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Chapter 1

Additive Manufacturing in biomedical applications

1.1. Introduction

Traditional manufacturing refers to the product manufacturing through subtractive (i.e., machining)
or formative (i.e., molds) techniques, characterized by a specific steps sequence and costly
infrastructure, with severe limits to the application of timely modifications of the final product [1].
Furthermore, complex geometries often required in biomedical field are difficult to achieve through
traditional manufacturing techniques. However, additive manufacturing technique has emerged over
the past four decades as a useful tool for cost-effective fabrication of geometrically complex objects
in a timely manner [1]. A layer-by-layer deposition of material starting from a computer-generated
model represents the basic concept of 3D printing - developed in the 1980s — toward the realization
of very complex objects, extremely difficult or even impossible to be fabricated through traditional
manufacturing techniques. In this scenario, the role of additive manufacturing becomes extremely
important in developing healthcare solutions and in designing implants, as well as in surgical
planning, therapeutic delivery and tissue engineering.

On the other hand, bioprinting — a rapidly growing application of additive manufacturing - is gaining
great interest in research field as it allows for cell seeding in a spatially defined manner in 3D space,
thus allowing to produce in vitro models for drug screening and disease modeling as well as
biofabrication of implantable tissues such as skin, cartilage or bone [1].

Structures characterized by complex shape and geometries should be obtained by means of Additive
manufacturing technique in a layer-by-layer fashion starting from 3D model data. Stereo lithography

(SLA), Digital Light Processing (DLP), Selective Laser Sintering (SLS), Electron Beam Melting



(EBM), Fusion Deposition Modeling (FDM), Multijet/Polyjet 3D printing, Selective Laser Melting
(SLM) and Laminated Object Manufacturing (LOM) etc. can be counted among the Additive
Manufacturing techniques. Different kind of materials - ceramics, plastic, metal, liquid, powder or
even living cells — should be processed to fabricate any complex 3D component of any shape by
utilizing 3D model data [2]. Basically, 3D model data is converted into standard triangulate language
format, simply printed by additive manufacturing technique, as shown in Figure 1.1. All of the
mentioned techniques - in which the final product is obtained by the layer-by-layer deposition of the
selected materials - are based on similar approach. Analogous approach should be translated in the
design of healthcare solution, or in obtaining customized complicated anatomical medical structures,
starting from 2D radiographic images such as computerized tomography, magnetic resonance images
and X-rays to be converted in three-dimensional digital print files [2]. Recent advances evidenced the
great potentialities of additive manufacturing in medicine toward a real revolution in healthcare.
Fabrication of tissue and organ, anatomical models, development of customized prosthetics and
implants, development in pharmaceutical field especially in drug dosage forms, discovery and
delivery represent some of the most widely investigated biomedical applications of additive
manufacturing. Additive manufacturing is becoming more and more important and extensively
adopted in medical field due to the possibility of customization and personalization of medical
products, together with biocompatibility, cost effectiveness, improved productivity and accessibility,
short production time, simple assembly, collaboration and democratization [2]. Anyway, Additive
Manufacturing is still a long way from mass production owing to low speed. However, this latter
aspect should be considered at the same time a limitation or a benefit in medical sector, where high
precision customized products are required in less quantity. In this context, customized therapy should
be adapted with specific changes from one patient to another, making Additive Manufacturing
approach and products suitable and most widely adopted in clinical applications [2]. Recently,
different researchers and scientists had attempted to map human organs and to convert them into three

dimensional virtual designs, successively obtaining vascularized human organs analogues via
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Additive Manufacturing and bio-comparable material. However, some regulatory and scientific
challenges remain unexplored. 3D medical models should be obtained following distinct fabrication
steps: image acquisition, structural target area selection, medical images post-processing toward the
evolution in three-dimensional geometry, materials selection, the adequate choice of three-
dimensional machine for implant printing together with post processing - if required, testing and final
application or implementation in implant body [2]. The proper development of medical model could
be useful in enhancing the knowledge and skills of surgeon not only in better understanding diseases,
but also in planning costs, surgical processes, application of surgical tools and patient-specific design
of implantable devices etc. To this aim, medical additive manufacturing is best suited for custom fit

mask, new organ development and operation practice etc. [2-4].
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Figure 1.1. Basic steps for the development of 3D printed devices in the medical field [2].

History of additive manufacturing started to 1980s, by Charles Hull. At that time, Hull was working
in a Californian manufacturing company that used ultraviolet lamps to add a layer of hard plastic onto
surfaces for household applications. He successively proposed to utilize the ultraviolet (UV) light to
convert computer aided design (CAD) parts into three dimensional objects, giving life to what will
later be called "stereolithography" [2]. After different experimentations, Hull observed that

photopolymers (acrylic based substance) exposed to UV light becomes harder. Further, he developed



an apparatus equipped with an ultraviolet light to engrave the acrylic films into shapes and stacked
the layers up to finally develop an object. SLA adopted a standard triangulation language file format
for data interpretation in a computer aided design file, allowing the electronic communication with
three-dimensional printer. After many investigations, he started to write the instruction code for
driving the printer to engrave the acrylic layers initially in simple shapes. After eight years (in 1988),
he sold the first 3D printer prototype for $100,000 [2]. Later, some companies (Z Corporation, DTM
Corporation, Solidscape and Object Geometries) manufactured 3D printers for commercial use. In
The first attempts of additive manufacturing applications in medicine (custom prosthetics and dental
implants) date back to the 90s. A group of scientists developed an organ starting from patient’s cells
supported by a three-dimensional printed scaffold [2]. In 2008, scientists developed the first three-
dimensional prosthetic leg, whilst in 2012 in Holland, a layer-by-layer three-dimensional printed jaw
by a manufacturing company was developed. Thanks to the recent advancements in 3D printing
machine and technology, the proposed approach tends to become cheaper and the hospital
employment for the realization of human organs analogues became more and more widespread.
Additive Manufacturing has altered not only medicine and surgeon approach, but also life expectancy

of terminal patients [2].

1.2. Additive manufacturing processes: classification

For each additive manufacturing process, Figure 1.2 reports the most important issues [1].



Figure 1.2. Types of additive manufacturing (AM): (A) Binder Jetting; (B) Directed Energy

Deposition; (C) Material Extrusion; (D) Sheet Lamination; (E) Material Jetting; (F)

Stereolithography; (G) Power Bed Fusion; (H) Bioprinting [1].

Vat Photopolymerization processes. Vat Photopolymerization (VP), tend to produce final
parts characterized by high dimensional accuracy and surface finish when compared with
many other additive manufacturing processes [3]. Building time represents an advantage of
the VP technologies, that are based on mask projection in which an entire part cross section
can be projected. VP processes allow to produce final products starting from photopolymers
and characterized by worse impact strength and durability than that good quality obtained by
injection molded thermoplastics. As a result, mechanical properties of the manufactured parts
obtained through VP processes represent the main drawback of the technology [3]. Anyway,
the possibility to proper modify the adopted material type together with the optimization of

the process, in terms of mechanical properties, can lead to improvements in this field [2-3].



Powder bed fusion. Four different fusion mechanisms should be included in the powder bed
fusion (PBF) process group: simultaneous sintering of powder particles with solid-state
sintering, chemically induced sintering, liquid-phase sintering, or full melting [3]. In this
study, PBF processes will be divided in three subcategories to address the difference in the
process mechanism (sintering and full meting) - adopted in the most commercially available
apparatuses — and in the energy source (laser or electron beam): selective laser sintering (SLS),
selective laser melting (SLM) and electron beam melting (EBM) process groups. PBF additive
manufacturing processes, particularly for metal manufacturing, are characterized by high
residual stresses lead to the warping of parts [3]. Different approaches have been proposed to
minimize this aspect, such as the use of internal cooling channels, the careful selection of the
part’s orientation and the location of the supports. However, the effects of the part’s thermal
history (residual stresses and thermal distortions) have to be taken into account. Consequently,
the modelling of thermal and thermo-mechanical phenomena taking place in the PBF
processes are of crucial importance for the process optimization [3]. Specifically, fusion depth
is related to the combination of the laser power, spot size and scan speed whilst the melt pool
dimensions have a direct impact on the residual stresses of the parts. The laser absorption
characteristics as well as the powder bed density and powder bed thermal conductivity are
strongly dependent from powder shape, size and distribution, to be taken into consideration
[3]. Moreover, dimensional accuracy, density, shrinkage and curling of the produced part, as
well as the recyclability of the unused powder are strongly influenced by the accurate selection
of the laser-power and the bed-temperature [3]. Consequently, thermal modelling of those
processes must include all the above parameters [2-3].

Directed energy deposition. Simultaneous material deposition and melting are performed in
the directed energy deposition processes (DED) [3]. More specifically, energy is guided to a
narrow-focused region, where the substrate is melted and heated by the power source (mainly

laser beam), while further material is deposited and consequently melted at the same time [3].
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The material can either be in wire or powder form. Flexible process parameters’ selection
characterizes most of the DED machines, although most of them are strongly interrelated
(powder feed rate, beam power, and traverse speed) and affect final product features [3].
Furthermore, warping, residual stresses and the surface roughness of the parts are influenced
by the melt pool characteristics and the thermal history. On the other hand, droplet kinematics,
like in the Material Jetting (MJ — see section below) process group, play a major role here as
well [3]. The above references evidenced the importance of modelling of the thermal history
of a part, taking into consideration the laser power, scanning speed and melt pool
characteristics for the optimization of the process parameters, as well as for the optimization
of the process itself, also trying to minimize expensive and time-consuming experimental trial
and error methodologies [3]. A plethora of modelling papers on the DMD process already has
been exposed to the scientific community and distributed, almost evenly, among the various
Key Performance Indicators (KPIs) [3]. More specifically, surface roughness modelling has
been presented analytically or numerically. Topology and dimensional accuracy modelling
take place in analytical, in analytical-numerical, in numerical, whereas in those issues have
been empirically modeled utilizing artificial neural networks (ANN) [3]. Mechanical
properties and microstructure modelling has been performed in using analytical, in analytical
numerical and in using numerical approaches. Droplet kinematics and flow phenomena have
been modeled in using analytical and in using numerical approaches [3]. Finally, heat transfer
related KPIs have been modelled either simultaneously with other KPIs (in analytically, in
analytically-numerically and in numerically) or exclusively numerically) [3].

Binder jetting. Basically, low strength and stiffness parts are created by means of binder
jetting (BJ), with plaster-based powder and water based binder processes [3]. The adoption of
infiltrants has been demonstrated to greatly improve material properties. Alternatively, the
use of a poly-methyl methacrylate powder and a liquid binder that causes a curing reaction, at

room temperature has been also highlighted [3]. In this case however, after completing the
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printing process, the part has to remain in the build chamber for several hours for completing
the curing process. For metal parts manufacturing via the BJ process, a series of post processes
steps are required. More specifically, three furnace cycles are necessary after the printing, for
the binder polymer evaporation and for increasing the part’s density [3]. This should be
achieved by adding extra metal ingots, being in contact with the part. Generally, dimensional
accuracy and surface roughness of parts obtained via BJ, are not as good as those made by
adopting MJ and they are characterized by poorer accuracies and surface finishes, probably
because of the inherent characteristics of the process. Anyway, the improvement of such
issues should be pursued by modelling and optimizing the process mechanics [3].

Material extrusion. Fused Deposition Modelling (FDM) represents the commercial name for
material extrusion processes. This section aims to analyze some of the major issues that
deteriorate the quality of parts obtained via FDM [3]. Part distortions are often attributed to
the cooling process profile thus resulting in material warping because of nonlinear cooling.
Furthermore, porous parts should be obtained by determining cooling profile. More
specifically, the temperature shift between building platform, chamber, and the different
layers of the part, play a major role. Additionally, the success of the bonding between layers
is strictly linked to the temperatures of the extruder and of the layer on which the filament is
placed, playing a crucial role also in mechanical properties of the final part [3,4]. Another
important issue is the anisotropic creation of the parts’ material properties via material
extrusion, due to the crisscrossing extrusion fashion adopted for the filament deposition [3].
Thermal modelling issues concerning the material properties and dimensional accuracy, as
well as the improvement of other KPIs, such as building speed and surface roughness,
represent the main areas that modelling studies on ME concentrate [3,5].

Material jetting. Different technical problems are related to MJ process. Some of the most
important issues are strictly connected to the droplet velocity and size, that strongly influence

deposition features [3]. Furthermore, satellite droplets are generated and break off from the
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main droplet during the flight, thus resulting in not well-defined boundaries. Primary and
“secondary” droplets splashing on impact lead to the formation of a “crown” [3]. All the
mentioned issues have to be tackled, in order to improve the quality of parts created by MJ.
In this scenario, fluid dynamics should be useful in addressing the most important issues
concerned MJ process group, also considering temperature as further parameter. Most of the
proposed studies on MJ process group are focused on the droplet kinematics and the flow
phenomena [3-8].

