

n

Sp
ut

te
re

d
se

ns
or

s
Ye

s/
Ye

s

H
ig

h
se

ns
it

iv
it

y,
re

al
ti

m
e

m
ea

su
re

m
en

t,
po

ss
ib

ili
ty

to
ch

an
ge

th
e

up
ta

ke
so

lu
ti

on

C
o-

ad
so

rb
ed

so
lv

en
t

w
ei

gh
te

d.
M

as
s

ca
lc

ul
at

io
n

af
fe

ct
ed

by
en

er
gy

di
ss

ip
at

io
n

[6
7,

11
2,

22
6,

22
7,

23
8]

FT
IR

(A
TR

)
Se

co
nd

ar
y

st
ru

ct
ur

e,
re

la
ti

ve
qu

an
ti

fic
at

io
n

Pl
an

ar
sa

m
pl

es
Ye

s/
no

Ve
ry

sp
ec

ifi
c

pr
ot

ei
n

ba
nd

N
ot

hi
gh

ly
se

ns
it

iv
e,

da
ta

de
co

nv
ol

ut
io

n
ne

ed
ed

[1
13

,1
14

,2
16

]

158



M
at

er
ia

ls
20

21
,1

4,
15

90

Ta
bl

e
2.

C
on

t.

Te
ch

ni
qu

e
O

ut
pu

t
Su

bs
tr

at
e

In
Si

tu
/R

ea
lT

im
e

A
dv

an
ta

ge
s

D
ra

w
ba

ck
s

R
ef

er
en

ce
s

R
am

an
sp

ec
tr

os
co

py
Se

co
nd

ar
y

st
ru

ct
ur

e,
re

la
ti

ve
qu

an
ti

fic
at

io
n

A
ny

Ye
s/

no
Ve

ry
sp

ec
ifi

c
pr

ot
ei

n
ba

nd

N
ot

hi
gh

ly
se

ns
it

iv
e,

co
m

pl
ex

da
ta

in
te

rp
re

ta
ti

on
[7

1]

SE
La

ye
r

th
ic

kn
es

s
m

ea
su

re
m

en
t

Fl
at

su
rf

ac
es

Ye
s/

ye
s

H
ig

h
se

ns
it

iv
it

y,
lo

w
co

st
,f

as
t

m
ea

su
re

m
en

t

D
iffi

cu
lt

op
ti

ca
l

m
od

el
in

g
of

ro
ug

h
an

d
st

ru
ct

ur
ed

su
rf

ac
es

[8
6,

20
8,

20
9]

SF
S

Pr
ot

ei
n

co
nf

or
m

at
io

n
A

ny
Ye

s/
no

Se
ns

it
iv

e,
hi

gh
se

le
ct

iv
it

y
to

w
ar

ds
sp

ec
ifi

c
am

in
o

ac
id

s

Po
ss

ib
le

in
st

ru
m

en
t

ar
ti

fa
ct

s
[1

13
–1

15
]

EI
S

La
ye

r
ev

ol
ut

io
n,

pr
ot

ei
n-

su
rf

ac
e

in
te

ra
ct

io
ns

Pl
an

ar
sa

m
pl

es
Ye

s/
ye

s

H
ig

h
se

ns
it

iv
it

y,
po

ss
ib

le
to

st
ud

y
ad

so
rp

ti
on

in
di

ff
er

en
tc

on
di

ti
on

C
om

pl
ex

m
od

el
lin

g
an

d
da

ta
in

te
rp

re
ta

ti
on

[5
7,

61
,1

69
,2

12
]

C
D

Pr
ot

ei
n

co
nf

or
m

at
io

n
Pl

an
ar

sa
m

pl
es

Ye
s/

no
Sp

ec
ifi

c
ba

nd
s

fo
r

se
co

nd
ar

y
st

ru
ct

ur
es

Ba
nd

de
co

nv
ol

ut
io

n
ne

ed
ed

[1
87

]

159



Materials 2021, 14, 1590

7. Key Concepts

Protein adsorption is a fundamental step in the interaction of implantable biomaterials,
such as titanium and titanium alloys, with the biological environment. The positive or
negative outcome of tissue integration of an implant depends on the interplay between
the body and the implant surface. How cells and bacteria adhere, proliferate, and compete
is strongly dictated by the protein layer that forms on the device surface within the first
minutes after implantation. The understanding of these phenomena is necessary to develop
always better implants and to reduce possible adverse reactions. Thus, in past years,
great efforts have been put to gain knowledge about the aspects that regulate proteins
adsorption on titanium. A large variety of different surface–protein combinations have
been investigated, including different type of titanium, titanium oxide, and titanium alloys,
several kinds of surface treatments aimed to improve Ti osseointegration and a wide range
of proteins in a simpler or more complex environment. Due to the enormous variability
and complexity of the protein adsorption processes, a unique and fully agreed explanation
of adsorption on titanium was not found in literature, some aspects being clearer than
others. Impact of surface properties, such as roughness, morphology, chemistry, surface
energy, wettability, and charge, need further investigation. The main effects of titanium
surface features are summarized in Table 3.

Increased surface roughness in the micro scale seems to be capable of increasing the
adsorption due to a greater number of active sites and features such as pores, nanotubes,
or pits can accommodate proteins. On the other hand, no clear effect was found for
nano-roughness. In this case, topography effect is mediated by other properties, such
as charge or wettability. Electrostatic attraction may increase protein adsorption, while
repulsion seems not enough to completely avoid protein binding with the surface. The role
of wettability in adsorption is the most controverse. As a rule of thumb, proteins prefer
to adsorb on hydrophobic surfaces, since water is more easily displaced from the surface
and hydrophobic interactions between ammino acid residue and surface can be strong. In
fact, this has been reported in some cases for adsorption on titanium surfaces. On the other
hand, hydrophilic surfaces usually present more OH groups, higher surface charge, and
SFE. These factors can promote surface–protein interactions, making adsorption favorable
also on wettable surfaces. Furthermore, wettability can enhance solution-surface contact
by turning it from a Cassie-Baxter to a Wenzel regime. These factors are able to promote
protein adsorption against the generally accepted rule of thumb. The ongoing research on
development of new and more bioactive surfaces had introduced more factors that can
influence protein adsorption: The presence of ions within the oxide layer or of metals as
alloying elements, the control over grain size, and surface activation treatments. All these
features strongly change surface properties, namely wettability, hydroxylation, charge, SFE,
roughness, making it less trivial to discriminate what features influence proteins adsorption
and how. Conformation and orientation of adsorbed proteins are also heavily affected by
surface properties in a non-unique way. Aspect ratio of surface features can change how
proteins accommodate on the surface, higher hydroxylation may promote denaturation
and spreading of certain proteins, while in other cases, OH groups increase wettability
consequently reducing protein–surface interactions.

Besides, the poor standardization and use of testing protocols among researchers led to
different conclusions about protein adsorption. The wide variety of protein concentrations,
solution composition, and experimental methods make it very difficult to compare different
works and to state if a system is an effective representation of the real adsorption process
as occurring in vivo, within the human body. The complexity level of the system used
can completely change how proteins interact with a surface, and scaling up from a simple
single protein solution seems not to be an effective way to understand how materials
behave when put in contact with biological fluids.
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Today, knowledge about protein adsorption on actual implant surface is also limited by
the fact that it is not trivial to find characterization techniques that can provide information
about adsorption mechanisms on real surfaces. In the literature, a lot of techniques have
been used to investigate protein adsorption on titanium materials (see Table 2), but some
of them may not be appliable on a bulky and surface treated titanium sample because
they need specific characteristics, such as surface flatness, planar specimen or surfaces
need to be grown on the instrument sensors. These kinds of model surfaces may not be
representative of the surface of a real implant.

8. Conclusions

In conclusion, in the past 15 years, great efforts have been put into building deeper
knowledge of how proteins and titanium-based biomaterials interact. Many different
aspects of the complex adsorption phenomenon have been investigated by using a wide
range of different surfaces, tailoring specific characteristics and exploiting adsorption envi-
ronments ranging from a simple single protein solution to actual human biological fluids or
even in human body. However, no generally accepted adsorption mechanisms have been
found, with researchers sometimes being in disagreement about how surface properties or
surface treatments affect protein adsorption. This can be ascribed to the absence of stan-
dardized and commonly used experimental protocols: protein concentration, adsorption
condition and eventual rising methodology, all may alter the formation and evolution of
the protein layer on materials surfaces. It is desirable that, in future, protein adsorption will
be investigated through more common and shared methodology, obtaining comparable
results. Furthermore, the researchers shall both study simple model systems and mimic, as
close as possible, the physiological condition, as in case of protein concentration. This may
be not trivial, but it allows comprehension of both very detailed aspects of the adsorption
mechanisms and how actual implant surfaces will behave when employed as biomateri-
als. In parallel, further efforts have to be spent into development or optimization of the
characterization techniques that can be applied on a wide range of materials in terms of
sample shape and surface characteristics, mainly surface roughness. This is necessary for a
correct evaluation of adsorption properties of biomaterials that may be actually employed
as implants. Being extremely sensitive to surface features, protein–surface interactions may
not be reproduced in an effective way on model surfaces.

In any case, according to the literature reviewed here, surface modifications that
enhance adsorption of proteins, in particular adhesive ones such as fibronectin and vit-
ronectin, are generally the same, which are able to increase cell proliferation and to promote
osteoblast differentiation and in vivo bone integration. Deeper and better comprehension
of protein adsorption will allow also a more efficient design of biomaterial surfaces, chasing
the perfect implant.

Twenty years have passed since Imamura and co-workers described protein adsorp-
tion on solid surfaces as “a common but very complicated phenomenon” [239], and in this
time, thousands of papers addressing this issue have been published. Nevertheless, protein
adsorption is such a complex matter that a fully and comprehensive explanation of it is
still missing. Research groups need to put further efforts to enlighten hidden aspects of
protein adsorption and to put an end to the “quest for a universal mechanism” [240].
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the implant surface titanium and titanium modified carbon coatings (MWCNT-EPD). 2D correlation analysis. J. Mol. Struct. 2016,
1124, 61–70. [CrossRef]

72. Zhang, H.P.; Lu, X.; Fang, L.M.; Weng, J.; Huang, N.; Leng, Y. Molecular dynamics simulation of RGD peptide adsorption on
titanium oxide surfaces. J. Mater. Sci. Mater. Med. 2008, 19, 3437–3441. [CrossRef]

73. Deligianni, D.D.; Katsala, N.; Ladas, S.; Sotiropoulou, D.; Amedee, J.; Missirlis, Y.F. Effect of surface roughness of the titanium
alloy Ti-6Al-4V on human bone marrow cell response and on protein adsorption. Biomaterials 2001, 22, 1241–1251. [CrossRef]

74. Kopf, B.S.; Ruch, S.; Berner, S.; Spencer, N.D.; Maniura-Weber, K. The role of nanostructures and hydrophilicity in osseointegration:
In-vitro protein-adsorption and blood-interaction studies. J. Biomed. Mater. Res. Part A 2015, 103, 2661–2672. [CrossRef] [PubMed]

75. Cai, K.; Bossert, J.; Jandt, K.D. Does the nanometre scale topography of titanium influence protein adsorption and cell proliferation?
Colloids Surf. B Biointerfaces 2006, 49, 136–144. [CrossRef] [PubMed]

76. Rockwell, G.P.; Lohstreter, L.B.; Dahn, J.R. Fibrinogen and albumin adsorption on titanium nanoroughness gradients. Colloids
Surfaces B Biointerfaces 2012, 91, 90–96. [CrossRef]

77. Lu, J.; Yao, C.; Yang, L.; Webster, T.J. Decreased Platelet Adhesion and Enhanced Endothelial Cell Functions on Nano and
Submicron-Rough Titanium Stents. Tissue Eng. Part A 2012, 18, 1389–1398. [CrossRef]

78. Kopac, T.; Bozgeyik, K. Effect of surface area enhancement on the adsorption of bovine serum albumin onto titanium dioxide.
Colloids Surf. B Biointerfaces 2010, 76, 265–271. [CrossRef]

79. Liu, L.; Bhatia, R.; Webster, T. Atomic layer deposition of nano-TiO2 thin films with enhanced biocompatibility and antimicrobial
activity for orthopedic implants. Int. J. Nanomed. 2017, 12, 8711–8723. [CrossRef]

80. Scopelliti, P.E.; Borgonovo, A.; Indrieri, M.; Giorgetti, L.; Bongiorno, G.; Carbone, R.; Podestà, A.; Milani, P. The Effect of Surface
Nanometre-Scale Morphology on Protein Adsorption. PLoS ONE 2010, 5, e11862. [CrossRef] [PubMed]

81. Liu, C.; Guo, Y.; Hong, Q.; Rao, C.; Zhang, H.; Dong, Y.; Huang, L.; Lu, X.; Bao, N. Bovine Serum Albumin Adsorption in
Mesoporous Titanium Dioxide: Pore Size and Pore Chemistry Effect. Langmuir 2016, 32, 3995–4003. [CrossRef] [PubMed]

82. An, R.; Zhuang, W.; Yang, Z.; Lu, X.; Zhu, J.; Wang, Y.; Dong, Y.; Wu, N. Protein adsorptive behavior on mesoporous titanium
dioxide determined by geometrical topography. Chem. Eng. Sci. 2014, 117, 146–155. [CrossRef]

83. Singh, A.V.; Vyas, V.; Patil, R.; Sharma, V.; Scopelliti, P.E.; Bongiorno, G.; Podestà, A.; Lenardi, C.; Gade, W.N.; Milani, P.
Quantitative Characterization of the Influence of the Nanoscale Morphology of Nanostructured Surfaces on Bacterial Adhesion
and Biofilm Formation. PLoS ONE 2011, 6, e25029. [CrossRef] [PubMed]

165



Materials 2021, 14, 1590

84. Selvakumaran, J.; Keddie, J.L.; Ewins, D.J.; Hughes, M.P. Protein adsorption on materials for recording sites on implantable
microelectrodes. J. Mater. Sci. Mater. Med. 2008, 19, 143–151. [CrossRef] [PubMed]

85. Silva-Bermudez, P.; Rodil, S.E.; Muhl, S. Albumin adsorption on oxide thin films studied by spectroscopic ellipsometry. Appl.
Surf. Sci. 2011, 258, 1711–1718. [CrossRef]

86. Silva-Bermudez, P.; Muhl, S.; Rodil, S.E. A comparative study of fibrinogen adsorption onto metal oxide thin films. Appl. Surf. Sci.
2013, 282, 351–362. [CrossRef]

87. Arvidsson, S.; Askendal, A.; Tengvall, P. Blood plasma contact activation on silicon, titanium and aluminium. Biomaterials 2007,
28, 1346–1354. [CrossRef]

88. Song, L.; Yang, K.; Jiang, W.; Du, P.; Xing, B. Adsorption of bovine serum albumin on nano and bulk oxide particles in deionized
water. Colloids Surf. B Biointerfaces 2012, 94, 341–346. [CrossRef]

89. Yoshida, E.; Hayakawa, T. Adsorption Analysis of Lactoferrin to Titanium, Stainless Steel, Zirconia, and Polymethyl Methacrylate
Using the Quartz Crystal Microbalance Method. BioMed Res. Int. 2016, 2016, 1–7. [CrossRef]

90. Abdallah, M.-N.; Abughanam, G.; Tran, S.D.; Sheikh, Z.; Mezour, M.A.; Basiri, T.; Xiao, Y.; Cerruti, M.; Siqueira, W.L.; Tamimi, F.
Comparative adsorption profiles of basal lamina proteome and gingival cells onto dental and titanium surfaces. Acta Biomater.
2018, 73, 547–558. [CrossRef]

91. Schweikl, H.; Hiller, K.-A.; Carl, U.; Schweiger, R.; Eidt, A.; Ruhl, S.; Müller, R.; Schmalz, G. Salivary protein adsorption and
Streptococccus gordonii adhesion to dental material surfaces. Dent. Mater. 2013, 29, 1080–1089. [CrossRef]

92. Miyake, A.; Komasa, S.; Hashimoto, Y.; Komasa, Y.; Okazaki, J. Adsorption of Saliva Related Protein on Denture Materials: An
X-Ray Photoelectron Spectroscopy and Quartz Crystal Microbalance Study. Adv. Mater. Sci. Eng. 2016, 2016, 1–9. [CrossRef]

93. Müller, C.; Lüders, A.; Hoth-Hannig, W.; Hannig, M.; Ziegler, C. Initial bioadhesion on dental materials as a function of contact
time, pH, surface wettability, and isoelectric point. Langmuir 2010, 26, 4136–4141. [CrossRef]

94. Kohavi, D.; Badihi, L.; Rosen, G.; Steinberg, D.; Sela, M.N. An in vivo method for measuring the adsorption of plasma proteins to
titanium in humans. Biofouling 2013, 29, 1215–1224. [CrossRef]

95. Sela, M.N.; Badihi, L.; Rosen, G.; Steinberg, D.; Kohavi, D. Adsorption of human plasma proteins to modified titanium surfaces.
Clin. Oral Implant. Res. 2007, 18, 630–638. [CrossRef] [PubMed]

96. Parisi, L.; Toffoli, A.; Cutrera, M.; Bianchi, M.G.; Lumetti, S.; Bussolati, O.; Macaluso, G.M. Plasma Proteins at the Interface of
Dental Implants Modulate Osteoblasts Focal Adhesions Expression and Cytoskeleton Organization. Nanomaterials 2019, 9, 1407.
[CrossRef] [PubMed]

97. Huang, Y.; Zha, G.; Luo, Q.; Zhang, J.; Zhang, F.; Li, X.; Zhao, S.; Zhu, W.; Li, X. The construction of hierarchical structure on Ti
substrate with superior osteogenic activity and intrinsic antibacterial capability. Sci. Rep. 2015, 4, 6172. [CrossRef]

98. Ferraris, S.; Bobbio, A.; Miola, M.; Spriano, S. Micro- and nano-textured, hydrophilic and bioactive titanium dental implants. Surf.
Coat. Technol. 2015, 276, 374–383. [CrossRef]

99. Lu, X.; Xiong, S.; Chen, Y.; Zhao, F.; Hu, Y.; Guo, Y.; Wu, B.; Huang, P.; Yang, B. Effects of statherin on the biological properties of
titanium metals subjected to different surface modification. Colloids Surf. B Biointerfaces 2020, 188, 110783. [CrossRef]

