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1. Introduction

1. Introduction

Critical size bone defects are a severe medical indication occurring after trauma or
bone resection due to cancer or other diseases. They exceed a critical size between
neighboring bone faces, which results in a defect that cannot heal appropriately. In
contrast, fibrous soft tissue will grow into the untreated defect [1]. To avoid this
ingrowth of fibrous tissue with its adverse effect on healing and to recover the natural
functionality of bone, an adequate treatment of critical size defects is essential. The
consequences of an untreated defect are engraving for the patient in terms of
physiology as well as psychology. The skeleton loses functionalities like metabolic
activity and regulation as well as its mechanical stability. Especially the latter can lead
to a complete immobilization of the patient with further medical implications and
pain. Although there is a great need for adequate bone replacement materials, there
are still huge challenges to overcome. This includes the material and its properties as
well as the processing of those materials. In the last few decades, development is
heading from biocompatible but inert mono-functional materials towards bioactive
multi-functional composites [2, 3]. One of the most promising approaches is the
mimicking of human bone with respect to the structure, chemical composition,
metabolic agent release and properties. Ceramic materials like calcium and
magnesium phosphate cements approximate these requirements due to their similarity
to human bone composition. However, bone itself is a composite material of mainly
carbonated hydroxyapatite as inorganic matrix and collagen as organic reinforcement
[4]. With this in mind, new material combinations were employed together with new
manufacturing techniques to obtain patient-specific implants. Additive
manufacturing, which is a relatively new field especially in medicine, gained more
and more interest due to the ability to fabricate tailor-made implants with perfect
fitting. However, not all materials and composites can be used in combination with
every technique, which requires an adaption of the technique or a transfer to other

manufacturing processes.
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The aim of this thesis was the optimization of existing materials in terms of their
mechanical and biological performance and the transfer of a new fabrication technique
from construction industry [5, 6] to medical implant production. As a first step, 3D
powder printing as a commercially available additive manufacturing technique was
modified to optimize the green strength of as-printed samples. This technique is based
on the reconstruction from computed tomography images of the patient’s defect in a
three-dimensional way [7, 8]. For the improvement of mechanical stability, the well-
established fiber reinforcement [9] was used within the printing process for the first
time. Since the layer-by-layer fabrication is highly dependent on smooth powder
spreading, the optimization of fiber length and fiber content is essential for an
adequate printing result. In a second project the transfer of centrifugally casting from
construction industry to biomedical relevant materials was conducted accompanied
by the optimization of the materials with respect to mechanical and biological
performance. The manufacturing technique uses the centrifugation of cement slurries
to form tubular structures. For the reconstruction of the diaphysis of long bones this
technique seems to be suitable as demonstrated by the reconstruction of a non-
centrosymmetric long bone. The hollow structures of these tubes involve additional
advantages in bone replacement, e.g. hollow structures are favorable due to their low
weight with simultaneously high mechanical stability. Additionally, the tubes can lead
to an ingrowth of bone marrow and bone marrow derived cells supporting the healing
and implant replacement process [10-15]. The technique of centrifugally casting was
used for the fabrication of mechanically and biologically optimized materials. The
mechanical performance was tuned by using both fiber reinforcement and dual setting
cement systems to obtain damage tolerance necessary for the treatment of load bearing
defects. On the other hand, materials for such tubular structures were improved
regarding the biodegradation and biological behavior. This implicated the fabrication
of graded structures, which is a huge challenge or even impossible for other
manufacturing techniques. The graded structures could be employed for strontium
release that supports new bone formation or adjustment of the degradation behavior

by calcium addition in magnesium phosphate cements. Furthermore, the technique is
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suitable for the incorporation of drugs, growth factors or proteins, since no elevated
temperatures or other components harming the substances are involved. The graded
structure enables a long-term release of the incorporated drug at the application site.
The biological improvements were also transferred to 3D powder printing for the
fabrication of a strontium-substituted magnesium phosphate cement. The high
porosity and pore interconnectivity of 3D printed constructs is favorable for bone
ingrowth, vascularization and nutrition supply [10, 11, 16, 17]. As this is a well-
established additive manufacturing technique, the process is operator independent and
yields in a high reliability of the mechanical properties. The addition of strontium not
only influences the degradation behavior and imaging of the implant but also supports
new bone formation [18-26]. This is even more important for patients with an
imbalance in bone formation and resorption as it occurs for osteoporosis. The
strontium release from the degrading implant can improve new bone formation by
osteoblasts and simultaneously impede the bone resorption by osteoclasts. Together,
a patient-specific implant can be fabricated that can be replaced by own bone tissue

in vivo.

These studies provide a versatile tool box for the treatment of critical size bone defects
with superior properties for each application site. Additionally, centrifugally casting
as another alternative for the manufacturing of patient-specific implants was
established for bone cement materials. The combination of a perfectly adapted
material and the adequate manufacturing technique provides the opportunity to treat

critical size defects with a long-term improvement of the patients’ life.






2. Theoretical background

2. Theoretical background

Parts of Section 2.3, 2.4 and 2.7 are submitted and accepted for publication as a book

chapter. At the time of submission of this thesis, the book was not published yet.

2.1 Natural bone remodeling

To evaluate the healing and bone ingrowth into implant material, the natural
remodeling and bone healing procedure have to be considered. Human bone structure
can be divided into cortical bone and cancellous bone. Cortical bone has a dense
structure and occurs primarily in long bones like the femur. The high strength and
fracture resistance of cortical bone is needed for the outer surface of bones to protect
the much softer cancellous bone inside. Cancellous bone is built of trabeculae oriented
for maximum load bearing. This spongy tissue is very lightweight but optimized in
the direction of external forces. Cancellous bone can also be divided in two categories:
coarse and fine. Coarse cancellous bone can be found in healthy adults. Fine
cancellous bone occurs in fetal bone or in the early fracture callus [27]. In general, a
mature bone in the human body is subject of steady remodeling processes to maintain
mechanical properties, adapt to new load situations and repair damaged regions. In
general, this process is balanced by the activities of osteoblasts (bone forming cells)
and osteoclasts (bone resorbing cells). Beside those two cell types, osteocytes and
osteoblast-derived lining cells (both terminally differentiated osteoblasts) play an
important role in bone remodeling. The latter two cell types are by far the most
abundant cell types in bone. They build a network all over the bone volume
(osteocytes) and the bone surface (lining cells), respectively, and communicate via
gap junctions. The remodeling process follows several steps: activation, resorption,
formation [28]. The bone resorption is initiated by the expression of different
cytokines that stimulate osteoclasts. The cytokines are released by osteoblasts, lining

cells and osteocytes triggered by external stimuli like microdamage in the bone
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matrix. Those microcracks lead to a local osteocyte apoptosis initiating the repair
cascade. The protein receptor activator of the nuclear factor kB ligand (RANKL)
interacts with the receptor RANK, which is located on the surface of mononuclear
hemopoietic osteoclast precursors. The interaction of RANKL and RANK stimulates
the expression of fusion proteins for osteoclast progenitor fusion. To avoid an
uncontrolled osteoclastogenesis, osteoblasts lineage releases the protein
osteoprotegerin (OPG) that blocks the interaction of RANKL and RANK by binding
to RANKL and, therefore, reducing free RANKL [29]. Osteoclast precursors are
further guided by chemoattractants like osteocalcin. Those chemokines are secreted
by osteoblasts and lead to chemotaxis of osteoclast precursors towards each other (for
fusion) and towards bone surface. To prepare the bone surface for osteoclast
resorption, cytokines promote lining cells to resorb the osteoid layer by the secretion
of collagenase [30, 31]. Subsequently, lining cells detach from the surface and form
the temporary bone remodeling compartment. Within this compartment, all further
remodeling steps are performed. However, it is still unclear how the involved cells
enter the compartment. The attachment of osteoclasts at the bone surface is realized
by integrins that form a sealed lacuna. Osteoclasts pump H* ions into the lacuna and,
therefore, reduce the pH value locally to around 5 [32]. Since the solubility of the
mineral bone phase increases with reduced pH the mineral phase is resorbed.
Additionally, lysosomal enzymes are released to degrade the organic component [33].
After completion of bone resorption, osteoclasts become apoptotic. The work of
osteoblasts begins by sensing the pit created by the osteoclast activity. The size of the
pit together with regulatory factors embedded in the bone matrix and released during
resorption regulate new bone formation. One of the most important requirements is
the communication between osteoblast cells via gap junctions and proteins. Bone
formation by osteoblasts then starts with the deposition of an osteoid layer, which is
not yet mineralized. In the early stage, preosteoblasts secrete type | collagen and bone
sialoprotein. Later on, the mature osteoblasts express type | collagen, osteocalcin and
alkaline phosphatase [28]. Formation of hard tissue is performed by the mineralization

of the osteoid layer. Surrounding blood serum is the source of calcium and
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phosphorous ions for the formation of a calcium phosphate layer. In the beginning of
mineralization amorphous calcium phosphate crystals form within vesicles of bone-
lining cells and are excreted and deposited. Then the amorphous calcium phosphate
converts first into a metastable octacalcium phosphate phase and then into calcium-
deficient carbonate hydroxyapatite [4, 34]. The formation of these intermediate phases
is difficult to investigate, since they form in nanometer size, which is hard to detect
via x-ray diffraction analysis. To date, the excretion from vesicles is the most probable
explanation for the observations so far [27, 35]. The mineralization occurs in two
steps, a primary and a secondary mineralization. The primary step includes the
mineralization of the previously formed matrix. In the second step the crystals grow
to their ultimate size and the amount of crystals is further enhanced [36]. At the end
of bone formation osteoblasts differentiate into lining cells deposited on the bone
surface or into osteocytes embedded in the bone matrix [31]. Beside the continuous
remodeling process, the procedure of bone resorption and bone formation also occurs
after fracture events. In this case, inflammation precedes the healing process. After a
fracture event, disrupted blood vessels cause a local bleeding and, therefore, the
invasion of inflammatory cells into the hematoma. Those cells secrete several
cytokines and growth factors which again attract multipotent mesenchymal stem cells
for repair [37]. This event always happens prior to the implantation of a bone

replacement and, therefore, influences healing and ingrowth.

2.2 Response to bone replacement material

Bone replacement materials are required when the defect exceeds a critical size. The
natural remodeling processes described above are in principle the same for bone
fractures. However, a decisive factor is the contact of bone tissue with the opposite
fracture site. Bone tissue and especially bone cells need mechanical stimulation for
bone formation and remodeling processes [38]. In critical size defects, an implant has
to undertake this task. Critical size defects are injuries where the contact is insufficient

for natural healing processes like callus bridging. Such cases arise due to severe
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fracture events with multiple cracking, surgical intervention like tumor resections or
diseases of gradual bone loss. The application of an implant is, therefore, inevitable
and causes biological response. This response is, of course, dependent on the implant
material, implant properties and implantation site. However, some general reactions

can be summarized occurring in connection with an implantation of foreign materials.

When an implant is in contact with tissue, body fluids and blood, proteins adsorb at
the implant surface within seconds. The adsorption is proportional to the protein
concentration but is also influenced by many factors. These proteins determine the
further behavior within the body like inflammatory response or cell adhesion,
proliferation and differentiation. A competition between cell colonization and
bacterial biofilm formation may take place, commonly known as the “race for the
surface”. This race is dependent on initial bacteria concentration originating from the
surgery or circulating body fluids [39]. The surface structure plays a decisive role in
the adsorption process. Factors like roughness, particle size, pore size and porosity
influence the surface area, which is direct proportional to the amount of protein
adsorption. Furthermore, the nanoscale roughness of the surface affects the protein
structure, which can alter the function and impact of the protein. On porous structures,
proteins will adsorb in multi-layers, whereas on dense structures they build just a
monolayer. Another influencing factor is the surface charge. Since proteins have
charged groups, they can interact with the surface via electrostatic interactions. For
calcium phosphate cements, the surface exhibits Ca?* and PO43" ions that can act as
binding sites for the protein. The overall surface charge is then proportional to the
amount of protein adsorption and the zeta potential delivers a hint which proteins will
be adsorbed. Foreign ions can also alter the surface charge of the ceramic or cause
vacancies and defects. All these factors alter the protein adsorption on the implant
surface. But not just the implant itself has an influence on adsorption behavior, the pH
of the surrounding media or body fluid favors or reduces the affinity for different
proteins to adsorb. In the human body, the pH of body fluids can be altered for
example by bacterial activity or dissolution of the implant. So a bacterial infection can
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strongly affect foreign body reactions and implant ingrowth. The protein plays also a
decisive role when being adsorbed. The primary structure determines the binding
sites, e.g. functional groups, and the adsorption affinity of the whole protein. Larger
proteins exhibit more binding sites than small proteins on average. This fact leads to
the so-called Vroman effect: small proteins have a higher diffusion rate in the media
and adsorb on the surface first. After a while the small proteins are replaced by larger
ones, which have more binding sites and, therefore, bind stronger to the surface. By
surface binding, the conformation of the whole protein can change influencing the
function and possibly the cell attachment. However, the exact changes in
conformation and their influence on cells and cell attachment is still not clear [40].
After protein adsorption on the implant surface, cells like osteoblasts and osteoclasts
start to attach on this protein layer. This process is dependent on the proteins, their
conformation and material properties of the implant beneath. The surface roughness
and possible grooves that can act as guiding structures also influence cell attachment,
orientation and morphology. Lampin et al. calculated the surface free energy
depending on the surface roughness. The surface energy increased with increasing
roughness especially after initial protein adsorption. This has also a strong impact on
cell attachment [38, 41].

Apart from protein adsorption and cell attachment, the overall reaction to a bone
replacement material can be described according to the bone formation. The most
important terms describing the behavior and properties of the materials are listed in
Table 1.
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Table 1: Explanation of important terms related to the behavior of bone replacement materials within the

human body [2, 42-45].

Term

Explanation

Osteoconductivity

Osteoinductivity

Osteogenesis

Osteointegration
Osteoproduction /

Osteostimulation

Bioactivity

Biocompatibility

A material that enables and facilitates bone ingrowth by
providing a guiding structure

A material that actively supports bone growth by activation
of mesenchymal stem cells differentiating into osteoblasts

Formation of new bone

Bonding between host bone and bone replacement
material

Stimulation of new bone formation

The ability of a material to actively influence biological
reactions or tissue response; for bone replacement
materials, bioactivity is usually measured by the induction
of hydroxyapatite crystallization in simulated body fluid
solutions

No negative influence of a material on living tissue, organs
or the whole organism and causing no harmful reactions;
no inflammatory or toxic mediators are released by the
material

2.3 Bioceramics as bone replacement material

The biological application of ceramic materials gained momentum in the last decades.

Although autologous bone is still the gold standard in bone replacement, synthetic

materials exhibit some superior advantages meeting economical as well as individual

requirements. A huge drawback of autologous bone grafts is the donor site morbidity

and the related pain. For the extraction, a second surgery is necessary entailing the

risk of infections and loss of function at the extraction site. Secondly, the availability

of autologous bone is limited especially in elderly people with osteoporosis and

multimorbidity. These drawbacks can be overcome by the use of synthetic materials

10
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that mimic the natural tissue. They exhibit a broad diversity in application forms and
can be produced for examples as coatings, nanoparticles or porous solids. Due to
diverse composition of the different ceramics, the implant can be adapted to the
special requirements of the implantation site or the patients’ needs. According to the
three generations of bioceramics, the interaction between implant material and the
organism increased during development. The first generation intended to avoid all
interactions of the ceramic material with surrounding tissue. Zirconia and alumina are
two famous representatives, which were used for inlays or heads of hip prostheses.
They exhibit an excellent wear resistance, hardness and inertness [3]. Since tissue
formation within the artificial joint is not favorable, an inert material is essential for
this application. However, when thinking of bone replacement, bioactivity would
enable a better implant ingrowth and bone regeneration. Therefore, a second
generation was developed to exhibit bioactive properties without negative side effects
like fibrous tissue formation or inflammation. Additionally, a strong bonding between
the artificial bioceramic and the natural bone could be achieved by the development
of new formulations [2]. Bioceramics of this generation are often degradable giving
space for new bone formation. Calcium phosphate cements (CPC) including
hydroxyapatite, which is the main inorganic component of natural bone [46], are
widely used for bone replacement. Another material exhibiting bioactivity are the
bioactive glasses based on silica. The third generation of bioceramics even goes one

step further and tries to interfere with the cellular mechanisms behind bone healing.