Sheet lamination. the bonding of the new sheet on top of the other ones should be pursued
through different methods: (a) gluing or adhesive bonding, (b) thermal bonding, (c¢) clamping,
and (d) ultrasonic additive manufacturing [3]. Gluing or adhesive bonding or laminated object
manufacturing (LOM) present problems similar to ultrasonic consolidation (UC) process. The
bonding efficiency between layers decreases when the laser power induces more thermal
energy than it is required. Moreover, part distortions phenomena, due to non-uniform heating
and cooling, and edge roughness are frequently observed [3]. Modelling studies to cope with
mentioned problems on LOM are based on thermal simulations - analytical and numerical.
Voids generated during the fusion of the different layers of sheets between them and hence
the reduction of the mechanical features are frequently issued in ultrasonic additive
manufacturing or UC [3]. Three different voids categories can be observed: voids generated
by (i) surface roughness of two consecutive layers, (ii) damages related to excessive energy
input, (iii) defects between adjacent layers [3]. Moreover, anisotropic mechanical properties
could be observed because of the differences in the mechanical properties between the interior
of the metal foils and the bonding areas where between the different foils. Generally, the
anisotropy is greater in the z than it is in the x, y directions. Finally, an important role in the
mechanical features of the objects produced by UC is played by local microstructure,
considering the possibility that some parts of the foils undergo plastic deformation during the

process [3]. Consequently, the research on UC modelling aim to determine process parameters
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that will ensure optimized mechanical properties and microstructure, thus minimizing void
defects and maximizing linear welding density (defined as the percentage of bonded interface
divided by the total length of the interface between two ultrasonically consolidated foils) [3-
9].

Bioprinting. Different additive manufacturing technologies to 3D print living cells are
included under the definition of bioprinting, not considering as a specific additive
manufacturing technique on its own [1]. The deposition of cells suspended in a bioink by
nozzle-based techniques represents the basic principle, such as material extrusion or jetting,
as outlined above, or laser-assisted nozzle-free techniques. Laser-assisted bioprinting involves
the transfer of cell-suspended droplets in bioinks, focusing a laser on a membrane coated with
cell-bioink on a specific side (the membrane side facing the printing surface) [1]. Reduced
shear stress on cells due to an absence of an orifice, and the microscopic resolution are
achieved and represent the main advantage of this technique. Inkjet or Drop-On-Demand
(DOD) printing may be mentioned as a further technique in which picolitre-volume droplets
of cell-containing bioink are deposited with very high precision to coalesce into fibers [1].
The successive crosslinking before subsequent layers deposition ensures 3D structures with
sub-100 pm resolution, due to the very small volume of the droplets [1-10].
Stereolithography (SLA): The print bed is lowered into a vat containing a liquid
photopolymer resin, and either the resin-bed interface is irradiated by UV or visible light to
solidify the resin. The bed containing the polymerized layer is lifted out at every light
exposure and dipped back in to repeat the process [1].

Nanofabrication: Structures for various field applications including electronics and medicine
characterized by less than 100 nm in size should be processed by means of Nanofabrication,
that adopt and employ the same principles of Additive Manufacturing approaches, despite it
is not directly recognized as a conventional additive manufacturing technique [1]. The

nanofabrication manufacturing process can be divided into two categories [1,11]. A “top-
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down” approach that revolves around deconstructing a larger material to form the desired
nanostructure, in a fashion similar to that of carving a statue out of a block of stone [1,11].
Complicated and expensive steps are required, with little flexibility for modification. Limited
nanostructures reproducibility of the structures obtained through the “top-down” approach
can be observed, due to uncontrollable variability in the manufacturing process [1,11]. The
“bottom-up” approach represents the second nanofabrication category where building blocks
- such as atoms or molecules - self-assemble or are “printed” to create a nanostructure [11],
thus leading atomic resolution structures. The “bottom-up” approach is additive in nature,
similar to most other additive manufacturing techniques [1]. Endless applications of
nanofabrication in biomedicine and tissue engineering are present, including (but not limited
to): preserving immunogenicity of compounds in vaccines; minimizing transplant rejection
through immuno-isolation; creation of biomaterials with unique mechanical and biological

properties; drug sequestration and delivery; and circulating toxin and waste binders [1,11,12]

1.3. The concept of functionally graded materials

Functionally Graded Materials (FGMs) represent materials with changing microstructure,
composition and mechanical properties across the volume. In 1984, in Japan was firstly coined the
scientific term of functionally graded material [2]. FGM composite materials have been recently
considered as novel, smart or advanced quality materials, because of high temperature withstanding,
stress intensity factor decreasing and good distribution of residual stresses etc. Furthermore, thermal
and mechanical materials properties gradually change from one material layer to another, to fulfil the
intended function especially needed for aerospace as well as power industries etc. [2,7]. FGMs were
initially adopted as thermal barrier materials for fusion reactors, combustion chamber, turbine blades,
space vehicles and aerospace structural applications [2]. Actually, FGMs are considered as potential
structural material candidates for aerospace and high-speed automotive applications, also thanks to

the excellent resistance against fracture & erosion corrosion (EC), which is the modern requirement
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of the industry. The different types of FGMs manufacturing techniques are categorized into distinct
groups. The development of FGMs is mainly dependent from adopted process parameters for their
manufacturing processes [2]. Among all of the FGMs manufacturing techniques, solid state
techniques represent the most promising. In particular, four classes of additive manufacturing
processes (Material extrusion; sheet lamination; Powder-bed fusion & Directed-energy deposition)
are the most suitable for the purpose. The various additive manufacturing techniques according to
their use of production of FGMs are explained in the section below [2].

* Fused Deposition Modelling (FDM) or material extrusion process: The FGMs
components are produced using fusion deposition modeling and the final properties are
directly linked to the adopted process parameters. The lower machine and equipment costs,
material flexibility, ease to use, durable and inexpensive raw material represent the main
advantages, whereas high surface roughness and prints quality worse when compared to SLA
or SLS together with lower mechanical strength are the major drawback of this technology
[2]. In this technique the unwound plastic material in semi liquid form is injected through
extrusion nozzles tip, onto a base in layers to fabricate a desired component. Lue et al. (2002)
used FFF technique to produce a FGMs part. Results revealed that there was a compositional
change across the graded sample [2].

e Powder-bed fusion: it includes distinct additive manufacturing techniques such as SLM, SLS
and EBM. In SLS the laser fuses the powder material, whilst in SLM laser completely melts
the powder whereas EBM process requires vacuum for the FGMs components development
[2]. Mechanical properties, surface roughness, chemical composition and microstructure of
Ti alloy implants manufactured via SLS technique have been investigated by Trainia et al.,
observing that this process technology is effective for dental implants with functional graded
materials manufacturing characterized by superior elastic characteristics very similar to those

of the human being bone [2]. Functionally graded scaffold via SLS have been investigated by
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Sudarmadji et al., thus proving that SLS is an effective manufacturing method for FGM
implants [2].

Directed-energy deposition (DED): FGMs components should be obtained via DED
adopting energy in the form of electron beam, laser and plasma arc. In this process either
building base is moved while, deposition head remain stationary and viceversa. Laser Metal
Deposition (LMD) technique is also dealing with the class of DED method toward the
development of functional parts made of FGMs, metal and alloy etc., adopting laser beam of
powder/wire material to create a melt pool on the substrate to develop a part in layer-by-layer
fashion [2].

Sheet Lamination: Sheet lamination technique was firstly introduced in the market in 1991
by Helist company. Laminated Object Manufacturing (LOM) is an example of this process
technology, adopted for FGMs prototypes manufacturing and also considered as economical
and fast solid-state technology [2]. This process was invented by Helisys that utilizes sheets
of metal or plastic or paper, cut by blade or laser where each sheet showing a slice of CAD
model. After the sheets cutting, a binder is used for stacking and bounding purpose and cut
sections are removed. FGMs have proven their position among recent advanced materials [2].
They became hard competitors in a wide range of applications starting from the aviation,
defense, medical and energy sector. The low cost, process repeatability and reliability
represent the future frontiers for functional graded materials. The FGMs biomaterials play an
important role in organic systems, providing structural as well as biological functions. Three
dimensional reconstructions of human skull defect, skull model, porous Ti implants produced
with EBM technique and Ti implant fitted to the skull model are some of the recent

advancements in the field of interest [2-3].
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1.4. Biocompatible materials and 3D Printing

In the biofabrication field, should be highlighted a clear distinction between direct printing of a cell-
seeded material - termed a “bioink”- and the printing of a cell-free scaffold from a “biomaterial ink”,
subsequently seeded with cells or directly implanted. Ink selection is driven by both the final function
of the part and the printing technique to be used [1]. Biomaterial inks are generally used to produce
a solid and rigid scaffold for the permanent or slow-degrading stabilization of a structure, while
bioinks produce a softer scaffold more rapidly replaced by the extracellular matrix (ECM) deposition
by the embedded cell population [1].

Many bioinks have been developed starting from hydrogels as suitable materials for 3D cell cultures
and characterized by very good biocompatibility and highly tunable physical, mechanical and
biological properties. Hydrogels commonly show non-Newtonian, shear thinning behavior, which
makes them suitable for extrusion bioprinting [1]. If unmodified, however, they often present some
important limitations regarding their printing characteristics, well described by Malda et al.
Hydrogels are often characterized by low viscosities prior to crosslinking, thus resulting in poor shape
fidelity in extrusion-based printing and limiting their capacity to form larger structures without
features collapsing. To this aim, in recent years it has been necessary the development of novel
bioinks together with the development of new techniques for cell-seeded biofabrication [1].
Biopolymer hydrogels used for bioprinting include, but are not limited to, alginate, agarose, cellulose,
collagen, fibrin, gelatin, gellan gum and hyaluronic acid. Alginate is a negatively charged
polysaccharide derived from brown algae and is one of the most adopted hydrogels for tissue
engineering and bioprinting purposes. It crosslinks upon the addition of divalent cations and can be
functionalized by the addition of arginine—glycine—aspartate (RGD) moieties, which are responsible
for improved cells binding to the extracellular matrix, facilitating cell-scaffold interactions. Alginate
is also frequently blended with other biopolymers to modify both its printing and biological properties
[1]. In a recent study hydroxyapatite (HAp) has been incorporated into alginate to produce a bioink

for a calcified cartilage matrix production. The addition of HAp into alginate caused a reduction in
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glycosaminoglycan (GAG) secretion of chondrocytes, an increase in production of Col II and an
increase in calcified cartilage markers Col-X, ALP and Alizarin red staining. More-homogenous
distribution of Hap should be pursued by the addition of sodium citrate, thus also improving printing
characteristics by preventing clogging of the needle [1]. Gelatin represents another natural
biopolymer widely used in cell culture. It undergoes a thermoreversible sol-gel transition if
unmodified, but the speed of gelation is generally considered too slow to ensure shape fidelity [1].
Many research groups have used gelatin methacrylate (GeIMA) to enable UV crosslinking thus trying
to overcome this limitation, also highlighting very good biocompatibility, degradability and a
relatively inexpensive GelMA bioink production. A study by Byambaa et al. highlighted that GeIMA
functionalized with vascular endothelial growth factor (VEGF) moieties should be employed to
bioprint spatially defined vascular structures (with HUVECs) within a bone-like (GelMA with silicate
nanoparticles and hMSCs) construct. GeIMA has also been combined with methacrylated polyvinyl
alcohol (PVA-MA) and a visible light photoinitatior to produce a bio-resin for digital light processing
(DLP) lithography [1]. This approach allows for freeform fabrication, without the constraints of
producing lattices, and with resolution down to 25—-50 um. Human bone marrow derived MSCs was
seeded into the bio-resin prior to printing and showed >85% viability 24 h after UV polymerization.
GelMA was shown to be an essential addition to PVA-MA for long-term (28 days) cell survival.
ECM components, such as collagen, fibrin and gelatin have been widely used to recapitulate the ECM
for cell culture scaffolds, but many of the chemical and biological signals from whole ECM are
missing [1]. Tissue-derived decellularized ECM (dECM) highlighted the potential to be a very
functional bioink; however, the decellularization process often reduces a lot mechanical features, thus
requiring the blending with synthetic or natural materials to improve its integrity in the printing
process. In a recent study, decellularized dentin was prepared by first removing the pulp and enamel
from molars, followed by grinding and decalcification. It was then mixed with sodium alginate and
SCAPs to produce a printable bioink [1]. Increasing the concentration of dentin matrix molecules

caused a significant increase in the upregulation of dentin markers ALP and RUNX2 [1].
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Biomaterial inks often are processed in cytotoxic conditions, i.e. adopting extreme temperature or
solvents; however, they can be loaded with therapeutic molecules that can withstand these processing
conditions. Thermoplastics, ceramics, composites and metals have all been additively manufactured
for use in biomedical applications [1].

Synthetic hydrogels are often not suitable for the direct cell seeding but they show non-Newtonian
properties similar to biopolymeric hydrogels, allowing them to be printed by extrusion. Pluronic is a
commonly used synthetic ink that can be thermally crosslinked or functionalized with chemical
groups for UV crosslinking [1]. Pluronic has been adopted as support material for structures with
overhangs, and also as a sacrificial ink to produce hollow structures. Elastomers are also attractive
materials for bioprinting because of their mechanical properties that mimic the viscoelasticity of
native tissues. Polydimethylsiloxane (PDMS) and silicon have been printed using embedded
techniques (freeform reversible embedding (FRE) and printing into microgels, respectively) to
produce hollow and bifurcating structures that mimic airways and large vessels. These structures can
then be perfused to model flow in large vessels [1].

Thermoplastic materials are also commonly adopted for 3D printing in many technical industries and
by hobbyists. In bioprinting, the key advantage is that thermoplastic materials can be processed and
undergo multiple thermal cycles for the incorporation of factors, to form filaments for extrusion,
resins for photolithography or polymer melts for electrospinning.