100. Pegueroles, M.; Aparicio, C.; Bosio, M.; Engel, E.; Gil, F.J.; Planell, J.A.; Altankov, G. Spatial organization of osteoblast fibronectin
matrix on titanium surfaces: Effects of roughness, chemical heterogeneity and surface energy. Acta Biomater. 2010, 6, 291–301.
[CrossRef] [PubMed]

101. Mussano, F.; Genova, T.; Laurenti, M.; Gaglioti, D.; Scarpellino, G.; Rivolo, P.; Faga, M.G.; Fiorio, P.A.; Munaron, L.;
Mandracci, P.; et al. Beta1-integrin and TRPV4 are involved in osteoblast adhesion to different titanium surface topographies.
Appl. Surf. Sci. 2020, 507, 145112. [CrossRef]

102. Toffoli, A.; Parisi, L.; Bianchi, M.G.; Lumetti, S.; Bussolati, O.; Macaluso, G.M. Thermal treatment to increase titanium wettability
induces selective proteins adsorption from blood serum thus affecting osteoblasts adhesion. Mater. Sci. Eng. C 2020, 107, 110250.
[CrossRef] [PubMed]

103. Tugulu, S.; Löwe, K.; Scharnweber, D.; Schlottig, F. Preparation of superhydrophilic microrough titanium implant surfaces by
alkali treatment. J. Mater. Sci. Mater. Med. 2010, 21, 2751–2763. [CrossRef]

104. Martínez-Hernández, M.; García-Pérez, V.I.; Almaguer-Flores, A. Potential of salivary proteins to reduce oral bacterial colonization
on titanium implant surfaces. Mater. Lett. 2019, 252, 120–122. [CrossRef]

105. Richert, L.; Variola, F.; Rosei, F.; Wuest, J.D.; Nanci, A. Adsorption of proteins on nanoporous Ti surfaces. Surf. Sci. 2010, 604,
1445–1451. [CrossRef]

106. Lee, M.H.; Oh, N.; Lee, S.W.; Leesungbok, R.; Kim, S.E.; Yun, Y.P.; Kang, J.H. Factors influencing osteoblast maturation on
microgrooved titanium substrata. Biomaterials 2010, 31, 3804–3815. [CrossRef]

107. Sakamoto, Y.; Ayukawa, Y.; Furuhashi, A.; Kamo, M.; Ikeda, J.; Atsuta, I.; Haraguchi, T.; Koyano, K. Effect of hydrothermal
treatment with distilled water on titanium alloy for epithelial cellular attachment. Materials 2019, 12, 2748. [CrossRef]

108. Yoneyama, Y.; Matsuno, T.; Hashimoto, Y.; Satoh, T. In vitro evaluation of H2O2 hydrothermal treatment of aged titanium surface
to enhance biofunctional activity. Dent. Mater. J. 2013, 32, 115–121. [CrossRef]

109. Yang, J.; Wang, J.; Yuan, T.; Zhu, X.D.; Xiang, Z.; Fan, Y.J.; Zhang, X.D. The enhanced effect of surface microstructured porous
titanium on adhesion and osteoblastic differentiation of mesenchymal stem cells. J. Mater. Sci. Mater. Med. 2013, 24, 2235–2246.
[CrossRef]

166



Materials 2021, 14, 1590

110. Sousa, S.R.; Brás, M.M.; Moradas-Ferreira, P.; Barbosa, M.A. Dynamics of Fibronectin Adsorption on TiO 2 Surfaces. Langmuir
2007, 23, 7046–7054. [CrossRef] [PubMed]

111. Sousa, S.R.; Lamghari, M.; Sampaio, P.; Moradas-Ferreira, P.; Barbosa, M.A. Osteoblast adhesion and morphology on TiO2
depends on the competitive preadsorption of albumin and fibronectin. J. Biomed. Matter. Res. A. 2008, 84, 281–290. [CrossRef]

112. Zeng, Y.; Yang, Y.; Chen, L.; Yin, D.; Zhang, H.; Tashiro, Y.; Inui, S.; Kusumoto, T.; Nishizaki, H.; Sekino, T.; et al. Optimized
Surface Characteristics and Enhanced in Vivo Osseointegration of Alkali-Treated Titanium with Nanonetwork Structures. Int. J.
Mol. Sci. 2019, 20, 1127. [CrossRef] [PubMed]

113. Xiao, M.; Biao, M.; Chen, Y.; Xie, M.; Yang, B. Regulating the osteogenic function of rhBMP 2 by different titanium surface
properties. J. Biomed. Mater. Res. Part A 2016, 104, 1882–1893. [CrossRef]

114. Hu, X.N.; Yang, B.C. Conformation change of bovine serum albumin induced by bioactive titanium metals and its effects on cell
behaviors. J. Biomed. Mater. Res. Part A 2014, 102, 1053–1062. [CrossRef]

115. Biao, M.N.; Chen, Y.M.; Xiong, S.B.; Wu, B.Y.; Yang, B.C. Synergistic effects of fibronectin and bone morphogenetic protein on the
bioactivity of titanium metal. J. Biomed. Mater. Res. Part A 2017, 105, 2485–2498. [CrossRef] [PubMed]

116. Jia, S.; Zhang, Y.; Ma, T.; Chen, H.; Lin, Y. Enhanced hydrophilicity and protein adsorption of titanium surface by sodium
bicarbonate solution. J. Nanomater. 2015, 2015. [CrossRef]

117. Chen, Y.; Feng, B.; Zhu, Y.; Weng, J.; Wang, J.; Lu, X. Preparation and characterization of a novel porous titanium scaffold with 3D
hierarchical porous structures. J. Mater. Sci. Mater. Med. 2011, 22, 839–844. [CrossRef] [PubMed]

118. Yao, Y.; Liu, S.; Swain, M.V.; Zhang, X.; Zhao, K.; Jian, Y. Effects of acid-alkali treatment on bioactivity and osteoinduction of
porous titanium: An in vitro study. Mater. Sci. Eng. C 2019, 94, 200–210. [CrossRef]

119. Yu, P.; Zhu, X.; Wang, X.; Wang, S.; Li, W.; Tan, G.; Zhang, Y.; Ning, C. Periodic Nanoneedle and Buffer Zones Constructed on
a Titanium Surface Promote Osteogenic Differentiation and Bone Calcification In Vivo. Adv. Healthc. Mater. 2016, 5, 364–372.
[CrossRef]

120. Rani, V.V.D.; Manzoor, K.; Menon, D.; Selvamurugan, N.; Nair, S.V. The design of novel nanostructures on titanium by solution
chemistry for an improved osteoblast response. Nanotechnology 2009, 20, 195101. [CrossRef]

121. Manivasagam, V.K.; Popat, K.C. In Vitro Investigation of Hemocompatibility of Hydrothermally Treated Titanium and Titanium
Alloy Surfaces. ACS Omega 2020, 5, 8108–8120. [CrossRef]

122. Qian, L.; Yu, P.; Zeng, J.; Shi, Z.; Wang, Q.; Tan, G.; Ning, C. Large-scale functionalization of biomedical porous titanium scaffolds
surface with TiO2 nanostructures. Sci. China Mater. 2018, 61, 557–564. [CrossRef]

123. Shi, J.; Feng, B.; Lu, X.; Weng, J. Adsorption of bovine serum albumin onto titanium dioxide nanotube arrays. Int. J. Mater. Res.
2012, 103, 889–896. [CrossRef]

124. Zhao, D.P.; Tang, J.C.; Nie, H.M.; Zhang, Y.; Chen, Y.K.; Zhang, X.; Li, H.X.; Yan, M. Macro-micron-nano-featured surface
topography of Ti-6Al-4V alloy for biomedical applications. Rare Met. 2018, 37, 1055–1063. [CrossRef]

125. Yang, W.; Xi, X.; Shen, X.; Liu, P.; Hu, Y.; Cai, K. Titania nanotubes dimensions-dependent protein adsorption and its effect on the
growth of osteoblasts. J. Biomed. Mater. Res. Part A 2014, 102, 3598–3608. [CrossRef]

126. Jia, E.; Zhao, X.; Lin, Y.; Su, Z. Protein adsorption on titanium substrates and its effects on platelet adhesion. Appl. Surf. Sci. 2020,
529, 146986. [CrossRef]

127. Yang, W.; Xi, X.; Ran, Q.; Liu, P.; Hu, Y.; Cai, K. Influence of the titania nanotubes dimensions on adsorption of collagen: An
experimental and computational study. Mater. Sci. Eng. C 2014, 34, 410–416. [CrossRef]

128. Kulkarni, M.; Mazare, A.; Park, J.; Gongadze, E.; Killian, M.S.; Kralj, S.; von der Mark, K.; Iglič, A.; Schmuki, P. Protein interactions
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Abstract: Guided bone regeneration techniques are increasingly used to enable the subsequent
placement of dental implants. This systematic review aims to analyze the success rate of these
techniques in terms of bone gain and complications rate using titanium membranes as a barrier
element. Electronic and hand searches were conducted in PubMed/Medline, Scielo, Scopus and
Cochrane Library databases for case reports, case series, cohort studies and clinical trials in humans
published up to and including 19 September 2020. Thirteen articles were included in the qualitative
analysis. Bone gain both horizontally and vertically was comparable to that obtained with other
types of membranes more commonly used. The postoperative complication rate was higher that of
native collagen membranes and non-resorbable titanium-reinforced membranes, and similar that
of crosslinked collagen membranes and titanium meshes. The survival rate of the implants was
similar to that of implants placed in native bone. Due to the limited scientific literature published on
this issue, more randomized clinical trials comparing occlusive titanium barriers and other types of
membranes are necessary to reach more valid conclusions.

Keywords: titanium membrane; titanium foil; occlusive titanium barrier; bone augmentation;
guided bone regeneration

1. Introduction

The four classical principles of guided bone regeneration (GBR) are primary closure, angiogenesis,
space maintenance and blood clot stability [1] (Figure 1).

Based on these concepts, different techniques and a wide variety of biomaterials have been
developed with the aim of achieving greater predictability, lower risk of complications, lower morbidity
and shorter operative time in this type of treatment, which is becoming more and more common [2,3].
Research on new biomaterials for bone regeneration is advancing rapidly; even recently they have
been manufactured by combining biopolymers and natural nanoparticles [4,5]. Ideally, the proposed
method should provide a solution to the four precepts [2,3].
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Figure 1. Guided bone regeneration (GBR) mechanism. (a) Bone defect. (b) The titanium barrier
prevents the penetration of epithelial cells and fibroblasts and allows access to the defect of osteogenic
and stem cells originating from the native bone. (c) Regeneration of the bone defect. Abbreviations:
B, bone; D, defect; Ht, healing tissue; Ib, immature bone; Tf, titanium foil.

On the other hand, the properties that an ideal biomaterial should fulfill are osteogenesis,
osteoconduction and osteoinduction. Therefore, autologous bone is considered the gold standard [2].
However, the great resorption, the unlimited availability, the morbidity and the longer surgical time
represent inconveniences in its use. That is why a combination of several biomaterials is generally
used in GBR procedures [2,3,6].

Since clot formation is the first and essential step in bone healing [7,8], in the last years, there have
been numerous studies that focus on the use of blood concentrates (platelet-rich plasma (PRP),
platelet-rich fibrin (PRF) and platelet-rich growth factor (PRGF)) in these surgical procedures [9–11].

However, due to the presence of erythrocytes, blood has a greater capacity to generate thrombin
and activate platelets than these concentrates [12]. Likewise, the lower porosity and density of the
fibrin layer present in the complete clot facilitate cell migration [13]. However, to benefit from its
properties, it would be necessary to at least maintain the space and stabilize the clot [14–16].

To comply with these two principles, there are different types of membranes or barrier elements,
such as titanium-reinforced polytetrafluoroethylene membranes, perforated titanium meshes and
titanium foils [17]. The main drawback of the first two is the high exposure rate, associated with a high
failure rate [3,6,18]. However, titanium barriers tolerate prolonged exposure to the oral environment,
with good hygiene and the use of antiseptics to avoid bacterial colonization being essential [19–21].

Several studies published in recent years defend the use of these barrier elements in the regeneration
of large maxillary atrophies [20–24], in post-extraction socket reconstruction [19,25,26], in the
regeneration of periodontal defects [27] and even simultaneously with implant placement [28].

The concept of using these barriers is to take advantage of the properties of the blood clot,
which is why, in some studies, they are used without biomaterial filling [21,24]; although, in other
publications, these membranes have been used in combination with PRF [19], allograft [20,22,23,29],
xenograft [25,26,30], mixed autograft and allograft [31] or even tricalcium β-phosphate [28].

Given that titanium barriers comply with the two aforementioned precepts and have tolerance to
prolonged exposure, the objective of this systematic review is to study the success rate of GBR through
the use of this type of membranes in terms of the amount of new bone formed and the complications
associated with this surgical technique.
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2. Materials and Methods

This systematic review was conducted according to the guidelines of the Preferred Reporting
Items of Systematic Reviews and Meta-Analyses (PRISMA) statement [32]. Before starting the review,
a detailed protocol of the methodology was developed. The protocol was not registered.

2.1. Focused Questions

1. Is the use of occlusive titanium barriers alone or in combination with biomaterial a predictable
treatment in terms of amount of new bone formed? (primary question)

2. What is the complication rate regarding membrane exposure and infection? (primary question)
3. What is the survival and success rate of implants placed after this regenerative procedure?

(secondary question)

2.2. PICO Question

P: Patients with partial or total edentulism.
I: Guided bone regeneration using occlusive titanium barriers alone or in combination

with biomaterials.
C: Guided bone regeneration using other type of membranes.
O: Amount of new bone formed and rate of membrane exposure and infection.

2.3. Eligibility Criteria

Inclusion criteria: Case reports, case series, cohort studies and clinical trials written in English or
Spanish that analyze the use of titanium foils in GBR procedures were considered for inclusion.

Exclusion criteria: animal studies. No limitations were used for publication date, sample size,
follow-up period, type of bone defect treated or filler biomaterial.

2.4. Search Strategy

An electronic search was performed by two reviewers (E.R-M and E.J-S) for articles published
up to and including September 2020. The databases consulted were MEDLINE/PubMed, Scielo,
Scopus and Cochrane Library. An additional hand search was conducted to identify potential articles
of interest in the references of the studies found. Both searches were performed on 19 September 2020.

The following term combination was used in the electronic search: (“titanium membrane
[All Fields]” OR “occlusive titanium barrier [All Fields]” OR “titanium foil [All Fields]”) AND (“bone
regeneration [All Fields]” OR “bone formation [All Fields]” OR “bone augmentation [All Fields]” OR
“guided bone regeneration [All Fields]” OR “guided tissue regeneration [All Fields]”).

2.5. Study Selection

After screening titles and discarding duplicates, those studies whose abstract met the inclusion
criteria were selected. The full text of these articles was read to verify that they met the eligibility
criteria. Disagreements during the study selection were solved by consulting a third author (J.L-L).

2.6. Data Extraction and Method of Analysis

The data were extracted by two authors (E.R-M and A.E-D) and entered into a data collection form
(Microsoft Excel version 16.35). In case of disagreement, a third author (E.J-S or J.L-L) was consulted,
to get a consensus. The following data were collected: author(s), year of publication, type of study,
number of titanium foils, type of defect, filling material, time of membrane removal, amount of bone
gain, percentage membrane exposure, percentage of infection, number of patients, number of implants
placed, survival and success rates of the implants, and follow-up period. Corresponding authors were
contacted and asked if they could provide missing data. To summarize the data, the mean rates of
exposure, infection, implant survival and implant infection were calculated.
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2.7. Quality Assessment and Risk of Bias

The Strength of Recommendation Taxonomy (SORT) criteria were used to assess the quality of the
evidence provided in the included studies [33]. This classification groups the articles into three levels:
Level 1 (good-quality patient-oriented evidence), Level 2 (limited-quality patient-oriented evidence)
and Level 3 (other evidence). Version 2 of the Cochrane Collaboration’s tool for assessing risk of bias in
randomized trials (RoB 2) [34] was implemented to evaluate the risk of bias of the randomized clinical
trials and the Cochrane tool for assessing risk of bias in non-randomized studies of interventions
(ROBINS-1) [35] was implemented to assess the risk of bias of the included retrospective cohort study.

3. Results

3.1. Study Selection

Through the electronic and manual searches, a total of 118 records were identified. After reading
the titles and, if necessary, the abstracts and identifying duplicate articles, a total of 101 papers
were discarded. Of these 17 studies assessed for eligibility, one was discarded after reading the full
text because the titanium foil was placed in order to stabilize the jaw and prevent its fracture [36].
Three other articles were discarded, as they appear to be the same study as another two of the
included papers but in earlier stages [20,21,23]. A total of 13 articles were included in the qualitative
analysis [19,22,24–31,37–39] (Figure 2). A quantitative analysis could not be performed due to the lack
of information provided and the great heterogeneity of the studies, in terms of sample size, type of
defect to be regenerated, time of membrane removal and filling material used.

Figure 2. Preferred Reporting Items of Systematic Reviews and Meta-Analyses (PRISMA) flow diagram
of selection process.
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3.2. Study Methods and Characteristics

Two of the included articles were case reports [28,30], seven were case series [19,22,25,26,29,31,39],
three were split-mouth randomized clinical trials [27,37,38] and only one was a retrospective cohort
study [24]. The studies were published between 1999 and 2020 (Figure 3 and Table 1).

Figure 3. Results by year of the electronic search in PubMed.

The total population was 200 patients (72 women, 54 men, and 74 not specified), in which
260 titanium foils were placed. In two of the studies, the membrane was custom-fit manufactured from
a previous computerized tomography [22,24]. The follow-up period was between two months and
nine years. In six of the included studies [19,22,24,26,28,30], implants were placed in the regenerated
area, with 88 implants placed in 39 patients. The time of membrane removal was between 21 days and
17 months; although, in some studies, it is not specified [19,28,31].

A wide variety of bone defects were treated: horizontal [25,28–30,39], horizontal and
vertical [22,24,26,28,39], periodontal intrabony defects [27,37], post-extraction sockets [19,38], peri-implant
defects [31,39] and sinus-floor augmentation [39].

The filling material was different depending on the study: blood clot [24,27,37,38], xenograft [25,26,30],
allograft [22,29], β-Tricalcium phosphate [28], PRF or PRF + tricalcium phosphate + hydroxyapatite [19],
autograft [38], autograft or/and hydroxyapatite [39] and autograft + xenograft [31].