2.3.1. Bioactive glasses and its hybrids

Bioactive glasses can be used as bone replacement materials due to their good
biocompatibility and especially the bioactivity. They favor cell adhesion and
proliferation leading to enhanced bone tissue formation, ingrowth and regeneration.
The third generation of bioceramics not only favors cellular activity but induces
mechanisms for influencing cell activity and, therefore, bone healing [47]. This

influence on the cells and the subsequent bone healing is called osteoproduction or

11
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osteostimulation [2]. The influence on the cells can be exerted by the release of ions
or agents affecting the natural cell metabolism [48]. Drug delivery systems (DDS) are
part of this third generation, since they can be employed as carrier systems for specific
proteins or drugs promoting bone regeneration. Drug loading, however, requires a
certain extend of porosity where the drug can be stored and slowly released. Bioactive
glasses based on silica or mesoporous silica scaffolds can provide a certain kind of
porosity. Moreover, foams can be produced from bioactive glasses that serve as drug
release scaffolds and mimic cancellous bone. Their pores are interconnected and vary
from nano to micro scale [49-51]. Bioactive glasses are often termed bioglass,
although the name “Bioglass®” is a trademark for the specific composition 45S5 (46.1
mol% SiO2, 24.4 mol% Naz0, 26.9 mol% CaO and 2.6 mol% P20s). Hench invented
a degradable glass of the general composition Na2O-CaO-SiO2-P20s that can strongly
bind to bone tissue. The bonding is attributed to a hydroxycarbonate apatite layer that
forms during dissolution of the implant material [52]. There are two major routes to
produce bioactive glass scaffolds: quenching of a melt or sol-gel processing [47]. The
firstly developed melt-quenching needs temperatures > 1300 °C to melt all reactant
components and a subsequent quenching of the glass melt [52]. The reactant oxide or
carbonate powders are mixed in the stoichiometric ratio, melted and transferred into
a mold. Quenching hast to be very fast with a cooling rate of at least 10® K/s. After
quenching, the glass frit is annealed at around 500 °C to relief stresses [53]. The sol-
gel process is performed at much lower temperatures since it is a chemical synthesis
with post-processing temperatures of some hundred degrees [47]. Moreover, the
surface area as well as the porosity are very high [3, 53], whereas melt-quenched
glasses have a dense structure. The Na2O component is often omitted in the sol-gel
process, since it acts as melting point lowering agent and increases the solubility. In
the sol-gel process no melting is required and the solubility is primarily influenced by
the high surface area and solid state diffusion processes [52]. The degradation of
bioactive glass plays a decisive role in the bioactivity of the material. The bioactive
glasses degrade in several steps. It starts with an ion exchange, where Na* or Ca?* ions

are replaced by H* ions. Due to a reduced pH, the silica dissolves leading to Si(OH)a

12
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groups at the surface. A polycondensation of silanols on the surface leads to the
formation of a silica gel layer attracting Ca?* ions from the surrounding media.
Additionally, OH- and PO4? ions are also incorporated into this layer, which is a silica
rich calcium phosphate phase. By further adsorption of ions from the media, the layer
gradually converts into HA. This process starts at the glass surface and proceeds
towards the bulk material [53-55]. The bioactive glasses are designed to maintain an
ionic concentration that is always in an optimal range for osteoblast activity during
release of bioactive Ca, Na, Si and P ions [48]. These ions increased the expression of
growth factors responsible for osteoblast proliferation and, therefore, bone tissue
formation [2, 56, 57]. Since silicon can be found in bone as a trace element, it is
obvious that it has to have a positive influence on physiological processes. The impact
of silicon on osteoblast and on bone formation was investigated not only by release
from bioactive glass but also by incorporation of silicon in CPC. A promotion of
osteoblast proliferation and differentiation, a regulation of osteoclast and resorption
and an enhanced mineralization were found for release concentrations of 0.1 —
100 ppm [42, 53, 58, 59]. Calcium release also promotes bone formation by increasing
osteoblast activity when released in a range of 13.1 — 90 ppm [53, 59]. Additionally
to the promoting effect on bone formation, bioactive glass can increase the pH locally
and act antibacterial similar to calcium hydroxide [60]. Therefore, these materials are
already used in clinics as commercial product for example in jaw regeneration,
orthopedics and middle ear prosthesis. However, the shape was for a long time limited
to monoliths, before additive manufactured molds were produced to cast patient
specific implants [52]. Among the bioactive glasses, the organic-inorganic hybrid
materials are of great importance. They can be used to tailor mechanical properties,
biological interaction like bioactivity or degradation behavior. The organic groups can
also be utilized for drug binding and controlled release. Two classes of hybrid
materials are distinguished: class | and class Il hybrids. Class | hybrids exhibit just
weak interactions between the two phases, whereas class 11 hybrids (called ormosils
= organically modified silicates) have covalent or ion-covalent bonds [3]. An example

of class | hybrids is the combination of bioactive glass with poly(vinyl alcohol) [61].
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For ormosils or class Il hybrids, polymers with silanol (Si-OH) groups are introduced
into bioactive glass to combine the bioactivity of the inorganic bioactive glass matrix
with the optimizing mechanical properties of the organic component. The formation
of hydroxyapatite, the main inorganic component of bone, is promoted by silanol
groups on the implant surface [62-64].

2.3.2 Mesoporous silica

Mesoporous silica in general describes a highly ordered structure with pores in the
nanometer range based on silica or alumina. Here, the focus is on mesoporous
structures based on bioactive glasses with the general composition SiO2-CaO-P20s
since their bioactivity is much higher than for other silica or alumina compositions.
Therefore, the relevance in bone replacement material is given for those compositions.
In the beginning of their invention they were used as catalysts, as they are an excellent
material as host-guest system [65, 66]. Mesoporous silica glasses are synthesized by
an evaporation-induced self-assembly of non-ionic triblock copolymer surfactants
building the basic framework for the inorganic silica material. After removal of the
surfactant, a highly ordered, mesoporous and inorganic structure remains [67]. During
processing numerous factors can be modified to tailor the properties of the resulting
scaffold. Among others, CaO and P20s addition can influence not just the glass
composition but also the structure. Since Ca?* is a network modifier, it alters the
inorganic/organic ratio leading to a different orientation of the surfactants. Phosphorus
content has a similar but indirect influence on the resulting structure. The P20s
together with CaO leads to the formation of amorphous calcium phosphate on the
surface. Therefore, the Ca®* ions are bound and cannot interrupt the silica network.
Without phosphorus ions Ca?* ions can again alter the inorganic/organic ratio, which
influences the structure. Further factors include temperature, solvent, additives and
pH [68]. The resulting structures exhibit a high surface area, high pore volume, narrow
pore size distribution, small pores (2 — 50 nm) and interconnectivity [47, 67, 69]. This

high surface area causes a fast mineralization with calcium-deficient carbonate
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hydroxyapatite. The mineralization is much faster when P20s is incorporated since
the amorphous calcium phosphate crystals serve as nucleation sites for hydroxyapatite
formation [68]. The hydroxyapatite formation of mesoporous silica exhibits a
biomimetic behavior. Observations in simulated body fluid showed the formation of
amorphous calcium phosphate within the first hour. This amorphous layer then
converts into metastable octacalcium phosphate, which forms only at a pH below 7.
To achieve such a pH value, a high CaO content and the highly porous structure are
key factors. The Ca?*/ H3O* exchange leads to a condensation of the silanol groups
resulting in an acid hydrated silica layer with a pH below 7. After around 8 h the
octacalcium phosphate layer converts into a calcium-deficient carbonate
hydroxyapatite layer. Mesoporous silica materials can be modified with organic
groups due to their high amount of silanol groups on the surface to improve drug,
protein or growth factor loading with subsequent controlled release [3]. They can also
be modified with hydrophobic groups to load the scaffold with a hydrophobic drug or
amino groups for electrostatic interactions with phosphonate or carboxylate
containing drugs. When used as a bone replacement material, the porous structure is
a decisive factor. Mesoporous silica particles are characterized by their pores in the
size range of nanometers, whereas pore sizes for bone ingrowth have to be in the
micrometer range as it can be found in native bone tissue. The challenge is to introduce
macroporous structures without the loss of mesoporosity. The combination of
different porosities like macro-, meso- or micropores and tailoring of their
interconnectivity gives a powerful tool to tune the mechanical properties along with
the biological activity and the drug load and release capacity [68]. Apart from
porosity, the size of mesoporous silica particles can be reduced to nanoparticles
facilitating cellular uptake and, therefore, release within the cell [70].

2.4 Mineral bone cements

Another class of bioceramics are mineral bone cements, predominantly based on

calcium and magnesium phosphate chemistry. The preparation of scaffolds from such
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materials can be performed at high temperature via sintering of a green body [71] or
low temperature [72]. When compared to sintered monoliths, low temperature
fabricated cements imply a higher specific surface area due to crystal formation (up
to 100 m?/g compared to <1 m?g for hydroxyapatite mineral) [73]. The low
temperature preparation is based on a dissolution/precipitation reaction. Therefore, a
powder of one or more components is mixed with an aqueous solution resulting in a
paste. Depending on the pH and additional ions powders dissolve and undergo a
setting reaction. The product precipitates due to a lower solubility in the
supersaturated solution and forms a crystalline structure. By interlocking of growing
crystals the cements gain mechanical strength. The aqueous solution involved in this
process leaves a certain porosity in the set cement. This again means, that the porosity
can be tuned by the powder-to-liquid ratio (PLR) with a lower PLR causing a higher
porosity. The mechanical performance, which is often required for bone substitution,
suffers from a highly porous structure. However, the porosity can be used for example
for drug loading in DDS [74]. The reactant powder as well as the set product are all
biocompatible and non-toxic. Since the setting can be done at body temperature, CPCs
and magnesium phosphate cements (MPCs) are suitable for in vivo hardening. The set
cements are chemically similar to human bone resulting in a strong and in some cases
chemical bonding between bone and substitute material. The bone bonding is also
favored by a very low shrinkage of less than 1 % [75]. The surgeon can mold the
cement paste, which is easily mixable, within the defect cavity and adapt the shape to
the patient’s requirements. Depending on the specific properties of the cement paste
applied, they are injectable and can be used in minimally invasive surgery. This again
reduces the risk of infections, scars and pain for the patient. The
dissolution/precipitation reaction has the additional advantage of a high specific
surface area for hydroxyapatite cements, which is close to that of bone mineral
(= 80 m%g). Since the protein adsorption and the following cell adhesion is strongly
dependent on the specific surface area (see Section 2.2), the dissolution/precipitation
reaction is superior to sintering. During degradation, the degrading products are also

biocompatible, non-toxic and can be resorbed by the body or even used for the
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formation of new bone. This facilitates the replacement with natural bone and a
complete healing [76].

2.4.1 Calcium phosphate cements (CPC)

Mineral bone cements on the basis of calcium phosphates include various more or less
stable phases. An overview of the most important phases in the biomedical field is
given in Table 2. Among those, calcium-deficient HA (Cag(HPO4)(PO4)sOH),
dicalcium phosphate dihydrate (DCPD, brushite, CaHPO4-2H20) and dicalcium
phosphate anhydrous (DCPA, monetite, CaHPO4) are the main products of the
dissolution/precipitation reaction [76, 77]. The solubility of such calcium phosphate
cements (CPCs) strongly depends on the pH of the cement liquid (Figure 1), in which
the cement powder dissolves due to a high solubility and forms a supersaturated gel.
Depending on several factors such as pH and ionic concentration, a new calcium
phosphate precipitates and forms an entangled crystalline cement matrix [78]. The
great advantage is that the reaction can be performed under physiological conditions
and, therefore, in vivo. In contrast, poly(methyl methacrylate) (PMMA), which is
frequently used in bone replacement application, reaches temperatures of up to 120 °C
causing severe tissue necrosis [79-82]. The dissolution/precipitation reaction of CPC
is only slightly exothermic and rarely exceeds body temperature [83]. Bohner et al.
investigated the enthalpy of the single reactions occurring during setting. For a
brushite cement, the dissolution of B-TCP is exothermic with AH = -66.0 kJ/mol, the
dissolution of MCPM is endothermic with AH = 23.0 kd/mol and the precipitation of
brushite is exothermic with AH = -10.0 kJ/mol. This yields in an overall exothermic
reaction with an enthalpy of -83.0 kJ/mol [84]. This enables the patient-specific
adaption of the cement paste to the defect shape without the risk of tissue necrosis due
to heat. However, the solubility of synthetic CPCs is among others influenced by the
crystallinity, morphology, porosity and outer dimensions. This opens up additional
factors for the adjustment of an implant material. The different CPCs can be

characterized by their Ca/P ratio (Table 2), which is on the one hand a result of the
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ionic concentration during setting and on the other hand influences the stability of the
ceramic. Since several years, a variety of CPCs are commercially available on the
market, although investigation and improvement is still in progress [44]. Apart from
pure CPC, there are numerous studies investigating ionically substituted CPCs for
tuning the mechanical as well as the biological performance of the ceramic. Among
others, these cements are substituted with magnesium [85-87], lithium [88, 89] or

silicon ions [90-93].
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Table 2: Selection of commonly used CPC ordered with decreasing solubility [76].
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Figure 1: Solubility of different calcium phosphate cements: dicalcium phosphate anhydrous (DCPA),
dicalcium phosphate dihydtrate (DCPD), octacalcium phosphate (OCP), B-tricalcium phosphate (B-TCP) and
hydroxyapatite (HA). Copyright 2012 K. Kuroda and M. Okido [94].

Hydroxyapatite

The most investigated CPCs are forming HA as a suitable candidate for bone
replacement since calcium-deficient carbonate HA it is the main inorganic component
of bone [46]. Beside other routes, it can be formed by the dissolution/precipitation
reaction of o-tricalcium phosphate (a-TCP) with water (eq. 2.1) or tetracalcium
phosphate (TTCP) with dicalcium phosphate anhydrous (DCPA, monetite) (eq. 2.2).

3 4-Caa(POs)2 + H20 > Cas(HPO4)(PO4)sOH (2.1)
2 Cas(P04)20 + 2 CaHPO4 > Caio(PO4)s(OH)2 (2.2)

a-TCP has a higher solubility compared to HA, which favors the formation of HA
crystals during cement setting at a physiological pH of 7.4. HA is the least soluble
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calcium phosphate mineral at this pH. The low solubility and high stability entails the
ability of recrystallization of other CPCs like amorphous calcium phosphate (ACP),
DCPA or TTCP to form HA. A great disadvantage of the processing of HA cements
for a surgeon are their long setting times. The optimal initial setting time is between
three to five minutes. Within that time frame, the formerly moldable paste should set
and exhibit a certain mechanical stability. Since the formation of HA takes several
minutes to hours [95-97] there is a great need for setting accelerators. Such additives
reduce the setting time of HA by enhancing the solubility of the reactant powders.
Water soluble orthophosphates like MCPA or phosphoric acid can be employed in the
liquid phase. They lower the pH of the liquid phase and, therefore, enhance the
solubility of the reactant powders as described in Figure 1. Since there is a linear
correlation between the dissolution of the reactants and the formation of the product,
the formation of HA is well controlled and does not lead to a higher amount of residues
[76]. Another option for the adaption of setting time is milling of the reactant powder
to gain an amorphization with increased solubility and hence a faster setting reaction
[98-100].

Brushite and monetite

A second very important group of CPC for the biomedical field is forming brushite
(DCPD) or monetite (DCPA) as the water free form of brushite. DCPA can either be
obtained by the dehydration of brushite cement post-setting or by the reaction with an
excess of MCPM [84]. Brushite forms in a hydraulic setting reaction, where water is
required not only for mixing but also for a stoichiometric reaction. This also means,
that with a very low water content, the formation of monetite is favored [101]. Since
brushite and monetite are the least soluble phases at a pH below 4.2 (Figure 1), an
acidic environment is essential for their crystal formation. As reactant powders, a-
TCP, B-TCP or HA can be used as alkaline calcium source. Since the Ca/P ratio of
brushite/monetite is 1, an additional acidic phosphate source is required for the setting.
MCPM, MCPA or phosphoric acid can be employed as such a phosphate source.
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Possible reactions are the acid-base reaction of B-TCP with MCPM and water (eq.
2.3) or B-TCP with phosphoric acid (eq. 2.4) [101-105].

B-Cas(POa)2 + Ca(H2P04)2 - H20 + 7 H20 - 4 CaHPO4 - 2 H20 (2.3)
B-Cas(POa)2 + H3PO4 + 6 H20 > 3 CaHPO4 - 2 H20 (2.4)

The setting time can be controlled by the selection of the basic phase. The limiting
factor is the solubility of this basic phase, which is in the order HA < B-TCP < a-TCP.
The setting of brushite cements is very fast since compared to HA cements, the
crystallization rate for brushite is about three orders of magnitude higher [106] and
the setting occurs in the range of seconds [83, 102, 107]. This greatly restricts the
handling in the operating room and the application in the patient. To overcome these
problems, different setting retarders have been investigated to enlarge the working
time for the surgeon. Pyrophosphates are natural inhibitors of mineralization and can
be employed to delay the formation of brushite crystals. Due to their strong affinity to
calcium orthophosphate surfaces, they bind to the crystal surface and form calcium
pyrophosphate. Additionally, pyrophosphate ions reduce the solubility of calcium
phosphates leading to a delayed dissolution of the reactant powders, thus limiting the
available calcium and phosphate ions [105, 108, 109]. Another group of setting
retarders are sulfate ions as they are provided by e.g. sulfuric acid, calcium sulfate
dihydrate or sulfate containing substances such as gentamicin sulfate. Since sulfate
ions do not reduce the solubility or modify the dissolution rate of the reactant powders,
the predominant mechanism for retardation is the inhibition of brushite crystal growth.
However, if the concentration of sulfates becomes too high, the effect turns into an
accelerated setting. This phenomenon is attributed to the formation of small calcium
sulfate dihydrate (CSD) crystals acting as seed crystals for brushite. Since the crystal
lattice of brushite and CSD are quite similar, HPO4Z ions can substitute sulfate ions
in the CSD lattice. Due to the concentration dependent nucleation of CSD, a low
sulfate addition acts as a retarder, whereas a high concentration accelerates the setting
[105]. Carboxylic acids can also act as setting retarders. Their ability to bind calcium
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ions enables an interaction between organic acid and growing brushite crystals. The
negatively charged carboxyl group interacts with the positively charged calcium
biding site at the crystal surface and the formation of a dicalcium phosphate-
carboxylic acid complex leads to a slower crystal growth. In addition, the interaction
with calcium ions leads to a complexation in the supersaturated solution reducing the
supersaturation regarding calcium ions. Carboxylic acids also enhance the nucleation
barrier slowing down the crystal formation. All these effects retard the overall setting
of brushite cements. Numerous carboxylic acids have been tested in this regard like
sodium citrate, citric acid, tartaric acid or glycolic acid [78, 110, 111]. In addition,
ions itself can modify the cement setting. This is independent of whether these ions
are introduced via the liquid phase or by substitution of the cement raw powder.
Magnesium ions can be found in the human body regulating precipitation of calcium
phosphates. In the case of brushite, magnesium ions inhibit nucleation and crystal
growth. They can be incorporated into the brushite lattice due to their similar atomic
dimensions to calcium ions. An additional effect on the setting retardation is the
formation of a complex of magnesium with HPO4? ions. Since the latter are the

limiting factor in brushite formation, the setting is delayed [111].

The addition of substances is not in all cases meant to retard the cement setting
reaction. The retarding effects have to be considered for the addition of any additive.
Some antibiotics for example gentamicin can contain retarding ions or groups [112].
Bisphosphonates, often used in medical treatment of osteoporosis, are also thought to
retard the formation of brushite. They are structurally similar to pyrophosphates but
have additional binding sites for functional groups. Etidronate is a representative of
bisphosphonates [113]. Although etidronate has a similar structure as pyrophosphates,
the retarding effect is much stronger. This could be assigned to the tridentate binding
to calcium ions of etidronate compared to the bidentate binding possibility of
pyrophosphates [114, 115]. Furthermore, the application as bone replacement material

requires in the best case not only cytocompatibility of the setting retarders but also a
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promoting effect on bone growth. Here, some setting retarders seem to be more
appropriate than others [83, 116].

When implanted in vivo, brushite can easily degrade due to its high solubility at
physiological pH. However, it was frequently observed, that brushite is converted into
the lower soluble HA [117]. As this is not always a desired feature, the addition of
Mg?* ions can inhibit this conversion. Mg?* ions adsorb on the surface of converting
HA crystals and compete with and replace Ca?* ions. Blocking of the crystallization
site inhibits further crystal growth of HA [90, 118, 119]. This is one of the advantages
of MPC described in Section 2.4.2.