Thermoplastics such as polycaprolactone (PCL), polyvinyl alcohol (PVA) and polylactic acid (PLA)
have been bioprinted for use as both supports for cell-seeded hydrogels that require mechanical
reinforcement, and for direct implantation in vivo. They are printed using extrusion from filaments
or polymer melts so they can produce high resolution structures with very good shape fidelity,
excellent control over porosity, which can in turn influence the mechanical properties of the scaffold
[1].

Ceramic materials are characterized by a mixture of inorganic salts, including calcium and phosphate,

mainly adopted for bone and dental applications for their osteoconductive features. Ceramics are very
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brittle making difficult to handle and implant. In biofabrication approach, ceramics are often
combined with a polymeric binder for extrusion bioprinting or 3D powder printing. Commonly
printed ceramics include tricalcium phosphate (TCP), hydroxyapatite (HAp), bi-phasic calcium
phosphate (BCP), poly (methyl methacrylate) (PMMA) and bioglass. Tetracalcium phosphate
(TTCP) represents also a promising candidate for bone replacement and has been shown to be highly
resorbable at low pH [1]. In a study by Mandal et al. TTCP with a phytic acid binder has been
analyzed. Following the printing and post-hardening with additional binder solution, TTCP was still
the most abundant ceramic phase, but an amorphous calcium phosphate phase can be observed,
indicating a reaction between the ceramic powder and binder [1]. Multi-layered scaffolds have been
also obtained by combining and PCL via mixing the powdered ceramic and polymer and producing
a liquid melt successively extruded. PCL blended with natural ceramics (decellularized bone matrix
and Bio-Oss, a bovine derived bone mineral) outperformed synthetic ceramics (HAp and TCP)
regarding osteoinductive capability [1].

On the other hand, metallic implants for orthopedic, dental and craniofacial applications have
traditionally been fabricated by methods such as casting, forging and machining starting from
stainless steel, cobalt chromium molybdenum and titanium alloys. Patient-specific implants have
been developed by means of additive manufacturing technology benefiting from reconstructed 3D
imaging data. Recent advancements regard the possibility to add tunable functionalities to these
implants [1]. A recent study showed how it is possible to load an antibiotic-eluting cement into a
central cavity of an innovative metallic implant that could not be manufactured by conventional
methods. High resolution achievable by selective laser melting (SLM) of metallic powders allows to
produce intricate lattices, thus overcoming issues surrounding stress shielding in hip implants. Finite
element analysis (FEA) should support for the determination of theoretical mechanical performance
and theoretical reductions in bone loss of porous implants obtained via SLM, also confirming FEA

prediction by mechanical testing [1].
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1.5. Improvement of additive manufacturing in medical field

Different additive manufacturing processes have been adopted by researcher in distinct areas of
medical field [2]. According to the American Professional Association Report, the additive
manufacturing is estimated to rise by $9.7 billion by 2027 in dental application (increasing 35%
annually). The use of 3D printing is also growing day by day especially in medical field. About 11%
of medical industries revenue comes from three dimensional printed components, whether medical
device or implants. The growing need of additive manufacturing is due to requirements of customize
medical parts [2,10]. According to the web of science data, total 1157 research papers of additive
manufacturing for biomedical applications has been published from 2011 to Oct, 2020. Several kind
of materials potentially usable for 3D printing medical applications have been shown. The selection
of material mainly depends on the utility/properties required in the final part production or additive
manufacturing model such as customized implants, surgical tools, prosthetic limbs, tissue scaffolds
etc. Strength, durability and flexibility represent key features for medical applications where
acrylonitrile butadiene styrene (ABS) and nylon represent a good choice [2]. However, polylactic
acid (PLA) is a suitable biodegradable material for biomedical applications. An ideal biomaterial
should possess different peculiar characteristics. It should be easy to print, biocompatible,
morphologically mimic living tissue, nontoxic etc. Metal and alloys are used where high strength
parts are required — i.e. in orthopedic implants, plates, screw etc. Ceramic materials are suitable for
bioactive orthopedic implants, whilst composites for porous orthopedic implants with better
mechanical properties have been widely investigated. However, among all biomaterial, polymer-
based materials are widely used in biomedicine (86%) [2]. Anyway, the material selection for the
specific biomedical applications depends upon specific implant requirements. Biomimetic materials
are also required for tissue engineering applications. The designing enhancement of scaffolds through
conventional method (Salt leaching & Phase separation) has been performed by different research
groups, adopting distinct process methods such as rapid prototyping (RP), electrospinning etc. for

three-dimensional biomimetic scaffolds manufacturing. Bone tissue engineering plays important role
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in the damaged tissues and harvested treatment. The ceramics as well as polymers such as
polycaprolactone and poly (lactic co-glycolic) acid are extensively adopted in bone tissue
engineering. Various additive manufacturing methods have been analyzed using in vitro testing for

biomedical applications such as medical education, surgical planning etc. [2].

1.6. Bioprinting tissues and organs

Artificial living tissues should be developed via bioprinting process and computer-guided pipette to
living cells (bio-ink) layer on top of one another. Bioprinting is used to fulfill the requirements for
living organs and tissues suitable for tissues transplantation and regeneration - such as heart tissue,
bone, tracheal splints, cartilaginous structures, vascular grafts and multilayered skin etc. These
artificial tissue organoids or constructs can be utilized for medical research purposes as they mimic
organs on a miniature scale. Recently, it has been proposed a bioprinting classification into 3 distinct

types: laser based, Inkjet or Drop-On-Demand printing technology [2].

1.7. Anatomical models for surgical planning

Additive manufacturing is based on post-processing and converting 2D (MRI or CT scans) into 3D
images thus supporting surgeons in better planning and surgical training, also creating patient-specific
implant organ models that surgeons can utilize to practice on before conducting any complicated
surgeries. Most widely used anatomical models have been proposed in maxillofacial, orthopedics and
neurological surgery [2]. In vitro applications of tissue engineering have paved the way for the
development of physiological models representing tissue-like human and animal microenvironments
for more clinically applicable testing [1]. Complex three-dimensional organizations of different cell
types allow for the organoids creation [1]. Furthermore, functional units of different organs should
be useful for studying disease processes and treatment responses. It has also been shown that cells
behave quite differently in terms of gene expression and signaling within a 3D environment, as

opposed to conventional 2D cultures. Riedl et al. in a study compared the response of 3D spheroids
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vs 2D cultures of human colon cancer cells lines, observing contradictory levels of AKT/mTOR/S6K
signaling activity upon treatment with the mTOR inhibitor rapamycin. Signaling pathways was
increased in 2D cultures but decreased in 3D spheroids [1]. In a xenografted mouse tumor model, it
has been demonstrated that the 3D spheroid model was an accurate representation of the in vivo
response to rapamycin treatment, showcasing the increased efficacy of 3D spheroids as accurate
preclinical drug screening models compared to 2D cultures [1]. Tumor spheroid models recreate in
vivo-like environments in a relatively inexpensive and fast way, but they are limited regarding size
and complexity and the nutrients, gases and wastes diffusion. Spheroids can only grow to a certain
size before hypoxia and lack of nutrients [1]. Additionally, fabrication methods for spheroid
formation only allow for production of simple spheroids, without any design complexity, and they
are also very fragile during handling. As an additive manufacturing technique, bioprinting allows the
creation of complex 3D hydrogel models with great levels of control and reproducibility compared
with conventional techniques such as molding and spheroid formation [1].

Bioprinting can already allow the creation of complex organ-on-a-chip models, with good anatomical,
compositional, and functional similarity to the host tissue, the aim being to conduct experiments in
an in vivo-like physiological environment [1]. Organ development begins in the embryonic period.
Recreating architectural environment and correct signaling patterns, the modeling of both
developmental and disease processes should be pursued. Current research efforts have been
successful in reproducing functions of many different organs through differentiation and self-
organization of stem cells into organoids. Reliance on the self-organizing capabilities of stem cells,
however, provides limited control regarding the shape, composition and final size of the organoid.
Stem cells, cell lines or patient-derived cells can be deposited with good spatial control to achieve
any desired structural arrangement through bioprinting [1]. A study by Grix et al. utilized
stereolithography to produce 4 mm 3D liver lobule models. Hepatocyte-seeded GelMA
(methacrylated gelatin) with degradable PEG (polyethylene glycol)-lined channels have been proved

to mimic the unique in vivo architecture of the liver, also demonstrating increased hepatocyte-specific
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gene expression within the 3D model if compared to 2D monolayer cultures. Additionally, a vascular
network for perfuse the model should be obtained by embedding channels [1]. The high resolution
offered by stereolithography technology allowed printing of microscopic details. Another study by
Material extrusion bioprinting of a collagen-based bioink has been proposed by Bulanova et al. to
create a vascularized thyroid gland model to create a model consisting of embryonicstem-cell-derived
thyroid spheroids and epithelial spheroids, in close proximity to each other, that allowed for invasion
and vascularization of the thyroid spheroids by the epithelial cells [1]. They also confirmed the
functionality and neovascularization of the organoid by achieving thyroid homeostasis after
implanting the bioprinted organoid in hypothyroid mice. Over the past few years, highly complex
organoids and lab models have been proposed to be obtained via emerging bioprinting. To date, many
labs have utilized this technique for creating biologically functioning models made up of a wide
variety of tissues such as liver, mammary epithelium, myocardium, skeletal muscle, kidney, skin,
neurons and malignant tumors [1].

These models are becoming useful drug screening tools within both research labs and the
pharmaceutical industry.

There are, however, few limitations associated with bioprinting. The properties of currently adopted
bioinks result in a trade-off between creating a viable growth environment for cells, while providing
structural support to the printed model. More elastic biomaterials can allow for creation of complex
models that can hold their shape but at the same time limit cellular interactions and movement [1].
More viscous biomaterials create a fluid environment for cells, while having less capability to create
large models without collapsing under their own weight. As the field of bioprinting advances, so does
the need for discovering new biomaterials that provide structural support without hindering cell

viability and extracellular matrix deposition [1].
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1.8. Custom-made implants and prostheses

3D printing technologies are also adopted to develop customized prosthetic limbs to suit and fit the
wearer. It speeds up the process in economical products manufacturing providing patients the same
functionality as product obtained via conventional methods [2]. 3D printing represents a very
effective approach in producing customized implants and prostheses and it solves many orthopedics
problems. The custom-made maxillofacial implants, cranial implants, mandible implants, and
orthopedics implants etc. have been widely explored. Additionally, 3D printing advances are related
to scaffoldings and tissue engineering, mechanical bone replicas, forensics, surgical planning, design
of medical instrument and customized implant design [2].

The field of surgical implants and prostheses is continuously developing to allow for more cohesive
integration of these foreign objects within their surrounding tissue, as well as to increase their
functionality [1].

Design of implants and prostheses requires a multidisciplinary approach that combines principles of
materials science, engineering, biomechanics, molecular biology, pharmaceuticals and long-term
clinical monitoring.

Additive manufacturing can help to bridge the gap between biology and engineering by creating
complex biocompatible and bioactive constructs that take advantage of unique material properties,
such as osteoconductivity and osteoinductivity, to promote tissue regeneration and integration of the
implant with the surrounding tissue [1].

Current radiological imaging technology, such as computed tomography (CT), can allow for creation
of very accurate CAD models of a defect that can serve as models for 3D printing to ensure a perfect

fit into the desired tissue [1].
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1.9. Tissue engineering approach

Tissue engineering plays a pivotal role in the fabrication of biocompatible implants to replace
damaged or non-functional tissues by combining biocompatible materials, live cells and growth
factors to create implants that aid normal tissue growth throughout the engineered construct [13-15].
Additive manufacturing finds wide acceptance in tissue engineering applications, allowing for the
fabrication of 3D-printed models that mimic the microscopic network of connective tissue [1,13].
From porous implants that promote bone regeneration, to complex three-dimensional organoids
composed of cells [1,15,16], the main advantage of 3D printing in tissue engineering is the ability it
provides to make geometrically complex (potentially composite) structures by accurate placement of
material or cells within a three-dimensional space [1].

Bone defects, injuries, harmful diseases, accidents should damage human tissues thus provoking the
loss in the working of joints and organs. To restore the functions of injured joints, a surgery is usually
needed [2]. Tissue engineering adopts different techniques (gas foaming, freeze-drying, electro-
spinning, solvent casting, emulsification) to manufacture scaffolds for potential application in
damaged tissues. As key features, low cost, customization and personalization of medical parts,
improved collaboration, democratization of design and fabrication etc. are some of the main
advantages of 3D printing approach in biomedicine. Several kinds of biomaterials should be
employed for different applications of tissue engineering in 3D printing technology in bone, skin,
nerve, vascular, and cardiovascular, meniscus, urethra regeneration, and so on [2].