3.3. Quality Assessment and Risk of Bias

According to the Strength of Recommendation Taxonomy (SORT) criteria, four of the
studies included obtained a Level 2 of evidence [24,27,37,38] while the others obtained a Level
3 [19,22,25,26,28–31,39], so it should be noted that the quality of the included studies is limited and
greater value should be given to the results obtained in Level 2 articles. Table 2 presents the risk of
bias of the randomized clinical trials (RCT) [27,37,38] and the cohort study [24] assessed by using RoB
2 and ROBINS-1, respectively, with an overall judgment of low–moderate risk of bias. The present
review itself fulfils 22 items in the PRISMA statement [32].
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3.4. Bone Gain

Of the 13 studies included, four did not specify or evaluate the amount of new bone
formed [19,24,27,28]. In two of them, a sufficient amount of bone was gained in all cases [19,28].
Another, which studied the regeneration of periodontal intrabony defects, did not evaluate this
parameter [27]. The other one did not specify the values obtained but clarified that, in most cases,
a sufficient bone augmentation was obtained for implant placement [24].

In the other nine studies, in which a wide variety of bone defects were treated, considerable
bone gain was obtained after using titanium foils, regardless of the type of defect. Vertical bone gain,
excluding the post-extraction sockets, was between 4.5 mm (autograft + xenograft) [31] and 7.3 mm
(xenograft) [26]. Horizontal bone gain was between 2.3 mm (allograft) [29] and 9 mm (xenograft) [25].
In the study that quantified the regeneration of periodontal intrabony defects, a filling of 54.69% was
obtained [37].

3.5. Complications

In two of the studies, titanium barriers were intentionally left exposed [25,26]. Three other
articles reported not having had any exposure prior to membrane removal [26,27,29]. In the rest of the
studies, the exposures ranged between 21.43% and 50% [19,22,24,27,31,37–39]. The mean percentage
of accidental exposure was 23.81%. Only one article reported having cases of graft infection, with a
percentage of 11.9% [31].

It must be taken in account that one of these articles reported an exposure of the 43.75% of the
membranes; however, this percentage is higher, since the study discarded those patients who had had
an exposure greater than a quarter of the membrane in the first four to six weeks [27].

As another complication, in one of the studies two patients were excluded due to displacement of
the titanium barrier [37].

3.6. Implant Survival and Success Rates

In six of the included studies [19,22,24,26,28,30], implants were placed in the regenerated area,
with 88 implants placed in 39 patients. The mean survival rate was 96.5% (82.6–100%), and the mean
success rate was 91.3% (82.6–100%). It must be considered that only two studies evaluated the success
rate [22,26]. The follow-up period for these implants was between one and nine years (Table 3).
The study with the lowest survival rate was the one with the longest follow-up period [24].

Table 3. Implants survival and success rates.

Author N Patients N Implants Survival Rate Success Rate Follow-Up

Kfir et al., 2007 [19] 8 9 - - -

Bassi et al., 2016 [22] 13 23 100% 82.6% 1 year

Perret et al., 2019 [26] 6 6 100% 100% 2 years

Engelke et al., 2014 [28] 2 3 100% - 2 years

Molly et al., 2006 [24] 9 46 82.6% - 6–9 years

Beltrán et al., 2013 [30] 1 1 100% - -

Total 39 88 96.5% 91.3% 1–9 years

4. Discussion

According to the results obtained in the present systematic review, the horizontal bone gain was
between 2.3 and 9 mm [22,25,26,29,30], and the vertical between 4.5 and 7.3 mm [22,26,31]. These last
values without taking into account the randomized clinical trial in which alveolar ridge preservation
of well-conserved post-extraction sockets was performed, in which the mean vertical gain was greater
than 8 mm [38].
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In a recent RCT comparing vertical bone gain by using d-PTFE titanium-reinforced membranes or
titanium meshes, a gain of 4.2 ± 1.0 mm (range 2.7–5.8) and 4.1 ± 1.0 mm (range 2.6–6.3) was obtained,
respectively [40]. Likewise, a meta-analysis obtained similar results, with a mean vertical bone gain of
4.42 mm by using non-resorbable membranes (d-PTFE and e-PTFE), of 4.26 mm by using titanium
meshes covered by resorbable membranes and of 5.2 mm by using titanium meshes alone [41].

Based on these data, it appears that the use of titanium foils is predictable in terms of the amount
of bone gain, regardless of the filling material, and the gain may be even higher than with the use of
other commonly used non-resorbable membranes or meshes.

With regard to horizontal bone gain, the values obtained in the different studies analyzed are
very heterogeneous and do not seem to be related to the filling material used either. Other studies in
which horizontal regeneration procedures were performed with collagen membranes and particulate
grafts obtained average bone gains of 2.27 ± 1.68 mm [42], 5.68 ± 1.42 mm [43] and 5.03 ± 2.15 mm [44].
Thus, it seems that, in terms of horizontal bone gain, titanium barriers are comparable to collagen
membranes, the most widely used in horizontal ridge augmentation procedures.

Based on the included articles, there is no evidence to believe that a filling material is better than
another or even blood clot, in combination with occlusive titanium barriers. Furthermore, this type of
membrane could be useful in the regeneration of defects of different types, from contained defects
such as a post-extraction socket to a combined vertical and horizontal defect such as a posterior
mandibular atrophy.

Regarding complications, it appears that titanium foils are prone to exposure, as is the case of
titanium meshes and non-resorbable membranes with titanium reinforcement. The mean exposure
rate in the present work was 23.81% (range 0–50%) [19,22,24,27–31,37–39], and the mean infection
rate was 1.19% (range 0–11.9%) [19,22,25,26,28–31,37,38]. If these results are compared with those
of other studies, it can be observed that the rate of postoperative complications of titanium foils is
slightly higher than that of GBR procedures with other types of membranes. In an RCT in which
the rate of complications in vertical ridge augmentation was evaluated through the use of titanium
meshes covered with collagen membranes and the use of non-resorbable membranes with titanium
reinforcement, a postoperative complication rate (exposure and infection) of 21.1% and 15% was
obtained, respectively [40]. A meta-analysis obtained an intra- and postoperative complications rate of
21% for titanium meshes covered with resorbable membranes, of 6.9% for non-resorbable membranes
and of 20% for titanium meshes [41].

In different studies on the use of native collagen membranes in horizontal bone regeneration,
a percentage of complications of 3.2% [43] and 0% [44] was recorded. In a recent meta-analysis,
an exposure rate of 28.62% for crosslinked membranes and of 20.74 for non-crosslinked membranes
was obtained [42].

The postoperative complication rate of titanium barriers was higher than that of native collagen
membranes and non-resorbable titanium-reinforced membranes, and similar to that of crosslinked
collagen membranes and titanium meshes.

It must be taken into account that the complication rate obtained in this systematic review is
surely lower than the real one in the included studies, since, in some articles, patients were excluded
due to membrane displacement [37] or very premature exposure [27], not taking into account these
cases in the complication rate reported. Furthermore, in two of the studies, some exposed membranes
are associated with graft failure, but it is not specified whether it is due to graft infection [24,39].

On the one hand, some of the included articles defend that the exposure of the titanium foil
does not influence the success of the GBR [19,22,37,38], even if one of them sustains that the very
early exposure favors the increase in width of the attached gingiva, unlike what happens with a later
exposure [22]. On the other hand, two studies support that early exposure (before 14 days) has a worse
prognosis than late exposure, with very poor bone gain [24,39].

From the results obtained, it appears that the survival rate of implants placed in regenerated bone
is similar to that of implants placed in native bone [45].
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This review is based on the scant scientific literature published on the matter so far, and, for the
moment, it is the only existing systematic review, so the results obtained cannot be compared and
cannot be given much value. Other limitations are the heterogeneity of the included studies, the small
sample size of some of them and the lack of information regarding bone gain or membrane removal.
For these reasons, a quantitative analysis could not be performed.

5. Conclusions

Based on the data presented above, titanium membranes in GBR should be considered as an
incipient technique, versatile in terms of the type of bone defect to regenerate, in which there is still
no evidence of the need of filling material and which is the most appropriate, that can better tolerate
exposure than titanium meshes and titanium-reinforced non-resorbable membranes and that can be
tailored to the patient’s bone defect.

More randomized clinical trials comparing occlusive titanium barriers and other types of
membranes are necessary to obtain more robust data that allow us to reach solid conclusions regarding
the predictability and complications rate associated with the use of titanium foils, and how to manage
complications when they occur.
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Abstract: Cellularized scaffold is emerging as the preferred solution for tissue regeneration and
restoration of damaged functionalities. However, the high cost of preclinical studies creates a gap
between investigation and the device market for the biomedical industry. In this work, bone-tailored
scaffolds based on the Ti6Al4V alloy manufactured by electron beam melting (EBM) technology
with reused powder were investigated, aiming to overcome issues connected to the high cost of
preclinical studies. Two different elementary unit cell scaffold geometries, namely diamond (DO)
and rhombic dodecahedron (RD), were adopted, while surface functionalization was performed by
coating scaffolds with single layers of polycaprolactone (PCL) or with mixture of polycaprolactone
and 20 wt.% hydroxyapatite (PCL/HA). The mechanical and biological performances of the produced
scaffolds were investigated, and the results were compared to software simulation and experimental
evidence available in literature. Good mechanical properties and a favorable environment for cell
growth were obtained for all combinations of scaffold geometry and surface functionalization. In
conclusion, powder recycling provides a viable practice for the biomedical industry to strongly
reduce preclinical costs without altering biomechanical performance.

Keywords: titanium implants; additive manufacturing; reused powder; unit cell topology; tissue
engineering; mechanical properties; stem cells; surface functionalization

1. Introduction

Recently, an approach to bone tissue regeneration based on cellularized-scaffold
implantation was used to overcome the risks connected to bone grafts when self-healing
fails [1].

The focal point of scaffolds for bone tissue regeneration is unit cell topology which
influences mechanical and biological performance [1]. Suitable mechanical properties
are required in load-bearing applications while suitable mass transport properties are
necessary for biological activities [2]. Both these features relate to porosity, pore size
and pore interconnectivity, that in turn are determined by scaffold elementary unit cell
geometry. Therefore, scaffold design must be balanced to allow nutrients and oxygen
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supply, metabolic waste removal, cell penetration and reduction of stress shielding to
prevent mechanical failure [3,4].

Two main elementary unit cell geometries for the scaffold are proposed in the lit-
erature: (a) diagonal symmetrical and (b) midline symmetrical. Finite element analysis
(FEA) [5] showed that a porous structure with midline symmetry exhibited superior com-
pressive performances than diagonal symmetry, while the opposite trend was observed in
the case of torsion. Therefore, rhombic dodecahedron (RD) unit cell geometry (midline sym-
metrical) is well suited for load-bearing implants, while diamond (DO) unit cell geometry
(diagonal symmetrical) is preferable for implants subjected to torsional forces. In addition,
numerical analysis by computational fluid dynamics (CFD) [6] has demonstrated that DO
shows advantages in implant fixation (greater tortuosity and larger aperture), cell growth
environment (more appropriate adhesion areas), and tissue regeneration (due to regular
mechanical stimulation), while RD shows a superior mass transport performance (higher
flow velocity value). Therefore, DO and RD elementary unit cells are valid alternatives for
bone tissue regeneration.

Accurate control of the anatomical shape, size and topology of the scaffold’s ele-
mentary unit cell can be efficiently obtained by additive manufacturing (AM) technology
alternatives to traditional subtractive methods. Typically, AM processes for metal alloys
consist of melting powders through an energy source (laser or electron beam) in a layer-
by-layer process, according to a CAD file [7,8]. Laser-manufactured parts show lower
surface roughness in comparison to electron beam melting (EBM) products, that generally
exhibit residual stresses and gas contamination. Laser-melting technology is widely used
for dental implants [9,10], while EBM is commonly employed in a patient’s customized
bone implants [11,12].

Titanium alloys have an elastic modulus in the range 50–118 GPa, closer to natural
cortical bone (10–30 GPa) than any other widely investigated alloy for permanent implant,
such as cobalt chromium (240 GPa) and stainless steel (216 GPa) [13]. However, the
difference in elastic modulus between cortical bone and titanium alloys leads to stress
shielding with reabsorption of the unstressed bone portion and consequent risk of implant
failure [14].

A combination of EBM technology and Ti6Al4V alloy has been investigated by Popov
et al. [11], that produced biomedical patient-specific implants for clavicle, mandibular bone,
foot osteotomy and hip. In the reported clinical cases, EBM revealed a reduction of time in
operation and patient recovery.

Despite the key advantages of combining EBM technology with Ti-based alloys, only
a small percentage of tissue engineering research in this field achieves clinical application,
due to the high cost of preclinical studies. To overcome this gap, Martinez−Marquez
et al. [15] proposed a step model to ensure the cost-effectiveness of customized scaffolds.
In particular, they proposed material feedstock recycling as the first step in cost reduction.
Material feedstock in EBM processes can affect up to 31% of the cost of built parts [16].
Therefore, recycling Ti6Al4V metal powder represents an affordable solution to reduce
waste and save costs [17]. However, powder reuse means repeated preheating steps
and prolonged thermal treatments in a vacuum during the EBM process that can induce
changes in the reused powder, in terms of chemical composition, morphology and physical
properties [18]. In Ti6Al4V alloy thermal cycling due to powder reuse induces variations
in particle size distribution and oxygen uptake that can lead it to exceed the O < 0.2 wt.%
condition required by ASTM F2924-14 [19]. Oxygen stabilizes the α-Ti phase which pins
dislocation during part deformation. Thus, with powder reuse, ultimate yield strength
slightly increases, while ductility decreases [18,20,21].

In addition to elementary unit cell geometry and scaffold production technology, the
engineering aspect to be improved for implant success is surface functionalization, which
must fulfill scaffold–bone interface requirements. The most common functionalization
treatment is coating the scaffold’s surface with a layer of biocompatible material or a
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combination of biocompatible compounds [22–24]. Surface coating plays a double role: (a)
avoids the release of toxic ions [3,4,25,26] and (b) improves implant osteointegration.

Currently, the researchers’ interest is focused on synthetic bioresorbable and biocom-
patible polymers such as polylactide (PLA), polycaprolactone (PCL) and polyglycolide
(PGA) [27]. Among them, PCL is the most promising due to slow degradation time
(>24 months) with respect to PLA (12–16 months) and PGA (6–12 months) [28]. How-
ever, to overcome the PCL drawbacks concerning structural (elevated hydrophobicity)
and biological aspects (poor bioactivity and low cell adhesion), PCL is usually combined
with ceramic materials such as hydroxyapatite (HA). HA shows excellent biocompatibil-
ity, bioactivity and osteoconductive properties, allowing enhanced bone formation and
implant-site recovery [29,30].

In this paper, the elementary unit cell geometry, surface functionalization, mechanical
properties and biological response of scaffolds based on Ti6Al4V alloy, produced with a
mixture of reused and virgin new powders by the EBM technology, were considered for
bone tissue regeneration. The aim of the work is to fabricate suitable scaffolds for in vivo
perspectives starting from industrial EBM process based on cost and waste reduction in
order to overcome issues connected to the high costs of preclinical studies. Starting from
reused powder blended with virgin new powder as the raw material of the EBM process,
scaffolds with DO and RD elementary unit cell geometry were produced. After production,
scaffolds were submitted to topological and mechanical characterization to compare their
performances with the experimental and simulated results reported in literature [5] for
identical structures (same alloy composition, production technology and elementary unit
cell geometries). Afterwards, scaffolds were coated with a single layer of PCL or PCL/HA
for surface functionalization and then submitted to biological tests. Human mesenchymal
stem cell cultures for 24 h and 4 days were used as a fast check of the scaffold’s biological
response. The role of unremoved residual powder in the scaffold core on mechanical and
biological behavior was also considered. Results evidenced mechanical and biological
performance of scaffolds produced by EBM industrial methods fully comparable to the
literature data from scaffolds produced by virgin new powder, thus providing an indication
for viable industrial processes for cost reduction of preclinical studies.

2. Materials and Methods
2.1. Material

Scaffolds were produced using Arcam Ti6Al4V powder. The raw material was a
mixture of Arcam powder in recycled and virgin new conditions blended in unknown
proportions. In this paper, from now on, the blended raw powder is indicated as P1,
while the virgin new powder, used as reference, is indicated as P2. As provided by the
manufacturer (Arcam website [31]), the virgin new powder P2 has a particle size in the
range 45–106 µm, density 2.47 g/cm3 and the nominal chemical composition reported in
Table 1.

Table 1. Nominal chemical composition (wt.%) of the Arcam Ti6Al4V powder in virgin new condi-
tion (P2).

Al V C Fe O N H Ti

6.0 4.0 0.03 0.1 0.1 0.01 <0.003 Bal.

2.2. Scaffold Geometry

The scaffolds’ local geometries adopted in this study are schematically shown in
Figure 1. Scaffolds were designed using Magics 21.0 in diamond (DO, Figure 1A) and
rhombic dodecahedron (RD, Figure 1B) elementary unit cell. Scaffold volume, indepen-
dently on elementary unit cell geometry, corresponds to a cube 1 cm side length.
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Figure 1. Schematics of the scaffolds’ elementary unit cell geometry: (A) diamond (DO) and (B)
rhombic dodecahedron (RD).

Nominal porosity and strut size are reported in Table 2 for diagonal symmetrical (DO)
and midline symmetrical (RD) elementary unit cells. Theoretical porosity is constant (80%)
for both geometries, while strut size changes on the basis of pore size and interconnectivity.

Table 2. CAD values of porosity and strut size for DO and RD geometries.

Geometry Porosity (%) Strut Size (µm)

DO 80 420
RD 80 460

2.3. Scaffold Manufacturing

Scaffolds were additively manufactured using Arcam A2X electron beam melting
(EBM) system. The entire procedure was carried out in a vacuum with the powder bed
heated to 750 ◦C before the production process to induce partial sintering of powder
particles. Sintering improves powder thermal conductivity and mechanical strength, thus
allowing production of parts with a reduced number of supports or even without any
supporting structure [32]. Processing parameters are reported in Table 3. After production
and cooling, scaffolds were cleaned by Ti6Al4V ELI powder blasting at 4 bar pressure.

Table 3. Arcam A2X printing parameters.

Printing Parameters Outer Contour Inner Contour

Maximum beam current (mA) 3 3
Focus offset (mA) 0 0

Speed (mm/s) 450 470
Offset (mm) 0.13

Number of perimeters 1 1

2.4. Scaffold Porosity and Residual Powder Volume

After powder blasting, some unremoved residual powder was still present in the inner
central part of the scaffold. Residual powder was visible by visual inspection. Observa-
tions carried out by optical (Nikon OPTIPHOT-100, Tokyo, Japan) and scanning electron
microscopy confirmed the presence of residual powder that partially and sometimes to-
tally occluded pores in the scaffold core. The unremoved residual powder was partially
sintered during scaffold production and could not be removed even after repeated blasting
processes.