ACP, OCP and TTCP

Although they are metastable, ACP, OCP and TTCP play a minor but still important
role as bone replacement material. After implantation into the human body, they
rapidly convert into HA or calcium-deficient hydroxyapatite (CDHA). This property
is often exploited by the application as precursor phases with deliberated conversion
[35]. In natural bone modelling, ACP cluster form within the vesicles of bone cells.
After excretion, the clusters convert fast into OCP and finally into HA. The conversion
itself is also a dissolution/precipitation reaction [120]. Due to the amorphous nature
of ACP, it exhibits a diverse Ca/P ratio, which also depends on pH and ionic
concentration during preparation [121]. This facilitates the substitution with numerous
ions like Na*, K*, Mg?*, CI- or CO3* [122]. Due to the fast dissolution, the ions are
rapidly released and can induce cellular activity. OCP is hard to produce synthetically
since it rapidly converts into HA. Another factor is the slow crystallization rate of
OCP [107]. TTCP has antimicrobial properties due to the formation of alkaline
Ca(OH):2 during setting that can be used to treat formerly infected bone sites or to
prevent infections after implantation [123].
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2.4.2 Magnesium phosphate cements (MPC) and magnesium based

cements

In the field of biomedical application, magnesium phosphate cements (MPCs) are less
exploited compared to CPCs. Originally, MPC were used in construction industries,
for example as runway repair [124]. Similar to CPCs, there are different formulations
of MPCs depending on pH and foreign ion supplementation during setting reaction
(Table 3). The setting reaction itself is similar to brushite. For the acid-base reaction
a magnesium oxide or magnesium phosphate is used together with an acidic phosphate
solution. After dissolution of the reactant powders, an amorphous gel forms in the
supersaturated solution. Crystallization leads to crystal growth and interlocking. The
overall reaction is exothermic [125, 126], although quite different maximum
temperatures are reported in literature. Measurements are reported with a maximum
temperature of 35 — 80 °C [127-130]. Two of the most important MPC for bone
replacement material are newberyite and struvite. The possible formation of
newberyite is formulated in eq. 2.5 [131, 132].

MgO + H3sPO4 + 2 H20 - MgHPOs4 - 3 H20 (2.5)

Struvite can be synthesized by different routes as described in eq. 2.6-2.9 [125, 129,
133-135].

MgO + NHsH2PO4 + 5 H20 > MgNH4POs - 6 H20 (2.6)
MgO + (NH4)2HPO4 + 5 H20 > MgNH4PO4 - 6 H20 + NHs @.7)
2 Mga(PO4)2 + 3 (NH4)2HPO4 + 36 H20 > MgNH4POx - 6 H20 + HaPO4 (2.8)

Mga(PO4)2 + (NH4)2HPO4 + 15 H20 = 2 MgNH4POx4 - 6 H20 + MgHPO4 - 3 H20
(2.9)
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Table 3:Selection of important MPC formulations and reactant powders for their synthesis for biomedical

application [133].
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The setting times of struvite cements without any additives are in a range between 1.5
— 16 min (Table 4) [127, 129, 140], which is adequate for surgical procedures. The
huge differences in setting times are due to different pretreatments of the raw powder.
Grinding, for example, has a huge influence on setting time because smaller powder
particles dissolve faster than large ones due to the larger specific surface area.
However, a faster setting leads to higher maximum temperature. The setting time can
also be adapted by adjusting the PLR, whereby a higher PLR vyields in a faster setting
reaction [129, 141].

Table 4: Initial setting times of struvite reported in literature.

Equation Initial setting time / min Ref.

(2.9) 1.5-16 [129]
(2.6) 15 [127]
(2.9) 4 [140]

However, in some cases, additives are necessary to enable a certain application. For
minimally invasive surgery, injectable bone cements are required, which entails the
application of additives. Moseke et al. successfully used diammonium citrate to
enhance the injectability of the cement paste [129]. Borates such as sodium borate
decahydrate (borax) [125, 127, 142] and boric acid are popular additives, which retard
the cement setting reaction of MPC and decrease the maximum temperature. The
mechanism behind the retardation is not a delayed dissolution of the reactant powders
but a slower precipitation of the product. Since the deposition of boron on the particle
surface could be excluded, it is likely that the slow precipitation is due to a complex
formation of Mg(BOH)4* [143]. Another form of additives are foreign ion
substitutions in MPC. With regard to implant application, Ca?* [136, 144-146] and
Sr2* [147, 148] are the most important ones. Here, Ca?* ions in general enhance bone
formation by promoting osteoblast proliferation and differentiation and initiating
signaling pathways [149]. Furthermore, Ca?* substitution in struvite extends the initial

setting time [145]. Sr?* ions also promote bone formation and reduce bone resorption.
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A deeper insight into the mechanisms and action of Sr* ions in mineral bone cements
is given in Section 2.7.1. Another advantage of MPC is their fast degradation rate in
vivo. In contrast to CPC like brushite, MPC do not convert into the lower soluble HA
after implantation. The Mg?* ions adsorb on the surface of precipitating HA crystals
and, therefore, block the position in the crystal lattice for Ca?*. Due to this
competition, a further growth of the HA crystal is inhibited and the remaining MPC
has a higher solubility than HA and can be resorbed faster and replaced by new bone
[118, 119, 141].

Another group of magnesium based cements are magnesium oxychloride cement
(MOC), also called Sorel cements. Similar to MPC but without phosphates, MOCs
were first used in construction industries due to their fast setting and high early
strength [150]. However, MOCs are fast degrading when in contact with aqueous
solutions. This can be utilized for the application as biodegradable bone replacement
material. The degradation rate can be tuned by the addition of phosphoric acid or other
additives [151, 152]. MOC can exhibit four different phases, where the most common
phase is the so-called phase 5: 5 Mg(OH)2 - MgCl: - 8 H20 (Table 3). Just two of the
four phases are stable at room temperature (phase 3 and phase 5) and are worth to
consider for an implant material [153, 154]. The setting reactions of those two phases
are shown in eq. 2.10 and 2.11 [135, 151].

3 MgO + MgClz + 11 H20 > 3 Mg(OH)z2 - MeClz - 8 H20 (2.10)
5 MgO + MgClz + 13 H20 = 5 Mg(OH)2 - MeClz - 8 H20 (2.12)

MOCs also form in a dissolution/precipitation reaction, similar to MPCs. Their setting
time can be regulated by the calcination of the MgO reactant powder. A higher
calcination temperature leads to an inactivation of MgO and hence longer setting times
[155]. During setting MOCs form thin needles that are interlocking, in addition the
needles grow into pores and, therefore, reduce the porosity of the solid leading to high

strength cementitious materials [156].
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2.4.3 Mechanical properties

The mechanical properties of MPC and CPC are quite different, depending on
numerous factors regarding processing and composition. However, both belong to
ceramic materials and exhibit a typically brittle behavior. The brittleness is due to
their inherent ionic structure, where primarily Mg?* and Ca?* ions form ionic bonds
with phosphate ions. They exhibit high compressive strength but are prone to failure
when loaded in bending mode. There is also only a low capacity for shear stressing,
since the translational moving of the ionic lattice leads to repulsive forces within the
lattice. The ionic repulsion causes a fast propagation of cracks and always leads to a
catastrophic failure of the ceramic [157]. Usually, the compressive strengths that are
obtained with CPC or MPC, are about ten-times higher than their bending strengths
[76, 158]. Nevertheless, MPC and CPC have high strength when compared to other
bone replacement materials based on polymers. The overall goal for an implant
material is the simulation of human bone, not only in terms of composition but also
with regard to the mechanical properties. This avoids severe problems such as stress-
shielding, which is connected to the Young’s modulus and often occurs for metal
implants. If the Young’s modulus of the implant material is much higher than that of
bone, external forces are misled. As a consequence, bone tissue adapts to the new
loading situation and starts to remodel. Since the implant material absorbs most
forces, bone is excessively resorbed in regions of low forces. Due to this weakening,
fractures can occur and a total implant failure can follow [159-162]. To avoid stress
shielding, the Young’s modulus of the implant material has to be considered. An
overview of the mechanical performances of different synthetic materials and natural
human bone is given in Table 5. Especially for the synthetic materials, there is always
a range instead of absolute values. This can be ascribed to several issues. Firstly, the
exact composition has a huge influence on mechanics. Setting retarders or accelerators
can influence crystal growth and the crystal structure. Since the interlocking of
crystals is the main effect on strength, this can alter the overall outcome [163]. A

second parameter are additives like foreign ions, which regulate crystal growth and
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cement setting, but also can substitute ions in the lattice. Crystallographic defects and
dislocations can arise from this ion substitution [164], which subsequently has an
impact on the crystal structure and the mechanics. Thirdly, the
dissolution/precipitation reaction of low temperature CPC and MPC always requires
a liquid phase that is quantified by the powder-to-liquid ratio (PLR). It could be shown
that the PLR of those cements is directly associated with the porosity of the set cement
[130]. The space between the crystals occupied by the liquid results in pores
weakening the ceramic. Compressive strength as well as tensile strength decrease
exponentially with increasing porosity [165, 166]. The same phenomenon could be
found with the Young’s modulus [167]. With the experimental findings in mind, this
relationship can be expressed in eq. (2.12) [168, 169].

o = ogge PP (2.12)

The strength o depends exponentially on the porosity P. o is the strength without any
porosity (P = 0) and b is an empirical constant. This relation results in a linear
correlation between In(s) and porosity [74]. The weakening effect of pores within
solids can be described with the fracture mechanics. The pores within the matrix act
as bulk defects. Pores are the origin of small cracks that can easily propagate through
the material. However, for the application as bone replacement material, a certain
micro- and macroporosity is essential for bone ingrowth and implant fixation. The
nutrient supply and vascularization also need pores within the scaffold for healthy
tissue formation [10, 11, 16] (see Section 2.4.4). The design of an implant requires
careful weighing of the mechanical performance demanding a low porosity and the
biological functionality with a high porosity. Another aspect that has to be considered
for an implant material is cyclic mechanical loading. The implant will be continuously
stressed in daily life, which could entail fatigue of the material. Bone is a composite
with much higher elasticity and less brittleness compared to CPC or MPC.
Additionally, bone is self-renewing and self-healing meaning that occurring cracks or
defects are defanged before huge damages develop. This issue has to be addressed
when thinking of an application in load-bearing regions. Apart from the ultimate
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strength of the material, the failure probability is of high importance in such
applications. However, just a few studies considered this topic. The Weibull modulus
belongs to the statistical theory of the Weibull distribution and is a parameter
describing the failure probability of a brittle material under load. A narrow distribution
of the ultimate strength, describes a high reliability and yields in high Weibull
modulus values, which is favorable for an implant. Similar to the mechanical strength,
the Weibull modulus is dependent on different parameters like the porosity. Barralet
et al. found an increased Weibull modulus for decreasing porosities and for
macropore-free cements. For HA ceramics, values between 1.6 — 18.2 with a porosity
of 30 — 54 % are reported [12, 167, 170-172]. Sintered HA exhibits higher Weibull
moduli of 3.0 — 7.6 with a lower porosity of 5.0 — 11.7 % [173, 174]. For brushite
cements, Weibull moduli of 7.3 — 10.0 were measured for a porosity of 39 — 41 %
[175]. Thus, CPC are similar to commonly used PMMA cements with a Weibull
modulus of 7 — 14 [176]. The degradation behavior of the CPC and MPC are often
neglected in the examination of mechanical properties. Especially fast degrading
materials such as brushite or struvite rapidly loose mechanical performance after
implantation. When the rate of bone formation is high enough, this effect can be
compensated by new bone tissue. However, this often becomes a problem when
diseases like osteoporosis are involved and the bone formation is impaired. Therefore,
research focused on the improvement of bone replacement materials in terms of

supporting bone formation.

31



2. Theoretical background

Table 5: Mechanical properties of natural and synthetic materials.
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2.4.4 Biological behavior in vivo

Beside the mechanical performance, the biological behavior of an implant material in
vivo has to be considered. One of the most important factors is the degradation of the
material together with its degradation products and dimensional changes. The
degradation of CPC and MPC implants is strongly connected with their respective

solubility (Figure 2).

0.1 1 10 100 1000 10000
Solubility / mg/l

Figure 2: Solubility of different CPC (blue) and MPC (green) according to Table 2 and Table 3.

In general, there are two mechanisms for the resorption of a material in vivo: the active
and the passive degradation. Resorption by passive degradation mechanism is based
on the dissolution of the implant in the surrounding media. At an implantation site,
materials are mainly in contact with blood and lymph with a pH around 7.4. In the
case of CPC, the dissolution at this pH is quite different for the different formulations
(see Figure 1). HA for example is the least soluble CPC and, therefore, hardly
degrades via passive mechanism [184]. Since human bone has carbonated HA as main
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inorganic phase, a low solubility is of great advantage. However, HA and other CPC
and MPC with a low solubility at pH 7.4 can also be resorbed by the human body. The
active degradation mechanism by osteoclasts as the bone resorbing cells is based on
an increased solubility at lower pH. No matter if endogenous carbonated HA or any
other CPC or MPC is resorbed, osteoclasts start their resorption work by the formation
of a lacunae. This area is separated from the rest by tight podosomes. The osteoclast
secretes a mixture of enzymes and hydrogen ions into the lacunae and decreases the
pH locally. At this lower pH the solubility in general is higher leading to a degradation
of the CPC or MPC. The degradation products, in the case of CPC and MPC mainly
calcium, magnesium and phosphate ions, are processed by the osteoclasts and then
secreted into the surrounding fluids [185, 186]. Both, the active and the passive
degradation are influenced by numerous intrinsic and extrinsic factors. The natural
regulators responsible for bone remodeling also influence the resorption of these
biomaterials. For an implantation, the patients’ background has to be kept in mind.
Diseases like osteoporosis or other metabolic or hormone influencing disorders can
alter the resorption behavior of the foreign material. Since the degradation is always
connected with the ion release into surrounding fluids or tissue, the degradation
products have to be thoroughly investigated. The natural ion concentration in human
serum is 2.25 — 2.75 mM for Ca?*, 0.7 — 0.9 mM for Mg?* and 0.8 — 1.4 mM for PO4*
[187-190]. But not the whole ion amount of the biomaterial will be released into the
serum. Bone can act as a storage of Mg?* ions by incorporation of those ions into
newly formed bone tissue. By this, bone helps to regulate ion balance (homeostasis)
[191, 192]. Also the daily Mg?* uptake (and excretion) should be considered, which
is in the range of 265 mg/day to 420 mg/day for adults (depending on age and gender)
[192, 193]. Thus hypermagnesemia [193, 194] will improbably happen due to implant
degradation of MPC [144, 184]. Habibovic et al. summarized the daily uptake for
calcium, magnesium and phosphate ions. The intake was given with 1000 —
4000 mg/day Ca?*, 350 — 420 mg/day Mg?* and 700 — 4000 mg/day PO4* [190]. The
ionic release of Ca?* and PO4* from degrading CPC varies strongly due to the large

differences in solubility spanning several orders of magnitude (see Figure 2). In most

34



2. Theoretical background

studies, in vitro experiments are performed in cell culture media (e.g. Dulbecco’s
Modified Eagle’s Medium, DMEM), which contains 36.15 uM Ca?*, 20.90 uM Mg?*
and 5.49 uM PO4* [145] being far below the concentration found in human serum.
Since an adsorption of Ca?* ions was found in studies with CDHA, it can be assumed,
that an in vivo implantation will also result in an ion adsorption. Even fast degrading
cements like brushite or ion substituted cements do not exceed 2 mM Ca?* release per
day [184, 195, 196]. However, Liu et al. found an optimum Ca?* concentration for in
vitro cell proliferation and differentiation at 1.8 mM, which is close to the release
during degradation [197]. In general, a highly increased Ca?* concentration can have
severe consequences known as hypercalcemia. Since Ca?* is an important ion in the
human body, the natural renal secretion system is designed to regulate ion
concentrations and hence to secure a constant serum level avoiding hypercalcemia.
The exact role of phosphate ions, however, is not fully clear, since there are numerous
different phosphate containing species influencing (among others) mineralization,
osteoclastic resorption and osteoblast differentiation [190]. Nevertheless, Meleti et al.
investigated different concentrations of inorganic phosphate on cell viability. Cells
become apoptotic when exposed to high phosphate concentrations (> 4 mM) [122,
197-199]. The release of phosphate ions from CPC and MPC strongly differs in
literature. It was found in a range of 0.7 — 18 mM depending on cement composition,
solubility and dissolution media [134, 144, 147, 195, 196]. On the other hand, in
natural bone forming processes calcium and phosphate concentrations have to be
raised by matrix vesicles in order to form new bone. Moreover, phosphate is essential
for physiological processes like the initiation of bone formation pathways or collagen
mineralization [200-203].

There are numerous factors influencing the degradation rate and the ion release of
cements, but a decisive parameter is the porosity and the pore size. Regarding
mechanical performance, a completely dense structure would be favorable. However,
in vivo cells should invade into the implant structure to form new bone matrix and to

anchor the implant at the desired site. Cell invasion and bone formation entail
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diffusion processes for nutrition supply and the formation of blood vessels for a long-
term vascularization of the tissue. The dissolution/precipitation reaction of the mineral
bone cements per se causes a certain porosity, which can easily be adapted by the
PLR. Additionally, porogens can be added to create different pore sizes. The porosity
that is commonly achieved with PMMA cements is relatively low with 0 — 40 % and
the material is bioinert [204]. In contrast, CPC and MPC can be fabricated with very
high porosities of >90 % and interconnected pores [205]. During resorption processes,
the porosity and pore sizes change and are not constant over time [206]. The pore sizes
can be categorized in micro-, meso- and macropores, although there is no exact
definition of the sizes and the terms are used for varying sizes. Undoubtedly, different
sizes are required, since they fulfill different tasks in the regeneration (Table 6). It was
found, that pores induce osteogenesis [11], which is probably due to several
advantages, like the increased surface area. With a greater surface area, the amount of
adsorbed proteins is higher, which is favorable for cell adhesion and bone ingrowth
[160]. Additionally, pores and the interconnected structure are an ideal scaffold for
(micro-)vascularization. The formation of blood vessels is one of the most decisive
steps in formation and maintenance of cellular activity of new bone tissue [169, 207-
209]. However, osteoconduction and osteoinduction are not able to induce the
necessary vascularization [210]. To accelerate the formation of a blood vessel
network, growth factors or other cytokines have to be introduced. The pores can be
utilized for the incorporation of such drugs into the implantation site. A porous
structure facilitates a constant and long-term release of those drugs compared to solid
implants, where drugs can just be bound at the surface. The high surface area also

enlarges the amount of drug loading [211].
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Table 6: Pore sizes and function of different porosities [47, 93, 212-214].