Effective implant production for bone regeneration in vitro and in vivo should be obtained by AM
approaches, thus intervening in the management of critical-size bone defects, often resulting in
significant morbidity [1]. Just as an example, a large bone defect should be simply filled with bone
graft, but bone integration should not be guaranteed due to an absent coherent blood supply to the
graft [1]. Current surgical management options include vascularization of a bone graft, which is
difficult to achieve, or performing a Masquelet procedure, effective in restoring blood supply, but

requires multiple operations thus increasing morbidity [1]. Additive manufacturing offers potential
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implant solutions for both vascularization and bone regeneration improvements. Porosity represents
an important property for promotion of bone ingrowth. 3D printing provides the technical capability
to create high-resolution, porous scaffolds from a wide variety of materials including metals, ceramics
and biodegradable polymers. Other regenerative capabilities of additive manufactured scaffolds aside
from bone have also been studied. A study by Lee et al. demonstrated that the printing and
implantation of an acellular hydroxyapatite/PCL scaffold doped with transforming growth factor -3
(TGF-3) into rabbits resulted in full regrowth of the articular surface of the proximal humeral joint
[1], and the regenerated cartilage had comparable histological, compressive and shear properties to
that of native rabbit articular cartilage. Similar findings were observed by Chang et al for an FDM-
printed PCL trachea, coated with MSCs and fibrin, demonstrating neocartilage production and
integration with native tracheal tissue [1]. Tissue regeneration using FDM-printed scaffolds have also
been reported with hydroxyapatite-PCL scaffolds in the periodontium. The initial physical
interaction of implants with surrounding tissue occurs at the implant surface, thus suggesting
important findings in the study of implant failure over time [1]. In particular, it is important to analyze
the stress shielding due to differences in mechanical properties (compared with the surrounding
tissue) and implant wear-induced cell death from movement across the implant-tissue interface.
Implant surface characteristics should be optimized for maximize the integration and fixation to the
surrounding tissue. In this scenario, surface roughness of metallic bone implants is an important factor
that inversely correlates with biological fixation to the surrounding bone. A study by MacBarb et al.
demonstrated that 3D-printed titanium spinal implants obtained via Electron Beam Melting (EBM)
were superior for inducing osteoblast proliferation and calcium production on implant surface in vitro
if compared to the current standard of implant surface processing (titanium plasma spraying).
Cancellous bone-like trabecular network incorporation on the implant surface 3D model has been
pursued and subsequently high-resolution fabrication using additive manufacturing has been provided
[1]. Porous coatings for 3D-printed implants via nanofabrication techniques have also been used

analyzed. A study by Garcia et al. showcased how by fibronectin nanoclusters coating on titanium
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implants resulted in a significant increase in integrin binding, resulting in improved implant fixation
in rats. Selenium nanoclusters coated titanium implants have been also proposed in another study by
Tran et al. in an in vitro model, resulting in enhanced antitumor activity, while also promoting healthy

bone formation on the bone surface compared to untreated implants [1].

1.10. Clinical applications in dentistry, traumatology and orthopedics

Dentistry, in particular in the two branches relating to oral and maxillofacial surgery, orthogenetic,
endodontic and orthodontic etc. represent the field of major investigation of medical additive
manufacturing [2]. High quality restoration as well as comfort to dentists should be achieved. In
addition, dental restorations, which are being created through additive manufacturing, are more robust
in production than restorations created by dental technicians. Various additive manufacturing
techniques (FDM, SLS, LOM) are used to print dental pieces and produces bridges, orthodontic
appliances, crowns etc. In addition, AM in oral surgery represents a novel approach in helping
surgeon simulation/planning and in providing overview to surgeon before starting the patient surgery
[2]. A customized approach adoption for the management of each patient became necessary because
of anatomical variability in dentistry. Recent advancements in scanning and imaging technologies
have resulted in highly accurate 3D reconstructions of the oral cavity to serve as a template for
designing custom oral prostheses and implants. In the field of prosthodontics (dentures), additive
manufacturing is clinically established as a feasible and accurate approach for fabricating prostheses
with comparable durability to conventional manufacturing techniques and materials [1].
Stereolithography is a commonly adopted technique in this field, with established commercial resin
products available. In orthodontics (retainers), CAD models of a patient’s oral cavity and teeth are
used to simulate the final teeth-alignment goal, and to print a corresponding mold for fabricating
custom silicon prostheses. In oral and maxillofacial surgery, a major role of additive manufacturing
is in 3D printing custom biocompatible and osteoinductive implants to accurately fill bone defects

and promote regeneration of the bone [1].
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It s the first medical sector to adopt additive manufacturing method to manufacture patient specific
models, also for maxillofacial surgery [2]. Furthermore, additive manufacturing produced models and
plays an important role mainly for surgeon training, surgical planning and decreasing the re-operation
rate in orthopedics, in particular regarding joint arthroplasty, trauma surgery, deformity improvement
etc. The major applications in traumatology and orthopedics include surgical guides, biomaterials,

implant, orthoses, traumatology, etc. [2].

1.11. Benefits of additive manufacturing in the medical field

The word personalization means to fulfill the customer’s demand efficiently and effectively and
making interactions easier and faster, hence increasing customer-satisfaction. Customization is
related to the action of modifying something to suit/fulfil a particular individual or task. Custom-
made implants, surgical tools and fixtures can have a major effect in terms of time needed for surgery,
patient recovery time. Additive manufacturing is able to cost-effectively produce product/items [2].
In this context, costs of 3D printing decreases for small dimension implants or prostheses such as
those used for dental and craniofacial disorders. In addition, additive manufacturing also decreases
the fabricating costs by decreasing the application of unnecessary resources. Some drug may also be
printing in dosage form that is easier and highly cost effective to deliver to patients [2]. 3D printing
technology became faster as compared to traditional techniques of producing products like prosthetics
and implants, based on processes such as forging, milling and a very long delivery time. In addition,
speed, reliability, and resolution of additive manufacturing method are also related to the rising
availability of materials [2]. Finally, costs reduction allows more people to use little more than a 3D
printing machine and their imaginations to design and produce novel products for commercial and
personal use. The medical model fabricated by 3D printing technology possess higher accuracy and
surface finish. Furthermore, accurate selection of the material to enhance different features of medical
implant could be pursued taking into account fast and easy to use 3D printing approach [2]. No tooling

or fixture is required. The word "mass customization" was firstly raised by Davis in 1980s suggesting
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the ability to produce functional parts that meet the individual customer satisfaction and needs with
reasonable cost. Embedded customization, modular production, and customized product services are
the major stages of mass customization that become a dominant product manufacturing strategy.
Obviously, compulsory quick changes for product manufacturing companies in the view of vast
competition, globalization, rapid technological innovations etc. became evident [2]. Additive
manufacturing is cost-effective only if the part is produced for specific need/customer satisfaction
otherwise it is highly expensive and lot of wastage. Customization help to miniature batch sizes and
need frequent as well as dynamic re-configuration of the manufacturing system. The accurate
selection of material for medical implant manufacturing is mainly guided by bio functionality,
biocompatibility, resistance against corrosion etc. Metallic biomaterials are often used to replace or
support skeleton portion. If we compare metallic with ceramic and polymeric materials, high fracture
toughness, tensile properties and fatigue strength should be highlighted [2]. The cobalt alloy possesses
many attractive properties such as resistance against wear, corrosion resistance, heat resistant etc. But
the limitation of cobalt alloys is the very cumbersome to manufacture, therefore its applications has
been limited. Although additive manufacturing has lot of advantages (innovation, creation of complex
shape, less waste, cheaper for small batch production, single step operation, less wait age time,
customization and high flexibility) over traditional manufacturing, it still presents some limitations
(poor mechanical properties and limited materials availability, high cost for large volume production
etc.) [2]. To this aim, it is widely recommended to mention a comparison between additive
manufacturing and conventional manufacturing processes also in order to address future research in
overcoming the challenges of additive manufacturing processes. Additive manufacturing is an
effective, novel, revolutionizing and rapidly growing technology especially in medical sector.
Recently, additive manufacturing technology provided a large opportunity to help pharmaceutical
and medical companies to generate more specific drugs and changing the way that surgeons and
doctors plan procedures, toward a customization with high accuracy [2]. The four major core

applications of additive manufacturing in medical field that are associated with recent innovations
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are: bioprinting tissues and organoids, patient-specific surgical models, surgical tools, and custom-
made prosthesis. Recently, additive manufacturing providing distinct possibilities for application in
medicine such as in craniofacial implants to hip, knee and spinal implants, prosthetic dentistry,
production of various medical tools used for cutting and drilling in surgery etc. A comprehensive
literature review has been performed to study the mechanical properties of different additive
manufacturing processes with different materials and their biomedical applications [2]. Some more
applications such as organ printing is still needed to be investigated. Additive manufacturing provides
number of advantages to manufacturers such as cost savings and optimization of product design,
shorter supply chain, customization, ability to produce complex geometry, etc. Over the last decade,
additive manufacturing growing rapidly in the medical sector, however, there are still some
challenges in adopting 3D printing. Some important challenges for the manufacturer are reported
below [2]:

e Limited choice of materials: The raw materials source for the fabrication of suitable or similar
part/object to human organs and tissues are limited.

e Poor mechanical properties: The part should have reasonable mechanical characteristics such
as compress strength, tensile etc. after printing process.

e Low dimensional accuracy: The component fitting is very essential for a highly precise
design; the barrier is to overcome the shrinkage of the component during the process of
cooling.

e Customization of fit & design: As the part is fabricated to the patient function, shape or size,
it cannot be utilized in other patients. In addition, the other challenges of additive
manufacturing include high cost of printer, not suitable for mass production, post-processing
requirements, speed of bioprinter. Hence more research is required on 3D printing material,

process technique and applications of additive manufacturing [2].
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Figure 1.3. Merits of additive manufacturing in medical applications [2].
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Chapter 2

Design strategies of 3D customized nanocomposite

scaffolds for hard tissue regeneration

2.1. Introduction

Bone is capable of healing and remodeling itself except in the case of defects that exceed a critical
size [1,2]. Autografts are generally considered the gold standard for bone reconstruction. Even though
it is reported that there is no risk of device rejection or disease transmission, many complications
arise due to poor availability, prolonged hospitalisation, donor-site morbidity and pain, and high risk
of infection and haematoma [1-3]. For this reason, allografts may be seen as an alternative to
autografts but their clinical applications are strongly limited by the risk of pathogenic disease
transmission as well as low integration with native tissues [2,4-9]. The use of metallic or ceramic
man-made devices may be considered to be an interesting alternative system since these devices can
immediately act as a mechanical support, providing the structural stability that is generally needed
for the bone healing process. However, the use of metallic devices may lead to the risk of bone
resorption and fracture as a consequence of the low torsion of the great mismatch between the
mechanical properties of the implant and the bone. Alternatively, the brittleness of ceramic devices
with high osteointegration and osteoinduction properties clearly limits their use [2,4,9-16]. Thus, for
many years, novel approaches based on the combination of scaffolds with cells and/or biomolecules
have been gaining importance as an intriguing strategy with which to overcome the above reported

drawbacks [16]. The great challenge should be the design of a suitable biomechanical environment
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for cell growth and the consequent new tissue formation. Over previous years, different combinations
of scaffold design strategies, materials, biomolecules, and cells have been widely investigated in an
attempt to promote an effective interaction with the native tissue [2,17,18]. In the field of tissue
engineering, poly(g-caprolactone) (PCL), which is an aliphatic polyester, represents one of the most
commonly used biodegradable polymers, due to its interesting processability, biodegradation rate,
and high thermal and chemical stability [2,19-21]. The development of ceramic materials with a
composition similar to the bone mineral phase, such as hydroxyapatite (HA) and tricalcium
phosphate, has potentially led to the possibility of improving both the bioactivity and the mechanical
properties of the neat polymeric scaffolds [22-24]. With regard to bone tissue regeneration, PCL/HA
nanocomposite scaffolds with tailored architectures and mechanical and mass transport properties
have already been fabricated by additive manufacturing techniques (i.e., fused deposition
modeling/3D fiber deposition) that allow the development of customized structures as well as the
control of pore geometry and spatial distribution [16]. Nevertheless, it is well known that the process
and instrument parameters play an important role in determining the mechanical properties and
morphological features of additively manufactured scaffolds. In this context, the influence of the
process parameters on these characteristics has previously been studied in the case of 3D additively
manufactured PCL scaffolds obtained through a bioextruder [25]. In particular, great efforts were
devoted to the study of the effect of the deposition velocity (DV), screw rotation velocity (SRV), slice
thickness (ST), and process temperature (PT) to find the best set of parameters for the fabrication of
PCL scaffolds with enhanced properties and reproducibility [25]. In the processing of nanocomposite
materials, the difficulties are usually greater than those encountered for the neat polymers.
Accordingly, taking into account the previously obtained results for the neat PCL structures [25], in
this study, an optimisation design strategy for additive manufacturing processes based on
extrusion/injection methods was first employed to develop PCL/HA nanocomposite scaffolds for
hard tissue regeneration. The nanocomposite scaffolds were analyzed at different levels, and

examples of strategies for the development of customized scaffolds were reported.
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2.2. Materials and Methods

PCL/HA nanocomposite pellets were first developed and then processed through the fused deposition
modeling (FDM)/3D fiber deposition technique. Specifically, PCL (Mw = 65000; Sigma-Aldrich, St.
Louis, MO) pellets were dissolved in tetrahydrofuran (THF; Sigma-Aldrich, St. Louis, MO) while
stirring at room temperature. HA nanoparticles and ethanol were then added to the solution. A
PCL/HA weight ratio (w/w) of 90/10 was considered, and an ultrasonic bath (Branson 1510 MT,
Danbury, CT) was employed for the dispersion of the nanoparticles in the PCL/THF solution.
PCL/HA nanocomposite pellets were processed using a bioextruder [2,25] to fabricate 3D scaffolds
(length Lo of 7.0 mm, width Wo of 7.0 mm, and height Ho of 8.0 mm), characterised by a 0/90° lay-
down pattern. A nozzle with an inner diameter of 400 um was used to extrude/inject the material. The
nanocomposite fibers/filaments were deposited according to the selected sequence of stacking (i.e.,
lay-down pattern). A fiber spacing (i.e., filament distance [FD]) of 1,000 um was used.

The PCL/HA scaffolds were manufactured using three different values of the ST, DV, SRV, and PT,

as shown in Table 2.1 [2].