Scaffold porosity resulting from the production process was experimentally obtained
by X-ray computed tomography (XCT) (Bruker Skyscan 1174 system, Kontich, Belgium)
measurements performed on a slice cut from a scaffold external part, free of residual
powder. The external slice total volume was 160 mm3.
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The total volume of residual powder was estimated from experimental measurement
of scaffold mass by using precision balance and five weighing operations. The mass of
residual powder (mpw) was obtained from Equation (1):

ms = mTi + mpw (1)

where ms is scaffold mass, mTi mass of struts calculated from porosity data and alloy
nominal density (ρTi = 4.43 g/cm3) and mpw total mass of unremoved residual powder.
Residual powder volume (Vpw) was calculated from residual powder density ρpw = 0.68
ρTi = 3.012 g/cm3, as suggested by Tolochko et al. [33].

In order to check distribution of residual powder and presence of porosity occlusions
in the scaffold core, scaffolds were cut by diamond blade at half height (about 0.5 cm below
the upper scaffold surface). After acetone cleaning in ultrasonic system followed by air
jetting, the scaffold was observed by scanning electron microscope.

2.5. Surface Functionalization

Surface functionalization was performed by coating the scaffold with a single layer of:
(a) polycaprolactone (PCL) or (b) a mixture of polycaprolactone and 20% hydroxyapatite
(PCL/HA). The coating operation was carried out by manually dipping the scaffold in
the bath solution for 20 s, followed by air drying. The solvent used in the bath solution
was tetrahydrofuran (THF, CH2Cl2), selected after C. Bordes et al. [34]. Chemical grade
powders of polycaprolactone (PCL, Eurocoating S.p.a.) and hydroxyapatite (HA, Boc
Sciences, Inc., Shirley, NY, USA) were used as solutes. The bath solution was obtained by
gradually melting PCL and PCL/HA powders in THF solvent under magnetic stirring at
room temperature.

2.6. Morphological, Structural and Mechanical Characterization

Morphological characterization of blended powder (P1) and reference virgin powder
(P2) as well as of the DO and RD scaffolds was carried out by Zeiss Supra 40 field emission
scanning electron microscope (FESEM) (Carl Zeiss AG, Oberkochen, Germany) equipped
with Bruker Z200 energy dispersive microanalysis (EDS) (Billerica, MA, USA) and Tescan
Vega 3 scanning electron microscope (SEM) (Brno, Czech Republic) equipped with EDAX
Elements EDS system. Starting from FESEM images, powder mean grain size was evaluated
by ImageJ software (version 1.52a, NIH, Bethesda, MD, USA [35]).

Scaffolds in DO and RD geometries were morphologically characterized by 3D light
microscopy (3D LM) and FESEM observations.

Scaffold porosity was experimentally obtained by XCT analysis carried out in Bruker
Skyscan 1174 system at V = 40 kV, I = 800 µA with Cu-Kα radiation source, pixel size
13.8 µm, rotation step 0.2◦, total rotation angle 360◦, exposure time per projection 8 s,
aluminum filter (1 mm) for optimization of X-ray energy transmission. Projections were pro-
cessed by SkyScan reconstruction program NRecon, collecting stacks of cross-sectional slices
generated with the following settings: misalignment compensation = −3, smoothing = 3,
ring artefacts reduction = 5, beam hardening correction = 8%. The 3D reconstructions of
DO and RD slices were carried out by VG Studio MAX 1.2 software (Volume Graphics,
Heidelberg, Germany).

Structural information from powders and scaffolds were obtained by X-ray diffraction
(XRD), while EDS microanalysis was used to estimate chemical composition.

A Bruker D8 Advance diffractometer operating at V = 40 kV and I = 40 mA, with
Cu-Kα radiation, in the angular range 2θ = 34◦–43◦ was used for XRD measurements.
Pattern analysis was carried out by DIFFRAC.EVA software package including ICDD—
PDF 2 license for search/match analysis. Shape analysis of XRD peaks was carried out by
OriginPro (version 8.5) software package.

EDS analysis was carried out by a Bruker Z200 microanalysis system installed in a
Zeiss Supra 40 FESEM. Chemical composition by EDS were obtained by averaging data
taken from three different sample areas observed at same magnification (1000×). Results
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are reported as average value (AV) and standard deviation (SD) calculated from the three
measurements.

Topographic maps were obtained by Nikon LV 150 Confovis Microscope (Tokyo,
Japan). Scaffold roughness parameters were measured from topographic maps, according
to ISO 25178-603 [36].

Mechanical performance of uncoated scaffold was investigated by uniaxial compres-
sive tests carried out in Instron 5567 system (5 kN load cell, 0.5 mm/min speed) (Norwood,
MA, USA) in accordance with the standard ISO 13314:2011 [37]. For each scaffold geometry,
four cubic samples 10 × 10 × 10 mm3 were tested. The results of compressive tests are
plotted as a stress–strain curve from which were calculated: (a) maximum stress value at
first peak, assumed as compression strength, after Li et al. [5], (b) Young modulus and (c)
compressive strength at 40% strain. Mechanical parameters estimated from stress–strain
curves allowed the comparison of results obtained in this work to literature data.

2.7. Biological Characterization
2.7.1. Cell Culture Conditions

Human mesenchymal stem cells derived from bone marrow were isolated and pheno-
typically analyzed to assess their mesenchymal properties according to the International
Society for Cellular Therapy by a method previously described [38,39]. The study was con-
ducted in accordance with the Institution Review Board of Fondazione IRCCS Policlinico
San Matteo and the University of Pavia (2011). Written informed consent was obtained
from all participants enrolled in the study. Cells used in all experiments were mainly at
passage 4–5.

Cells were grown at 37 ◦C in 5% CO2 humidified atmosphere, maintained in low-
glucose DMEM (Dulbecco’s modified Eagle’s) supplemented with 10% FBS, 1% glutamine,
1% penicillin-streptomycin and amphotericin B (Lonza Group Ltd., Basel, Switzerland).

Before cell seeding, the scaffold was sterilized in an autoclave (Vapor Matic 770) at
120 ◦C for 20 min, washed with phosphate-buffered saline (PBS 1X), while coated scaffolds
were sterilized by immersing in 70% ethanol bath for 20 min. Subsequent scaffolds were
placed inside a standard 24-well-plate (Corning Inc., Corning, NY, USA), washed several
times with sterile distillated water followed by PBS 1X and finally dried under ultraviolet
light exposure for 40 min in order to prevent contamination. A cell suspension of 5 × 104

was placed on the top of each scaffold. After 0.5 h of incubation, 1.3 mL of culture medium
was added to the scaffold covering. The hMSC seeded and cultured on tissue culture plates
(TCPS) wells were inserted as control.

2.7.2. Cell Viability Assay

Cell viability on different scaffolds was estimated by using resazurin-based assay
(TOX8-1KT Sigma Aldrich, St. Louis, MO, USA) after 1 and 4 days of incubation, as
previously reported [40]. According to manufacturer instructions, resazurin solution
(Sigma-Aldrich) was added in 1:10 ratio with respect to culture volume to each well plate,
and incubated for 3 h at 37 ◦C in 5% CO2. At the end of incubation time, absorbance was
measured at 570 and 600 nm wavelengths using a microplate reader (Bio-Rad Laboratories,
Hercules, CA, USA). Each biological experiment was performed in triplicate and in at
least three separate tests. Results were expressed as mean value ± standard deviation.
Statistical analysis of hMSC viability data at 24 h and 4 days was performed using the
GraphPad Prism (version 5.00 for Windows, GraphPad Software, San Diego, CA, USA)
software package. Two-way ANOVA analysis was carried out to check the influence of
geometry and surface treatments on cell viability at 24 h and 4 days, separately. Since
two-way ANOVA analysis did not provide any significant results, t-tests were performed
for DO and RD scaffold geometries on the following parameters: uncoated, PCL coated
and PCL/HA coated scaffolds and vice versa, for both the cell viability times. Statistical
significance was analyzed at: p < 0.05 *.
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2.7.3. Focal Adhesion Kinase—Enzyme-Linked Immunosorbent Assay

The activation of the Focal Adhesion Kinase (FAK) was measured by human phospho-
FAK enzyme-linked immunosorbent assay (ELISA) kit (Human Phospho-FAK (Y397) and
Total FAK ELISA, RayBiotech, Inc., Peachtree Corners, GA, USA). After 24 h from seeding,
cell-seeded samples were washed extensively with sterile PBS to remove culture medium
and lysed with ice-cold lysis buffer (50 mM Tris pH 7.5, 50 mM NaCl, 5 mM ethylenedi-
aminetetraacetic acid, 0.1% Triton, and 1 mM sodium orthovanadate) for 30 min on ice.
Afterwards, lysates were centrifuged at 13,000 rpm for 15 min at 4 ◦C and supernatants
were analyzed by ELISA kit in accordance with manufacturer’s instructions. Data were
expressed as mean value with standard deviation. Statistical analysis was performed using
two-way ANOVA, to understand if geometry and surface treatments have statistically
significative effects on the phospho-FAK on the total FAK signal. The software package
used was GraphPad Prism (version 5.00 for Windows, GraphPad Software, San Diego, CA,
USA) and differences were considered significant for p < 0.05 *. A graph was obtained
normalizing the phospho-FAK on the total FAK signal.

2.7.4. FESEM Observation

After 24 h and 4 days of incubation, cell seeded onto scaffolds were treated as previ-
ously described [41]. The specimens were fixed with 2.5% (v/v) glutaraldehyde solution in
0.1 M Na-cacodylate buffer (pH = 7.2) for 1 h at 4 ◦C, washed with Na-cacodylate buffer
and then dehydrated at room temperature in ethanol gradient series up to 100%. Samples
were frozen for at least one day and then lyophilized 6 h to complete dehydration. Finally,
scaffolds were sputter-coated with gold and observed by FESEM.

3. Results
3.1. Structural and Morphological Characterization of Powders

FESEM observation allowed the morphology of the raw blended powder P1 to be
compared to the reference virgin new powder P2 (Figure 2). Spherically shaped particles
were visible in both P1 (Figure 2A) and P2 (Figure 2B). However, particle aggregation was
clearly visible in P1 (Figure 2A), due to joint neck formation at the particle contact points,
caused by the heating and cooling cycle for powder reuse.
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Figure 2. FESEM images of powders: (A) blended P1 and (B) virgin new P2.

The virgin new powder P2 (Figure 2B) is formed of spherical particles with small
satellites and a size in the range of 40–110 µm in agreement with the values provided by the
manufacturer. The blended powder P1 (Figure 2A) was also formed of spherical particles
with a few residual satellites and a size in the range of 50–130 µm. Aggregation of spherical
particles with neck formation was evident in P1 (Figure 2A).

The experimental chemical composition obtained by EDS analysis of P1 and P2 pow-
ders is reported in Table 4. Within experimental uncertainties, both powders had similar
average chemical composition.
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Table 4. Chemical composition (wt.%) of P1 and P2 powders obtained by EDS analysis. AV—average
value, SD—standard deviation.

Element P1 (wt.%) P2 (wt.%)

AV SD AV SD
Al 5.8 0.2 6.1 0.4
Ti 90.60 0.14 90.5 0.2
V 3.60 0.11 3.4 0.2

XRD patterns of powders are reported in Figure 3. Peak position of α-Ti (ICDD file n.
44-1294) and β-Ti (ICDD file n. 44-1288) phases are indicated by full dots and full squares,
respectively.
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Powders are mainly formed of α-Ti with a small contribution of β-Ti, which is more
evident in P1, due to the recycled part of the blended powder.

3.2. Scaffold Characterization
3.2.1. Geometry

The structure of the scaffold’s top surface as well as the scaffold’s inner structure
were observed by FESEM and SEM, results are reported in Figures 4 and 5. Morphology
of the scaffold’s top surface is shown in Figure 4A for DO and Figure 4B for RD, while
Figure 5A,B report the scaffold’s inner structure.
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Figure 5. SEM images of the scaffold’s inner structure: (A) DO geometry, (B) RD geometry. Insets
show the same area of sample at higher magnification.

Independently of geometry (DO or RD), the top surface of the scaffold is formed of
partially melted particles (Figure 4A,B) with well interconnected open pores.

The scaffold’s inner structure showed pores partially filled with unmelted and neck
connected powder particles (Figure 5A,B).

Images in Figure 5 were taken in the central part (core) of the cut scaffold at the
same magnification for comparison. High density residual powder in DO geometry
(Figure 5A) with total occlusion of most pores was clearly evident. In contrast, RD geometry
(Figure 5B) had pores only partially occluded. It is worth noting that SEM observations
of the peripheric regions, far from the scaffold core, show open pores free from residual
powder.

3.2.2. Porosity and Residual Powder Volume

XCT measurements carried out on scaffold slices free from residual powder provided
identical scaffold porosity values for all geometries, within experimental uncertainties.
From porosity values, the total mass of struts (mTi) and total volume of residual powder
were obtained, according to Equation (1). The results are summarized in Table 5 for the
scaffold geometries investigated.

Table 5. Experimental values resulting from XCT analysis and calculated values of residual powder
weight (mpw) and volume (Vpw). ms—total scaffold mass; Vs—total scaffold volume; mTi—total
mass of struts; VTi—total volume of struts; mpw—total mass of residual powder; Vpw—total volume
of residual powder.

Geometry Porosity
(%) ms (g) Vs (cm3) mTi (g) VTi

(cm3) mpw (g)
Vpw

(cm3)

DO 63 1.94 1 1.64 0.37 0.30 0.0996
RD 63 1.81 1 1.64 0.37 0.17 0.0564

From the data in Table 5, it was evident that the amount of residual powder inside the
scaffold strongly depended on geometry, with DO containing about double the quantity of
residual powder compared to RD. The relative density (ρ = 1 − p), where p is the scaffold
porosity, as defined by Zhou et al. [42], could be also estimated from data in Table 5. For
both geometries, the relative density ρ result was 37%.

3.2.3. Structural and Chemical Characterization

Experimental chemical composition of the scaffolds obtained by EDS analysis was
almost the same for both DO and RD geometries, the results are reported in Table 6. It
is worth noting that the average chemical composition of the scaffold showed a slight
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decrease of vanadium with respect to the experimental composition of P1 and P2 powders
(Table 4).

Table 6. Chemical composition of scaffold obtained by EDS analysis. AV—average value, SD—
standard deviation.

Element Scaffold (wt. %)

AV SD
Al 6.0 0.5
Ti 91.7 0.7
V 2.4 0.2

Figure 6 shows XRD patterns of DO and RD scaffolds. The patterns reported the
peaks of α-Ti (ICDD file n. 44-1294) and β-Ti (ICDD file n. 44-1288) phases as full dots
and full squares, respectively. Scaffolds showed low intensity and broad diffraction peaks
suggested low crystallization. Residual stresses and/or variations in crystalline state of
scaffolds could be responsible for the slight angular peak shift visible in Figure 6.
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3.2.4. Mechanical Tests

Compression tests carried out on scaffolds provided the mechanical behavior shown in
Figure 7 for DO and RD geometries. The gradual collapse of scaffold elementary unit cells
arranged on the scaffold layers was clearly evident in the DO curve, up to 40% reduction
of initial scaffold height, which corresponded to a displacement of 4 mm.
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In the RD curve the gradual collapse of scaffold elementary unit cells was less evident,
although compaction occurred at about the same value of compression on initial height.
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On compression, scaffolds showed a “barrel” phenomenon during layer compaction,
with mechanically different behaviors along the x, y and z directions.

Maximum stress value at first peak was assumed as compression strength, after Li
et al. [5].

Stress–strain curves in Figure 7 also allowed the calculation of Young modulus and
compressive strength at 40%. Results are summarized in Table 7 with values obtained by
Li et al. [5] and Ahmadi et al. [43] for comparison. Table 7 also shows reference values
for cortical bone. It is worth underlining that the values of porosity and relative density
reported in Table 7 for this work referred only to struts without any contribution from
residual powder. Therefore, all values in Table 7 can be reliably compared.

Table 7. Experimental results obtained from the compression tests compared to the results obtained by Li et al. [5] and
Ahmadi et al. [43] with the same scaffold geometries, and reference values for cortical bone.

Reference Porosity (%) Relative Density (%) Young Modulus (GPa) Compression
Strength (MPa)

Compression
Strength at 40%

(MPa)

DO RD DO RD DO RD DO RD DO RD
This work 63 63 37 37 1.949 ± 0.001 1.622 ± 0.001 99 78 86 88
Li et al. [5] 70 70 30 30 2.59 ± 0.13 4.89 ± 0.05 88 ± 5 174 ± 4

Ahmadi et al. [43] 80 72 20 28 45 80 30 70

Cortical bone 3.9–11.7 80

3.2.5. Surface Functionalization

SEM observations in cross-section of PCL and PCL/HA coatings are shown in Figure 8.
DO and RD scaffolds coated with PCL are reported in Figure 8A,B, respectively, while
DO and RD scaffolds coated with PCL/HA are shown in Figure 8C,D for comparison. In
SEM images the coatings appeared brighter than the metal struts of scaffold, continuous
and well-adhered to the scaffold’s top surface as well as to surface of inner struts, when
the coating penetrated inside the scaffold. Coating reduces scaffold surface roughness
resulting in a smoothing effect leading to thickness variation of coating from a few tens
of microns up to about 1 mm. The coating on the top surface always exhibits a porous
structure due to solvent evaporation (inset in Figure 8C), as already reported by Abdal-hay
et al. [44].
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3.2.6. Surface Roughness

Top surface roughness maps of uncoated and coated scaffolds are reported in Figure 9
for comparison. From the roughness maps the roughness parameters of both scaffold
geometries in uncoated and coated conditions were derived. The scaffold roughness
parameters that estimated statistical distribution of height values along z axis, are listed
in Table 8, with: Ra—average surface roughness, mean value of absolute distances in the
roughness profile; Ssk—surface skewness, symmetry of roughness profile with respect to
the mean line; Sku—surface kurtosis, sharpness of roughness profile; Sp—surface peak,
maximum height of roughness profile from the mean line; Sv—surface valley, maximum
depth of roughness profile from the mean line. Average surface roughness (Ra) shows the
same trend for DO and RD, higher values for uncoated scaffolds and a slight decrease for
PCL and PCL/HA coated scaffolds. All scaffolds, except for the DO uncoated condition
that has valley predominance (Ssk < 0), show predominance of peaks in the roughness
profile (Ssk > 0), with higher values of maximum peak height (Sp) and maximum valley
depth (Sv) for the RD uncoated condition. Sharpness of roughness profile (Sku) is higher
for PCL than for PCL/HA coating regardless of scaffold cell geometry.
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PCL/HA.