Porosity Pore size Function
Microporosity <1-10pm  Vascularization, capillaries, cell-matrix
interaction

Mesoporosity 1-100 pm Drug loading, cell-matrix interaction

Macroporosity > 100 pm Cellular colonization, diffusion, oxygen and
nutrition supply

Since the degradation rate of the different CPC and MPC vary strongly, the resorption
speed has to be adapted. The implant should be replaced by newly formed bone tissue
to maintain mechanical performance and to guarantee a full replacement. Thus, the
degradation speed has to match new bone formation. Just a few studies are available
quantifying the degradation rate of CPC, e.g. the degradation rate of brushite is about
250 pm/week [215] and of HA about 14.63 pum/week [216]. In contrast, the human
bone formation speed is about 7 — 175 um/week, which is often expressed as the
mineral apposition rate [30, 217]. Possible discrepancies have to be overcome to avoid
implant loosening. By the addition of ions, polymers or other additives, the
degradation rate can be altered. As a result, the degradation rate should be determined
for each cement system before taking an in vivo study into account. Another aspect
during evaluation of a cement system is the choice of the species for an animal study,
since the mineral apposition rate can differ from that of humans. For pigs, the mineral
apposition rate is 8.4 — 10.5 um/week, for dogs 10.5 — 14 pm/week [217]. This aspect
influences the outcome of the study in terms of bone ingrowth, implant fixation and

implant replacement by new bone.

2.5 Processing of mineral bone cements

The mineral bone cements CPC and MPC are designed as bone replacement material
in vivo. Beside the composition of the material, the fabrication of the implant itself

has a decisive influence on the clinical outcome. Sintered ceramics have to be
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fabricated prior to implantation, which limits the shape adaption and accuracy. The
dissolution/precipitation reaction of mineral bone cements opens a new field of

application techniques, like 3D printing, improving the overall implant performance.

2.5.1 Conventional fabrication techniques

The fabrication of monoliths similar to sintered ceramics can also be performed with
a dissolution/precipitation reaction. A huge disadvantage of monoliths is the
extremely low porosity. However, they can be further modified for example to build
up foams with pores ranging from micro to macro scale. Porogens or particles can be
added to the cement paste to form pores during dissolution, subsequent burning or
chemical reaction [16, 218-220]. The replica technique can also be used to build a
ceramic foam. A polymeric foam matrix (e.g. polyurethane) is employed to form the
ceramic foam [221, 222]. All of these methods are able to exactly design porosity,
pore sizes or pore size distribution to mimic cancellous bone and facilitate bone
ingrowth [223]. It should not be dismissed that the high porosity of foams entails weak
mechanical strength (see Section 2.4.3). Additional supporting implants like metal
plates and screws are required to maintain the mechanical function of the bone. In
general, the outer size and the shape of such prefabricated cements can be altered.
Granules and nanoparticles are often used in dental applications [224, 225]. Their
granular shape favors the adaption to the defect shape. In vivo studies already showed,
that the intergranular spaces favor angiogenesis, cellular invasion and bone ingrowth
[226, 227]. However, small particles or granules tend to agglomerate counteracting
their functionality [228]. Furthermore, composites and combinations with already
established materials like metals expand the portfolio of bioceramic applications.
Metal implants are ideal replacement materials for load-bearing regions, but are inert
regarding bone ingrowth [148]. The equipment with a ceramic coating supports bone
ingrowth and, therefore, implant fixation [229]. Additionally, the coating reduces
friction and the subsequent adverse release of metal ions into surrounding tissue [230,

231]. However, the easiest way for such a cement is a manual molding of the paste in
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vivo. Solid and liquid phase are poured together, mixed with a spatula until a
homogeneous paste forms. This paste can be transferred to the defect site and adapted
to the defect shape. Since the setting reaction takes some minutes, there is enough
time for molding before the cement sets at the defect site. Additionally, additives for
setting acceleration or retardation can be employed for a better handling. The great
advantage is the in situ adaption to the required shape and a strong bonding to the
neighboring bone, as crystals can grow towards the bone faces. However, this
technique requires some experience in handling of the cement paste and the mixing
procedure. The setting times are restricted to ensure an early loadability, which also
restricts the time frame for the implantation. The manual application of the cement
paste also requires a relatively large opening and entails a large surgical wound. To
minimize the risk of infections, scars and pain, minimally invasive surgery techniques
were invented that utilize injectable materials. The cement pastes of mineral bone
cements had to be modified to fulfill the requirements of injectability. The huge
problem of injecting a cement paste is the so-called filter-pressing effect. By injection
through a needle, solid particles separate from the liquid phase resulting in an
inhomogeneous, highly liquid phase [232]. Apart from the separation of the two
phases, the composition of the paste is endangered leading to non-predictable setting
time as well as mechanical and biological behavior [233]. Numerous studies were
performed to improve the injectability and reduce filter-pressing. Among others,
factors like particle size, distribution and shape can be adapted [234-239] as well as
additives can be added [240-244]. Another very powerful tool is the decrease of PLR
[129, 232] and the increase of the viscosity of the liquid phase [245, 246]. All of these
factors lead to a lower flow rate of the liquid phase through the powder particles and
inhibit phase separation.

2.5.2 Additive manufacturing techniques

Beside the conventional application techniques, additive manufacturing (AM)

expands and already covers the field of bioceramics. This field has been continuously
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growing in the last few decades, since patient specific treatments gain more and more
interest in medicine. The different AM techniques are known under several names in
literature including combinations and overlapping of those techniques. Some of the
most important AM techniques are presented in this section and in Table 7 with the
focus on mineral bone cements. The accuracy and layer thickness of the different
techniques was reviewed for biomedical applications. For technical constructs, the
accuracy and layer thickness can be lowered to the micrometer scale [247]. All
techniques have in common the fabrication of a three-dimensional construct based on
a computer-aided design. In the biomedical field, data from individual patients are
used, e.g. from a computed tomography (CT) scan, or 3D construction and converted
into a processible file format. The file slices the three-dimensional object to enable a
layer by layer fabrication.
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Table 7: Summary of different AM techniques with the respective printing accuracy as well as advantages

and drawbacks of the method.
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Stereolithography

Stereolithography is an AM technique originating in the fabrication of polymeric
components. The typical layer thickness that is used to fabricate the sliced object is
typically in the range of 25 — 200 um [223, 248]. The final part is printed line by line
and layer by layer with a laser scanning the layer surface. For stereolithography, a
resin is employed that can be locally cured with this laser by a photopolymerization
reaction. The thin layers ensure an adhesion between the previously printed layer. The
accuracy of this technique is very high with 10 — 50 um depending on the system and
material systems [248, 250, 251]. After the printing process, the excess of resin has to
be removed by washing with a suitable organic solvent. Since curing of the resin is in
most cases incomplete, a post-curing step is necessary to reach adequate mechanical
performance. The resin can also be supplemented with bioceramic particles to form a
composite material [259]. After printing, these parts can be sintered to remove the
resin and to solidify the ceramic [260, 261]. However, the polymeric component has
to fulfill some requirements to be fabricated in stereolithography. One of those
requirements is that the resin has to fill the gap when the platform moves after each
layer. Therefore, the viscosity of the resin or the resin-bioceramic-composite has to
be below 3 Pas [262].

Selective laser sintering

Selective laser sintering is a powder based technique, where no additives are required.
A powder bed of loose particles is solidified by local melting and subsequent cooling
according to the sliced data. After solidification, the next powder layer is spread on
top the previous one. The thickness of the single layers is dependent on the powder
(e.g. particle size distribution) and ranges between 80 — 100 um [254, 255]. The
energy for the melting of powder particles is provided by a laser beam scanning the
powder surface. The accuracy of this process is 150 — 250 pum [252, 253] and several
influencing factors like laser focusing or thermal conductivity of the particles. Since
the printed part is surrounded by loose powder particles after the printing process, no
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support structures are required for overhanging parts. If the powder is directly fused
by the laser, a removal of loose powder particles is sufficient as post-processing step.
The direct manufacturing of pure ceramic powder with selective laser sintering often
requires a pre-heating of the powder due to the high melting point of the material.
Nevertheless, the processing of such powders could be demonstrated in several studies
[263-265]. However, an indirect method can be applied, where the powder is
supplemented with a binder. Instead of melting the powder particles directly, the
binder is melted by the laser irradiation, which fuses the particle. Subsequently, the
green body has to be sintered to remove the binder and fuse the particles directly. This
is done, if the powder particles cannot be fused by the laser due to a high melting
point, as it is often found for ceramic particles. The binder can also be chosen to build
up a biocompatible bioceramic composite with e.g. polyetheretherketone [266]. The
high temperatures induced by the laser beam inhibit the direct modification with
pharmaceutical additives like drugs or growth factors, which have to be added after
printing or post-processing to ensure their efficacy.

3D Extrusion/plotting

The 3D plotting techniques, also known as robocasting or dispense plotting, use
slurries that are extruded through a nozzle. Depending on the number of nozzles and
reservoirs available, various different pastes can be extruded to build one construct
[267]. Due to solidification of the extruded material, the next layer can be printed on
top of the previous one. However, this requires support structures for overhanging
parts and specific properties of the paste. The viscosity of the paste is a crucial
parameter to enable the extrusion through a nozzle and a subsequent solidification.
That means that the slurry has to have a low viscosity during extrusion, but a higher
viscosity after deposition to form a solid base for the next layer. This change in
viscosity is often achieved by shear thinning pastes or printing into a setting solution
[258, 268, 269]. Elevated temperature can also be applied, e.g. for polymeric
components, but is not necessarily required for the 3D plotting process [256]. To tune

the viscosity of the paste, additives are often employed, although they are not always
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advantageous in terms of biological and mechanical performance. Another challenge
is the fusion of the solidified single layers to build a three-dimensional construct. The
viscosity has to be high enough to ensure the stability and sustainability of the part,
but simultaneously has to result in a connection between the layers / strands. Owing
to the extruding process, continuous strands are printed. This results in most cases in
a grid-like structure of the construct, although the outer shape can be adapted to a
specific implant design. It is also possible to interrupt the extrusion to generate single
paste droplets positioned one after another [270]. In recent years, the possibilities of
3D plotting especially in the biomedical field were extended. The development of
nozzles positioned within each other, as it is already known from microfluidic
systems, enabled the extrusion of core/shell strands [271] and, therefore, the
encapsulation of e.g. pharmaceutical agents.

3D powder printing

The 3D powder printing (3DP) technique is also known under different names like
binder jetting or ink jet printing. It uses loose powder particles that are fused via a
binder sprayed on top of the powder layer. Similar to selective laser sintering, the
powder layer is spread on top of the previously printed one. Since the layer thickness
is about 20 — 200 pm, this requires a good spreadability of the powder, which can be
tuned by the particle size and particle size distribution [134, 257, 272]. Reduction of
the particle size on the one hand leads to a higher resolution for printing, but on the
other hand enhances the risk of particle agglomeration. The best results could be
obtained for particles with a medium size of 15 — 35 um [7, 273]. After layer
preparation, binder droplets from a cartridge are sprayed onto the powder bed to
locally fuse the particles. Due to capillary forces and diffusion processes, the binder
droplet expands within the powder, which restricts the resolution of the printing
process [257]. The fusion can be due to either a physical gluing effect of polymeric
components or a chemical reaction between powder and binder. In the first case the
powder is supplemented or coated with a polymer that becomes sticky when in contact

with the liquid (often water), for example cellulose [274-276]. The polymeric
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component can also be applied by an organic binder [13, 277]. The second mechanism
of particle binding can be achieved by a cement setting reaction as already described
in Section 2.4.1 and 2.4.2 for CPC and MPC. The liquid phase is applied by the binder
solution that is sprayed onto the reactant powder. The powder dissolves locally and
precipitates as the product cement without temperature elevation [278]. This often
leads to a 3D part, where post-processing like sintering is not required. Therefore,
thermolabile drugs or growth factors can be incorporated in the cement matrix within
the processing step [275]. In all cases, a depowdering of the printed sample has to be
performed with compressed air to remove loose powder particles that surrounded the
part during printing, whereas entrapped powder within the part cannot be removed
after printing [279]. Depending on the exact process and the strength of the green
body, post-processing steps can become necessary. This can be either a post-
hardening by immersion of the parts in the binder solution or a subsequent sintering
to remove organic components and densify the printed part [280]. The great advantage
of 3DP is the local introduction of different binder solutions when a multi-color printer
is used. This facilitates the application of drugs and growth factors as mentioned
before [256, 281]. To date, numerous studies investigated the fabrication and
properties of 3DP implants made of CPC, MPC or composites of those cements with
different materials. This covers fundamental analysis of the printing process and the
powder solidification as well as the manufacturing of patient-specific implants [8,
272, 273, 282-287].

2.6 Optimization of mechanical properties

Independent of manufacturing technique, the mechanical properties of CPC and MPC
are crucial features, when thinking of the application as bone replacement material.
As already described in Section 2.4.3, pure bone cements exhibit a very brittle
behavior. This restricts their application to non-load bearing defect sites. However,
there is a great need for bone replacement in load bearing bones like the femur or tibia.

Due to the significant drawbacks of commonly used bone replacement materials (e.g.
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stress-shielding metals or non-degradable PMMA), research has to focus on the
improvement of the mechanical properties. Two major strategies are under
investigation exhibiting a great potential for this improvement as well as applicability
in terms of fabrication and biological behavior. On the one hand, reinforcement with
biocompatible fibers can be an appropriate candidate, as it is already established in
the field of cements used for civil engineering or building industry [288]. Another
possibility is the combination with a second, organic phase that sets simultaneously
to the cement reaction (dual setting systems). Both strategies will be described in more

detail hereafter.

2.6.1 Fiber reinforcement

The reinforcement of CPC and MPC by the addition of fibers aims to compensate the
brittle character of the ceramic matrices. In general, the fibers can be introduced by
almost every fabrication technique (e.g. molding, injection, AM), although each
technique has its limitations. The reinforcing mechanisms behind a combination of a
ceramic with fibers are based on several effects such as an enlarged energy absorption,
higher mechanical strength and higher ductility of the composite material. Among
others, they include interface debonding, frictional sliding (also known as fiber pull-
out), fiber bridging and crack deflection. In all of these cases, the interface between
fiber and matrix plays a decisive role. The connection of the fiber surface to the
surrounding material can be established either by physical or chemical interaction.
The physical interactions can be tuned by e.qg. fiber surface roughness or morphology
adaption. The fiber surface can also be modified with functional groups to create a
chemical bonding to the matrix [9]. After interface debonding, the fibers are pulled
out of the matrix resulting in frictional sliding and energy dissipation [289]. Therefore,
the fibers (with the length of I) have to exceed a critical length to provide a sufficient
surface area for these interactions. This critical fiber length Ic can be calculated on the

basis of the fiber strength or and shear stress on the surface z [9, 290].
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(2.13)

It has to be considered that this equation is a simplified model containing several
assumptions: (i) planar crack surfaces, (ii) negligible matrix deformation, (iii)
isotropic fiber distribution, (iv) straight and cylindrical fibers, (v) linear elastic
behavior of fibers, (vi) fiber rupture after exceeding the ultimate fiber strength, (vii)
negligible Poisson effect and (viii) frictional interfacial bond [291]. It becomes
obvious from eq. (2.13), that not just the length of the fiber, but also the diameter d
accounts for the bonding effect. As a whole, the aspect ratio (I/d) is the influencing
parameter, for which a high value is favorable. Another factor is the shear stress
occurring at the interface. With a good fiber-matrix interface, the shear stress can be
enhanced. This reduces the critical fiber length necessary for an equal overall result.
Since some applications are limited in fiber length, like 1 mm maximum length for
injection [292], tuning of the fiber surface is an essential tool. For an effective fiber
pull-out with energy absorption, the fiber length has to be < 2-Ic [291]. Aside the fiber
surface area, the inherent fiber properties regarding defect distance also contribute to
the excellent properties of the composite. Even if the fibers used for the reinforcement
are of the same material as the matrix, there is a reinforcing effect. This can be
attributed to the superior mechanical properties of fibers versus bulk material. Based
on their geometrical shape, the defect distance is much higher for fibers than for the
bulk. This becomes obvious when the defect distance Io is calculated for both cases.
Eq. 2.14 describes the general dependency of the defect volume Vp from the defect
density po.

1
Vp=— 2.14
b= (2.14)
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For a bulk material (indexed with B), the defect distance can be described with eq.
2.15.

1 1
lpp=Vpg /3 = 1 (2.15)
Ppp '3

In contrast, the defect distance of the fiber (indexed with F) of the diameter d is much

greater (eq. 2.16).
d2
Vp,r =T'H'ID,F=E

- 4
DF = .42

(2.16)

*Pp,F

Since the defect density of a material can be assumed as constant, the defect distance
increases with the square of the decreasing fiber diameter. This leads to better
mechanical properties and reduced or delayed failure. A high aspect ratio is again
favorable for enhanced mechanical properties of the composite. Fiber bridging is
another effect that occurs as soon as the fiber exceeds a certain length. Crack opening
uncovers the fiber, which is still anchoring in the matrix on both sides of the crack.
This avoids a catastrophic failure of the brittle matrix and bridges the crack. A further
opening of the crack is delayed and forces can still be borne by the composite. Crack
deflection is a phenomenon occurring when additional phases like fibers or particles
are introduced into a matrix material. A propagating crack encountering a fiber is
deflected and travels a longer distance compared to the direct crack propagation. This
enhances the energy consumption due to the formation of new and more surfaces.
Crack deflection can be accompanied by interface debonding, also consuming further
energy. Fiber bridging and crack deflection are the main mechanisms being
responsible for the fracture toughness of human bone since bone is a natural composite
of carbonated HA and collagen fibers [293-296]. In practice, several incidents occur,
such that the resulting reinforcement differs from the theoretical considerations. These
are for example the wettability of the fiber surface or in the case of CPC and MPC a

reduced contact area due to pores [297]. As already mentioned earlier, both problems
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can be faced by modifications. The fiber surface can be treated prior to incorporation
into the matrix, e.g. via surface activation or functional groups [298-300]. Also the
porosity can be adapted by the liquid phase, manufacturing technique or post-

processing steps [71, 130].