ST DV SRV PT
(nm) (mm/s) (rpm) cO
350 8 20 120
380 10 25 130
400 12 30 140

Table 2.1. Manufacturing parameters: slice thickness (ST), deposition velocity (DV), screw rotation

velocity (SRV) and process temperature (PT).

With regard to the fabrication of the devices, one parameter was varied iteratively, while maintaining

the other three as constant parameters. The morphology of the scaffolds was investigated by scanning
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electron microscopy, focusing on the filament diameter, strand distance (center-to-center distance),
and layer thickness. The mechanical behavior of the 3D scaffolds was appropriately analyzed.
Compression tests on the 3D scaffolds and nanoindentation analyses on the scaffold fibers were
performed to assess the effect of the inclusion of HA nanoparticles on the mechanical behavior and
local surface properties. In particular, mechanical compression tests were carried out on the fabricated
3D PCL/HA scaffolds. The structures were tested at a cross-head speed of 1 mm/min up to a strain
of 0.4 mm/mm, using an INSTRON 5566 testing system.

The “apparent” stress (o) and strain (g) were calculated as reported below [2,16,25]:

0= 2.1)
AH
&= H_o (22)

with F representing the force measured by the load cell, whereas AH represents the height variation
of the device.

The slope of the initial linear portion of the stress—strain curve was considered to determine the
compressive modulus [2]. For each set of parameters (Table 2.1), five specimens were mechanically
tested.

Nanoindentation analyses were performed using the Nanotest Platform (Micromaterials, U.K.) in a
specific load range (1-5 mN). A diamond pyramid-shaped Berkovich-type indenter tip was
employed. The trapezoidal load functions characterised by the specific values for the load hold
periods (i.e., 20 s) and the

loading—unloading rates (i.e., 300 uN/s) were considered. Using the Oliver and Pharr method, the
hardness values were evaluated from the load-depth curves.

The hardness (H) was calculated as follows:
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H = imex (2.3)

where Ac and Lmax are the projected contact area and the applied peak load, respectively. The
biological performances of the fabricated PCL/HA scaffolds were assessed to analyse the effect of
the nanoparticle inclusion. Briefly, PCL/HA scaffolds were prepared for cell seeding following a
reported protocol [2,16]. PCL and PCL/HA scaffolds were seeded with bone marrow-derived human
mesenchymal stem cells (hMSCs) using 1 x 10* cells/sample. The cell viability was evaluated at
different time points using the Alamar Blue assay (AbD Serotec Ltd,UK). The cell adhesion and
spreading were analyzed at different time points using confocal laser scanning microscopy (CLSM)
and rhodamine phalloidin staining. The Image J software was employed, and a shape factor was
introduced to analyse the CLSM images of the cell-scaffold constructs [23]. The shape factor was

calculated as follows:

__4AmA

¢ =" (2.4)

with A and P representing the area of a cell and the perimeter, respectively. Considering that circular
objects are characterised by the greatest area-to-perimeter ratio, a shape factor of 1 represents a perfect
circle. Thin thread-like objects have the lowest shape factor, which approaches zero [2,23].

The cell-scaffold constructs were also incubated in lysis buffer and centrifuged. The alkaline
phosphatase (ALP) activity was measured using the SensoLyte pNPP alkaline phosphatase assay kit
(AnaSpec Inc., Fremont, CA, USA). DNA was also detected and quantified by the Quant-iT
PicoGreen assay kit (Molecular Probes Inc., Eugene, OR, USA). The normalized ALP activity
(ALP/DNA) was determined. The experiments were performed at least three times in triplicate.

An example of the design and production process of customized PCL/HA nanocomposite scaffolds

for mandibular defect regeneration (i.e., symphysis and ramus) was also reported, integrating
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different methodologies and approaches (material synthesis/preparation, reverse engineering, and

additive manufacturing), as seen in Figure 2.1 [2].
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Figure 2.1. Design and production process of customized PCL/HA scaffolds for hard tissue

regeneration.

Computed tomography (CT) was performed to acquire the image and, consequently, the shape and
size of a human mandible. The obtained point clouds were appropriately processed. Rapidform

software and Materialise Magics were used for the reconstruction of the 3D model.

2.3. Results and Discussion

The roles of reverse engineering [2,26-29], computer-aided design, and finite element analysis [30-
34] have been frequently stressed in the literature. In addition, over previous years, the advances in
methodologies and design strategies have pushed the research towards the development of novel
structures for different fields of application [2,35-41]. The functional behavior of 3D additive
manufactured scaffolds is clearly dependent on the geometric and architectural features, as well as on
the pore spatial distribution. Concerning the development of additive manufactured scaffolds, many
studies have already demonstrated the possibility of properly tailoring the road width (RW) by
varying the instrument and process parameters at a fixed nozzle size [2,25]. In the current study, a
nozzle with an inner diameter of 400 um was employed to manufacture the PCL/HA nanocomposite
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scaffolds. In particular, an already considered approach [25] was used to develop additive
manufactured PCL scaffolds.

The manufacturing parameters were selected to obtain a value of the RW that was equivalent to the
inner nozzle diameter (400 um), attempting to reduce the fabrication time and to maintain the highest
reproducibility without significant alteration of the structural stability of the devices. The results
obtained from the experimental analyses evidenced the influence of the investigated parameters (PT,
SRV, DV, and ST) on the flow behavior of the material, which clearly resulted in changes in terms
of the RW. Such variations provided the 3D scaffolds with different morphological and mechanical
features. The obtained stress—strain curves (Figure 2.2) were similar to those found for the 3D additive

manufactured scaffolds [16,25].
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Figure 4.2. Typical results from compression tests. Stress-strain curves for additive manufactured
PCL/HA scaffolds with specific lay-down pattern and geometric features, tested up to a strain of 0.4
mm/mm.
The temperature was initially varied (120 °C, 130 °C, and 140 °C) at fixed values of the SRV (30

rpm), DV (10 mm/s), and ST (400 pum).

37



When the temperature increased from 120 °C to 140 °C, an increase of the RW was evident (Table

2.2).

PT RW Porosity Compressive Maximum
°C) (nm) (%) Modulus Stress
(MPa) (MPa)
120 449+5 60.0+1.2 120.1+11.4 135+1.4
130 4777 55.0%1.2 124.1 +12.3 148+1.9
140 506+5 509+1.2 130.2 + 14.0 13.3+£2.2

Table 2.2. RW, porosity, compressive modulus and maximum stress of 3D PCL/HA scaffolds
achieved for different PT values (DV = 10 mm/s, SRV =30 rpm and ST =400 um). Data are reported

as mean value + standard deviation.

Conversely, the porosity values decreased (Table 2.2) due to a reduction in the pore height and the
pore width (LG and FG, respectively; data not reported). The findings confirmed the effect of the PT
on the morphological features [2]. In particular, a thickening of the filament and a decrease of the
scaffold porosity were found with the PT increasing from 120 °C to 140 °C.

In terms of the mechanical properties, the values of the compressive modulus and the maximum stress
are shown in Table 2.2.

Although differences in terms of the RW and porosity were observed at different PT values, the results
suggested that both the compressive modulus and the maximum stress were not greatly affected if the
PT was increased above 120 °C.

The influence of the DV on the morphological and mechanical features was investigated by varying
the DV (8, 10, and 12 mm/s) at fixed values of the SRV (30 rpm), ST (400 um) and PT (120 °C).
When the DV increased from 8 to 12 mm/s, the filament thinning provided an increase in the pore

width and the scaffold porosity (Table 2.3).
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DV RW Porosity Compressive Maximum
(mm/s) (nm) (%) Modulus Stress
(MPa) (MPa)

8 479+6 556+13 128.1+120 125+13
10 449+5 60012 1201114 135+14
12 431+5 642+13 91.5+9.2 9.1+£0.9

Table 2.3. RW, porosity, compressive modulus and maximum stress of 3D PCL/HA scaffolds
achieved for different DV values (PT = 120°C, SRV = 30 rpm and ST =400 um). Data are reported

as mean value + standard deviation.

Table 2.3 suggests how the DV may influence both the compressive modulus and the maximum stress
of the PCL/HA scaffolds. Specifically, a high value of the DV should negatively affect the mechanical
performances of the additive manufactured PCL/HA scaffolds.

Accordingly, in the fast deposition process, the filaments were too stretched, leading to a decrease of
the RW and an increase of the porosity [2].

In terms of the compressive modulus and the maximum stress, Table 2.3 shows that the lowest values
were obtained for a DV of 12 mm/s. The SRV clearly influences the amount of the extruded/deposited
material.

To study the effect of the SRV on the scaffold characteristics, the SRV was varied (20, 25, and 30
rpm) at fixed values of the DV (10 mm/s), ST (400 pm) and PT (120 °C). An increase of the RW was
evident with the SRV increasing from 20 to 30 rpm due to the higher amount of extruded material.
However, higher SRV values led to a decrease in the pore width (FG), the pore height (LG), and the

porosity (Table 2.4).
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SRV RW Porosity Compressive Maximum
(rpm) (nm) (%) Modulus Stress
(MPa) (MPa)

20 3816 71.3+1.7 65.6+6.8 9.2+0.8
25 430+5 63.7+14 81.3+8.9 9.7+£0.8
30 449+5 60.0+1.2 120.1+11.4 135+14

Table 2.4. RW, porosity, compressive modulus and maximum stress of 3D PCL/HA scaffolds
achieved for different SRV values (PT = 120°C, DV = 10 mm/s and ST =400 pm). Data are reported

as mean value =+ standard deviation.

As a consequence of the higher SRV values, the thickening of the filament provided the PCL/HA
structures with a lower porosity. The results reported in Table 2.4 indicate that the highest values of
the compressive modulus and the maximum stress were found for an SRV of 30 rpm. The ST also
plays an important role in determining the filament diameter, pore width, pore height, and porosity,
thus providing the possibility of tailoring the scaffold characteristics [2,25]. Intuitively, a decrease of
the ST values generates a compression of the filaments in the adjacent layers and, hence, a change in
the geometry of the filaments, which become more elliptical.

This effect causes an increase of the filament diameter, together with a reduction of the pore width
and porosity.

As the ST decreased from 400 to 350 um, a decrease of the pore height was obviously obtained, as
well as an increment of the filament diameter and, consequently, a reduction of the pore width and

porosity (Table 2.5).
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ST RW Porosity Compressive Maximum
(pm) (pm) (%) Modulus Stress
(MPa) (MPa)

350 489+6 46.8+13 137.1+£13.8 152+1.4
380 469+6 533+£1.2 1303+£13.1 144+1.3
400 449+5 60.0+12 120.1+114 135+14

Table 2.5. RW, porosity, compressive modulus and maximum stress of 3D PCL/HA scaffolds
achieved for different ST values (PT = 120°C, DV=10 mm/s and SRV=30 rpm). Data are reported as

mean value + standard deviation.

For this reason, the ST would influence the mechanical properties. However, Table 2.5 reports the
values of the compressive modulus and the maximum stress. The current analysis was focused on the
assessment of the optimal set of process/instrument parameters for the fabrication of PCL/HA
nanocomposite scaffolds with minimal fabrication time avoiding to compromise the structural
integrity and reproducibility features. Accordingly, all the parameters were selected to find a value
of the RW that was equivalent to the inner diameter of the employed nozzle (400 um). As frequently
stressed in the literature [2,25], additive manufacturing techniques based on extrusion/injection
methods (i.e., fused deposition modeling/3D fiber deposition) enable the possibility of controlling the
architectures, pore size, and distribution, consequently leading to the development of 3D scaffolds
with tailored mechanical and mass transport properties. In this context, the present study analyzed the
effects of the PT, DV, SRV, and ST on the RW, which influence the pore size and porosity, as well
as the compressive modulus and the maximum. The interaction of different pairs of parameters on
the investigated features of the PCLL/HA scaffolds (i.e., RW, compressive modulus, and maximum

stress) is reported in Figures 2.3-2.5.
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For example, Figure 2.3 illustrates the interaction plot for the RW, reporting the combined effects
(PT and DV, PT and SRV, PT and ST) on the RW. Similarly, the interaction plots for the maximum
stress and the compressive modulus are shown in Figure 2.4 and 2.5, respectively. Table 2.6
summarises the optimized set of parameters for the manufacturing of 3D PCL/HA (90/10 w/w)
scaffolds characterised by a pre-defined value of the RW, pore size, and porosity, without

compromising the structural and mechanical characteristics.

Table 2.6. Optimized set of parameters for the fabrication of PCL/HA (90/10 w/w) scaffolds through
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The results from the nanoindentation tests on the PCL fibers provided values of hardness ranging
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Figure 2.5. Interaction plot for compressive modulus (MPa).

from 0.43 + 0.03 GPa to 0.26 = 0.02 GPa in the investigated load range (Figure 2.6).

43



0.5

04

0.3

Hardness (GPa)

0.2

0.1

DN

NN\

DN

% AN

- Mgy

AN,

NN

=
w
-
2]

Load (mN)

Figure 2.6. Results obtained from nanoindentation tests on PCL fibers. Hardness as a function of the

applied load. Data are reported as mean value, error bar represents the standard deviation.

The inclusion of HA nanoparticles led to an increase in the compressive modulus and the fibers
hardness. In vitro biological tests were performed to evaluate the influence of the inorganic

nanoparticles on the behavior of the hMSCs. Typical results obtained from the Alamar Blue assay are

reported in Figure 2.7.

gz:l %7 | % |
el
L L

Time (Days)
Figure 2.7. Percentage of Alamar Blue Reduction for PCL and PCL/HA scaffolds at 1, 3, and 7 days.