Table 8. Roughness parameters estimated from roughness maps.

Parameters
DO RD

Uncoated PCL PCL/HA Uncoated PCL PCL/HA

Ra (µm) 6.5 3.9 2.8 10 3.5 3.27
Ssk −0.8 0.7 0.13 0.4 1.14 0.5
Sku 4.3 5.4 4.1 4.0 7.13 3.6

Sp (µm) 2.9 3.8 2.1 9.1 3.26 2.7
Sv (µm) 5.8 2.18 1.7 9.8 1.5 1.6
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3.3. Scaffold Interaction with hMSCs

In order to evaluate scaffold interaction with hMSCs, all groups were examined for
cell viability, morphology and activation of the FAK protein typically involved in the cell
adhesion process.

Tests of cell viability in Figure 10 were carried out on DO and RD scaffolds in uncoated
and coated condition, after 24 h (Figure 10A) and 4 days of incubation (Figure 10B). Data
were normalized on the control (TCPS) and are reported as percentage values.
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Figure 10. Cell viability at (A) 24 h and (B) 4 days on DO and RD uncoated, coated with PCL and with PCL/HA—p < 0.05 *.

The results of SEM observations performed in the same experimental setup on DO and
RD scaffolds in uncoated and coated conditions after 24 h and 4 days of cell incubation are
reported in Figure 11. After 24 h incubation, the cell distribution in the uncoated scaffolds
are shown in Figure 11A,B for the DO and RD geometry, respectively. Images of the DO
and RD scaffolds coated with PCL are shown in Figure 11C,D, respectively. Images of the
DO and RD scaffolds coated with PCL/HA are shown in Figure 11E,F, respectively. In all
scaffold conditions (coated and uncoated) and geometries (DO and RD), effective hMSCs
presence was evidenced, while cell morphology suggested that after 24 h incubation, cells
were in the spreading phase on the scaffold surface.

After 4 days incubation cell number had increased, with cells starting to colonize
scaffold inner layers. Although, in DO and RD uncoated condition (Figure 11G,H) cells
were clearly visible on the scaffold surface, they were not visible on the top surface of the
coated scaffolds. In order to observe cell colonization of the scaffold inner part, coated
scaffolds with PCL and PCL/HA were cut at 2 mm depth from the top surface and then
observed by SEM. In the scaffold’s deeper layers, SEM observations clearly evidenced
cells in spreading phase independently of scaffold geometry (DO or RD) and coating type
(PCL or PCL/HA). The results of SEM observations of the coated scaffold inner region are
reported in Figure 11I,J for DO and RD coated with PCL, and in Figure 11K,L for DO and
RD coated with PCL/HA.

ELISA assay analysis of FAK phosphorylation in hMSCs revealed that P-FAK was
highly upregulated in cells grown on DO compared with cells grown on RD, indicating
activation of FAK signaling by geometry cues (Figure 12).
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Figure 12. The activation level of FAK was measured by ELISA assay after 24h of incubation onto the
different scaffolds. Bar graphs show P-FAK values normalized on the total FAK—p < 0.05 *.

4. Discussion

The ideal scaffold for tissue regeneration must: (a) support the normal cellular ac-
tivity without producing any harmful effect (biocompatibility), (b) allow cells to adhere,
proliferate and form extracellular matrix on its pore and surface, (c) allow formation of
blood vessels to support the transport of oxygen, nutrients and waste products. Therefore,
obtaining an ideal scaffold means taking control of any aspect of the production chain
starting from the selection of raw materials and production technology to the design of pore
shape, size and interconnectivity. Furthermore, cell viability tests allow the checking of
material biocompatibility and cell colonization of the produced scaffolds. Therefore, in the

198



Materials 2021, 14, 224

perspective of tissue regeneration, biological characterization is as essential as mechanical
and structural characterization.

In this study, cell viability tests were used as a fast check of biological response
concerning scaffold pore topology and surface functionalization coating. For this reason,
viability tests were stopped after only 4 days of culture, even before stem cell differentiation.

The raw material used to fabricate the scaffolds was Arcam Ti6Al4V powder blended
in an unknown proportion with the same powder after several recycles. Blending recycled
powder used in previous EBM processes with virgin new powder is common practice in
the additive manufacturing industry to reduce costs and waste [17]. Although the chemical
composition (Table 4) and lattice structure (Figure 3) of the raw powder (P1) were almost
unaltered with respect to the virgin new powder (P2), in agreement with Alamos et al. [45],
SEM images clearly showed particle aggregation through neck formation in P1 (Figure 2A).

Powder sintering occurring during the preheating and melting steps of the EBM
process led to the formation of necks between particles (Figure 2A), that were responsible
for powder aggregation. Although aggregation increased powder strength [32], aggregated
particles remained entrapped in the pores of scaffold core (Figure 5) with consequences on
scaffold topology-connected performance and mechanical properties.

The amount of residual powder inside the scaffold depended on geometry as evident
in Figure 5 and Table 5. In particular, DO geometry, which had more intricate pore pathway
for the release of unmelted powder entrapped inside the scaffold [6], contained about 76%
more residual powder than RD (Table 5).

The most important geometrical features in DO and RD geometries such as pore size,
strut size and porosity were investigated by Li et al. [46] using software analysis. All these
parameters not only affect biological performance but also play a central role in mechanical
properties [5].

Li et al. [5,46] investigated scaffold produced from virgin new powder with the
same unit cell geometries (DO and RD) of our scaffolds that were produced with the
blended P1 powder described above. Therefore, results obtained by Li et al. from software
simulation [46] and mechanical tests [5] were taken here as reference and compared with
our results in Table 7.

In particular, Li et al. [5] estimated a porosity value around 70% for both DO and
RD unit cell geometry (Table 7). In our case, the porosity experimental value was 63%
for both geometries (Table 7). Discrepancies between software calculated (Table 2) and
experimental values were fully due to the EBM manufacturing technique. In particular,
the EBM processing parameters reported in Table 3 allowed scaffold to be obtained with a
strut size much larger (ranging from 800 to 1000 µm for both DO and RD geometries) than
the nominal CAD values listed in Table 2. This reduced scaffold porosity to 63% against
the expected 80% of CAD calculation (Table 2). Nevertheless, the struts were fully dense
without pores or lack of fusion defects (Figure 5).

The EBM process occurs in vacuum, thus avoiding any oxygen contamination that
could modify the chemical composition and physical properties of the powder, even after
reuse [32]. However, the melting process in EBM can induce compositional variations in
the final parts with respect to the metal powder. In our case, this event was confirmed by
EDS analysis of scaffolds whose average chemical composition (Table 6) showed slight
decrease of vanadium with respect to the alloy’s nominal composition (Table 1) and the
experimental composition of the blended powder (Table 4).

XRD analysis of P1 and P2 powders (Figure 3) clearly showed the joint presence of
α-Ti and β-Ti phases in both specimens. The peak intensity in the patterns evidenced
better crystallization and higher β-Ti content in P1, due to the recycled part of blended
raw powder. XRD patterns of scaffolds (Figure 6) confirmed the joint presence of α-Ti and
β-Ti phases suggesting that the vanadium decrease measured by EDS was incapable of
deeply changing the alloy’s microstructure. Nevertheless, comparing the XRD patterns of
powders (Figure 3) and scaffolds (Figure 6) a markedly reduced crystallinity and possible
residual stresses in scaffolds could be argued.
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During the melting step of the EBM process, the electron beam provides enough
energy to induce localized powder melting. However, in regions adjacent to the melted
zone, the powder temperature does not reach the melting value so that large numbers
of spherical titanium particles remain partially bonded to the walls of the melted pool,
giving rise to the surface morphology reported in Figure 4. Studies on surface roughness
of EBM implants identified Ra = 24.9 µm as the upper limit value for positive effects
on cell proliferation and differentiation [47]. Roughness values of the scaffold surface
reported in Table 8 are well below this limit, even in uncoated condition, confirming that
scaffolds manufactured with the EBM parameters reported in Table 3 meet the needs of
scaffold−host tissue interface for bone regeneration. Moreover, surface functionalization
coating further decreases average surface roughness (Table 8). Recent studies demonstrated
beneficial effects in several biomedical applications of as-fabricated rippled surfaces in
EBM processed alloys [48,49].

Concerning additional topology-connected performances of scaffolds, it is worth
noting that the DO geometry generally provides a more suitable structure for cell vitality
than RD, both at 24 h and 4 days. Metabolic protein quantification confirms the better
biological response of DO against RD. Quantification of P-FAK on total FAK (Figure 12),
being the phosphorylation of FAK, the activator signal of the cell adhesion pathway, is
indicative of a gentler environment for cell adhesion. Regardless of the percentage of viable
cells present in scaffolds, a higher value of P-FAK/FAK of DO geometry corresponds to a
greater number of viable cells attached to the scaffold. Therefore, since cell adhesion is a
regulator of cellular proliferation, migration and differentiation [50], this result suggests a
better biological response of the DO unit cell geometry against RD, in perfect agreement
with the numerical analysis by Li et al. [6].

Further improvement in cell adhesion and proliferation was obtained by coating the
scaffold surface with a single layer of PCL or PCL/HA. For both scaffold geometries (DO
and RD) surface coating enhanced cell viability at 24 h and 4 days, especially in the presence
of HA (Figure 10). The PCL coating, with or without HA, promoted enhancement of P-FAK
activation independently of the scaffold geometry (DO or RD).

Coatings (Figure 8) adhered to the substrate in varying thickness according to the
surface topography developed by partially melted powder particles. Independently of
coating type (PCL or PCL/HA), a porous structure formed on the coating surface due to
solvent evaporation (inset in Figure 8B). This porous structure promoted nutrient diffu-
sion and osteointegration, thus supporting cell differentiation and proliferation [44]. The
coating changed the morphology and chemical composition of the scaffold surface, thus
improving further surface biofunctions [18]. Moreover, coating reduced the surface rough-
ness, PCL/HA had the lowest Ra value (Table 8) and improved the biological behavior of
stem cells (Figure 10B). SEM observations at 4 days incubation showed an absence of stem
cells on the scaffold’s coated surface, suggesting penetration of hMSCs inside the scaffold
(Figure 11). Therefore, the investigated coatings enhanced cell penetration into the scaffold,
with PCL/HA showing better performance due to lower surface roughness.

In terms of mechanical behavior under uniaxial compressive testing (Figure 7) scaf-
fold unit cell geometry seemed to be the most influencing parameter, although powder
aggregation effects in the scaffold core must be considered. Stress–strain curves shown in
Figure 7 for DO and RD unit cell geometry exhibited a general shape in agreement with
the results in literature for the same cell topology [5,43]. The DO curve grew rapidly up to
maximum stress value, corresponding to the compression strength, then large oscillations
due to collapse of unit cells under compressive load followed. The collapse mechanism
was clearly described by Ahmadi et al. [43] and Del Guercio et al. [51] In contrast, the RD
curve after its first rise showed small oscillations around the same average stress value
(Figure 7), in agreement with the results in literature [5,43]. However, contrary to the
results in literature, DO and RD curves in Figure 7 reached the same stress value in the
final part of the curve at high strain values. The two curves were completely superimposed
above 35% strain, when the unit cells were all collapsed, and the scaffold structure arrived
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at compaction (Figure 7). Ahmadi et al. [43] reported the trend of compression strength and
yield stress as a function of relative density for DO and RD geometries, showing that for
relative density below 25% the two curves were superimposed, while for higher values RD
always exhibited higher mechanical properties against DO. Ahmadi et al. [43] attributes
the lower mechanical properties of DO to the unit cell geometry which is relatively simple
and different struts provide only limited support to each other during compression. The
relative density of our scaffolds, obtained by experimental calculation of porosity from
XCT analysis, was 37% with compression strength of RD (78 MPa) lower than DO (99 MPa),
as reported in Table 7. Generally, the mechanical behavior of our scaffolds strongly differed
from the results of Li et al. [5] and Ahmadi et al. [43] for similar structures (Table 7). In
particular, the large size of struts (ranging from 800 to 1000 µm) in our scaffolds determined
the elastic behavior (Young modulus) and compression strength of DO and RD geometries
(Table 7). Following Ahmadi et al. [43], the more complex unit cell geometry (RD) exhibited
lower elastic properties (Table 7), while absolute values of Young modulus were always
lower than the values from Li et al. [5] for similar cell geometries with lower strut size and
lower relative density (Table 7). Therefore, higher strut size gives rise to stiffer structures
with different behaviors for different unit cell geometries. In our case, both strut size and
the absence of structural defects inside the struts (Figure 5) were responsible for higher
compression strength of DO with respect to RD (Table 7).

On compression, in the simpler DO geometry failure of a single strut caused collapse
of an entire elementary unit cell, then producing the large oscillations visible in the DO
curve in Figure 7. As the collapse of elementary unit cells occurred from outside to inside
during compression, the first part of the stress–strain curve (Figure 7) was not influenced
by the residual powder stored in the scaffold core (Figure 5). However, when all external
elementary unit cells had collapsed, elementary unit cells in the scaffold core that were
partially filled with sintered residual powder, started to deform. On collapse of core
elementary unit cells, the scaffold’s mechanical properties became dependent on sintered
residual powder, which increased compressive stress and stress on struts in the longitudinal
direction perpendicular to the compressive force. In this way, differences in mechanical
properties linked to different elementary unit cell geometry vanished, overruled by the
presence of residual powder, so stress–strain curves of DO and RD unit cells coincided.
It is worth noting that the compression strength at 40% of our scaffolds is very close to
the experimental value of cortical bone (Table 7), suggesting that the presence of residual
sintered powder did not deteriorate the mechanical performance of the scaffolds.

5. Conclusions

In biomedical industries, the high cost of device preclinical studies generates a gap
between investigation and device commercialization. The aim of this study is to fill the gap
by checking the feasibility of cost saving processes based on EBM technology. Starting from
a mixture of reused and virgin new powders, as commonly done in industrial practice,
scaffolds with diamond (DO) and rhombic dodecahedron (RD) elementary unit cells were
produced and surface functionalized from the perspective of tissue regeneration applica-
tions. Surface functionalization was carried out by coating the scaffold with either PCL
or PCL/HA layers. The feasibility of our industrial approach was verified by comparing
scaffold biomechanical performance with standard preclinical studies in literature.

The main results obtained can be summarized as follows:

• EBM technology is suitable for the production of porous structures with controlled
topology and well-defined unit cell geometry showing appropriate biological perfor-
mance and surface characteristics for in vivo perspectives. Low surface roughness
typical of the EBM process promotes hMSC proliferation, while the partially sintered
residual powder in the scaffold’s core is responsible for the porosity mismatch between
experimental and CAD design values;

• The mechanical performance of the scaffold is mainly influenced by elementary unit
cell geometry. The presence of residual powder becomes evident for compression
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values outside the range of in vivo use of the device and tends to cancel out the differ-
ences between geometries. In general, the compression behavior of the scaffolds is
quite similar to natural bone tissue and follows trends reported in literature, although
strut size and the absence of structural defects inside the struts are responsible for the
higher compression strength of DO against RD;

• Short-term cell viability and metabolic protein quantification identifies DO as a better
biological environment than RD, in agreement with literature-reported numerical
simulations. After 4 days incubation, hMSCs start to penetrate inside the scaffold,
favored by adherent, continuous and protective layers of PCL and PCL/HA.

From the above results it is evident that powder recycling represents a convenient
industrial practice applicable to the manufacture of biomedical devices to heavily reduce
preclinical costs without altering biomechanical performance.
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Abstract: We evaluated the response to peri-implant bone placed in the femoral condyle of osteoporotic
rats, following intravenous zoledronate (ZOL) treatment in three settings: pre-implantation (ZOL-Pre),
post-implantation (ZOL-Post), and pre- + post-implantation (ZOL-Pre+Post). Twenty-four female
Wistar rats were ovariectomized (OVX). After 12 weeks, the rats received titanium implants in the right
femoral condyle. ZOL (0.04 mg/kg, weekly) was administered to six rats 4 weeks pre-implantation
and was stopped at implant placement. To another six rats, ZOL was given post-implantation and
continued for 6 weeks. Additional six rats received ZOL treatment pre- and post-implantation.
Control animals received weekly saline intravenous injections. At 6 weeks post-implantation,
samples were retrieved for histological evaluation of the percentage of bone area (%BA) and of the
percentage of bone-to-implant contact (%BIC). BA% for ZOL-Pre (29.6% ± 9.0%) and ZOL-Post (27.9%
± 5.6%) rats were significantly increased compared to that of the controls (17.3% ± 3.9%, p < 0.05).
In contrast, ZOL-Pre+Post rats (20.4% ± 5.0%) showed similar BA% compared to Saline controls
(p = 0.731). BIC% revealed a significant increase for ZOL-Post (65.8% ± 16.9%) and ZOL-Pre+Post
(68.3% ± 10.0%) rats compared with that of Saline controls (43.3% ± 9.6%, p < 0.05), while ZOL-Pre rats
(55.6% ± 19%) showed a BIC% comparable to that of Saline controls (p = 0.408). Our results suggest
that receiving intravenous ZOL treatment before or after implant placement enhances peri-implant
bone responses in terms of bone area. However, the effect of different ZOL treatment regimens on
BIC% was found to be inconclusive.

Keywords: dental implants; osseointegration; osteoporosis; zoledronate; animal model

1. Introduction

The worldwide use of dental implants is still increasing, as these fixtures offer many advantages
above the more conventional prosthetic reconstruction of lost teeth [1]. This is also because of
improved long-term prognosis thanks to innovations in implant design [2]. Overall, the success of
dental implants is attributed to their ability to integrate well in living bone (i.e., osseointegration) [3].
However, bone–implant integration can be challenging in compromised conditions, like in the absence
of sufficient bone mass and density. Such a condition is frequently diagnosed in older adults and
is called osteopenia [4]. Osteopenia is an initial condition that can develop into osteoporosis and
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is characterized by a reduction in bone density below a standard score compared to healthy young
adults [5]. Especially, women are at higher risk for osteopenia as a consequence of menopausal estrogen
deficiency [6]. Osteopenia makes bones weaker, which results in a higher risk of fractures and delayed
bone healing [7]. Consequently, it can be hypothesized that dental implants installed in patients
suffering from osteopenia are more prone to failure. Currently, there is no consensus regarding the
effect of osteoporosis on the survival rate of dental implants [8,9]. Clinically, some studies observed
significantly higher implant failure in patients with osteoporosis [10,11], while other studies could
not associate osteoporosis with increased implant loss [12,13]. An explanation for this discrepancy
can be the used selection criteria for inclusion or exclusion of patients in the various clinical studies,
the wide variation in implant types, and the administration of different drugs [9]. Therefore, it is
recommended that standardized experiments are performed to elaborate further on this topic and
clarify this matter. The present study is part of a series of experiments, which were designed to fill in
the lack of knowledge about the relationship between osteoporosis and bone–dental implant response.