Apart from the interaction between fiber and matrix, the fiber properties play also an
important role for the whole composite. The fiber has to have a higher tensile strength
than the matrix to lead to a reinforcing effect. Also the fiber volume fraction and the
orientation within the matrix are important. On the basis of strength ¢ and Young’s
modulus E values of fiber (index f) and matrix (index m), a critical fiber volume
fraction V¢ can be estimated (eq. 2.17). Above this value, multiple cracking will occur
being responsible for a high energy absorption. However, this equation is just valid
for parallel aligned and not randomly distributed fibers [301].
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With increasing strength or decreasing Young’s modulus, the critical fiber volume
fraction can be reduced. Since a low fiber volume fraction facilitates handling and
manufacturing, strong and ductile fibers are favorable. To date, numerous different
fiber types regarding material, length or alignment are used for the reinforcement of
biomedical ceramics. For the material, non-degradable and degradable fibers are
distinguished depending on the aim of the composite. The fiber material itself can
have an influence on the failure mechanism and, therefore, alter the mechanical
performance of the composite [291]. Among others, non-degradable fibers are (multi-
walled) carbon nanotubes [302-304], carbon fibers [305], polyamide [289, 305, 306].
Those fibers exhibit a high tensile strength (1.8 — 2.6 GPa for carbon fibers and
3.7 GPa for polyamide fibers) and a high Young’s modulus (230 — 380 GPa for carbon
fibers and 4.0 — 130 GPa for polyamide fibers) [297]. If a degradable composite is
desired, polyesters like poly(lactic acid) (PLA) [307], poly(lactic-co-glycolic acid)
(PLGA) [308-310] or poly-e-caprolactone (PCL) [307] can be employed. Apart from
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that, natural polymers (collagen [311, 312], chitosan [313]) or glass fibers [305, 314]
can reinforce ceramic materials. Due to a higher defect distance in fibers, ceramic
materials can be used to reinforce the same bulk material, especially in the form of
whiskers [315-317]. Beside the extreme case of whiskers, huge differences in
mechanical performance of short and long fiber reinforced cements could be
observed. The great advantage of short fibers is their isotropic distribution all over the
bulk material [9]. Keeping in mind the structure of natural bone, a certain anisotropy
is favorable. In general, isotropic fiber distribution leads to an almost constant
Young’s modulus but a slightly increased strength, whereas anisotropic distribution
decreased the Young’s modulus and increased the composite strength [297]. Fiber
bundles, meshes or fabrics can also be introduced into ceramic composites, e.g. as
laminates, to further enhance the mechanical properties [318].

2.6.2 Dual setting systems

Another reinforcement strategy for mineral bone cements is the application of a dual
setting system. The combination of a ceramic matrix interpenetrated by a polymer
network mimicking natural bone. There, the main inorganic phase carbonated HA is
reinforced by polymeric components such as collagen fibrils. To simulate such an
interpenetrating network and make use of the mechanical advantages of such
composites, a simultaneous reaction of the mineral bone cement and a polymer can be
performed. Since a simultaneous reaction is difficult and depends on numerous
factors, many approaches in the past used polymers with ceramic fillers [319, 320] or
added non-reactive polymers to a cement matrix [311, 321-323]. In both cases, there
is no interpenetration of the polymer within the cement matrix and the connection of
the two phases is very weak. The great advantage of the interpenetrating networks
obtained by simultaneously occurring cement setting and polymerization reaction is
the enhanced failure resistance. Similar to fiber reinforcement, energy consuming
effects like crack deflection occur leading to a better mechanical performance as

implant material. Owing to the low Young’s modulus of most polymers, the polymer
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content in dual setting systems has to be much higher than for fiber reinforcement
[324]. Similar to the cement setting reaction, also the polymerization can be performed
at ambient temperatures. Thus the hybrid material does not harm surrounding tissue
during reaction favoring cell survival and bone ingrowth. Different strategies can be
pursued to gain a polymeric network within interlocking cement crystals. One
approach utilized free Ca?* ions from the CPC raw powder to form a chelate with
polymer chains containing e.g. carboxylic or acrylic acid [325-328]. Although no
study investigated the combination with MPC so far, a chelating effect with Mg?*
could be conceivable. The altered atomic radius can influence the bonding strength
but a general complexation could be possible. Another polymeric reinforcement could
be achieved by a polymerization within the setting cement slurry (Figure 3).
Therefore, water soluble monomers are added to the solid or liquid phase of the
cement system. By initiation of the polymerization, which is simultaneously started
with the cement reaction, a continuous polymer phase forms within the spaces of
cement particles/crystals. In most cases, hydrogel forming polymers are used. Due to
the high water consumption of the hydrogel, both reactions compete for water.
Secondly, the polymerization is often a radical one, as it is easy to handle and the
initiators can be separated in solid and liquid phase prior to setting. Radical
polymerizations are very fast compared to the cement reactions, which means that the
polymer forms within the cement raw powder particles. If the water consumption of
the hydrogel is too high, the cement setting will be retarded or in the worst case
inhibited [329]. However, the fast polymerization can be advantageous regarding high
initial strength. Especially slow setting HA cements (setting over several days) gain
stability within minutes. Since bone remodeling is strongly dependent on external
forces (Wolff’s law) [37], a bone replacement material with early initial load-bearing
capacity is favorable for healing processes and implant fixation. Reinforcement of HA
can be realized with different polymer systems. The first attempts were performed by
Dos Santos et al. with a polyacrylamide hydrogel in a HA matrix. The setting time
could be regulated by polymer addition and the mechanical performance was

improved [330-332]. Methacrylates can also be employed for the formation of the
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hydrogel phase since the toxicity of acrylamide monomers could be a huge obstacle
for clinical applications [333, 334]. Christel et al. used a system, where a-TCP reacted
to HA with a simultaneous radical reaction of 2-hydroxyethyl methacrylate (HEMA)
to the hydrogel poly-HEMA. HEMA could be added in a concentration of up to 70 %
and the work-of-fracture could be enhanced by more than one order of magnitude
[335]. In all those dual setting systems there are numerous influencing factors
restricting variety of cements and polymers that are suitable for such a dual setting
process. One of those factors is the environment of the cement setting reaction. HA is
used as the product in most cases, since it sets under ambient pH conditions compared
to brushite. Under such conditions, polymers can be integrated without the risk of
cleavage or denaturation. However, the acidic setting reaction of brushite forming
cements can be exploited for the formation of e.g. silica gel or silk fibroin [336, 337].
Other additives like ammonium phosphate as it is used for the preparation of struvite
or setting accelerators or retarders can interact with or harm monomer components or
the resulting polymer. But not just the cement components can influence the
polymerization. Chelating polymer functionalities can easily lead to the retardation or
inhibition of product formation of CPC or MPC (see Section 2.4.1). This weakens the
matrix and, therefore, the whole composite material. Therefore, it is essential to tune
the single components with respect to the cement setting reaction and polymerization

yielding in a damage tolerant composite material.
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Figure 3: Principle of a dual setting system of a cement (CPC or MPC) with a radical polymerization. Both
reactions (polymerization and cement setting reaction) occur simultaneously by mixing solid and liquid
phase.
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2.7 Optimization of biological properties

The application as implant material requires not only an optimized mechanical
performance, but also an adequate biological response. As already mentioned above,
the development of biomaterials started with pure cytocompatibility of inert materials
and is now heading towards bioactive properties. The osteointegration should be
forced to gain a fast implant fixation, bone ingrowth and replacement with native
tissue. This effect can be achieved by tuning different parameters. A promising one
seems to be the incorporation of foreign ions like Sr?* into the raw materials.
Additionally, infections arising during surgery or recovery should be combat at an
initial stage to avoid a retarded healing process. Copper [338] and silver ions [339-
341] are currently investigated, although a local treatment with drugs would be an
effective method. Drug loading with a controlled release is becoming more and more
popular as it provides e.g. antibiotics locally without an additional surgery.

2.7.1 Strontium-substitution

The substitution of CPC and MPC with foreign ions can alter the cement properties
as well as the biological response of surrounding cells or tissue. This effect can be
exploited to improve osteointegration of an implant. A very promising candidate for
such a substitution are strontium ions (Sr2*). Due to their chemical similarity to Ca®*
and Mg?*, Sr?* can occupy their position in the crystal lattice and thereby introduced
to the site of interest. If Ca2* with an ionic radius of 0.99 A or Mg?* with a radius of
0.69 A is substituted by Sr2* (ionic radius 1.13 A) the crystal lattice will be expanded
[18, 42, 190, 342]. The effect is concentration dependent but just measureable within
the unit cell of the crystals. High substitutions of up to 80 at% were achieved for B-
TCP without a rearrangement of the unit cell [343]. The properties of Sr-substituted
CPC or MPC can be different. The solubility in vivo is enhanced in a Sr-substituted
HA compared to pure HA [90]. This makes the new material interesting for a

biodegradable implant together with the benefits of Sr?* release. In the human body,
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Sr?* has a very high affinity to bone resulting in 99 % of Sr* being found in bone
mineral [344]. Apart from substitution, strontium containing drugs or compounds are
already approved by the Food and Drug Administration (FDA), and in clinical use.
One example is strontium ranelate, which is used for the treatment of osteoporaosis.
The effect of such drugs is based on the action of Sr2*, which can be transferred to the
Sr-substituted cements. In general, Sr?* has a similar effect in vivo due to its chemical
similarity to Ca?". Therefore, new bone formation can be promoted by Sr?*
administration [18-24]. Even in natural bone remodeling, the importance of Sr2*
becomes obvious as newly formed bone contains 2.5-3 times higher Sr?*
concentration than old bone [345]. On the cellular level, Sr?* promotes the
proliferation and differentiation of pre-osteoblasts, which could be verified by an
enhanced expression of osteoblast genes and markers (collagen |, alkaline
phosphatase (ALP), bone sialoprotein (BSP), osteocalcin (OC)). Therefore, the
collagen | synthesis and bone mineralization are increased [346-349]. Additionally,
bone resorption is reduced by a suppression of osteoclast differentiation and
activation. The molecular basis of those effects is only partly understood until now
and affects several pathways. The first pathway regards the calcium sensing receptor
(CaSR), which can be activated by Ca?*, but also other divalent cations like Sr?* [350,
351]. The activation of CaSR triggers a cascade, where inositol 1,4,5-triphosphate is
produced, Wnt, mitogen activated protein kinase (MAPK) signaling and
phospholipase CB are activated and intracellular Ca?* is released [352]. In the end,
this leads to an enhanced osteoblast proliferation and osteoclast apoptosis. The
osteoclast apoptosis was found to be potentiated by Sr?* compared to only Ca*
induced apoptosis [353]. Independent of the CaSR pathway, the extracellular signal-
regulated kinase 1/2 (ERK1/2) phosphorylation can be activated by Sr?*. The
activation or ERK1/2 initiates the expression of cyclooxygenase-2 (COX-2) and
prostaglandin E2 [345, 354]. Similar to CaSR, this pathway results in osteoblast
proliferation and differentiation of pre-osteoblasts to mature osteoblasts. As a third
mechanism osteoclastogenesis is inhibited by additional Sr2*. The Sr?* ions lead to an
enhanced expression of OPG and a reduced release of RANKL [348, 355]. As already
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described in Section 2.1, osteoclastogenesis is inhibited by the decoy receptor OPG,
which binds to the receptor RANK and blocks the fusion of osteoclast progenitor cells
[29]. The inhibition of osteoclastogenesis reduces the overall bone resorption. The
pathways described are schematically summarized in Figure 4. These three pathways
are probably only a small part of the physiological process triggered by an increased
Srz+ administration. However, the outcome of an increased bone formation, mass and
density together with a reduced bone resorption make Sr?* ions interesting for the

support of osteointegrative bone cements.
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Figure 4: Scheme of the three main pathways triggered by Sr?*. The calcium sensing receptor (CaSR) is
activated by Sr?* ions as well as the extracellular signal-regulated kinase 1/2 (ERK1/2) phosphorylation.
Additionally an enhanced osteoprotegerin (OPG) expression and a reduced protein receptor activator of the
nuclear factor kB ligand (RANKL) release can be observed. All these effects have an impact on osteoblasts
and osteoclasts and lead to an enhanced bone formation and reduced bone resorption.
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Numerous studies investigated the concentration dependency of Sr®* doping or
substitution for an effective dosage. The dose dependency on bone formation is

commonly known, but the effective concentrations have a broad range. The
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concentrations showing the best results in the different studies ranged from 0.2 —
87.6 ppm [346, 356-360]. However, this range covers concentrations exhibiting
adverse effects in other studies. An excess dose of Sr?* can cause hypocalcaemia due
to replacement of Ca?* in bone and, therefore, cause a reduced bone mineralization
[361]. It is important to investigate different Sr2* contents within the cement and to
determine the exact Sr?* release from the cement samples. Apart from the biological
response, the addition of Sr?* has another advantage for imaging in clinical practice.
Still the most common diagnostic methods for bone analysis are x-ray based methods
like CT. Since the composition of bone replacement cements is very similar to the
mineral phase of natural bone, the position or degradation of the implant cannot be
tracked easily. The radiopacity of bone and implant are too similar to be visually
distinguished. By the addition of strontium or strontium compounds, the radiopacity
can be enhanced [25, 26]. Therefore, a dual advantageous effect — enhanced bone
formation and improvement in diagnostic visualization — could be achieved by Sr?*
substitution in CPC and MPC.

2.7.2 Drug delivery systems

Apart from the support of bone regeneration, the treatment of infected implants is
getting more and more important. The best treatment is still to avoid a contamination
of the implant site. However, aging population with multi-morbidity fuels the problem
of implant infections. The systemic administration is the most common treatment
including numerous side-effects and high doses. Research is heading toward a local
application by so-called DDS. The implant material is equipped with a proteins or
drugs like antibiotics, which are released over a period of time to fight infections.
Mineral bone cements can also be used as DDS in various forms like blocks, coatings
or additively manufactured implants. However, some basic release behaviors have to
be considered for the design of DDS. In general, the drug concentration in the blood
is observed. For each drug, there is a minimum effective concentration that has to be

exceeded to exhibit the desired impact. Additionally, there is a minimum toxic
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concentration, which becomes critical especially for high initial release. A single
administration of common drugs usually leads to a rapid increase of the drug
concentration in the blood. After the administration the human body starts to excrete
the substances. This process is concentration dependent, i.e. if there is no depot or a
second administration, the process will start fast and slow down over time [362, 363].
Finally, the concentration will fall below the minimum effective concentration. This
is problematic especially for antibiotics since bacteria can get resistant when exposed
to low concentration of antibiotic. The goal is a constant and concentration
independent release of the drug to maintain the drug concentration in the blood over
the desired time period. Such an ideal release is called controlled release and follows
a zero order kinetic. The mathematical background for the zero order release describes
a linear relation between the amount of drug released from the carrier system and the
time of dissolution [364]. It can be represented by the linear equation (eq. 2.18):

Q: = Qo + Kot (2.18)

Qt is the amount of drug dissolved in time t, Qo is the initial amount of drug in the
dissolution media (in most cases Qo=0) and Ko is the zero order release constant. It
can be seen, that the drug release is independent of drug concentration in the matrix
and, therefore, independent of the concentration gradient between matrix and
dissolution media [67, 365]. A generalized example of zero order release is illustrated
in Figure 5. To fulfill a zero order release, a DDS has to be equipped with an excess
of drug in the matrix to serve as a constant active source. In most cases, this can be
just applied in the first stage. After a certain time, the system reaches a state of non-
excessive drug source and the release becomes concentration dependent [67]. The
release is then comparable to the excretion of the drug by the human body and follows
a first order kinetic. Here, the linear relation between the drug still remaining in the

matrix and the time can be drawn (eq. 2.19):

ac
- K 2.19
dt 1€ ( )
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C is the drug concentration, K1 is the first-order release constant and c is the
concentration gradient between the surface and the surrounding media. Eq. (2.19),

also known as Noyes-Whitney equation [366], can be rearranged to eq. 2.20:

C = Coe ™t or logC =1logCy— K,t/2.303 (2.20)

with Co as the initial concentration of drug. An exemplary first order behavior is
depicted in Figure 5. To obtain a linear correlation, such data are usually plotted as
log cumulative percentage of drug remaining in the matrix versus time. The resulting
slope corresponds to —K/2.303 [365].

zero-order release

first-order release

cumulative release
1

time
Figure 5: Schematic relationship between cumulative drug release and dissolution time for zero- and first-

order release models. For zero-order model there is a linear correlation and for first-order model there is an
exponential dependency.

Numerous DDS with various matrix materials and drugs have been developed to
match these ideal release behavior. However, observation exhibited different release
kinetics that required an adaption or a development of new kinetic models. A lot of
drug release kinetic models are based on polymeric matrices. Obviously, polymers
behave quite different in terms of swelling, degradation or drug loading and release
than ceramics. Nevertheless, basic principles are valid for all materials based on
principle laws like Fick’s laws of diffusion. The models that will be described
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hereafter are just theoretical considerations limited by more or less important factors
depending on the individual system under investigation. Some models can just cover
a certain state during release or draw restricting assumptions to satisfactory describe

the mechanisms.
Power law

A semi-empirical but rather common description of release is the power law, often
also called Korsmeyer-Peppas model (eq. 2.21).

M. = Kt" (2.21)
Mo,

Mt is the absolute cumulative amount of drug released at time t, M- is the absolute
cumulative amount of drug release at an infinite time point, K is a constant and n is
the so-called release exponent. The constant K includes structural and geometrical
parameters of the matrix. The release exponent n can be utilized to characterize the
release mechanism of the system. Therefore, just 60 % (MM < 0.6) of the overall
drug release should be considered. Table 8 provides an overview of the possible
release mechanisms derived from the release exponent [365]. Two special cases can
occur: (a) If n =1 eq. 2.21 becomes zero-order release (eqg. 2.18) and the release gets
independent of time [367]. (b) If the n = 0.5 the release is diffusion controlled and
leads to the so-called Higuchi equation [368]. To obtain a linear correlation log
cumulative percentage of drug released versus log time should be plotted [365].

Table 8: Release mechanism derived from the release exponent n of the powder law. Three different matrix
geometries are regarded.

Thin film Cylinder Sphere Release mechanism

0.5 0.45 0.43 Fickian diffusion (Higuchi)

0.5<n<1.0  0.45<n<089 0.43<n<0.85 Sub-diffusion (non-Fickian transport)

1.0 0.89 0.85 Zero-order release (Case-ll transport)

>1.0 >0.89 >0.85 Super-diffusion (Super Case-ll
transport)
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Super Case-1l transport or super-diffusion is a non-linear correlation between the
mean squared displacement (MSD) and time. In this anomalous transport the MSD
increases with time. Sub-diffusion is the counterpart and an anomalous transport, in
which MSD decreases with time. Examples for each diffusion mechanism for thin
films is plotted in Figure 6.

— Fickian diffusion (Higuchi)
Sub-diffusion

4 —— Zero-order release
Super-diffusion

cumulative release
1

time
Figure 6: Different release kinetics for each release exponent (Table 8) as an example for thin films.