Data are reported as mean value, error bar represents the standard deviation.
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With regard to the biological performances, the Alamar Blue assay was employed to assess the cell
viability and proliferation. This method is based on a redox reaction that occurs in the cell
mitochondria.

The percentage of Alamar Blue reduction is related to the number of viable cells. Specifically, a
significant increase of Alamar Blue reduction was found over time, indicating that the hMSCs could
survive and proliferate throughout the scaffolds. Although no differences were observed between the
PCL/HA scaffolds and the PCL structures at day 1, the inclusion of HA significantly enhanced the
cell viability/proliferation at day 3 and day 7 (Figure 2.7).

The CLSM images and cell-shape factor further allowed investigation of the cell adhesion and
spreading. The shape factor significantly decreased over time for both types of cell-laden constructs,

and the typical values are reported in Figure 2.8.
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Figure 2.8. Values of shape factor obtained from CLSM images of hMSCs on PCL and PCL/HA
nanocomposite scaffolds. Data are reported as mean value and error bar represents the standard

deviation.

In comparison to the neat PCL scaffolds, at day 3 and day 7, a lower shape factor was achieved for

the PCL/HA nanocomposite structures, even though at day 1 similar values were found for the two

types of cell-laden constructs. It is also worth noting that a reduction of the shape factor should
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suggest better cell adhesion and spreading, since the lower the shape factor, the more elongated the
cell [2,16]. These results confirmed the effect of the HA inclusion in enhancing cell adhesion.

Furthermore, the normalized ALP activity (ALP/DNA) was determined at 7, 14 and 21 days in order
to assess early osteogenic differentiation. The ALP/DNA ratio showed a peak value at 14 days for

both cell-laden scaffolds (Figure 2.9).
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Figure 2.9. Normalized ALP activity (ALP/DNA) measured for PCL and PCL/HA scaffolds at

different time points.

At each time point, higher values of normalized ALP activity were found for PCL/HA, if compared
to PCL scaffolds. The observed differences were statistically significant. These results clearly
demonstrated how the presence of HA led to higher levels of ALP activity and provided an
improvement in supporting the osteogenic differentiation of hMSCs.

Finally, considering the obtained results, the reverse engineering approach [2] was also employed to
develop customized and functional nanocomposite scaffolds for mandibular defect regeneration (i.e.,

symphysis and ramus) (Figure 2.10).
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Figure 2.10. Customized PCL/HA scaffolds for mandibular defect regeneration (i.e., symphysis —

left, ramus-right).

2.4. Conclusions

A systematic study on the design of PCL/HA scaffolds for hard tissue regeneration was reported in
the current research. In particular, 3D PCL/HA scaffolds were designed and analyzed according to a
strategy already reported for additive manufacturing of PCL scaffolds, involving techniques based on
extrusion/injection methods. The procedure was extended to PCL/HA, considering that the
difficulties in processing nanocomposite materials are usually greater than those found for the neat
polymers. The neat PCL scaffolds represented the starting point in the design process, and the results
from different analyses were briefly summarised. The reported design strategy also aimed to stress
the potential of tailoring the performances of 3D additive manufactured scaffolds through an
appropriate material-design combination [2]. Similar stress—strain curves were achieved for the
polymeric and the nanocomposite scaffolds, even if differences were obtained in terms of the
mechanical properties. The inclusion of HA nanoparticles would enhance both the biological and
mechanical performances of the PCL scaffolds. Furthermore, the obtained findings demonstrated that
the DV and the SRV were the parameters with the highest impact on the investigated features (i.e.,
the RW, the compressive modulus, and the maximum stress). Benefiting from all the results, as well
as from the reverse engineering approach, the feasibility of designing customized scaffolds for
mandibular defect regeneration (i.e., ramus and symphysis) was also reported.
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Chapter 3

An engineered design of 3D additive manufactured

nanocomposite scaffolds with optimized properties

3.1. Introduction

A great interest has been devoted craniofacial tissue engineering over the past two decades [1-3].
Specifically, a significant contribution was clearly due to the research and development in the field
of bone augmentation leading to tissue engineering as an alternative treatment option in dentistry and
medicine [1-3].

In this scenario, biomaterials play a crucial for tissue regeneration as it is widely recognized how their
properties may be properly modulated by varying the composition and, in many cases, the
architecture, in order to regulate the cell microenvironment during the tissue formation process, also
controlling the rate of regeneration [3,4].

In general, biomaterials are employed to develop scaffolds which should allow cell migration,
proliferation and differentiation, thus promoting new tissue formation [1,2,5-13].

With regard to craniofacial bone regeneration and augmentation, a wide range of organic and
inorganic biomaterials have been investigated [14-18]. As an example, bioceramics such as calcium
phosphate (CaP) have been considered to fabricate “inorganic” scaffolds, whereas synthetic and
natural biopolymers have been taken into account to develop “organic” scaffolds [10,19-29].

The great effort to mimic the organic-inorganic composition and the structure of the natural bone,
where nanocrystallites of hydroxyapatite reinforce the fibrils of a natural organic polymer (collagen),

has driven the research towards the design of strong and durable biomaterials [3,10-13,28,29].
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In the current chapter, an engineered design of 3D additive manufactured scaffolds with tailored
properties was reported as a potential strategy to develop advanced devices for craniofacial bone

regeneration and augmentation.

3.2. Materials and Methods

Design and fabrication of 3D nanocomposite PCL/HA scaffolds
Poly(e-caprolactone)/hydroxyapatite (PCL/HA) nanocomposite pellets were initially prepared and
then processed to build 3D porous scaffolds using an additive manufacturing technique (based on
extrusion/injection methods (3D fiber deposition). As described in Chapter 2, PCL (Mw = 65,000;
Sigma-Aldrich, St. Louis, MO) pellets were dissolved in tetrahydrofuran (THF; Sigma-Aldrich, St.
Louis, MO) while stirring at room temperature. HA nanoparticles and ethanol were then added to the
solution. A polymer/filler weight ratio (w/w) of 90/10 was employed. An ultrasonic bath (Branson
1510 MT, Danbury, CT) was used for the dispersion of the HA nanoparticles in the PCL/THF
solution.

The obtained PCL/HA nanocomposite pellets were used for the fabrication of 3D fiber-deposited
nanocomposite scaffolds. In particular, 3D block-shaped scaffolds (5.0 mm in length — Lo, 5.0 mm in
width — Wy and 8.0 mm in height — Ho) were built layer-by-layer, depositing the fibers along specific
directions according to specific lay-down patterns. The material was extruded through a needle and
the fiber was deposited at a speed of 30 mm/min The second deposition angle was varied generating

three different lay-down patterns (0°/45°, 0°/60°, 0°/90°).

Mechanical Analysis
Compression tests were carried out on 3D additive manufactured scaffolds (length—Lo of 5.0 mm,
width—W) of 5.0 mm, height—Hj of 8.0 mm). The specimens were tested to a strain of 40% at a rate

of 1 mm/min, using an INSTRON 5566 testing machine. The “apparent” stress (o) and strain (g) were
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calculated (Equations 3.1 and 3.2) considering the measured force (F), the initial cross-sectional area

(Ao=Lo - Wo) and the height variation (AH) of the specimen.

F
0= 3.1)

_ o
£=1 (3.2)

Biological Analysis

An already reported procedure was used for cell culture and cell viability/proliferation assessment
[30,31]. In brief, human mesenchymal stem cells (hMSCs, Millipore, Germany), at the fourth
passage, were cultured in DMEM (Microtech, Italy) supplemented with 10% (v/v) FBS (Gibco™,
Thermo Fisher Scientific), 2 mM L-glutamine and antibiotics (penicillin G sodium 100 U/mL,
streptomycin 100 g/mL) at 37 °C and 5% CO». 3D additive manufactured PCL and PCL/HA scaffolds
were prepared by soaking the structures in a solution of ethanol and antibiotics
(penicillin/streptomycin), washed in PBS (Sigma-Aldrich, Milan, Italy) and pre-wetted in FBS.
hMSCs were seeded onto the scaffolds and a density of 1.0 x 10* cells/sample was employed. The
cell-laden scaffolds were incubated for 2 h (37 °C, 5% CO3) and culture medium was then added to
each well in a multi-well plate.

The Alamar Blue assay (AbD Serotec Ltd., Kidlington, UK) was employed to analyse cell viability
and proliferation. At 1, 3 and 7 days after cell seeding, the different kinds of cell-laden scaffolds were
rinsed with PBS (Sigma—Aldrich, Milan, Italy), and DMEM without Phenol Red (HyClone,
Cramlington, UK) containing 10% (v/v) Alamar Blue was added for each sample. The cell-laden
scaffolds were incubated for 4 h (37 °C, 5% COz). The optical density was measured at specific
wavelengths (570 and 595 nm) through a spectrophotometer (Sunrise, Tecan, Ménnedorf, Zurich,
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Switzerland). The percentage of Alamar Blue reduction was evaluated at different time points. The

experiments were done at least three times in triplicate.

Design of Experiments

The experiments were designed to study the effects of two variable factors on five measured
responses. The variable factors were the amount of HA and the second deposition angle. The
measured responses were two mechanical (i.e., compressive modulus and maximum stress) and three
biological ones (i.e., Alamar Blue reduction at 1, 3 and 7 days). The response surface methodology
was employed to visualize the regions with several properties, whereas the composite desirability was

used to find the optimized solution.

Statistical Analysis
The significance of the effects of the factors was evaluated by ANOVA. The significance level was

set to 0.05.

3.3. Results and Discussion
Mechanical and biological properties of the different kinds of additive manufactured PCL/HA
nanocomposite scaffolds analyzed in the current research are reported in Table 3.1, according to the

amount of HA and second deposition angle.
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HA 2nd dep. angle Maximum Stress Modulus Alamar Blue = Alamar Blue = Alamar Blue

(wt %) ©) (MPa) (MPa) red. - day 1 red.— day 3 red. - day 7
(%) (%) (%)
0 45 44+0.5 31.8+4.0 43+£0.2 6.0+0.1 6.7+0.2
0 60 6.5+0.7 43.0+4.4 43+0.2 6.1 0.1 6.9+0.2
0 90 8.7+0.8 61.7+6.1 44+0.2 7.0+0.1 7.8+£0.2
5 45 6.2+0.7 445+5.6 44+02 7.2+0.2 85+0.3
5 60 7.9+0.7 56.8+5.8 45+0.2 7.4+0.2 85+0.2
5 90 11.3+£0.9 85.1+8.5 4.6+0.2 9.3+0.2 10.5+0.3
10 45 8.8+0.5 89.4 £ 8.0 45+0.2 7.7+0.2 85+0.2
10 60 12712 100.2+94 4.6+0.2 7.8+0.3 9.0+0.3
10 90 16.5+1.4 118.2+9.8 4.6+0.2 9.8+0.3 11.0+£ 0.4

Table 3.1. Results from experimental tests performed on 3D additive manufactured PCL/HA
scaffolds with different amount of HA and second deposition angle: mechanical (i.e., maximum stress
and modulus) and biological responses (i.e., Alamar Blue reduction at 1, 3 and 7 days) reported as

mean =+ standard deviation.

The main effects plots (left) and interaction plots (right) of the two variable factors, amount of HA
(wt%) and second deposition angle are reported in Figures 3.1 and 3.2. HA was selected to improve
the mechanical and biological performance of the additive manufactured scaffolds. Its positive effects
on compressive maximum stress and modulus as well as on the Alamar Blue reduction at 1, 3 and 7

days were observed.
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Main Effects Plot for Maximum Stress (MPa)
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Figure 3.1. The main effects plots (left) and interaction plots (right) of the variable factors for the

mechanical responses (maximum stress and modulus).
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Figure 3.2. The main effects plots (left) and interaction plots (right) of the variable factors for

biological responses (Alamar Blue reduction at 1, 3 and 7 days).

In the current research the analysis of variance (ANOVA) was selected as a useful tool for the
assessment of the significance of each factor as well as of the interactions between the factors with
respect to a specific response. As frequently reported, the factors may be investigated in two or more
levels and the predictive capability of the developed regression model is clearly related to the number
of levels selected for the factors.

Many studies have frequently reported how a linear model can be employed to match the requirements
by varying the factors in two levels (i.e., high and low levels). Anyway, for deeper investigations,

more than two levels may be selected for the factors, thus leading to the development of a higher
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order regression model. In such case, the factor interactions of higher degree may be assessed and the
curvature in the response plot may be also taken into account.

Accordingly, in the current study, ANOVA was implemented as two factors (i.e., amount of HA and
second deposition angle) were analyzed. The amount of HA and the second deposition angle were
varied in three levels and regression models were developed, also involving the interaction of such

two factors.