The pharmaceutical treatment of osteoporosis includes the use of a wide range of drugs (e.g.,
bisphosphonates, statins, drugs for estrogen replacement therapy (ERT), calcitonin, parathyroid
hormone, and calcium supplements) as well as various routes of administration (i.e., oral or
systemic) [14]. Besides being used to decrease fracture risk in osteoporotic patients, these drugs
have also been suggested to support bone formation around dental implants [14,15]. The data of these
preclinical studies generally indicated that the application of systemic bisphosphonate treatment has a
positive effect on implant osseointegration [16]. Bisphosphonates (BPs) are a class of drugs capable of
mediating bone metabolism and reducing bone turnover [17]. BPs exhibit antiresorptive effects by
reducing osteoclastic recruitment and activity [18]. Moreover, BPs have been reported to stimulate the
function of osteoblasts [19,20]. A recent systematic review by Gelazius et al. examined the effect of
bisphosphonates on dental implant placement procedure, and the results showed no significant implant
success rate difference in intravenously and orally medicated groups. Moreover, patients treated
with intravenous bisphosphonates seemed to have a higher chance of developing implant-related
osteonecrosis of the jaw, and implant placement in patients treated intraorally could be considered safe
with precautions [21]. One of the most potent BPs is zoledronate (ZOL), which is characterized by
long-term retention in bone tissues compared to other BPs [22,23]. ZOL is primarily administrated
intravenously (IV) to avoid gastrointestinal adverse effects associated with oral administration of
BPs [24,25]. ZOL has been shown to favor the bone–implant response [26–28]. It is also well documented
that ZOL has possible side effects, as it may cause initial influenza-like illness associated with the first
infusion. Renal failure has been noted in patients with cancer after repetitive high-dose ZOL infusions.
Moreover, osteonecrosis of the jaw after tooth extraction has been recorded as a result of the systemic
administration of ZOL [29]. However, the effect of the timing of drug administration, i.e., before and/or
after placing dental implants, is not clear [14]. Considering all this, we hypothesized that an initial
treatment targeting an osteopenic bone condition before implant installation would be more favorable
for implant–bone integration compared to a treatment started after implant placement.

Therefore, the purpose of the present study was to evaluate the bone response to titanium implants
placed in osteoporotic rats treated with intravenous ZOL at three different times (pre-implantation,
post-implantation, and pre- and post-implantation) compared to non-treated controls.

2. Materials and Methods

2.1. Ovariectomy Rat Model

All animal experiments in the present study were in accordance to the guidelines (national and
international) for animal care and conformed to the ARRIVE guidelines. The Animal Ethics Committee
at King Saud University, Saudi Arabia, approved the present study (No. 4/67/389683). Twenty-four
female Wistar rats (weight of ~250 g) were used. The animals were housed in standardized rat cages
(4–5 animals per cage) maintained in a laboratory environment with controlled temperature (22–24 ◦C)
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and humidity (45–55%) and 12 hourly light and dark cycles. All animals had ad libitum access to a
standard rat chow diet and water. All rats were subjected to bilateral ovariectomy (OVX) procedures
under general anesthesia (GA) to induce an osteoporotic condition as previously described [30].

2.2. Sample Number Estimation

The power analysis of sample size was done using the formula (n1 = n2 = n3 = 1 + 2 × c(s/d)2).
Standard deviation (s) was 12.5, effect size (d) was 15, C was 7.85 (resulting from 1-β = 0.8 and α =

0.05). The final result was 24 rats (one implant per rat).

2.3. Implantation Procedures and Study Groups

At 12 weeks post-ovariectomy, a sterile condition was applied for the implantation surgery.
A single intraperitoneal injection of 0.2 mg/kg xylazine (Chanazine, Chanelle Pharmaceutical, Galway,
Ireland) and 0.5 mg/kg ketamine hydrochloride (Ketamine, Pharmazeutische Praparate, Gießen,
Germany) was used for general anesthesia. Then, the right rat’s leg was shaved and disinfected using
10% Povidone–iodine (Alphadin, MedicScience Life Care Pvt. Ltd., Haryana, India). An incision was
made over the knee joint to expose the femoral condyle. Then, we drilled a small hole (1.5 mm in
diameter and 8 mm in depth) using surgical burs and a rotary handpiece along with saline irrigation.
Then, a commercially available mini-implant (Unitek™ TADs, 3M Oral Care, St Paul, MN, USA,
diameter, 1.8 mm, length, 8 mm) was placed in the prepared hole (1 implant per rat). Finally, the skin
was sutured with 4-0 resorbable sutures (VICRYL® Polyglactin 910, Ethicon, Johnson & Johnson, New
Brunswick, NJ, USA). For the anti-osteoporotic treatment, a ZOL injection (Zometa® 4 mg, Novartis,
Basel, Switzerland) was prepared and administered intravenously via the tail vein, as described
previously [26]. For the experiment, rats were divided into four equal groups (n = 6 rats per group):

1. ZOL-Pre: weekly ZOL administration (0.04 mg/kg body weight) in the 4 weeks prior to implant
placement [31].

2. ZOL-Post: weekly ZOL administration in the 6 weeks from implant placement until the end of
the study (=6 weeks) [14].

3. ZOL-Pre+Post: weekly ZOL administration from 4 weeks prior to implant placement until the
end of the study (=10 weeks).

4. Saline: weekly intravenous injection with 1 mL saline from 4 weeks prior to implant placement
until the end of the study; this group was considered the non-treated control.

2.4. Animal Euthanasia and Specimen Retrieval

All rats were euthanized with CO2 after 6 weeks of healing. The bone specimens were retrieved and
fixed in 10% formalin for 2 days. Then, the samples were kept in 70% ethanol for histological preparation.

2.5. Histological and Histomorphometric Examination

First, the bone samples were dehydrated in ethyl alcohol from 70% to 100%, then embedded
in poly(methylmethacrylate) (pMMA) resin. Thereafter, longitudinal sections (10 µm thick) were
prepared using a microtome and stained with methylene blue and basic fuchsin. A light microscope
(Aperio ImageScope, Leica Biosystems, Buffalo Grove, IL, USA) was used for their observation.
Histologic observations were performed by two examiners (AB & JJ). Using the Aperio ScanScope
(Aperio ImageScope, Leica Biosystems, Buffalo Grove, IL, USA) image extraction tool, individual
histology images were extracted in 25% jpg format. An image analysis software (IMAGE-J 1.4,
National Institute of Health, Bethesda, MD, USA) was used to perform blinded histomorphometric
measurements for three histological sections per implant (at ×20 objective magnification). The color
hue and saturation of bone tissues were selected and standardized to red, while the other tissues were
in yellow. Then, bone area (BA%) was measured in a region of interest (ROI) on both sides of the
implant, i.e., a rectangular box (1 mm width, 4 mm length) that started at the 2nd top implant thread
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(Figure 1). Bone-to-implant contact (BIC%) was assessed by manually measuring the relative length of
bone tissue in direct contact with the implant. The measurements from both sides of the implant in
three different sections were averaged and used for statistical analysis.
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Figure 1. Sequence of representative histological sections (stained with methylene blue and basic fuchsin)
showing the region of interest (ROI) for the measurement of bone area (BA%) and bone-to-implant
contact (BIC%): from the left and right sides of the implant (yellow box).

2.6. Statistical Analysis

SPSS Statistical Program (Version 26, IBM, USA) was used to perform the descriptive statistics
of BA% and BIC%, as mean and standard deviation (SD). Comparisons between test and saline
groups were performed using one-way analysis of variance (ANOVA) with Dunnett post-hoc test,
with statistical significance of p < 0.05.

3. Results

3.1. Rat Model

Animals in all groups showed no clinical complications or infections post-implantation.
Table 1 summarizes the number of implants placed and retrieved and the numbers of sections
used for histomorphometric analyses.

Table 1. Summary of implants placed and submitted to histological evaluation. ZOL, zoledronate.

Groups
Osteoporotic Condition

No. Placed Implants No. Used Implants No. Histological
Sections

ZOL-Pre 6 5 * 15
ZOL-Post 6 6 # 18
ZOL-Pre+Post 6 6 18
Saline 6 5 * 14

* Two implants failed (no osseointegration); # Three implants had bicortical penetration of cortical layers.
ZOL-Pre, ZOL administration prior to implant placement, ZOL-Post, ZOL administration after implant placement,
ZOL-Pre+Post, ZOL administration prior and after implant placement (see text for details).

3.2. Histological Evaluation

Saline controls: light microscopical examination of the histological sections revealed that the bone
of the femoral condyle had an osteopenic appearance, which was characterized by the presence of a
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limited amount of bone trabeculae as well as a wide spacing between the bone trabeculae (Figure 2A).
Bone marrow was present between the bone trabeculae and in the areas where bone was completely
lacking. The bone looked very mature and lacked substantial remodeling activity. Only occasionally,
osteoclasts were observed, which were in tight contact with the bone trabeculae. Although very
limitedly, bone trabeculae did make contact with the implant surface (Figure 2A,B). The majority of the
contact sites was at the tip of the screw thread. On the other hand, all implants were covered for a
significant part of their surface with a very thin layer of bone (Figure 2B). The bone was in close contact
with the implant surface without intervening fibrous tissue layers. Again, the remodeling activity of
the deposited bone was very limited, and no active layer of osteoblasts was observed.
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Figure 2. Histological sections of an implant in the saline group (control). (A). Low-magnification
image showing a limited amount of bone formation. (B). Representative histological images at higher
magnification showing osteoclast-like cells (OC) on the surface of the bone trabeculae (BT). Bone marrow
(BM) was present between the bone trabeculae and in the areas where bone was lacking. Between the
tips of the screw threads, a thin layer of bone is visible on the implant surface.

ZOL-Pre: examination of the histological sections suggested that the amount of bone in the femoral
condyle as well as surrounding the implant was increased compared to Saline controls (Figure 3A).
This increase was very evident in three of the six specimens but was more limited in the other three
specimens. Strikingly, the remodeling activity of the bone was very low (Figure 3B). Also, the major
part of the implant surface was covered with a thin layer of bone, but bone formation was not very
active, as no layer of osteoblasts nor osteoid was observed. One of the specimens was considered a
failure (Figure 4), as about 75% of the implant was not in direct contact with bone and was surrounded
by a wide gap with a width of approximately 0.1–0.2 mm. This gap was filled with fibrous tissue,
but no inflammatory reaction was observed.

209



Materials 2020, 13, 5248

Materials 2020, 13, x 6 of 14 

 

 
Figure 3. Representative histological images of an implant in the ZOL-Pre study group. (A). Low-
magnification image showing bone trabeculae surrounding most of the implant. (B). Higher 
magnification revealed that bone was in tight contact with the majority of the implant surface. 

. 

Figure 4. Histological image showing a “failed” implant. The implant was surrounded by a wide 
space filled with fibrous tissue (yellow star). 

ZOL-Post: a light-microscope assessment indicated features largely similar to those observed in 
ZOL-Pre rats. The bone amount in the femoral condyle and around the implants was larger compared 
to that of Saline controls and appeared very similar to that observed in ZOL-Pre rats (Figure 5). 
Remodeling activity of the bone was not obvious. Trabecular bone was in contact with the implant 
surface in all retrieved specimens, and a thin layer of bone was present on all implant surfaces (Figure 
5). 

Figure 3. Representative histological images of an implant in the ZOL-Pre study group.
(A). Low-magnification image showing bone trabeculae surrounding most of the implant. (B). Higher
magnification revealed that bone was in tight contact with the majority of the implant surface.

Materials 2020, 13, x 6 of 14 

 

 
Figure 3. Representative histological images of an implant in the ZOL-Pre study group. (A). Low-
magnification image showing bone trabeculae surrounding most of the implant. (B). Higher 
magnification revealed that bone was in tight contact with the majority of the implant surface. 

 
Figure 4. Histological image showing a “failed” implant. The implant was surrounded by a wide 
space filled with fibrous tissue (yellow star). 

ZOL-Post: a light-microscope assessment indicated features largely similar to those observed in 
ZOL-Pre rats. The bone amount in the femoral condyle and around the implants was larger compared 
to that of Saline controls and appeared very similar to that observed in ZOL-Pre rats (Figure 5). 
Remodeling activity of the bone was not obvious. Trabecular bone was in contact with the implant 
surface in all retrieved specimens, and a thin layer of bone was present on all implant surfaces (Figure 
5). 

Figure 4. Histological image showing a “failed” implant. The implant was surrounded by a wide space
filled with fibrous tissue (yellow star).

ZOL-Post: a light-microscope assessment indicated features largely similar to those observed in
ZOL-Pre rats. The bone amount in the femoral condyle and around the implants was larger compared
to that of Saline controls and appeared very similar to that observed in ZOL-Pre rats (Figure 5).
Remodeling activity of the bone was not obvious. Trabecular bone was in contact with the implant
surface in all retrieved specimens, and a thin layer of bone was present on all implant surfaces (Figure 5).
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Figure 5. Light micrograph of a specimen of the ZOL-Post study group. Trabecular bone appears
in contact with the implant surface, and a thin layer of bone covers part of the implant surface
(yellow arrows).

ZOL-Pre+Post: histological images suggested enhanced bone formation in the femoral condyle.
In contrast to ZOL-Pre and ZOL-Post rats, the increase was mainly seen at the crestal side of the
implant and extended about halfway up the implant length (Figure 6A). Areas that were not occupied
by bone trabeculae were filled with bone marrow. Trabecular bone was in contact with the implant
surface, and bone remodeling activity was low. A thin layer of bone was covering major areas of all
implants and bone was also deposited in areas where no trabecular bone was present (Figure 6B).

Materials 2020, 13, x 7 of 14 

 

 
Figure 5. Light micrograph of a specimen of the ZOL-Post study group. Trabecular bone appears in 
contact with the implant surface, and a thin layer of bone covers part of the implant surface (yellow 
arrows). 

ZOL-Pre+Post: histological images suggested enhanced bone formation in the femoral condyle. In 
contrast to ZOL-Pre and ZOL-Post rats, the increase was mainly seen at the crestal side of the implant 
and extended about halfway up the implant length (Figure 6A). Areas that were not occupied by 
bone trabeculae were filled with bone marrow. Trabecular bone was in contact with the implant 
surface, and bone remodeling activity was low. A thin layer of bone was covering major areas of all 
implant,s and bone was also deposited in areas where no trabecular bone was present (Figure 6B). 

 
Figure 6. Low- and high-magnification images of a specimen of the ZOL-Pre+Post group. (A) Low-
magnification image showing that bone formation mainly occurred at the crestal side of the implant 
and extended about halfway up the implant length. (B) High magnification revealed that a thin layer 
of bone covered the implant surface (yellow arrows). 

  

Figure 6. Low- and high-magnification images of a specimen of the ZOL-Pre+Post group.
(A) Low-magnification image showing that bone formation mainly occurred at the crestal side
of the implant and extended about halfway up the implant length. (B) High magnification revealed
that a thin layer of bone covered the implant surface (yellow arrows).
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3.3. Histomorphometric Evaluation

Both BA% and BIC% were determined and are shown in Table 2. One specimen in Saline
controls was excluded from the histomorphometric analysis, as the histological sections did deviate
too much from a section plane parallel to the longitudinal axis, which made proper measurements
impossible. Further, the failed specimen of the ZOL-Pre group was excluded from the measurements.
Data showed a mean BA% of 29.6% ± 9.0% for ZOL-Pre, 27.9% ± 5.6% for the ZOL-Post, 20.4% ± 5.0%
for ZOL-Pre+Post, and 17.3% ± 3.9% for Saline controls. The results of the repeated measures analysis
of variance with Dunnett’s multiple comparison test revealed that BA% for ZOL-Pre and ZOL-Post was
significantly higher compared to that of Saline controls (p = 0.013 and 0.025, respectively, Figure 7A).
In contrast, ZOL-Pre+Post rats showed similar BA% compared to that of Saline controls (p = 0.731).
BIC% values were 55.6% ± 19.0% for ZOL-Pre, 65.8% ± 16.9% for ZOL-Post, 68.3% ± 10.0% for
ZOL-Pre+Post, and 43.3% ± 9.6% for Saline controls. Statistical testing revealed a significant difference
for ZOL-Post and ZOL-Pre+Post with respect to Saline controls (p = 0.049 and 0.027 resp), while
ZOL-Pre showed a BIC% comparable to that of Saline controls (p = 0.408, Figure 7B).

Table 2. Mean and standard deviation (SD) for BA% and BIC% in the different study groups.

Study Groups ZOL-Pre ZOL-Post ZOL-Pre+Post Saline

Bone area (BA%)
(Mean ± SD) 29.6 ± 9.0 27.9 ± 5.6 20.4 ± 5.0 17.3 ± 3.9

Bone–implant
contact (BIC%)
(Mean ± SD)

55.6 ± 19.0 65.8 ± 16.9 68.3 ± 10.0 43.3 ± 9.6
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4. Discussion

In the present study, the peri-implant bone response was compared in OVX rats, which were treated
with ZOL (0.04 mg/kg, once a week) via intravenous infusion at three different times: pre-implantation,
post-implantation, and pre+post-implantation; rats receiving weekly saline injections served as
controls. Both bone area (BA%) and bone–implant contact (BIC%) were histomorphometrically
evaluated. In comparison to saline controls, the pre- and post-implantation ZOL treatment showed
a significant gain of BA% (p < 0.05). Additionally, BIC% data showed a significant difference when
comparing post-implantation and pre+post-implantation ZOL-treated rats to saline controls (p < 0.05).
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One of the treatment approaches for osteopenia/osteoporosis is the systemic administration of
ZOL [24,25,32,33]. ZOL has been shown to (1) effectively suppress the recruitment and function of
osteoclastic cells that cause bone resorption [22,32] and (2) have a positive effect on bone formation by
stimulating osteoblasts, in comparison to other BPs [34]. Moreover, several studies reported that ZOl
has a greater impact and stronger effects on osseointegration than other BPs [28,35]. Therefore, ZOL is
considered a potent bisphosphonate, whose effectiveness has been confirmed in several clinical trials
involving osteoporotic patients [36]. The recommended administration option of ZOL for treating
osteoporosis is by once-yearly intravenous infusion of 5 mg [37].