Higuchi model

The Higuchi model — in its simplified form — is a special case of the general power
law with the release exponent n = 0.5 and is therefore based on Fickian diffusion (see
Table 8 and Figure 6). Similar to the power law, this model should be applied for up
to 60 % of the drug release [369]. Higuchi made some assumptions to maintain the
validity of his model [368, 370]: (i) The matrix must not collapse during dissolution.
(ii) No partial dissolution or swelling of the matrix occurs so that the geometrical
dimensions remain constant during dissolution test. (iii) All of the drug must be
equally available within the matrix, i.e. a homogenous distribution and a uniform
accessibility of the drug has to be guaranteed. (iv) The release of the drug must be
independent on location within the matrix, which means the release at the surface must

be the same as in the bulk matrix. (v) The amount of drug loading must be greater
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than the solubility in the medium by a factor of at least three, otherwise all of the drug
would be solved with no solid drug remaining in the matrix. This assumption is the
basis for the pseudo steady-state condition required for the calculation. (vi) Perfect
sink conditions are required and have to be maintained during dissolution. (vii) Effects
at edges of the matrix are not considered, since this model is based on one-dimensional
diffusion. (viii) The drug particles are much smaller than the pores and the diffusion
paths. With these assumptions the Higuchi equation for planar systems with a granular
matrix can be expressed by eq. (2.22) [370].

Q, = /?(zco — £C)Cst (2.22)
t

D is the diffusion coefficient of the drug, ¢ is the porosity of the matrix, = is the
tortuosity and Cs is the drug solubility in the surrounding media. From this equation
it becomes obvious that if the porosity changes during drug release, the model suffers
applicability [369]. By simplifying eq. (2.21) the square root dependency becomes
even more apparent (eq. 2.23).

Q = KH \/E = KH tO.S (223)

Kw is the Higuchi dissolution constant. To get a linear correlation for eq. (2.23) the
cumulative percentage of drug release can be plotted versus square root of time. Ky
can be determined by the slope of the straight line. Furthermore, Higuchi presented
three models (diffusion layer model, interfacial barrier model and Danckwert’s
model) that describe the dissolution rate mechanisms from solids. These models can
occur alone or in combination and are based on the research of Nernst, Wagner,
Waurster and Taylor and other scientists [364, 371].

There are numerous models like Baker-Lonsdale, Hixson-Crowell, Weibull or
Hopfenberg that can be applied according to the respective system and the

assumptions that can or must be drawn. In the end, none of these models will represent
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all the kinetic mechanisms behind a drug release process in reality. Additionally, the
discrepancy of in vitro and in vivo behavior has to be taken into account. This includes
also factors like drug, matrix and release, which are entangled. Porosity is one of those
factors that will always occur for bioceramics due to the preparation. This porosity
can be used to introduce drug molecules and simultaneously serves as release path.
Surrounding dissolution media or body fluids can invade open porous structures and
start diffusion processes for drug liberation. It could be shown that the particle size
influenced both the porosity and the tortuosity and, therefore, the drug release [372,
373]. The tortuosity = of a porous sample can be described by the real diffusion path
Al of a particle per unit length Ax (Figure 7).

Al
T Ax

T (2.24)

Figure 7: Schematic relationship between diffusion length Al and the unit length Ax. The ratio of those
values describes the tortuosity.

To determine this tortuosity, there are theoretical, experimental (helium pycnometry,
mercury intrusion, X-ray microscopy, electrical conductivity, scanning and
transmission electron microscopy [374-380]) and empirical (numerical simulations
[381]) approaches. Independent on the way of determination, the tortuosity is needed

to adapt the diffusion coefficient dm to larger diffusion paths (eqg. 2.25).

d
di, = _"21 (2.25)
Tt
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Another influencing factor is a possible interaction between the matrix or an additive
and the drug [382]. Desai et al. described the influence of sodium chloride on sodium
salicylate. In contrast, potassium chloride showed no impact on the release rate [372].
Chemical interactions like chelation are very likely to occur in CPC or MPC since
Ca?* and Mg?* can serve as the central atom. But drugs can also influence matrix
properties (e.g. mechanical strength) by interaction with ions or alteration of the
porosity. The formation for example of chelation complexes can lead to an altered
paste viscosity, setting reaction with smaller crystals and mechanical properties [182].
This again has an impact on processability or injectability of the paste. Moreover, the
drug can modify the pH value. Since the dissolution-precipitation process of cement
formation is highly dependent on the pH, the product can be changed completely. It
can also be the other way round. During dissolution-precipitation, the pH value of the
paste changes, which can have an influence on drug solubility or even on drug
stability. During degradation of bioceramics, different ions are released into
surrounding media. Those ions can again interact with the drug or alter the pH. The
specific surface area, which is strongly connected to the porosity, can influence not
only drug loading capacity but also the drug release. Qu et al. found a direct
correlation between an increase in surface area and an enhanced amount drug
adsorption [69]. It is also possible that the surface area changes during degradation or

drug release altering again the release rate or even kinetic.
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3. Fiber reinforcement during 3D printing

This section was already published as communication in the journal ‘“Materials

Letters” in 2015:

Susanne Christ, Martin Schnabel, Elke VVorndran, Jirgen Groll, Uwe Gbureck, Fiber
reinforcement during 3D printing, Materials Letters 139 (2015) 165-168.

The experimental procedure as well as the writing of the initial manuscript were
performed by Susanne Meininger (née Christ). M. Schnabel and E. VVorndran did some
preliminary experiments on the topic (which are not part of the manuscript), whilst J.
Groll and U. Gbureck were involved in supervision, submission and proof-reading.
For this thesis, figures were adapted due to uniformity of this work.

Abstract

Three-dimensional (3D) printing is an attractive rapid prototyping technology for the
fabrication of 3D structures by the localized deposition of a reactive binder liquid onto
thin powder layers in predominantly technical applications. A practical limitation is
often the low green strength of printed samples, which can lead to a collapse of large
and fragile structures during removal from the powder bed and the following
depowdering procedure. Fiber reinforcement may improve green mechanical
properties of printed samples, which was investigated in this study using a range of
different short fibers added to a matrix of cellulose-modified gypsum powder.
Mechanical testing of printed samples revealed a bending strength increase of 180 %
and up to 10 times higher work of fracture values compared to non-reinforced printed

samples.
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3.1 Introduction

Three-dimensional powder printing (3DP) is used to create 3D structures of complex
shape by localized application of binder into a powder bed [175]. The great advantage
of 3DP is an accurate control of the complex structure and a setting at room
temperature. Hardening of the structures occurs by either using organic binders, which
partially dissolve in contact with printing liquid and bind particles together after
drying [277] or hardening can be achieved by using reactive powders showing a
hydraulic setting reaction [278]. A practical limitation of 3D printing is the relatively
low initial green sample strength, which can lead to a collapse of large structures
during removal from the powder bed and the following depowdering procedure [383].

This study aimed at increasing the green strength of 3D printed parts by using a fiber
reinforcement approach similar to mineral bone cements [9, 308, 384, 385]. The major
challenge for such an approach in 3D printing is the requirement to obtain smooth
powder layers (100-200 mm thickness) within the printer. This likely restricts the
fiber length and the fiber volume ratio within the powder; in this study we investigated
the effect of adding 1 % short fibers with a maximum length of 1-2 mm to a matrix
of cellulose-modified gypsum powder. The fiber length was limited by the printing
process, as the addition of longer fibers prohibited the preparation of thin and smooth
powder layers during printing. Nevertheless, the fiber length was likely above the
critical length according to literature for fiber-reinforced ceramic matrix composites
[386]. The mechanical properties were determined using a four-point bending test
regime in both x and y printing direction, as it is known from previous studies that 3D

printing will cause anisotropic mechanical performance of the samples [175].

3.2 Materials & Methods

3D printing of samples was performed on a ZPrinter 310 (ZCorporation, USA) with

a layer thickness of 0.1 mm and a binder volume saturation of 100 %. The powder for
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printing was prepared by mixing commercially available dental gypsum (GC Fujirock
EP, Belgium) with 5 % (hydroxypropyl)methylcellulose (HPMC, Fluka, St. Louis,
USA) in a ploughshare mixer (M5R, Lodige, Paderborn, Germany) for 10 min. For
reinforcement four different commercially available fibers were tested:
polyacrylonitrile fiber fillers (PAN), polyacrylonitrile short cut fiber (PAN-sc),
polyamide fiber fillers (PA) and alkali resistant zirconium silicate glass short cut fiber
(glass fiber; Heinrich Kautzmann, Germany). All fibers were separated by sieving
through a 1 mm mesh size sieve before mixing with the powder for 10 min at a fiber
content of 1 %. Samples for bending tests (5 mm x 4 mm x 45 mm) were printed in
two different orientations as shown in Figure 8 and incubated for 20 h in water
saturated atmosphere. Printing with z orientation was not performed because samples
(with or without fiber addition) were not stable enough to be removed from building
chamber. Half of the samples were further infiltrated with a self-setting polyurethane
resin (Axson technologies, Germany) for additional reinforcement. Mechanical
properties were tested by four point bending test with n = 10 using a static mechanical
testing device Zwick/Roell Z010 (Zwick GmbH&Co0.KG, Ulm, Germany). The
2.5 kN load cell was employed for measurements at a constant cross head speed of
1 mm/min and a pre-load of 0.1 N. To calculate the work of fracture (wof) mechanical
testing was stopped when sample was fractured or at a maximum displacement of 3 %.
Density measurements were performed by Mohr-Westphal balance based on
Archimedean principle using the device Kern ABT 100-5M (Kern & Sohn GmbH,
Germany) (n = 3). Porosity characteristics such as pore size distribution and total
porosity were measured by mercury (Hg) porosimetry (PASCAL 140/440, Porotec
GmbH, Germany) with n=1. Furthermore, fracture surfaces were examined by
scanning electron microscopy (SEM) with a Digital Scanning Microscope DSM 940
(Zeiss, Germany) at an accelerating voltage of 5 kV. Statistical calculations were
performed with ANOVA using the software SigmaPlot 12.5 (Systat Software, Inc.,
2011).
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Figure 8: Schematic top view of 3D printing (A). Feed chamber (F) and build chamber (B) are localized in x-
y-plane. Samples are labeled with x and y according to their orientation in the building chamber. The print
head (P) moves across the building chamber in x-direction where binder is sprayed in y-direction (see arrow
next to P). Figure B (y-orientation) and C (x-orientation) show predominant fiber orientation within the
samples.

3.3 Results

Samples for bending test were printed in two different orientations (Figure 8) to
investigate the influence of fiber orientation within the sample and the influence of
binder application due to print head movement. The results for flexural strength
showed significantly increased values (up to 180 %) for most of the samples (Figure
9A) with only the flexural strength of PA fibers printed in y direction being
comparable to the reference. Regarding standard deviation there was no difference
between printing orientations concerning flexural strength; wof calculated by the area
underneath stress—strain curves recorded during bending test and the cross sectional
area of the sample (Figure 9B) showed a similar behavior like flexural strength. Apart
from PA-reinforced samples, wof was also independent of printing orientation and a
total increase of up to one order of magnitude could be obtained. Polyurethane
infiltration of the samples increased both flexural strength (Figure 9C) as well as wof
(Figure 9D) by 10- to 20-fold. After this treatment, however, fiber-reinforced samples
showed no significantly higher values compared to unreinforced samples.
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Furthermore, fiber content for PAN-reinforced gypsum was optimized with respect to
mechanical properties (Figure 9E). Flexural strength could be further increased to
more than 400 % with a fiber content of 1.5 % and decreased slightly until 2.5 %. A
higher fiber content was not printable.
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Figure 9: Flexural strength (A) and wof (B) of fiber-reinforced samples printed in x and y direction. (C)
Flexural strength and (D) wof of polyurethane infiltrated samples. Fiber content was optimized for PAN in x
direction (E). Highly significant (p < 0.01) and significant (p < 0.05) samples are labelled with ** and *.
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Table 9: Porosity and density of fiber-reinforced gypsum was measured with mercury porosimetry and
Mohr-Westphal balance, respectively.

Fiber Porosity (%) Apparent density (means Bulk density (means
+ SD) (g/cm3) + SD) (g/cm3)

No fiber 62.35 1.078 £ 0.010 2.10+0.04

PAN 56.10 1.021 +0.002 1.95+0.14

PAN-sc 59.10 1.089 + 0.009 2.27 £0.06

PA 58.89 1.030 + 0.004 2.13+£0.04

Glass fiber 57.82 1.060 + 0.010 2.12+0.01
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Figure 10: Pore size distribution for gypsum without fibers and PAN-reinforced samples. SEM images (5 kV
and 100 times magnification) show gypsum samples reinforced with PAN-sc (A) and PA (B), respectively.

Density and porosity of the composites can have a great influence on mechanical
properties. The density, however, was not affected by fiber reinforcement (Table 9).
In contrast, porosity of the samples decreased if samples were reinforced (Table 9),

but fiber material had no significant effect on porosity and pore size distribution
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(Figure 10). Furthermore, fracture surfaces (Figure 10) showed fiber pull out as well
as matrix residues on the fiber surfaces. PAN and PA fibers seemed to be deformed,

whereas PAN-sc and glass fibers remained intact.

3.4 Discussion

Examination of mechanical properties by four-point bending test revealed higher
flexural strengths and wof for reinforced samples (Figure 9), indicating a transfer
of mechanical load from matrix into the fiber as well as energy dissipation by
frictional forces during fiber pull out [387] resulting in higher strains of the
composite. The highest wof values were found for PAN-sc due to its length of 2 mm
and therefore its higher surface. Taking into account results of Castilho et al. [175],
it can be assumed that orientation of printed fiber-reinforced samples could have an
influence on mechanical properties. However, for both flexural strength and wof,
there was no difference between printing orientations when samples were fiber
reinforced. Due to binder application initial strength of x orientated samples was
lower than for y orientated ones. This binder effect was compensated as fibers are
predominantly aligned in x direction such that the reinforcement for x orientation
is enhanced compared to (initially stronger) samples printed in y direction.
Polyurethane infiltration increased mechanical properties enormously but at the
same time eliminated the influence of fiber reinforcement. This indicates for this
system that polymeric post-hardening has a greater influence on mechanical
properties than fiber reinforcement.

Further investigation concerned density and porosity of the reinforced samples
(Table 9). Density of all samples did not vary with different fibers. As density of
PAN, PAN-sc, and PA is much lower than that of the gypsum mixture (around
1.2 g/cmd), a lower overall density could be expected. However, composite density
was not affected due to a low fiber content of 1 %. In contrast, porosity could be
decreased by fiber addition from 62 % (no fiber) to a minimum of 56 %. These

values are in accordance with printed samples found in literature [213, 249, 388].
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Reduced porosity could also have contributed to better mechanical properties such
as flexural strength.

The fiber—matrix interface (Figure 10) shows matrix residues on all fiber surfaces
indicating good adhesion between fiber and gypsum matrix. Furthermore, fiber pull
out can be confirmed, which is typical for polymeric fibers in ceramic matrices
[387]. As fiber pull out and interface debonding are the main mechanisms of energy
absorption [9], the high wof can be associated with the findings of SEM images.
Prior to fiber pull out, fiber bridging of the opening crack leads to a higher
deformation of the composite resulting again in a higher wof [9]. Moreover, PAN
and PA fibers seem to be deformed, which can be ascribed to the manufacturing
process of fiber fillers by grinding. Thus, no fiber fracture could be observed
independent of fiber material and length.

3.5 Conclusion

We were able to introduce fiber reinforcement in 3D powder printing for the first time

to improve green strength of complex samples. Despite a fiber length being one order

of magnitude higher than the powder layer thickness during printing, fabrication

quality of samples could be maintained during printing up to a fiber content of 2.5 %.

This study focused on materials (fibers and matrix) predominantly used in technical

applications to demonstrate the principal reinforcement mechanism during 3D

printing. A transfer of the results to biomedical applications, such as hard tissue

replacement, would clearly require the use of biocompatible and biodegradable fibers

such as polylactic-co-glycolic acid as demonstrated before for fiber-reinforced mineral

biocements [389].
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4. Fabrication of segmental bone implant

with rotationally symmetric negative forms

4.1 Introduction

The diversity of manufacturing techniques for CPC and MPC are already described in
Section 2.5. The trend is heading towards the fabrication of patient-specific implants
using novel technologies partially borrowed from technical or industrial applications.
Centrifugally casting is one of those technologies already established in construction
industries, where it is employed for the fabrication of concrete drainpipes [5, 6]. Since
human long bones have a tubular structure, the transfer of this technique to the
biomedical field is self-evident. The centrifugation, however, can alter the cement
setting reaction and properties, as a phase separation of the slurry is likely to occur.
On the other hand, the centrifugation could imply some advantages like a reduced
porosity and higher mechanical strengths. Human long bones like tibia or femur are
based on several segments with specific characteristics. The diaphysis, which is the
middle part of the bone, has a tube-like structure with cortical bone as the outer shell
enclosing the medullary cavities and bone marrow [390]. By the method of
centrifugally casting, tubes with a low porosity can be fabricated analogous to the
cortical bone shell. The hollow structure of such constructs enables the invasion of
bone marrow and bone marrow derived cells and, therefore, the ingrowth of new bone
similar to porous scaffolds [10-15]. The hollow tube can also be filled with the
patients’ own bone marrow, stem cells or other cells to promote bone formation and
ingrowth. Since the formation of bone marrow occurs within 4 — 6 weeks [391], a
tubular structure is essential from the very beginning of implantation. Additionally,
the design of a hollow tube is derived from nature (long bones), since hollow
structures are more lightweight than filled ones in relation to the load they can carry

[28]. To date, there are already several additive manufacturing techniques capable of
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producing patient-specific implants of CPC and MPC like the 3DP. A comparison of
tubular structures manufactured with 3DP and centrifugally cast samples should
clarify if the latter could be an adequate alternative and have superior advantages. The
transfer from the technical field to new materials always requires the adaption of the
parameters for each composition. Therefore, an optimization of those parameters for
different CPC and MPC preceded the comparison with 3DP.

The centrifugally cast CPC and MPC showed the possibilities of fabrication with
different parameters. However, the brittle character of the cement matrix still remains
leading to a very fast crack propagation through the whole part when a single crack
event occurs [392]. In the end, they are just suitable for non-load bearing defect sites
like in maxillofacial and cranial applications [7, 8, 393]. Due to their high mechanical
strength a utilization in load bearing regions comes into mind. When ceramic implants
should be transferred to load bearing defect sites, they have to be damage tolerant and
need a reinforcement attenuating the brittle character. To date, several reinforcement
strategies are possible for CPCs. One of them is the fiber reinforcement with short or
long fibers [308, 385]. By the introduction of fibers crack propagation is stopped
leading to multiple crack events. Moreover, the energy absorption is enhanced many
times due to the lack of catastrophic failure. To tailor the properties like energy
absorption or ultimate elongation fiber material, length, content or surface properties
can be altered [9, 394] (see Section 2.6.1). The fabrication of tubular structures could
also benefit from fiber reinforcement, when thinking of long bone replacement.
Whether the centrifugation process alters the fiber distribution in a way that

reinforcement is reduced will be analyzed in the following experiments.