Considering the full model, the ANOVA tables related the full responses are reported in Tables 3.2-

3.6.
Source DF Seq SS  Contribution Adj SS Adj MS F-Value P-Value
Model 5 553.848 94.63% 553.848 110.770 137.45 0.000
Linear 2 522.761 89.32% 537.865 268.932 333.71 0.000
HA (wt %) 1 282.465 48.26% 294.305 294.305 365.19 0.000
2nd dep. Angle (°) 1 240.296 41.06% 243.560 243.560 302.22 0.000
Square 2 17.025 2.91% 17.025 8.513 10.56 0.000
HA*HA 1 12.891 2.20% 12.891 12.891 16.00 0.000
2nd dep. angle*2nd dep. angle 1 4.134 0.71% 4.134 4.134 5.13 0.029
2-Way Interaction 1 14.062 2.40% 14.062 14.062 17.45 0.000
HA * 2nd dep. angle 1 14.062 2.40% 14.062 14.062 17.45 0.000
Error 39 31.430 5.37% 31.430 0.806
Lack-of-Fit 3 3.350 0.57% 3.350 1.117 1.43 0.250
Pure Error 36 28.080 4.80% 28.080 0.780
Total 44 585278 100.00%

Table 3.2. Analysis of variance for maximum stress.
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Source

Model
Linear
HA (wt%)
2nd dep. Angle (°)
Square
HA*HA

2nd dep. angle*2nd dep.
angle

2-Way Interaction
HA * 2nd dep. angle

Error

Lack-of-Fit

Pure Error

Total

DF

39

36

44

Seq SS

34357.6
32936.7
244473
8489.5
1419.2
1417.7
1.5

1.6
1.6
2094.6

255.6
1839.0

36452.2

Contribution

94.25%
90.36%
67.07%
23.29%
3.89%
3.89%
0.00%

0.00%
0.00%
5.75%

0.70%
5.05%

100.00%

Adj SS

34357.6
32194.5
23966.1
8228.3
1419.2
1417.7
1.5

1.6
1.6
2094.6

255.6
1839.0

Table 3.3. Analysis of variance for compressive modulus.

Source

Model
Linear
HA (wt%)
2nd dep. angle
Square
HA*HA

2nd dep. angle*2nd dep.
angle

2-Way Interaction
HA (wt%)*2nd dep. angle

Error

Lack-of-Fit

Pure Error

Total

DF

39

36

44

Seq SS

0.57445
0.51242
0.36085
0.15158
0.06179
0.02933
0.03246

0.00024
0.00024
1.47534

0.05065
1.42468

2.04979

Contribution

28.03%
25.00%
17.60%
7.39%
3.01%
1.43%
1.58%

0.01%
0.01%
71.97%

2.47%
69.50%

100.00%

Adj SS

0.57445
0.52542
0.35206
0.17336
0.06179
0.02933
0.03246

0.00024
0.00024
1.47534

0.05065
1.42468

Adj MS

6871.5
16097.2
23966.1
8228.3
709.6
1417.7
1.5

1.6
1.6
53.7

85.2
51.1

Adj MS

0.114891
0.262710
0.352062
0.173358
0.030895
0.029326
0.032464

0.000243
0.000243
0.037829

0.016884
0.039575

Table 3.4. Analysis of variance for Alamar Blue reduction at day 1.
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F-Value

127.94
299.72
446.23
153.20
13.21
26.40
0.03

0.03
0.03

1.67

F-Value

3.04
6.94
9.31
4.58
0.82
0.78
0.86

0.01
0.01

0.43

P-Value

0.000
0.000
0.000
0.000
0.000
0.000
0.868

0.863
0.863

0.191

P-Value

0.021
0.003
0.004
0.039
0.449
0.384
0.360

0.937
0.937

0.735



Source

Model
Linear
HA (wt%)
2nd dep. angle
Square
HA*HA

2nd dep. angle*2nd dep.
angle

2-Way Interaction
HA*2nd dep. angle

Error

Lack-of-Fit

Pure Error

Total

Table 3.5. Analysis of variance for Alamar Blue reduction at day 3.

Source

Model
Linear
HA (wt%)
2nd dep. angle
Square
HA (wt%)*HA (wt%)

2nd dep. angle*2nd dep.
angle

2-Way Interaction
HA (wt%)*2nd dep. angle

Error

Lack-of-Fit

Pure Error

Total

DF

39

36

44

DF

39

36

44

Seq SS

65.8651
58.6594
32.5648
26.0946
5.0558
3.1781
1.8777

2.1499
2.1499
24164

0.7061
1.7103

68.2816

Seq SS

82.9706
71.7269
42.6684
29.0586
8.4830
6.9987
1.4843

2.7606
2.7606
3.0878

0.5863
2.5015

86.0584

Contribution

96.46%
85.91%
47.69%
38.22%
7.40%
4.65%
2.75%

3.15%
3.15%
3.54%

1.03%
2.50%

100.00%

Contribution

96.41%
83.35%
49.58%
33.77%
9.86%
8.13%
1.72%

3.21%
3.21%
3.59%

0.68%
2.91%

100.00%

Adj SS

65.8651
56.8599
34.2282
22.6317
5.0558
3.1781
1.8777

2.1499
2.1499
2.4164

0.7061
1.7103

Adj SS

82.9706
70.4542
44.8180
25.6362
8.4830
6.9987
1.4843

2.7606
2.7606
3.0878

0.5863
2.5015

Adj MS

13.1730
28.4300
34.2282
22.6317
2.5279
3.1781
1.8777

2.1499
2.1499
0.0620

0.2354
0.0475

Adj MS

16.5941
35.2271
44.8180
25.6362
4.2415
6.9987
1.4843

2.7606
2.7606
0.0792

0.1954
0.0695

Table 3.6. Analysis of variance for Alamar Blue reduction at day 7.
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F-Value

212.60
458.84
552.42
365.26
40.80
51.29
30.31

34.70
34.70

4.95

F-Value

209.59
444.92
566.06
323.79
53.57
88.39
18.75

34.87
34.87

2.81

P-Value

0.000
0.000
0.000
0.000
0.000
0.000
0.000

0.000
0.000

0.006

P-Value

0.000
0.000
0.000
0.000
0.000
0.000
0.000

0.000
0.000

0.053



Table 3.2-3.6 list the p-values for individual factor effect of both first and second order as well as the
two-way interaction. The p-value provided information on the significance of a specific analyzed
term. Statistically significant effects were considered in the least square regression model when p-
values were lower than 0.05 (p<0.05).

Based on the obtained findings, in Tables 3.3 and 3.4 some sources were not statistically significant.
Accordingly, the above reported effects were suitably eliminated in order to generate the regression
model for the responses. The Pareto chart was also used for the determination of the magnitude and
the importance of the effects, showing the absolute values of the standardized effects from the largest

effect to the smallest one (Figures 3.3 and 3.4).

Pareto Chart of the Standardized Effects Pareto Chart of the Standardized Effects
(response is Maximum Stress (MPa), a = 0.05) (response is Modulus (MPa), o = 0.05)

Factor Name
A HA [wte)
2nd Dep. Angle[*)

Factor Name
A HA [wis )
2nd Dep. Angle[?

0 5 10 15 20 0 5 10 15 20
Standardized Effect Standardized Effect

Figure 3.3. Pareto chart of the standardized effects (maximum stress and modulus).

63



Pareto Chart of the Standardized Effects Pareto Chart of the Standardized Effects
(response is Alamar Blue Red.-day 1(%), a = 0.05) (response is Alamar Blue Red.-day 3 (%), o= 0.03)

Factor Name Factor  Name

2nd Dep Angler?) 2nd DepAngiel’)

oo 05 10 15 20 25 30 5 1 15
Standardized Effect Standardized Effect

Pareto Chart of the Standardized Effects
(response is Alamar Blue Red.-day 7(%), o = 0.05)

Factor  Name
A Halwtc)
2nd Dep Angiel’)

o 5 10 15 20 25
Standardized Effect

Figure 3.4. Pareto chart of the standardized effects (Alamar Blue reduction at 1, 3 and 7 days).

On the Pareto chart, the bars crossing the reference line result statistically significant.

Tables 3.7 and 3.8 reports the ANOVA results for the reduced model of the compressive modulus

and Alamar Blue reduction at day 1.

Source DF  SeqSS  Contribution Adj SS Adj MS F-Value P-Value
Model 3 343545 94.25% 34354.5 11451.5 223.82 0.000
Linear 2 32936.7 90.36% 32936.7 16468.4 321.87 0.000
HA (wt%) 1 244473 67.07% 244473 244473 477.81 0.000
2nd dep. angle 1 8489.5 23.29% 8489.5 8489.5 165.92 0.000
Square 1 1417.7 3.89% 1417.7 1417.7 27.71 0.000
HA (wt%)*HA (wt%) 1 1417.7 3.89% 1417.7 1417.7 27.71 0.000
Error 41 2097.8 5.75% 2097.8 51.2
Lack-of-Fit 5 258.7 0.71% 258.7 51.7 1.01 0.424
Pure Error 36 1839.0 5.05% 1839.0 51.1
Total 44 364522 100.00%

Table 3.7. Analysis of variance for optimized response: compressive modulus.

64



Source DF  SeqSS  Contribution Adj SS Adj MS F-Value P-Value

Model 2 0.5124 25.00% 0.5124 0.25621 7.00 0.002
Linear 2 0.5124 25.00% 0.5124 0.25621 7.00 0.002
HA (wt%) 1 0.3608 17.60% 0.3608 0.36085 9.86 0.003
2nd dep. angle 1 0.1516 7.39% 0.1516 0.15158 4.14 0.048
Error 42 1.5374 75.00% 1.5374 0.03660
Lack-of-Fit 6 0.1127 5.50% 0.1127 0.01878 0.47 0.823
Pure Error 36 1.4247 69.50% 1.4247 0.03957
Total 44 2.0498 100.00%

Table 3.8. Analysis of variance for optimized response: Alamar Blue reduction at day 1.

Accordingly, Figure 3.5 reports the Pareto chart of the standardized effects (modulus and Alamar

Blue reduction at day 1).

Pareto Chart of the Standardized Effects

Pareto Chart of the Standardized Effects (response is Alamar Blue Red.-day 1 (%), c = 0,05)

(response is Modulus (MPa), « = 0.05)
Term 2.02

Factor Name

A HA (wis] A

2nd Dep. Angle(

Factor  Name
A HA[wt)
B 2nd Dep.Angle(7

|
|
AA |
|
|

» J |

0.0 05 10 15 20 25 3.0 35
Standardized Effect

0 5 10 15 20 25
Standardized Effect

. A gray bar represents a term not in the model
A gray bar represents a term not in the model.

Figure 3.5. Pareto chart of the standardized effects (modulus and Alamar Blue reduction at day 1).

The three-level factorial design and the ANOVA tables led to the development of the regression

models for mechanical and biological responses (Table 3.9).
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RESPONSE
Maximum Stress (MPa)

Modulus (MPa)
Alamar Blue red.-1 day (%)
Alamar Blue red.-3 day (%)

Alamar Blue red.-7 day (%)

Table 3.9. Regression models and R? statistic obtained for mechanical (compressive modulus and
maximum stress) and biological responses (Alamar Blue reduction at 1, 3 and 7 days). The material

composition (i.e., amount of HA) and the geometrical feature (i.e., second deposition angle) are

REGRESSION MODEL

MS =-5.42 - 0.316C+0.2865G + 0.0454C>-
0.001455G*+0.00732CG

M= -2.23+0.947C+0.7342 G+0.4763C>

ABR1 =4.164+0.02193 C+0.00310G

ABR3 =8.903 + 0.2479 C- 0.1081G-
0.02255C2 + 0.000981G*+ 0.002862 CG
ABR7 =9.167+0.3624C-0.0928G-
0.03346 C*+0.000872G>+0.003243CG

marked as C and G, respectively.

However, the development of regression models using the ANOV A approach clearly requires a check

of adequacy.

A check on the assumption related to the normal distribution for the errors was performed by

considering the plots of the normal probability for the residuals from each developed model (Figures

3.6 and 3.7).

Normal Probability Plot

(response is Maximum Stress (MPa})

Percent
n
=1

R2 STATISTIC

R?=94.6%; RZ.=93.9%;
PRESS=42.1; R?yeq= 92.8%
R2=94.2%; R25= 93.8%;
PRESS= 2546.8; R?prea= 93.0%
R? =25.0%; R2%=21.4%;
PRESS= 1.8; R%yrea= 14.2%;
R?=96.5%; R%4=96.0%;
PRESS=3.2; R%,ei=95.3%
R2=96.4%; R%,5=96.0%;
PRESS = 4.1; R%ea= 95.2%

Normal Probability Plot
(response is Modulus (MPa))

Percent
&

Residual

Figure 3.6. Normal probability plots of residuals for mechanical responses (maximum stress and

modulus).
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Normal Probability Plot Normal Probability Plot
(response is Alamar Blue Red.-day 1 (%]) {response is Alamar Blue Red ~day 3(%])

&0

& 40-

Normal Probability Plot
(response is Alamar Blue Red.-day 7(%))

Percent
4

Residual

Figure 3.7. Normal probability plots of residuals for biological responses (Alamar Blue reduction at

1, 3 and 7 days).

It is worth noting how a straight line was generally followed by all residual plots, also confirming the
validity of the assumption related to the normal distribution.

Concerning this method, in general a great emphasis is on the middle part of the plot rather than on
the two extremes of the range, where small deviation from normality may be allowed [32,33].

The R? statistic generally represents a further approach to assess the applicability of the obtained
models. In brief, it provides an information on the model focusing on the variation of the mean values,
also indicating an overall measure of the obtained fit.