Although bisphosphonates have a relatively good safety record and are tolerated by the majority
of patients, these drugs are reported to be associated with several side effects. For instance, the most
notable adverse drug reaction associated with oral bisphosphonates is upper gastrointestinal discomfort,
which may include heartburn, indigestion, esophageal erosion, and esophageal ulcer [38]. In order to
avoid these reactions, drugs should be administered with a full glass of water in the morning on an empty
stomach 30 min prior to a meal or other medications (60 min for ibandronate). Additionally, patients
should remain upright for at least 30 min post-dose to prevent esophageal irritation. Osteonecrosis of
the jaw is another complication detected in patients receiving prolonged intravenous bisphosphonate
therapy, especially ZOL, who undergo invasive dental procedures, such as tooth extractions and
implant placement. Physicians should consider either discontinuation or a drug holiday when the
risks of use outweigh the benefits [38].

Considering the above-mentioned observations, we intended to examine in the current
experimental animal study the effect of ZOL administration on bone formation around dental implants
installed in osteoporotic bone. Although a wide variety of animal models is available, ovariectomized
rats are well established to closely simulate osteopenia/osteoporotic bone conditions and the response
to pharmacological therapy observed in humans [39]. As such, we utilized ovariectomized rats to
study whether systemic ZOL administration before and/or after implant placement improves the
peri-implant bone response.

Our study design for evaluating the peri-implant bone response in osteoporotic animals is distinct
from previous studies, which focused on testing the effect of ZOL administration only post-implantation.
Our aim was to test different clinical scenarios, as can occur in patients with postmenopausal osteopenia
requiring dental implant installation. For example, August et al. [40] observed in a retrospective manner
that postmenopausal women with an osteopenia-like condition in their maxilla showed a significant
failure rate (13.6%) of installed dental implants compared to healthy women (6.3%, p = 0.039) if they did
not receive anti-osteoporotic therapy before implant surgery. Consequently, we decided to investigate
the effect of three ZOL administration regimens related to the moment of implant installation. A key
aim was to determine whether post-implantation continuation of the administration of ZOL would
be more beneficial in comparison with only pre- or post-implantation drug administration. A delay
in the delivery of ZOL to the implant site was hypothesized to have less pharmacological benefit
than pre-implantation ZOL binding to the target site. In addition, prolonged ZOL administration
was supposed to better “treat” the diseased bone at the implant site. In a continuous approach,
the preoperative administration of ZOL has to control the unbalanced bone metabolism, while the
postoperative administration of ZOL has to enhance bone–implant healing [22].

However, the above-mentioned hypothesized effect of a continuous approach was not proven.
In contrast, an improvement in BA% around the implants was observed for the intravenous
administration of ZOL to OVX rats for only 4 weeks pre-implantation or only post-implantation.
However, no favorable effect was seen for the continued administration, which led to a BA%
comparable to that non-treated osteoporotic rats. The beneficial effect of only pre- or post-implantation
administration of ZOL on BA% corroborates other studies. For example, Yoshioka at al. [41]
demonstrated that systemic administration of ZOL in osteoporotic ovariectomized rats resulted
in increased bone formation after 4 weeks. Another study assessed the effect of simultaneous insertion
of titanium implants and systemic treatment with ZOL in osteoporotic and sham-operated rabbits [42].
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They found that ZOL treatment significantly increased the BA% in the osteoporotic rabbits 3 months after
surgery. Additionally, Bobyn et al. [43] examined the effect of an intravenous injection of ZOL (0.1 mg/kg)
post-implantation in a dog model and reported that ZOL increased peri-implant bone formation by
twofold compared to non-treated controls [43]. Cardemil et al. revealed that a systemic single dose
of ZOL in ovariectomized animals improved bone-to-implant contact [31]. Recently, He et al. [29]
reviewed the literature and described 10 preclinical studies that confirmed a possible effect of systemic
ZOL administration on implant osseointegration. Consequently, the conclusion seems justified that
intravenous ZOL can improve implant osseointegration in osteoporotic animals.

On the other hand, the pre+post-implantation ZOL treatment of osteoporotic rats did not favor
BA% increase. An explanation for this finding can be related to the applied doses of ZOL. The effect
of nitrogen-containing BPs, like ZOL, on osteoclasts is known to be depending on dose and dose
frequency [44]. In addition, it has to be remarked that the concentration of ZOL in the plasma after
intravenous administration reduces rapidly due to the fast adsorption of the ZOL onto the bone
surface [45]. In line with this, the efficacy of ZOL dosage was investigated in a clinical study involving
patients suffering from Paget’s disease [46]. The data of this study indicated that doses above 200 g
had a reduced therapeutic effect.

As mentioned earlier, the recommended treatment approach for osteoporosis is a once-yearly
intravenous infusion of ZOL. In our study, ZOL was administered once weekly for a period of 10 weeks.
Therefore, it cannot be excluded that this dosing was too high, resulting in a decreased effect on bone
formation. In view of this, it is recommended to determine the alkaline phosphatase (ALP) level in the
blood serum of the rats in future studies. This will provide information about the therapeutic effect of
ZOL in an osteoporotic condition.

The measurements of BIC% showed a significantly higher BIC% in rats receiving post- and
pre+post-implantation ZOL treatment compared to saline controls. These data are inconclusive, and
their relevance is not evident. These inconsistent observations can be explained by a low remodeling
activity of the trabecular bone surrounding the implant bed in all treatment scenarios. How this
interferes with bone formation at the implant interface remains elusive. In combination with the
relatively short implantation time, it can be assumed that the bone present at the implant surface
was mainly already existing bone and not newly deposited bone. In this condition, BIC% represents
just the amount of bone present during implant installation. This explanation is in agreement with
other studies, which suggested that a follow-up time of 6 weeks is too short, and more than 8 weeks
of observation are necessary to detect a possible effect of pharmacological drugs on the interfacial
implant–bone response [29,47].

Additionally, implant location as well seems to have a significant effect on the results. For instance,
Cardemil et al. studied the different biological reactions of the tibia and the mandible in rats, both in
response to ovariectomy and in response to the ZOL treatment. They reported an increase of BIC in the
tibia, whereas the opposite occurred in the mandible [31]. This variation can be attributed to different
turnover rates and density in different bones [48].

Finally, a comment has to be made regarding the experimental conditions of the current study.
Some authors noticed that a high calcium diet may reverse the condition of osteopenia in ovariectomized
animals [49]. In our model, OVX rats were fed a standard diet with a considerable amount of calcium.
This was done with the purpose of mimicking the human clinical situation: human osteoporotic
patients are not given a specific diet but are recommended to eat healthily and include sufficient
amounts of dairy products as well as vitamin D-containing food in their meals daily. Nevertheless, the
standard diet may have influenced the effect of ZOL on the osteoporotic-like bone in the present study.

5. Conclusions

Under the current experimental conditions, our results suggest that receiving intravenous ZOL
treatment before or after implant placement enhances peri-implant bone responses in terms of bone
area. However, the effect of different ZOL treatment regimens on BIC% was found to be inconclusive.
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Further, the following recommendations can be made for future studies dealing with implant installation
in osteoporotic animals and co-administration of anti-osteoporotic drugs: (1) allow an implantation
time longer than 8 weeks and (2) determine ALP blood serum levels to assess the therapeutic efficacy
of the anti-osteoporotic drugs.
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Abstract: We evaluated the effect of osteoporotic induction after eight weeks of initial healing of
bone defects grafted with a xenograft material in a rat model. Bone defects were created in the
femoral condyles of 16 female Wistar rats (one defect per rat). The defects were filled with bovine
bone (Inter-Oss) granules. After eight weeks of bone healing, rats were randomly ovariectomized
(OVX) or sham-operated (SHAM). At 14 weeks of bone healing, all animals were euthanized. Bone
specimens were harvested and processed for histological and histomorphometric analyses to assess
new bone formation (N-BF%), remaining bone graft (RBG%) and trabecular bone space (Tb.Sp%)
within the defect area. After 14 weeks of bone healing, histological evaluation revealed a significant
alteration in trabecular bone in OVX rats compared to SHAM rats. There was lower N-BF% in
OVX rats (22.5% ± 3.0%) compared to SHAM rats (37.7% ± 7.9%; p < 0.05). Additionally, the RBG%
was significantly lower in OVX (23.7% ± 5.8%) compared to SHAM (34.8% ± 9.6%; p < 0.05) rats.
Finally, the Tb.Sp% was higher in OVX (53.8% ± 7.7%) compared to SHAM (27.5% ± 14.3%; p < 0.05)
rats. In conclusion, within the limitations of this study, inducing an osteoporotic condition in a
rat model negatively influenced bone regeneration in the created bone defect and grafted with a
xenograft material.

Keywords: osteoporotic condition; animal model; xenograft; bone regeneration

1. Introduction

Dento-alveolar as well as cranio-facial bone defects can be the consequence of trauma
by accidents or surgical interventions [1]. Several grafting approaches can be applied
to successfully treat such bone defects [2]. Bone grafting involves using natural or syn-
thetic bone substitutes to stimulate healing of bone through three different mechanisms:
osteogenesis, osteoconduction and osteoinduction [3]. Osteogenesis is the formation of
new bone by osteoblastic cells present within the graft material, osteoconduction is the
ability to support the growth of bone over its surface and osteoinduction is the ability to
induce differentiation of pluripotential stem cells from surrounding tissue to an osteoblastic
phenotype [4]. For instance, autogenic bone grafting is considered the “gold standard”, but
it is associated with problems of availability and it needs a second surgical procedure [1,5].
In contrast, allograft obtained from bone bank is easily available but has a significant risk
of disease transmission [2,6]. Therefore, xenograft and synthetic bone substitutes are the
most commonly used graft materials in dental clinics [6]. Among them, anorganic bovine
bone (e.g., Bio-Oss or similar products) is perhaps the most widely used and considered as
reference material by notified bodies involved in medical device registration [7,8].
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Several hard tissue alveolar ridge augmentation methods of implant therapy have been
reported, including guided bone regeneration (GBR), maxillary sinus floor augmentation,
vertical and/or lateral alveolar ridge augmentation and distraction. In the GBR method,
barrier membrane is used [9]. A systematic review on the efficacy of barrier membranes on
bone regeneration [10] showed that the use of such membranes would increase the amount
of vertical augmented bone. Concerning vertical and/or lateral alveolar ridge augmenta-
tion, a Cochrane systematic review [11] showed that, although it is efficient to use a bone
substitute (Bio-Oss) for horizontal bone augmentation, implants placed in bone augmented
with Bio-Oss showed an increased failure rate, and the healing time was increased by three
months compared with that of autogenous bone. Although the distraction technique costs
more than GBR and bone grafting, it could shorten the treatment period, so this technique
is effective for vertical ridge augmentation. However, the distraction technique is hard to
apply to thin knife-edge bone. In any case, vertical augmentation techniques are associated
with a higher complication rate [9]. Bone augmentation procedures are advanced surgical
interventions. Growth factors that promote healing and regeneration are mostly used along
with the grafting materials since there are multiple factors affecting the treatment outcomes.
Growth factors used in dentistry are divided into platelet concentrates and recombinant
growth factors. These agents are broadly used when bone-healing mechanisms are affected
by the patient’s medical conditions. Guided bone regeneration and autogenous block
bone grafting are two of the well-documented and safely applicable augmentation tech-
niques [12]. The recent Food and Drug Administration approval of recombinant human
bone morphogenetic proteins (rhBMPs) has given clinicians an added treatment option
for reconstructing localized and large jaw defects. Currently, several patients have been
successfully treated with the combination of bone graft and rhBMP-2 and the results have
been documented as predictable and safe by clinical and radiologic examinations follow-
up. A systematic review on the rhBMP-2 application in craniomaxillofacial reconstruction
defects evaluated the real efficacy and safety of BMPs [13]. According to the results, the use
of different BMPs can positively influence the surgery. In addition, there are no statistically
significant differences between the use of biomaterials added with BMP and not. The study
data confirm the excellent documents about the possible combination of using substitute
materials and growth factor for treating large and minor craniofacial bone defects [13].

Although anorganic bovine bone products perform well in healthy patients, limited
information is available about their performance under compromised conditions, e.g. dia-
betes and osteoporosis [14]. In patients suffering from these systemic diseases, bone healing
can be very unpredictable [15]. As demonstrated in previous studies, an osteoporotic con-
dition may delay bone healing, increase resorption of bone materials and decrease the
rate of bone ingrowth [16,17]. A common observation associated with osteoporosis is that
the bone formation by osteoblasts is decreased. This is in part due to the lower prolifera-
tion/differentiation rate of mesenchymal stem cells (MSCs) into mature osteoblasts [18].
Suppression of MSCs in osteoporotic bone can be the consequence of a decreased synthesis
of specific osteogenic-related factors [18]. Further, increased osteoclast activity is also
commonly observed in osteoporotic bone [19].

Despite available knowledge on osteoporosis, its influence on bone regeneration in
relation to bone grafting is still less understood. In addition, no information is available
about how osteoporosis affects bone regeneration in grafted defects if osteoporosis onset is
after graft installation.

The success of alveolar ridge bone augmentation treatment is associated first with their
early integration, and then for their long-term performance on the maintenance of bone
graft healing. Although there are several studies involving bone grafting healing in a well-
established osteoporotic condition, information about the effect of altered bone metabolism
on the bone grafting healing after establishment of bone grafting healing is scarce. While
it is apparent that bone augmentation in osteoporotic patients has a risk of failure for
new bone regeneration, it can be hypothesized that such alteration of bone metabolism
developed after bone graft placement can also negatively affect bone regeneration [20].
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However, there is no scientific literature reporting on the effect of distribution of bone
metabolism on bone graft healing characteristics of already well-integrated bone graft.

Clinically, the mission of regenerative dentistry is restoring damaged alveolar bone
in both healthy and medically compromised patients. The key step in alveolar bone
regeneration is to stimulate a cascade of healing events, which can promote bone quantity
and quality. Complications regarding bone regeneration in patients with systemic impaired
bone metabolism (e.g., osteoporosis) represent a rapidly increasing clinical challenge.

In view of experimental procedures requiring osteoporotic conditions, several osteo-
porotic animal models have been described. For example, the ovariectomized (OVX) rat is
commonly used model in osteoporosis-related research [16]. OVX animals exhibit loss of
trabecular bone similar to humans. Furthermore, diminished trabecular bone morphology
in the femoral condyle has been confirmed in OVX rats by histological examination [21].
Therefore, this OVX rat model seems appropriate to be used in studies dealing with the
healing of a bone defect in relation to an osteoporotic condition.

The limitations of pre-clinical animal models should be mentioned: animal studies
will only become more valid predictors of human reactions to exposures and treatments
if there is both substantial improvement in their scientific methods and more systematic
review of the animal literature as it evolves. Our research group published pre-clinical
systematic review and meta-analysis aimed to systematically assess bone regeneration by
using anti-osteoporotic drugs in adjunction with bone grafting [22]. Preclinical systematic
reviews of data from preclinical literature are important for a number of reasons [23]. First,
although systematic reviews are not bias free, their purpose is to reduce it by outlining
transparent aims, objectives and methodology. This approach enables us to identify all of
the published literature to answer a particular research question. In turn, this may highlight
gaps in our knowledge which can be fulfilled by further preclinical experimentation, or
it can help us avoid unnecessary replication which is unethical and of limited benefit.
Systematic reviews of animal research, if they are used to inform the design of clinical trials,
particularly with respect to appropriate drug dose, timing and other crucial aspects of the
drug regimen, will further improve the predictability of animal research in human clinical
trials and successful translational process [23].

However, there is a lack of evidence as to whether altered bone metabolism due to
osteoporosis can affect bone regeneration related to bone-defect grafting. Differently, our
study model was designed to replicate the effects of late-induced osteoporosis after the
bone grafting procedure was performed. Considering all this, we hypothesized that an
initial healing of bone-defect grafting would be affected due to metabolic bone alteration.
Consequently, the purpose of this study was to utilize this animal model to investigate
the effect of an osteoporotic condition on bone regeneration after initial healing of a bone
defect using a xenograft material.

2. Materials and Methods
2.1. Experimental Animal Model

The present study was approved by the Animal Ethical Committee at King Saud
University, College of Dentistry, Riyadh, Saudi Arabia (Approval No. 4/67/389683). All
in-vivo experiments obeyed the guidelines (national and international) for animal care and
conformed to the ARRIVE guidelines. The study sample comprised a total of 16 healthy
female Wistar rats (age ~12 weeks and weighing around ~250 g). The animals were housed
under veterinary supervision in standardized rat cages (4–5 animals per cage), maintained
in a laboratory environment with controlled temperature (22 ◦C–24 ◦C), humidity (45–55%)
and 12-h light and dark cycles. All the animals had ad libitum access to a standard rat
chow diet and water.

2.2. Sample Size Calculation

The sample number estimation was calculated based on a power analysis using the
following formula: n1 = n2 = n3 = 1 + 2C(s/d)2. We assumed a standard deviation (s) of
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12.5 and an effect size (d) of 15. C-value was fixed at 7.85 (resulting from 1-β = 0.8 and
α = 0.05). According to these assumptions, 6 animals were included.

2.3. Experimental Surgical Procedures

All experimental surgical procedures were performed under general anesthesia (GA),
by administering a single intraperitoneal injection comprising a combination of 0.2 mg/kg
xylazine (Chanazine, Chanelle Pharmacuetical, Dublin, Ireland) and 0.5 mg/kg ketamine
hydrochloride (Ketamine, Pharmazeutische Präparate, Giessen, Germany). Once the
animal was anesthetized, the left leg was shaved and disinfected using Povidone-iodine
10% solution (Alphadin, MedicScience, Haryana, India). A longitudinal parapatellar skin
incision, 2 cm in length, was made along the midline over the distal femoral condyle. The
knee joint capsule was identified through blunt dissection of the skin flap and was incised
longitudinally. The patellar ligament was elevated and retracted laterally for complete
exposure of the knee joint and distal femoral condyle. Using surgical drills in a low-speed
rotary drill along with saline irrigation as coolant, a cylindrical bone defect (3 mm in
diameter and 3 mm in depth) paralleling the long axis of the femoral shaft was created in
the intercondylar notch. Then, bone defect was filled with a xenograft material, anorganic
cancellous bone graft granules, and particle size: 0.25–1 mm (InterOss®, SigmaGraft Inc.,
Fullerton, CA, USA) (Figure 1). After placement of the graft material, the soft tissue layers
and skin were closed with VICRYL™ (4-0) polyglactin 910 resorbable sutures (Ethicon,
Somerville, NJ, USA).