Another reinforcement strategy is based on dual setting systems composed of an
inorganic phase (CPC) and a polymeric, organic phase. By the process of dual setting,
the polymeric component forms an interpenetrating network within the cement pores.
There is a huge diversity in polymeric reinforcement materials like acrylamide [330-
332, 334] or polyacrylic acid [326, 395], which is just a small selection of possible
polymers (see Section 2.6.2). To prove centrifugally casting of a dual setting system,
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a non-degradable composite of HA together with poly-HEMA was used. This system
was already established for moldable composites [335]. The poly-HEMA hydrogel
forms in a radical polymerization reaction and grows into the pores and cavities of
HA and HA crystals. This process occurs simultaneously with the cement setting
reaction leading to an interpenetrating organic network within an inorganic matrix.
Christel et al. could show, that the ultimate bending strength of a composite with 50 %
HEMA could be enhanced from 9 MPa to more than 14 MPa. Even more important
was the high displacement and, therefore, a wof, which was one order of magnitude
higher than for a pure HA [335]. This proved a good damage tolerance and a high
energy absorption, which is a key requirement for the application in load bearing
defect sites. The work presented hereafter aimed to transfer this material system to a
manufacturing technique suitable for the fabrication of segmental bone implants for
long bone replacement. It would be also possible to employ 3DP for the fabrication
of such patient-specific implants that can be used for molds. To date, there was no
successful printing of a dual setting system with 3DP. However, the intermediate step
of amold enables the fabrication of a patient-specific implant by centrifugally casting.

Apart from the mechanical performance, an implant has to be optimized in respect of
the biological behavior in vivo. This includes the degradation behavior, the loading
with drugs to treat infections as well as the fabrication of medically relevant implants.
The implantation of a biodegradable material has great advantages over a non-
degradable material, which is thought to remain permanently at the application site.
This requires an optimal load transmission to avoid stress-shielding and a subsequent
implant loss. In contrast, a degradable material gives space for steadily growing bone,
which can adapt to varying load situations. This is especially important for young,
healthy patients, since the implant material will be replaced by own bone tissue with
a full recovery of its metabolic and mechanical function. But also for old, multi-
morbid people a degradable implant could be preferable. Here, for permanent implants
wear leading to particle release and a reduced mechanical stability have to be
considered [396]. Implant failure due to such indications always requires an implant
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replacement and a second surgery, which becomes even more dangerous for old
patients. The application in different patients (young vs. old, healthy vs.
(multi)morbid) already demonstrates the need for perfectly adjusted degradation
behavior. This tuning can be achieved by the application or combination of different
CPC and MPC as well as by the incorporation of foreign ions. The passive degradation
in vivo is connected to the solubility of the material, which is quite different for the
single CPC and MPC (Figure 2). Also the active degradation can differ for CPC and
MPC as already shown in animal studies [141]. lon incorporation can also alter the
degradation behavior. Strontium for example enhances the solubility of a cement and,
therefore, the passive degradation [90]. If a fast degrading implant is needed together
with the promoting effect for bone growth, Sr?*-substitution would be an adequate
method with a dual benefit. Another ion for substitution would be calcium in MPC,
which was already tested in terms of material and biological properties [133, 140].
The degradation behavior of those cements can be influenced by the amount of Ca?*-
substitution, whereby with a higher amount of Ca?* present in the set cement (e.g.
struvite) the active resorption is enhanced [145]. The centrifugally casting technique
enables the fabrication of single layers oriented perpendicular to the long axis.
Therefore, the degradation speed as well as the ion release can be adapted to each
situation or different stages of bone growth. lons like calcium, magnesium or
strontium, which are released during degradation, can further and direct bone growth
[19, 21, 86, 87, 149]. The technique allows the fabrication of graded structures, which
are already described in literature to combine different properties or to obtain a
gradual transition between different properties [324]. Another application of those
graded structures in tubes would be the incorporation and encapsulation of drugs into
degrading bone cements. Some techniques are not suitable for such an incorporation
due to e.g. heat during processing leading to drug denaturation. One of the most
common application of drugs are antibiotics for the treatment of bacterial infections,
especially when foreign materials are inserted and the risk of infection rises [397,
398]. Such infections can occur during surgery, where bacteria enter the wound, or by

the distribution via the blood stream. Either way, an infection at the implant site causes
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severe problems often culminating in implant loss [399, 400]. To date, bacterial
infections are treated by a systemic application of antibiotics, which has several
drawbacks. Firstly, the whole organism is stressed by a relatively high dose of drug
to maintain an effective dose at the infection site. As a consequence the secretion of
the drug leads to a high activity and stress of different organs like the renal system
[401, 402]. Secondly, the application of high amounts of antibiotics furthers the
development of resistances against specific stems [401, 403]. Thirdly, it is hardly
controllable how much antibiotics really reach the infection site and if a higher dose
is necessary or if a lower dose would be sufficient. Such problems could be overcome
by a local administration [404]. Therefore, the implant material is equipped with a
drug, which is released over a period of time at the infected site. The release of drugs
from ceramics can follow different Kinetics (see Section 2.7.2) that are more or less
convenient for the treatment of a bacterial infection. By the fabrication of centrifugally
casting, the single layers can be used to encapsulate antibiotics to control the release
kinetics. The aim is to obtain a kinetic of constant release exceeding the minimal dose
for efficacy over a long period of time. Since bacterial environment is often more
acidic [405, 406], the enhanced solubility of CPC and MPC under acidic conditions
can be employed for a release on demand. As a last step, the simplified model of tubes
can be transferred to medically relevant implant geometries, with the help of CT data
and the fabrication of negative molds. With this last step, the technology demonstrates
its superiority over some other AM techniques, as some techniques are limited to

certain materials, which can be processed by centrifugally casting.

4.2 Materials & Methods

4.2.1 Parameter optimization and comparison with 3D powder
printing

First, an optimization of the setting parameters and conditions for centrifugally casted

tubes was performed with a MPC. Therefore, farringtonite (Mgs(PQOa)2) was used

77



4. Fabrication of segmental bone implant with rotationally symmetric
negative forms

together with a liquid phase composed of diammonium hydrogen phosphate
((NH4)2HPO4; DAHP; Merck, Darmstadt, Germany) and ammonium dihydrogen
phosphate (NHsH2PO4; AHP; Merck, Darmstadt, Germany). Farringtonite raw
powder was obtained by mixing a 2:1 molar ratio of MgHPO4 - 3 H20 (< 125 pum,
Sigma-Aldrich, Steinheim, Germany) and Mg(OH)2 (VWR, Radnor, USA) five times
in a planetary ball mill (PM400 Retsch, Haan, Germany) for 1 h at 200 rpm.
Subsequent sintering of the mixture was performed in a furnace (Oyten
Thermotechnic, Oyten, Germany) at 1050 °C in air for 5 h. The sintered cake was
crushed with pestle and mortar and sieved < 355 um. Prior to use, the fabricated
farringtonite powder was activated by dry milling for 1 h at 200 rpm in a planetary
ball mill.

The tube preparation was performed in 2ml micro tubes, which were cut
longitudinally and sealed with parafilm. A raw powder amount of 1200 mg was used.
Mixing of the solid and liquid phase was done within the micro tube with a shaker
(Vortex-Genie 2, Scientific Industries, Bohemia, USA). The micro tube was placed in
a stirrer (IKA RW16 basic; IKA-Werke GmbH & Co. KG, Staufen, Germany)
mounted horizontally for centrifugally casting (see Figure 11). Different parameters
were varied to figure out the best set-up for tubes. The parameters are listed in Table
10, where the altered parameter is highlighted in blue. After preparation, supernatant
liquid was removed and the sample was dried in a cabinet at 37 °C.

Figure 11: Stirrer mounted horizontally for centrifugally casting of cement tubes within a micro tube.
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Table 10: Summary of the parameter variation. The altered parameter compared to the first composition is

marked in blue.

Liquid phase Post-hardening PLR/ Setting Rotation speed &
g/ml condition time
3 M DAHP + - 1 - 5 min 1600 rpm +
0.5 M AHP 20 min 160 rpm
3MDAHP+ | 2x1minin05M 1 - 5 min 1600 rpm +
0.5 M AHP AHP + 3 M DAHP 20 min 160 rpm
2MDAHP + | - 1 - 5 min 1600 rpm +
1.5 M AHP 20 min 160 rpm
3 M DAHP + - 1.3 - 5 min 1600 rpm +
0.5 M AHP 20 min 160 rpm
3 M DAHP + - 0.7 - 5 min 1600 rpm +
0.5 M AHP 20 min 160 rpm
3MDAHP+ | - 1 1 d water bath | 5 min 1600 rpm +
0.5M AHP storage 20 min 160 rpm
3MDAHP+ | - 1 1dstoragein | 5min 1600 rpm +
0.5M AHP H,O 20 min 160 rpm
3 M DAHP + - 1 - 1 min 1600 rpm +
0.5 M AHP 24 min 160 rpm
3 M DAHP + - 1 - 10 min 1600 rpm +
0.5 M AHP 15 min 160 rpm
3MDAHP+ | - 1 - 5 min 1600 rpm
0.5 M AHP

After evaluation of the parameters with MPC, brushite samples were fabricated with
the following set-up: PLR = 1 g/ml, rotation for 5 min at 1600 rpm followed by
20 min at 160 rpm, storage at 37 °C and 100 % humidity for 1 d, no post-hardening
step. Brushite samples were prepared by mixing B-TCP stoichiometrically with
MCPA (Chemische Fabrik Budenheim, Budenheim, Germany) in a coffee mill
(Privileg, Quelle GmbH, Furth, Germany) and 0.1 M citric acid as setting retardant.
The raw powder B-TCP was manufactured by a 2:1 mixture of CaHPO4 (Baker, Fisher
Scientific GmbH, Schwerte, Germany) and CaCOs (Merck, Darmstadt, Germany).
The mixture was sintered in a furnace at 1400 °C for 5 h followed by annealing at
1100 °C for 5 h to obtain phase pure B-TCP. The sintered cake was crushed with
mortar and pestle and sieved < 125 pm. Finally, the B-TCP raw powder was ground
in a planetary ball mill for 10 min at 200 rpm.
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Mechanical testing was performed with a static universal testing machine
(Zwick/Roell 2010, Zwick GmbH & Co. KG, Ulm, Germany) with a 10 kN load-cell.
The cross-head speed was set to 1 mm/min at a pre-load of 1 N. Brushite as well as
struvite were tested for axial compression and diametral tension. The axial

compression strength was calculated according to equation (4.1):

F

T D

with o as the strength, F as the ultimate force, ra as the outer radius and r; as the inner
radius. For the diametral tensile strength (DTS) the brittle ring test was used. Tensile

strength was calculated using the following equation:

U:F*(3*di+25*s) 4.2)
h*xm*s

where di is the inner diameter, h is the height of the tube and s is the wall thickness
defined as

(4.3)

with da as the outer diameter [407]. Moreover, density of the brushite and struvite
samples was measured by Mohr-Westphal balance (Kern ABT-A01, Kern & Sohn
GmbH, Balingen, Germany). The density p was calculated according to the following
equation:
Mair
= 4.4

P Mair — MEtoH Preon (44)
Mair IS Mass in air, Meton is mass in ethanol and peton is the density of ethanol. Ethanol
had a temperature of 22 °C and, therefore, a density of 0.7876 g/cm3. Weight was
recorded after 1 min or after stabilization, if the latter was within 1 min.
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Since tubular structures can also be achieved by 3DP, a comparison between 3DP
tubes and centrifugally cast tubes was drawn. For centrifugally cast samples brushite
was prepared as described above. The 3DP was performed on the printer ZCorporation
Spectrum Z310 (Burlington, USA) in three different directions. The orientation of the
tube could alter the mechanical performance caused by a different layer structure due
to fabrication. As raw powder o/B-TCP was used. The preparation of a/B-TCP was
done by a 2:1 molar mixture of CaHPO4 and CaCOs (both Merck, Darmstadt,
Germany). It was sintered in a furnace at 1400 °C for 5 h. Crushing with mortar and
pestle was followed by grinding in a planetary ball mill for 10 min at 200 rpm. The
powder was set with 20 % phosphoric acid solution as binder with a layer thickness
of 100 um. The dimensions for the tubes given by the .stl file were the height 25 mm,
ra=4.50 and ri = 3.35 mm. After printing, the samples were removed and depowdered
with compressed air. Post-hardening was performed twice for 30 s also in 20 %
phosphoric acid solution. Mechanical testing was performed in dry state with a
universal testing machine in brittle ring testing mode with the settings described
above. Strength was calculated according to eq. 4.2 and 4.3. Finally, the toughness
was calculated by integration of strength-elongation curve until an elongation of 0.25

or until the force dropped below the pre-load of 1 N.

4.2.2 Fiber reinforcement and dual setting system

The fiber reinforced tubes were fabricated of glass fiber reinforced brushite and
struvite. For the brushite samples, a stoichiometric B-TCP and MCPA mixture was
used as raw powder. The fabrication of B-TCP raw powder was already described in
Section 4.2.1. The raw powder for struvite samples was farringtonite (Mgs(POs)2),
where the preparation is also mentioned in Section 4.2.1. The tube formation was
performed according to the previously optimized set-up. This means for brushite a
liquid phase composed of 0.1 M citric acid and for struvite 3 M DAHP + 0.5 M AHP.
The fabrication parameters were chosen according to the previous optimization: PLR

= 1 g/ml, rotation for 5 min at 1600 rpm followed by 20 min at 160 rpm, storage at
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37 °C and 100 % humidity for 1 d, no post-hardening step. For reinforcement alkali
resistant zirconium silicate glass short fibers (Schwarzwalder Textilwerke Heinrich
Kautzmann GmbH, Schenkenzell, Germany) were employed as well as glass fiber
meshes. Glass fibers were mixed in a content of 3 % with the cement raw powder
before mixing with the liquid phase to obtain a homogenous fiber distribution. Glass
fiber meshes (glass filament fabric, Faserverbundwerkstoffe Composite Technology,
Waldenbuch, Germany) were cut and introduced to the micro tube inner surface
before adding the cement slurry. Calculations revealed a fiber content for the meshes
of 15.7 £ 1.3 wt%. After centrifugation, supernatant liquid was removed. The fiber
reinforced samples were compared to pure ceramic samples in terms of mechanical
performance and density. The DTS was measured as well as the compressive strength
by a universal testing machine with a 10 kN load-cell, a cross-head speed of 1. mm/min
and a pre-load of 1 N. From these measurements the area under the strength-
displacement curve was calculated representing the toughness and energy absorption
ability of the sample. Additionally, the density of the pure and reinforced tubes was
measured by Mohrs balance (Kern ABT-A01, Kern & Sohn GmbH, Balingen,
Germany). Weighing was performed in ethanol (temperature 21 °C, density
0.7884 g/cm?®) and recorded after 1 min of stabilization. The density of the tubes was
calculated according to eq. (4.4). Highly significant differences (**, p < 0.001) were
tested with SigmaPlot 12.5 (Systat Software, Inc., 2011) in a t-test between two groups
and Mann-Whitney Rank Sum test.

A second reinforcement strategy is a dual setting system composed of an inorganic
cement and an organic polymer undergoing a simultaneous setting/polymerization
reaction. As a model, the already established system HA + poly-HEMA was used for
tube formation [335]. The inorganic component HA was built using a-TCP and a 5 %
Na2HPO4 solution. a-TCP was produced by mixing 10.75 mol CaHPO4 (J.T. Baker,
Griesheim, Germany) and 5 mol CaCOs (Merck, Darmstadt, Germany) and sintering
in a furnace (Oyten Thermotechnic, Oyten, Germany) for 5h at 1400 °C. After
quenching, the sinter cake was crushed with mortar and pestle and sieved <355 um.
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Prior to cement setting, a-TCP was activated by dry milling in a planetary ball mill
for 4 h at 200 rpm. For the polymeric component, poly-HEMA was formed by a
mixture of HEMA, ammonium peroxodisulfate (APS) and
tetramethylethylenediamine (TEMED). In detail, 99.5 % o-TCP was mixed with
0.5 % APS as powder phase. The HEMA content was varied between 20 % and 50 %
with respect to the liquid phase and compared to cement without HEMA addition. For
a HEMA content < 20 % no stable tube could be formed, that means 20 % is the
minimum HEMA content required for reinforcement. TEMED (0.25 %) and 5 %
NazHPOu4 solution (99.75 % — HEMA content) concentration were mixed with HEMA
as the liquid phase. The PLR for HEMA reinforced samples was set to 1 g/ml. For
pure HA, a-TCP with 5 % Na2HPO4 solution was mixed at a PLR of 2.2 g/ml, which
is the optimum PLR to get a uniform tube. After rotation for 5 min at 1600 rpm and
20 min at 160 rpm the tube was filled with ultrapure water and stored at 37 °C and
100 % humidity. The samples were demolded after 1 day and stored in ultrapure water
for additional 6 days. The resulting samples had the dimensions 6.7 mm (inner
diameter), 9 mm (outer diameter) and 27 mm (tube length). Morphological analysis
of pure HA and samples with HEMA was performed with a scanning electron
microscope (SEM, Zeiss CB 340, Oberkochen, Germany) at an acceleration voltage
of 5 kV and a magnification of 10 000-fold. DTS of wet samples was measured with
the universal testing machine with a 10 kN load-cell at a testing speed of 1 mm/min
and a pre-load of 1 N (see eq. 4.2 and 4.3). The area under the strength-displacement
curve as equivalent to the toughness was calculated up to an elongation of 0.25 or
when the force dropped below 1 N set as the pre-load. The formation of HA was
approved by x-ray diffraction (XRD; Siemens D5005, Bruker AXS, Karlsruhe,
Germany) measurements and comparison with the ICDD (International Centre for
Diffraction Data) database for a-TCP (PDF Ref. 29-0359) and HA (PDF Ref. 09-
0432). The measurement was performed with a step size of 0.02 °/step and a scan
speed of 1.5 s/step. A Cu-Kq radiation was used with a wavelength of A=0.15418 nm.

Statistical analysis was again performed with SigmaPlot 12.5 (Systat Software, Inc.,
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2011) and a t-test. Significant (*, p <0.05) and highly significant differences (**,
p <0.001) were marked.