The reported values of R? and R? ,4j indicate how the obtained models fit the experimental results
Furthermore, the prediction error sum of squares (PRESS) may measure the capability of the models
in predicting the mechanical and biological responses in new experimental observations and,
consequently, the predicted R? (R?yeq), which is R? for prediction, may be evaluated from the PRESS
value for the same purpose. In Table 3.9, the values of R?yeq suggest how the models can be efficiently

able to predict the responses for new experiments.
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Even though the normal probability plots of residuals are generally reported to analyze some features,

other useful information may be obtained by further plots [33]. The plots of residuals versus fitted

values (Figures 3.8 and 3.9) were considered to further check the normality assumption and/or the

eventual presence of a specific pattern for the residuals with respect to a defined variable.
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Figure 3.8. Residuals versus fitted values for mechanical responses (i.e., maximum stress

and

modulus).
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Figure 3.9. Residuals versus fitted values for biological responses (i.e., Alamar Blue reduction at 1,

3 and 7 days).
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In particular, the plots of residuals versus fitted values are employed to verify the assumption related
to the constant variance for the residuals.

Figures 3.8 and 3.9 reports the residuals versus fitted values for all responses. No excessively large
values of the residuals were obtained for mechanical responses (i.e., maximum stress and modulus)
as well as for the biological ones (i.e., Alamar Blue reduction at 1, 3 and 7 days). It seems that the
obtained trends can not individuate a heteroscedastic behavior for the residuals.

In addition, with regard to mechanical and biological responses, the magnitude of the residual and
the level of the variable factors (i.e., amount of HA and second deposition angle) were correlated. As
for the mechanical responses (i.e. maximum stress and modulus), only a slight increase of the
residuals was generally found with increasing the amount of HA and the second deposition angle
(Figures 3.10). Focusing on the biological response (Figure 3.11), in the case of Alamar Blue
reduction at day 1 the highest values of the residuals were obtained in the case of Swt% of HA and
second deposition angle of 60°. In general, at day 3 and day 7 a slight increase of the residuals was

observed if the amount of HA and the second deposition angle were increased.
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Figure 3.10. Residuals versus variable factors (i.e., amount of HA and second deposition angle) for

mechanical responses (i.e., maximum stress and modulus).
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Figure 3.11. Residuals versus variable factors (i.e., amount of HA and second deposition angle) for

biological responses (i.e., Alamar Blue reduction at 1, 3 and 7 days).

A graphical method was also employed to study the relationship between each mechanical (i.e.,
maximum stress and modulus) or biological (i.e., Alamar Blue reduction at 1, 3 and 7 days) response
and the two predictor variables (i.e., amount of HA and second deposition angle) by means of a 3D
surface of a predicted response. This allowed to show the regions having several properties within

the analyzed level range of the variable factors (i.e., amount of HA and second deposition angle).
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The response surface methodology is often employed with the aim to keep a trade-off between
mechanical and functional properties as the measured responses [33]. In general, the response surface
methodology may be coupled with a central composite design of experiment as an efficient design to
assess the curvature of the response function [33]. This design approach may be also considered as a
potential choice for the investigation of the curvature in response surfaces [33].

In the current research, a 3% full factorial design of two factors with three levels was considered
according to the limitations on the three levels of HA and second deposition angle.

The developed models were employed to graphically report the response surfaces. The optimized
solution with the desired combination of the response values was then found. Accordingly, Figures
3.11 and 3.12 report the 3D surface plots of mechanical and biological responses in terms of the
variable factors as well as the 2D projections of the surfaces or the contour plots, which may be useful

to define desirable response values and operating conditions.
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Figure 3.12. 3D surface plots and 2D contour plots of the mechanical responses (i.e., maximum stress

and modulus) in the investigated domain of the variable factors.
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Figure 3.13. 3D surface plots and 2D contour plots of the biological responses (i.e. Alamar Blue

reduction at 1, 3 and 7 days) in the investigated domain of the variable factors.

From a practical point of view, the contour plots allow to make the pattern of the responses in the
investigated domain of the variable factors. It is worth noting that different patterns of responses were
generated by the variable factors in the investigated region.

In general, it would be possible to find a an appropriate “formulation” of the device with desired
properties benefiting from such plots. As an example, once defined the desired values for the

responses, a contour plot overlay method may be adopted to find a solution with balanced properties.
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However, in the current research, the composite desirability was used to assess how well the settings
optimized mechanical and biological responses overall. Briefly, the composite desirability ranges
from 0 to 1. A value of “0” for the desirability indicates that one or more responses are outside their
acceptable limits, whereas “1” is the ideal case. Many times, in the case of multiple responses no
factor setting is able to simultaneously maximize the desirability of all the responses. For this reason,
the strategy involved the maximization of the composite desirability.

The composite desirability is based on the combination of the individual desirability of all the
response variables into a single measure. The individual desirability for each response was calculated
and weighted according to the assigned importance, which was the same for each response. The
optimal solution occurred where the composite desirability achieved its maximum value.

Table 3.10 reports the predicted responses for an amount of HA ranging from 0 to 10 wt% at three
values of the second deposition angle (i.e. 45°, 60° and 90°), whereas the optimal solution is

summarized in Table 3.11.
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Scaffold HA 2nd dep. Maximum Stress Modulus Alamar Blue = Alamar Blue = Alamar Blue

Formulation = (wt %) angle (°) (MPa) (MPa) red. - day 1 red.— day 3 red. - day 7
(%) (%) (%)
1 0 45 4.5 30.8 4.30 6.0 6.8
2 1 45 4.6 322 4.3 6.4 7.2
3 2 45 4.7 34.6 4.3 6.7 7.6
4 3 45 5.0 379 4.4 7.0 8.0
5 4 45 53 422 4.4 7.2 8.2
6 5 45 5.7 47.4 4.4 7.3 8.5
7 6 45 6.2 53.6 4.4 7.5 8.6
8 7 45 6.8 60.8 4.5 7.6 8.7
9 8 45 7.5 68.9 4.5 7.6 8.7
10 9 45 8.3 779 4.5 7.6 8.6
11 10 45 9.2 87.9 4.5 7.5 8.5
12 0 60 6.5 41.8 4.4 6.0 6.7
13 1 60 6.7 432 44 6.3 7.3
14 2 60 7.0 45.6 4.4 6.7 7.7
15 3 60 7.3 49.0 4.4 7.0 8.1
16 4 60 7.7 53.2 4.4 7.3 8.4
17 5 60 8.3 58.5 4.5 7.5 8.7
18 6 60 8.9 64.6 4.5 7.6 8.9
19 7 60 9.6 71.8 4.5 7.8 9.0
20 8 60 10.4 79.9 4.5 7.9 9.0
21 9 60 11.3 88.9 4.5 7.9 9.0
22 10 60 12.3 98.9 4.6 7.9 9.0
23 0 90 8.6 63.8 4.4 7.1 7.9
24 1 90 9.0 65.3 4.5 7.6 8.5
25 2 90 9.4 67.6 4.5 8.0 9.0
26 3 90 10.0 71.0 4.5 8.4 9.5
27 4 90 10.7 75.3 4.5 8.8 10.0
28 5 90 11.4 80.5 4.6 9.1 10.3
29 6 90 12.3 86.7 4.6 9.3 10.6
30 7 90 13.2 93.8 4.6 9.6 10.8
31 8 90 14.2 101.9 4.6 9.7 11.0
32 9 90 153 110.9 4.6 9.8 11.1
33 10 90 16.5 120.9 4.7 9.9 11.1

Table 3.10. Predicted mechanical and biological responses for different formulation of 3D additive

manufactured PCL/HA scaffolds. The amount of HA was varied from 0 to 10 wt%

75



Scaffold HA 2nd dep. angle Maximum Stress Modulus Alamar Blue Alamar Blue Alamar Blue Composite
Formulation (wt %) ©) (MPa) (MPa) red. - day 1 red.— day 3 red. - day 7 Desirability
(%) (%) (%)
33 10 90 16.5 120.9 4.7 9.9 11.1 0.9

Table 3.11. Optimal solution based on composite desirability for mechanical and biological

responses.

3.4. Conclusions

An approach based on a 32-full factorial DOE and ANOVA was implemented with the aim to engineer
the mechanical and biological properties of 3D nanocomposite PCL/HA scaffolds for hard tissue
regeneration. Values of the maximum stress and modulus obtained from compression tests were the
mechanical responses, whereas the Alamar Blue reduction at 1, 3 and 7 days were the biological
responses. Regression models were developed for each measured response to fit the experimental
data. The normality assumption of the ANOVA was validated by means of the normal probability
plots of the residuals, whereas the plots of the residuals versus the fitted values or the variable factors
(amount of HA, second deposition angle) provided further information.

Moreover, the R? statistic was reported to assess the predictability of the models. However, in the
current research, the response surface methodology was not employed for effectively finding a level
domain of the variable factors to achieve a scaffold formulation with balanced mechanical and
biological performances. It was especially considered to visualize regions having several mechanical
and biological properties in the investigated level domain of the variable factors. Accordingly, as all
maximum stress, compressive modulus and Alamar Blue at different time points had to be
maximized, and as in the case of multiple responses no factor setting is able to maximize the
desirability of all the responses at the same time, a strategy involving the maximization of the
composite desirability was adopted.
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The predicted values of the mechanical and biological responses were reported for different
formulations of 3D additive manufactured PCL/HA scaffolds while varying the amount of HA from
0 to 10 wt% and considering three values for the second deposition angle (i.e. 45°, 60° and 90°).
Based on the composite desirability, the optimal solution (i.e. scaffold formulation N.33 - amount of
HA: 10 wt%, second deposition angle: 90°), which maximized all the responses, was found starting

from the predicted values.
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Chapter 4

An approach toward the design of 3D customized

scaffolds for large cranial defects

4.1. Introduction

Over the past years, a wide range of materials has been considered to repair cranial defects. The repair
or regeneration of cranial defects involves the use of several biomaterials (i.e. polymers, composites)
and strategies for the design of advanced devices [1-3]. The combination of 3D scanning, reverse
engineering and additive manufacturing [4-6] represents the most recent and advanced approach for
the direct fabrication of scaffolds for cranial defects. Biodegradable polymer-based scaffolds for
cranial bone regeneration are generally fabricated by fused deposition modeling (FDM). A continuous
thermoplastic filament (e.g. polyesters and their copolymers) may be deposited from the melt state,
the scaffold porosity and pore size are determined by the geometrical and process parameters [7].
Clearly, in the prosthetic approach, which involves the use of non-degradable devices, skull growth
adds a further concern. For this reason, biodegradable scaffolds for cranial bone tissue engineering

are particularly important in the case of paediatric patients [2,6].

Poly(e-caprolactone) (PCL), polylactic acid (PLA) and poly(lactic-co-glycolic acid) (PLGA) are the
most common polyesters employed to fabricate biodegradable scaffolds for cranial bone regeneration
[6-10]. PLGA scaffolds fabricated by FDM and implanted in the parietal skull defect have also shown
interesting results within three weeks of in vivo observations in a mice model [2,11]. However, PCL
is a degradable polyester which is easy to process using FDM as its melting temperature is low (60
°C) in comparison to the other polyesters. In addition, it possesses mechanical properties which are
similar to those of dense spongy bone [11,12]. PCL scaffolds for cranial bone regeneration of critical-

size defects were manufactured by FDM and implanted in the rabbit and human models [13,14].
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However, although many progresses have been made in the development of 3D additive
manufactured devices for tissue regeneration [2,7,15-21], the aim of the current study was to design
3D customized scaffolds for the regeneration of large cranial defects, combining the reverse

engineering approach with additive manufacturing.

4.2. Materials and Methods

3D customized scaffolds for large cranial defects were designed. The results previously obtained from
image capture and analysis techniques [1,2] were employed to create the 3D virtual model of a skull

with a large cranial defect (Figure 4.1).

Figure 4.1. 3D reconstruction. The results obtained from a previous 3D scanning process on a skull

with a large cranial defect [1] were employed, and the images were further processed.

SolidWorks®2017 (Dassault Systemes, Paris, France) computer-aided design (CAD) system was used

to generate 3D customized porous scaffolds for the regeneration of large cranial defects. The starting
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point was a non-porous geometrical model. A scaffold model with a porosity of about 50% was

successively created (Figure 4.2).
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Figure 4.2. Typical geometric model of a 3D customized scaffold with interconnected pore network

for large cranial defect.

The customized scaffolds consisting of PCL or PLA were also preliminarily fabricated by FDM [2].
Specifically, 3D porous scaffolds with different lay-down patterns were manufactured using a 3D
printer and commercially available PCL and PLA filaments (1.75 mm in diameter). The filament was
heated and the 3D customized scaffolds were built by injecting/extruding the material through a
nozzle. A printing speed of about 17 mm/s was used, and the filaments were deposited according to

the specific lay-down pattern. Appropriate values of the filament distance and layer thickness were

selected.

4.3. Results and Discussion

Virtual models of the skull with a large defect and the 3D customized scaffolds were created. The

geometry of the 3D customized scaffolds was suitably designed to be fitted in the cavity of the large

defect, benefiting from the image analysis.
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The feasibility of the proposed approach was preliminarily evaluated through virtual models (Figure
4.3). In brief, the potential to adapt and conform the designed scaffold to the contours of the large

cranial defect was demonstrated.

Figure 4.3. Technical feasibility of the proposed approach: an image of the virtual model of the skull

with a 3D customized porous scaffold for the regeneration of large cranial defect.

4.4. Conclusions

A preliminary design of 3D customized scaffolds for large cranial defects was reported integrating
the reverse engineering approach and additive manufacturing. Customized scaffolds were also
additively manufactured, even if in this step the feasibility of the proposed strategy was validated
through virtual models. However, the current investigation can provide a further contribution to the
development of 3D customized scaffolds for large cranial defects and can be also considered as the
first step of a future complex study, which will also benefit from the reported optimization strategies

(Chapters 2 and 3) for the design of advanced devices.
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