After 8 weeks of bone healing, rats were randomly ovariectomized (OVX) or sham-
operated (SHAM) (Table 1), as previously described [21]. Six weeks later, animals were
euthanized by CO2-suffocation. Bone specimens were harvested and processed for his-
tological and histomorphometric evaluation. The timelines of experimental design are
described in Figure 2.

Table 1. Study groups, material and number of animals (n).

Study Groups Material Number of Animals (n)

SHAM xenograft material
(anorganic cancellous bone graft granules) InterOss® n = 7

OVX xenograft material
(anorganic cancellous bone graft granules) InterOss® n = 8

Ovariectomized (OVX)/Sham-operated (SHAM) as control.

2.4. Histological Specimen Preparation and Evaluation

Harvested bone specimens were fixed in 10% neutral buffered formalin solution. The
samples were dehydrated in ascending concentrations of ethyl alcohol from 70% to 100%
and subsequently embedded in poly-(methyl methacrylate) (pMMA) resin, prepared by
mixing 600 mL of methyl methacrylate monomer (Acros Organics BVBA, Thermo Fisher
Scientific, Geel, Belgium), 60 mL dibutyl phthalate (Merck KGaA, Darmstadt, Germany)
and 1.25 g perkadox (AkzoNobel, Amersfoort, Utrecht, The Netherlands). After polymer-
ization, ~10–15 µm thick serial transverse sections (perpendicular to long axis of femur) of
the resin embedded specimens were made using a diamond-coated hard-tissue microtome
(Leica®, Microsystems SP 1600, Nussloch, Germany). The first section of each specimen was
made about 1 mm below the bone surface, and then sectioning was continued distally. All
sections were stained with methylene blue and basic fuchsine, as described previously [24].
Three sections, at different levels, were selected for further histological assessment. His-
tological and histomorphometric evaluation were carried out using a light microscope
(Aperio ImageScope, Leica Biosystems, Buffalo Grove, IL, USA). The histomorphometric
analyses were done using a computer-based image analysis system (IMAGE-J 1.4, National
Institute of Health, Bethesda, MD, USA). Blinded histomorphometric measurements were
performed for the three selected histological sections per defect (at ×10 objective mag-
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nification). First, a circular region of interest (ROI) with a 3-mm diameter equal to the
created defect was identified (Figure 3). Then, within this ROI, the amount of new bone
formation (N-BF%), residual graft material (RBG%) and trabecular bone space (Tb.Sp%)
were determined as area percentages.

Figure 1. Pictures of the surgical procedure: (A) the femoral condyle exposed; and (B) bone defect
filled with InterOss® material.

Figure 2. Experimental animal groups and timeline for surgical procedures and sacrifice in study animals.
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Figure 3. In the histological sections: (A) a 3-mm region of interest (ROI) was identified; and
(B) quantitative measurements were then made to assess new bone formation (N-BF%), remaining
bone graft (RBG%), and trabecular bone space (Tb.Sp%) using ImageJ software.

2.5. Statistical Analysis

All quantitative data were expressed as mean ± standard deviation (SD). Statistical
analyses were performed using InStat Statistical Program (Version 3.05, GraphPad Software,
San Diego, CA, USA). An unpaired Student’s t-test was conducted to evaluate differences
in the mean values between the two study groups. The level of significance was set at 95%
(p < 0.05).
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3. Results
3.1. Animal Observations

Postoperative healing was uneventful in all animals and no complications were ob-
served after the bone grafting and ovariectomy surgeries, except one rat (from SHAM
group) that died due to GA complications. Consequently, seven rats in the SHAM group
and eight rats in the OVX group were finally examined.

3.2. Descriptive Histological Evaluation

Representative images of the histological sections are depicted in Figure 4. The
histological sections of the OVX specimens revealed that the trabecular bone had an
osteopenic appearance. The trabecular network was less dense and irregular compared
to SHAM sections. At 14 weeks, images showed a higher trabecular number and less
intertrabecular spacing for SHAM compared to OVX bone specimens. In between the
bone trabeculae, bone marrow-like tissue was observed, characterized by the presence
of mononuclear cells. As the bone tissue was stained pink, it could easily be discerned
from the grafted InterOss® granules. More granules seemed to remain in the defects in the
SHAM animals compared to OVX animals.

Figure 4. Representative histological images of pMMA sections: (left) for SHAM and OVX at
14 weeks post-implantation; and corresponding images at ×20 magnification (right). Methylene blue
and basic fuchsin staining was performed. Within the ROI, images show the evident presence of new
bone, remaining InterOss® material (yellow*) and trabecular bone space (Tb.Sp).
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Higher magnification (Figure 5) revealed that the majority of the InterOss® granules
in the SHAM specimens were surrounded by abundant new bone formation, which was
in direct contact with the graft material. Further, bone bridging was observed between
InterOss® granules. The grafted granules seemed to be completely covered by newly
formed bone. High magnification images of the OVX specimen showed less newly formed
bone in the osseous defects. The bone defect was for the major part filled with bone marrow-
like tissue. The bone marrow-like tissue in the OVX rats contained more fat cells and less
plasma cells compared to SHAM rats. Frequently, only a very superficial layer of bone was
present on the surface of the granules. Occasionally, even no bone at all was seen covering
the granules. Further, light micrographs showed the frequent presence of osteoclast-like
cells at the interface between bone marrow-like tissue and granules (Figure 5). The images
demonstrated also that some bone trabeculae in the OVX rats had an eroded appearance,
which could be associated with the presence of osteoclast-like cells.

Figure 5. Representative histological images at higher magnification showing InterOss® granules
(yellow stars) well integrated and completely covered with newly formed bone (NB) in SHAM
rats (left). In OVX rats, eroded bone surface and osteoclast-like cells (black arrowheads) were
present (right). Bone marrow-like tissue in OVX rats contained more fat cells (fBM) compared to the
hypercellular bone marrow-like tissue (hBM) in the SHAM group.
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3.3. Histomorphometric Evaluation

The results of the histomorphometric evaluation of osseous defects grafted with
InterOss® granules are depicted in Table 2 and Figure 6. Data show a significantly decreased
amount of new bone formation (N-BF%) in OVX rats compared to SHAM rats (p < 0.05).
Additionally, the amount of remaining graft material (RBG%) was significantly lower in
OVX compared to SHAM (p < 0.05). Finally, the mean of trabecular bone space (Tb.Sp%)
was significantly higher in OVX compared to SHAM (p < 0.05).

Table 2. Quantitative histomorphometric data showing mean ± SD values for new bone formation
(N-BF%), remaining bone graft (RBG%) and trabecular bone space (Tb.Sp%) in the two study groups.

SHAM (n = 7) OVX (n = 8)

New bone formation (N-BF%) 37.7 ± 7.9 * 22.5 ± 3.0
Remaining bone graft (RBG%) 34.8 ± 9.6 * 23.7 ± 5.8

Trabecular bone space (Tb.Sp%) 27.5 ± 14.3 * 53.8 ± 7.7
* indicates p < 0.05.

Figure 6. Histomorphometric evaluation of the mean volume fractions of new bone formation (N-BF%, red bar), remaining
grafting material (RBG%, blue bar) and trabecular bone space (Tb.Sp%, yellow bar) occupying the defects after the 14 weeks
of healing. Statistical analysis showed significant difference between SHAM and OVX for all parameters (p < 0.05).

4. Discussion

The present study aimed to evaluate the effect of inducing an osteoporotic condition
after eight weeks of initial healing of bone defects grafted with xenograft in a rat model.
The results reveal greater new bone formation within osseous defects in healthy compared
to osteoporotic bone conditions. On the other hand, reduction in the remaining graft
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material was greater in the osteoporotic bone condition. In addition, osteoporotic bone
showed larger areas of soft tissue/marrow space compared to healthy bone.

Clinically, deproteinized bovine bone graft material is extensively used to repair
osseous defects [8]. Multiple human clinical studies have already been performed and
long-term data regarding the outcome of bone grafting procedures have been reported.
For instance, Piattelli et al. [7] conducted a histological analysis in 20 patients treated
with Bio-Oss up to four years of bone healing. They concluded that anorganic bovine
bone is osteoconductive and promotes the successful long-term outcome of bone grafting.
In another study by Scarano et al. [25], bovine porous bone mineral for maxillary sinus
augmentation was used and then dental implants installed. Histological results in an
implant retrieved four years after insertion show direct contact between bone and implant
without an interposition of the graft material particles. They concluded that that the
slow resorption of the bovine graft particles did not jeopardize the osseointegration of
the implant. Further, the results from a six-year randomized-controlled clinical trial with
bovine bone material by Stavropoulos and Karring [26] show improvements in intrabony
defect healing using radiographs and clinical assessment parameters.

Experiments performed with animal species such as rabbits, goats, sheep, dogs and
rodents are often used to study bone regeneration. For mimicking osteoporotic bone condi-
tions, rats were utilized in the present study to simulate alterations in bone regeneration
following induced estrogen deficiency as in human. Although rats are small experimental
animals and have a different bone formation and remodeling rate compared with humans,
they are excellent preclinical models for studying osteoporotic changes as they closely
emulate pharmaco-therapeutic response and allow studying the effect of estrogen depletion
on the skeleton [27]. However, it has to be noticed that the preclinical model as used in the
present study encounters several limitations that need to be solved in prospective studies.
For instance, it has been noticed that ovariectomized rats have a faster bone turnover than
patients with osteoporosis. Therefore, further in vivo studies can be suggested to validate
the effect of osteoporosis on bone regeneration related to different bone substitutes. In
addition, a larger animal model should be used to clarify the effect of osteoporosis with
bone graft under challenged bone condition.

In animal models of experimental osteoporosis, the assessment of the biomaterial-
mediated bone regeneration process in subcritical sized defects, considered established
approaches relied on [28]. Despite the proven capability of the reported models, the usage of
critical size defects, i.e., intraosseously established wounds that do not report spontaneous
healing, has been considered the standard approach for the validation of translational
bone regenerative strategies and output the intrinsic regenerative potential of the grafted
bone. In the current study, the femoral condyle OVX rat model allowed examined bone
regeneration in a 3-mm critical size defect. For instance, we recently published an in vivo
experimental study using the same femoral condyle model of 3-mm critical size defect.
The untreated (empty) defects did not heal without intervention, making the rat femoral
condyle model a well-established and standardized critical size defect model highly useful
for evaluating bone regeneration in healthy and osteoporotic bone [29].

The biological performance of deproteinized bovine bone grafts is widely investigated
in preclinical studies using healthy animals [24,30–34]. These confirmed that bovine bone
particles enhance bone regeneration, and its remnants can become integrated very well
with the newly formed bone. In many histological studies, osteoblasts and osteoclasts
were observed in conjunction with bovine bone particles as well as with the newly formed
bone. Intimate contact between the implanted material and the newly formed bone was
also commonly presented. For instance, van Houdt et al. [24] tested bovine bone (Bio-Oss)
implanted in femoral condylar bone defects in rats. At 12 weeks, new bone formation in
direct contact with the Bio-Oss granules was observed. The remaining Bio-Oss granules
were completely covered by new bone. In line with those observations, histological analysis
in the present study demonstrated similar findings in the SHAM (healthy) animals using
InterOss® bone granules after 14 weeks of healing (Figure 5).
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Beside the grafted material, the bone condition is the key factor affecting the graft
healing and its integration with new bone [16,35,36]. In many clinical cases, the presence
of osteoporosis is a major challenging condition in patients undergoing bone grafting
surgery due to decreased capacity of bone regeneration [16,37]. In a retrospective analysis
of 49 patients, an alveolar bone grafting procedure was impaired in 11 patients due to
an unfavorable bone condition (i.e., osteopenia) [37]. This is primarily due to estrogen
deficiency, which negatively influences the bone metabolism [38]. Estrogen deficiency
causes an imbalance in osteoblastic/osteoclastic processes and results in an increased
breakdown of bone and a reduced bone formation [39].

In previous preclinical studies, ovariectomized rats were used to evaluate qualitatively
and quantitatively the influence of estrogen deficiency on bone grafting [40,41]. For exam-
ple, Luize et al. [41] examined bone blocks to augment a mandibular defect in OVX rats.
At 7, 14 and 28 days post-surgery, histological analysis showed a delay in the osteogenic
activity and bone healing in OVX rats compared to SHAM rats. The majority of grafted
materials in OVX animals appeared to be interspaced by fibrous tissue. Additionally, OVX
rats exhibited significantly less new bone formation compared to SHAM rats. This result is
in accordance with the present study.

In contrast, some other animal studies did not observe a significant effect in terms of
new bone formation related to bone grafting in osteoporotic versus healthy
animals [24,42–44]. This discrepancy might be due to differences in the experimental
design, animal model, type of biomaterials, bone defects and evaluation periods. Therefore,
it is difficult to establish direct correlations between these studies.

Despite the contradiction in previous studies, the present findings sustain an impaired
regenerative potential of bone grafting in OVX animals. Differently, our study model was
designed in such a way to replicate the effects of late-induced osteoporosis after the bone
grafting procedure was performed. At 14 weeks of bone healing, the quality and quantity
of bone formation (N-BF%) was significantly decreased in the osteoporotic rats, which
indicates that bone formation in a bone defect can become compromised in an osteoporotic
condition, as induced post-implantation. Nevertheless, the exact involved mechanism
needs to be explored further in follow-up studies.

Previously, it has been reported that a deficiency in estrogen receptor (i.e., ER-α
and ER-β) expression contributes negatively to the regenerative potential in osteoporotic
bone [45]. Likewise, osteoblast-related gene expression (e.g., RUNX2, BMP2, COLLAGEN
I and OSTEOCALCIN) were significantly decreased in OVX animals in relation to bone-
biomaterial regeneration [30,46]. Further, the osteogenic differentiation of mesenchymal
stem cells (MSCs) derived from osteoporotic bone was significantly altered [18]. This
emphasizes the effect of intrinsic deficiencies in the regenerative capability of osteoporotic
bone, particularly in the presence of bone biomaterials. Previous data also verify an
increase of the adipogenic activation in the bone of OVX animals [46]. This seems to
disrupt the normal osteogenic function within the bone tissue [26]. In agreement, we
noticed more fat bone marrow with an hypocellular appearance in OVX rats compared to
healthy control rats.

It is important to note that in the current study the amount of remaining graft material
was significantly less in the osteoporotic bone conditions compared to healthy bone condi-
tions. We suppose that this is caused by the observed increased presence of osteoclast-like
cells around the graft granules in the OVX animals. In addition, we assume that the eroded
surfaces of trabecular bone indicate hyperactivity of osteoclastic cells in osteoporotic bone
compared to healthy bone. Usually, the remodeling of bone graft material occurs in mul-
tiple phases [46]. Bone graft resorption is initiated by the function of osteoclastic cells.
Osteoclast activation is directly linked to osteoblast function [35]. The role of osteoclasts
is not limited to the resorption of bone. They also have a significant impact on the local
recruitment and bone-forming activity of osteoblasts via so-called cell–cell “crosstalk”.
Bone formation and resorption during remodeling have to be aligned carefully in a process
that is called “coupling” [47]. Therefore, an imbalance of osteoclast/osteoblast activities in
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osteoporotic bone is connected with the decreased bone formation and increased rate of
resorption, which limits the potential of bone-biomaterial incorporation, as observed in
our study.

The performance of bone-biomaterials for bone defect augmentation showed limita-
tion, in regard fast resorption rate, which correlated to high number osteoclast (resorbing)
cells. One possible way to overcome the mentioned limitation incorporates biomaterial that
showed lower number and activity of osteoclast cells. For instance, Westhauser et al. [48]
showed that addition 45S5 bioactive glass to β-tricalcium phosphate might be a way to
overcome the individual limitations of both materials by a combination of their respective
strengths. They concluded that volume of combined materials during the 10-week implan-
tation period remained almost unchanged correlating with significantly decreased physical
presence and less pronounced genetic activity of bone-resorbing cell populations (TRAP+).
Furthermore, the presence and activity of osteoclasts is highly dependent on the chemi-
cal composition of the bone substitute material and also influences osteoblast–osteoclast
crosstalk and coupling [47]. The activity of osteoclastic bone resorption can be visualized by
specific staining, i.e., tartrate-resistant acid phosphatase (TRAP) staining [30,49]. Decalcifi-
cation of bone specimens is required for the application of TRAP staining. TRAP staining
cannot be performed using pMMA embedding. However, in our study, we were limited to
examining the activity of osteoclastic cells via their TRAP expression due to low number of
available specimens to prepare decalcified sections. Consequently, osteoclasts could only
be analyzed by histological appearance (i.e., relatively larger and multinucleated) at higher
magnification (Figure 5). In addition, proper quantification of the number of osteoclasts
was not feasible. This has to be considered as a limitation of our study design.

Although the OVX rat model is a well-established preclinical model for simulating
osteoporotic bone conditions, differences among species and animal models size should be
considered before transferring promising findings to clinical trials with human patients.
Small animal models offer the easiest way to keep animals at low costs for longer time
with a high reproduction rate. The offer of markers for laboratory use is the biggest in the
market. On the other hand, clinical situation is far away. The results must be interpreted
very carefully and often require further studies in larger animal models. Large animal
models are as close to the clinical situation as a model can be. Organs, blood supply and
common physiology are relatively close to humans. Disadvantages are high costs, high
personal and work effort, limitation of follow-up period and availability of markers to
study special histological issues [50].

In view of the above mentioned, it is very relevant to take care of the potential
implication of impaired bone regeneration in osteoporotic conditions in relation to bone
grafting procedures. In these situations, a solution can be the development of bone graft
material that prospectively promotes the bone healing outcome.

5. Conclusions

Within the limitations of this study, inducing an osteoporotic condition in rats after
initial healing of a bone graft material negatively influences bone regeneration in the
created bone defect. Further investigations are needed to explore the clinical implications
of these findings.

6. Impact Statement

Recently, increasing concerns have existed about the effect of bone diseases, such as
osteoporosis, on bone regeneration. However, bone-grafting complications may occur
in patients with compromised medical bone condition, e.g. osteoporosis, as bone heal-
ing in such patients can be challenged or impaired. This study assessed if altered bone
metabolism due to osteoporosis affects bone regeneration related to bone-defect grafting us-
ing preclinical animal models. The results suggest that inducing an osteoporotic condition
in rats after initial healing of a bone graft material negatively influences bone regeneration
in the created bone defect.
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