4.2.3 Improvement of biological properties

After the successful fabrication of single walled tubes by centrifugally casting, multi-
walled tubes with different cement components could be manufactured. lon
substitution alters the cement properties and can be used for radially graded structures.
Therefore, struvite was produced with different amounts of Ca?*- and Sr?*-
substitution, respectively, in the single layers. For Ca?* graded samples, Ca?* doped
farringtonite  was used with two different Ca?* contents: Mga(POas)2,
Mgz2.25Ca0.75(PO4)2 and Mg15Ca15(PO4)2. For Sr?* graded samples also farringtonite
and two different Sr>* doped magnesium phosphates were applied: Mgs(POa)2,
Mg2.67Sr0.33(POa4)2 and Mg2.33Sr0.67(PO4)2. Cements were set with 3 M DAHP + 0.5 M
AHP at a PLR of 1 g/mL and prepared with the optimized parameters (rotation for
5 min at 1600 rpm + 20 min at 160 rpm, storage at 37 °C and 100 % humidity for 1 d,
no post-hardening step). The outermost tube was formed by struvite (out of
Mg3(PO4)2) followed by Mg22sCao75(PO4)2  and  MgisCais(POs)2  or
Mg2.67Sr0.33(PO4)2 and Mgz2.33Sro.67(POa4)2, respectively, for the innermost layer (see
Figure 12). To achieve a fluent transition between the three layers the rotation speed
was varied to 5 min at 1600 rpm + 0 min at 160 rpm before adding the next slurry.
The surface ratio of the three different layers was calculated from light microscopy
images (Carl Zeiss Discovery V.20, Oberkochen, Germany). Three different cross-
sections along the long axis were used for calculation of the perimeter. With these

values the centrifugal forces Fc could be calculated for each layer (eq. 4.5).

FoF=m-w*-r (4.5)

Mass m of the sample and angular velocity w are constant for each layer, whereas the
radius r varies. The mass was 2400 mg and rotation speed was 1600 rpm.

Accordingly, the centrifugal acceleration could be determined by eq. 4.6.
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a=w?r (4.6)

Surface morphology was investigated with a scanning electron microscope (SEM,;
Zeiss CB 340, Oberkochen, Germany) at an acceleration voltage of 2.0 kV. Elemental
distribution of Ca?*, Mg?* and Sr?* on the cross-section surface was evaluated with
the attached EDX INCA Energy 350 AzTec Advanced system using a silicon drift
detector (Oxford Instruments, Abingdon, UK) at an acceleration voltage of 15 kV and
an aperture of 30 um. For the preparation of cross-sections, tubes were embedded in
Technovit 4071 (Heraeus Kulzer, Wehrheim, Germany) and cut in radial discs before
sputtering with 4 nm platinum.

Figure 12: Layer assembly of the Ca?*- (left) and Sr?*-substituted (right) struvite tubes in graded samples.
View along the tube axis.

With the help of those graded structures, the combination of CPC and MPC is
possible. This opens up new application possibilities, since the setting conditions are
different. Therefore, the combination of struvite (for the outermost and innermost
layer) and brushite (for the middle layer) facilitates the incorporation of the antibiotic
vancomycin. The antibiotic can be entrapped in the middle layer and act as a depot
with altered release behavior. The struvite layers were made of Mgs(POa)2 with 3 M
DAHP + 0.5 M AHP as liquid phase. Brushite was composed of -TCP supplemented
with an equimolar ratio of MCPA and 0.1 M citric acid as liquid phase. The
preparation of the raw powders farringtonite as well as 3-TCP are described in Section
4.2.1. For each layer the PLR was set to 1 g/mL and it was rotated for 5 min at
1600 rpm + 20 min at 160 rpm. After rotation samples were stored for 1 d at 37 °C
and 100 % humidity before drying for 1 d at 37 °C. Vancomycin (CP 500 mg, active
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substance: vancomycin hydrochloride, Hikma Pharma GmbH, Germany, batch:
252/16) was added to the brushite layer and struvite served as barrier (Figure 13A).
For preliminary tests, 2 % vancomycin were added to the liquid phase (citric acid
solution) and the solid phase (B-TCP + MCPA), respectively. Since the layered
structure was exposed to outer media at the tube ends, they were sealed with silicone
(Dublisil 15, Dreve Dentamid GmbH, Unna, Germany). The hollow pipe shape stayed
intact (see Figure 13B). Investigation of vancomycin release was observed by static
immersion in 10 ml phosphate buffered saline (PBS) at 37 °C for a total of 15 days.
PBS was composed of 8 g/l NaCl, 0.2 g/l KH2PO4, 1.1 g/l Na2HPO4 and 0.2 g/l KClI,
which was dissolved in ultrapure water. For analysis, PBS was exchanged completely
and measured via high performance liquid chromatography (HPLC; LC-20AT,
Shimadzu, Kyoto, Japan). The HPLC was operated isocratic and equipped with an
autosampler (SIL-20AC, Shimadzu, Kyoto, Japan), a column oven (CTO-20AC,
Shimadzu, Kyoto, Japan) at 40 °C and the column (Luna 5u C18(2) 100 A,
150*4.60 mm, 5 micro, P.No 00F-4252-E0Q, phenomenex). The mobile phase was
0.05 M NH4H2PO4 (pH 4) — acetonitrile (92:8, v/v) with a flow rate of 1 ml/min. UV
detection (Photodiode Array Detector) was used at a wavelength of A =220 nm
together with the Software LabSolutions. After the dissolution study, the overall
vancomycin content was determined by crushing the dried samples and immersion in
PBS together with ultrasonication. Samples with the same cement assembly but
without vancomycin addition served as negative control. Measurements were
quantified with a calibration curve created by Michaela Rddel. The linear correlation
had a slope of 21 662.78089 and an intercept of -32 765.12151. This intercept already
indicates an uncertainty leading to deviations. Nevertheless, the setup is sufficient for
a first assessment of the release behavior of such systems. Although a splitting of the
signals occurred during dissolution, all signals were considered for the calculation of
the cumulative vancomycin release. Based on the preliminary test, a second
investigation over a period of 50 days was performed with n=7. Therefore,
vancomycin was only added to the solid phase in a concentration of 2 %. The static

dissolution was performed at 37 °C in 5 ml PBS before measurement with HPLC and
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calculation as described for the preliminary tests. For the evaluation of the release
behavior, the power law was applied until a maximum of 60 % of cumulative release

to estimate the release exponent as described in Section 2.7.2.

A B

Tube with

Vancomycin depot

) Vancomycin
Struvite
Brushite

J4 Vancomycin loaded
brushite layer
Degrading struvite

L Surrounding media

Figure 13: Assembly of vancomycin loaded tubes (A). The antibiotic is entrapped in a brushite layer in the
middle. The outermost and innermost layers of struvite regulate the release kinetics. For dissolution tests, the
tube ends were sealed with silicone to avoid antibiotic leakage (B).

The advantage of centrifugally casting is that not only symmetric tubes can be
produced but also medically relevant implant geometries. To demonstrate this, a
section of a long bone from a CT scan was reproduced. The resulting .stl file was used
for 3DP of a model with o/B-TCP and 20 % phosphoric acid as binder and post-
hardened 3 times for 30 s in 20 % phosphoric acid. The preparation of a/f-TCP raw
powder is described in Section 4.2.1. The desired part of the diaphysis was cut and
molded in silicone to get a negative of the bone segment. Analogous to the tube
fabrication previously described, the silicone mold was filled with the cement paste
and rotated at 1600 rpm. The cement paste was composed of farringtonite (for raw
powder preparation see Section 4.2.1) and set with 3.5 M DAHP at a PLR of 1 g/ml.

The resulting tube replicates the desired bone segment.
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4.3 Results

4.3.1 Parameter optimization and comparison with 3D powder
printing

Since the fabrication of centrifugally cast cement tubes was performed for the first
time, an optimization of the parameters had to be conducted. This included parameters
of the process (e.g. rotation speed and time) as well as of the cement slurry (e.g. PLR
or post-processing). The optimization was done with a struvite forming MPC, where
a summary of the variables and the respective values is given in Table 10. For each
composition, the ultimate strength in compression mode was evaluated (Figure 14).
Although just a small number of samples could be tested, it is striking that all samples
except one composition exhibited similar strengths with medium values of around 12
— 20 MPa. The exception was a composition that was stored in the water bath with
37 °C and 100 % humidity for 1 d. The strength values highly scattered, but reached
a medium compressive strength of ~20 MPa with maximum values of up to 42.1 MPa.
For following tests, the composition of Mgs(PO4)2 with the liquid phase of 3 M DAHP
+0.5 M AHP in a PLR of 1 g/ml without post-hardening was centrifuged for 5 min at
1600 rpm + 20 min at 160 rpm and subsequently stored at 37 °C and 100 % humidity
for 1 d. Since the storage of the cast cement tube was the reason for an enhanced
strength, this was adapted to other cement tubes based on brushite.

Additional to the compressive strength, the density of the tubes and the influence of
the parameters on the density was evaluated (Figure 15). As a comparison, a brushite
tube was manufactured according to the optimized parameters. The density varied
between 1.89 — 2.02 g/cm? for struvite samples and was 2.24 g/cm? for brushite. For
the optimized parameters regarding compressive strength, the struvite tube reached
almost the highest density with 2.00 g/cm3. The compressive strength of brushite tubes

was only 7.7 + 3.4 MPa, although the density was higher than for struvite.
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Figure 14: Optimization of preparation parameters for centrifugally cast struvite in compression test.
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Figure 15: Compressive strength of tubular struvite and brushite depending on the cement density. Parameter
optimization was performed for struvite samples. As a comparison, one brushite composition was added.

To obtain patient-specific implants, the 3DP technique is capable to process CPC as

well as MPC. Based on free-form fabrication, also tubes can be produced. 3DP leads
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to laminated structures due to processing (see Section 2.5.2), but after the post-

hardening those structures are hardly visible any more (Figure 16).

Figure 16: Tubes fabricated by 3DP. Printing was performed in three different directions (from the left: x-,
y- and z-direction). After post-hardening, laminated structure is hardly visible.

The mechanical testing was done in a DTS mode, as bone and, therefore, an implant
is predominantly exposed to bending forces [408] and is more fragile when loaded in
bending. The diametral tensile strength for 3DP and rotationally casted samples is
shown in Figure 17A. The printing direction did not influence the ultimate strength
and ranged around 7.4 8.5 MPa. The ultimate strength of centrifugally casted
samples is about 4-times lower (2.2 + 0.7 MPa) than for the 3DP ones. In the case of
energy absorption during mechanical testing, represented by the area under the
strength-elongation curve, (Figure 17B) only x- and y-direction (0.04 +0.00 and
0.03 £ 0.00, respectively) of the 3DP samples was similar, whereas z-direction was
higher (0.07 £ 0.02). In contrast to the ultimate strength, the energy absorption of the
centrifugally cast samples was comparable to the 3DP ones in x- and y-direction. The
reason for both phenomena can be found in the strength-elongation curve shown in
Figure 17C. The high energy absorption for 3DP samples in z-direction was caused
by a multiple cracking event. In contrast to the printed samples in x- and y-direction,
the centrifugally cast tubes underwent a high deformation before failure. Phase
analysis of printed and centrifugally cast samples revealed hardly any differences
between the treatments during fabrication (Figure 17D). Brushite (b) and monetite (m)
formed and only a small amount of the raw powder B-TCP (B) was left. The setting

reaction in both cases can be considered as complete.
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Figure 17: Diametral tensile strength (A) and energy absorption (B) for 3DP and rotationally fabricated
samples. 3DP was performed in three different directions to exclude an influence of layer fabrication. For
each fabrication a representative strength-elongation curve is shown (C). Phase analysis was performed with
XRD to identify brushite (b), monetite (m) and B-TCP (B) (D).

4.3.2 Fiber reinforcement and dual setting system

For the previously optimized centrifugation parameters, reinforced struvite tubes were
fabricated to reach a damage tolerance instead of a brittle fracture behavior. Pure
struvite served as control for short fiber and fiber mesh reinforced struvite. In both
cases, glass fibers were employed as model fiber, although the interface can be
assumed to be not the optimum. However, after mechanical testing, a huge difference
became even macroscopically obvious (Figure 18A). The pure struvite tube broke into
numerous small pieces as it is typical for a catastrophic failure of a brittle material
(left). The short fiber reinforced sample remained predominantly intact with just
single pieces breaking out at the edge (middle). The best damage tolerance could be

observed for the fiber mesh reinforced sample (right). There the edge of the tube was
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deformed but not catastrophic failure occurred. This macroscopic observation is
represented in the force-displacement curves for each case (Figure 18B). Reinforced
samples had a huge displacement reflected in the energy absorption represented by
the area under the curve. The ultimate strength was not increased by fiber addition,
but a catastrophic failure was prevented and the tube stayed intact even after this high

displacement.
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Figure 18: Unreinforced, short fiber reinforced and fiber mesh reinforced struvite tube after mechanical
testing (from the left; A).Representative force-displacement curves show the reinforcing effect of fiber and

fiber mesh addition (B).
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As the fiber mesh reinforcement exhibited the best results in terms of damage
tolerance, these samples were further investigated under different types of load. A
pure brushite and a pure struvite matrix were tested under compressive and diametral
tensile load. Additionally, the fiber mesh reinforced samples of each cement matrix
were tested under diametral tensile load (Figure 19A). Since long bone in human and
other mammals are predominantly loaded in flexural mode, the DTS seemed to be
more meaningful for a long bone implant [408]. The DTS for both matrices was lower
than the compressive strength. However, this could be increased by the fiber mesh
reinforcement. The ultimate DTS of struvite could be almost doubled from
6.9 £ 0.7 MPa for unreinforced struvite to 11.3 + 2.0 MPa for fiber mesh reinforced
struvite. Brushite exhibited lower mechanical strength in general, but the reinforcing
effect was even greater and the strength could be more than tripled: 1.8 £ 0.6 MPa
(unreinforced) could be enhanced to 5.8 + 1.8 MPa (fiber mesh). Due to the damage
tolerance and the previously observed high displacement during testing, the energy
absorption for the diametral tensile test showed the same trend (Figure 19B). Since
the mechanical performance of bone cements strongly depends on the sample porosity
and, therefore, the density, the DTS and the energy absorption was analyzed with
respect to the sample density (Figure 19C and D). Since glass fibers have a higher
density (2.5 g/cm3) than struvite or brushite, an increased overall density of the
composite was expected. However, measurements exhibited even a reduced density
for the composite material of 1.94 + 0.03 g/cms for struvite and 2.18 + 0.04 g/cms for
brushite with fiber mesh. The differences in strength and density as well as in energy

absorption and density are highly significant (p < 0.001).
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Figure 19: Strength (A) and energy absorption (B) of fiber mesh reinforced brushite and struvite under

different types of load. DTS (C) and the energy absorption thereof (D) is dependent on the composite
density. Highly significant differences (p < 0.001) are marked with **.

A further reinforcement strategy was pursued with a dual setting system with HA and
poly-HEMA. The fabrication of poly-HEMA reinforced HA by centrifugation
resulted in centrosymmetric tubes. HA tubes without HEMA addition served as
control for all analysis methods. However, for a HEMA content below 20 % the
samples were instable and broke unexceptional during demolding. Therefore, 20 % is
the lowest HEMA addition that resulted in stable and measurable tubes. The
morphology analyzed by SEM images (Figure 20) revealed a gradually altering
structure with increasing HEMA addition. Without any HEMA, the typical
morphology of nanocrystalline HA could be found. When HEMA content was
enhanced, a smooth structure occurred between the single HA crystals, which can be
ascribed to the poly-HEMA hydrogel. Especially for high HEMA contents (> 40 %
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HEMA) the interpenetration of the organic network becomes visible. Although the
two components are chemically different (organic polymer in an inorganic matrix),

there was a certain contact between the phases.

0 % HEMA 20 % HEMA

Figure 20: SEM images of dual set HA + HEMA samples at an acceleration voltage of 5 kV and a
magnification of 10 000-fold.
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The focus of this study was on the improvement of mechanical behavior such as
damage tolerance. By the addition of the hydrogel poly-HEMA occurring cracks
within the cement matrix should be bridged leading to a more elastic behavior (Figure
21A). The addition of only 20 — 40 % HEMA to the cement matrix caused a drop in
ultimate tensile strength from 1.6 + 0.3 MPa for pure HA to 0.7 + 0.2 MPa for 20 %
HEMA content. However, the strength could be more than doubled (3.4 £ 2.1 MPa)
when a very high HEMA content of 50 % was added. Even though the deviation
increased with higher HEMA content, the enhanced mechanical strength was
statistically significant (p < 0.05). The energy absorption during mechanical loading
is even more important, since absorbed energy will not contribute to crack formation
or propagation (Figure 21B). With the help of this dual setting system, the energy
absorption corresponding to the toughness could be improved by a factor of 24 from
0.02 £ 0.01 (pure HA) to 0.41 + 0.25 MPa (50 % HEMA\). Both the increased strength
after an initial drop and the enhanced energy absorption could also be monitored in
the strength-elongation curves recorded during testing (Figure 21C). The pure HA
matrix showed the typical brittle behavior of a ceramic. It exhibited a high modulus
and a high strength. However, after an initial crack, catastrophic failure occurred at a
very low elongation. This means that the deformation was very small and a single
crack event led to total failure of the sample. An increasing HEMA addition (20 —
40 %) resulted in lower ultimate strength but the sample deformation increased. Also
the initial slope representing the modulus became flatter. At high HEMA contents
(> 45 %) the deformation reached the limits of measurement. At an elongation around
0.25 the sample cross-section became elliptic until the tube walls touched each other.
This of course would lead to measuring errors and the test was stopped at an
elongation of 0.25 (Figure 21D and E).
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Figure 21: Diametral tensile strength (A) and energy absorption corresponding to the toughness (B) of tubes
made of the dual setting system HA + poly-HEMA. Significant (*, p < 0.05) and highly significant (**,

p < 0.001) differences between the HEMA concentrations are marked. Representative examples of a
strength-elongation curve for each composition is shown in C. Measuring errors occurring after an
elongation of 0.25 (D) can be traced back to the high deformation of the samples during testing (E).

Phase analysis with XRD exhibited a partial conversion of a-TCP to HA, that means

there are still raw powder residues left in the sample (Figure 22). However, the amount

of raw powder residue was independent of HEMA addition. Even for samples without
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a polymeric component a-TCP could be found. Therefore, the polymeric phase had
no obvious influence on HA formation as well as on crystallinity or crystal size, in

contrast to the findings of Christel et al. [335].
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Figure 22: XRD of dual set HA + HEMA samples with different HEMA concentrations. a-TCP (°) and HA
(*) reflections are marked.

4.3.3 Improvement of biological properties

The preparation of graded structures within a single tube could be performed with
Ca?*- and Sr?*-substituted MPCs. First, the Ca®'-substituted samples were
investigated by light microscopy as well as SEM. Light microscopy revealed a sharp
transition between the single cement compositions (Figure 23). This might be due to
different centrifugal forces leading to different porosities, which could probably be
investigated further by e.g. micro-CT analysis. Moreover, a fluent transition instead
of sharp single layers could be achieved when the following cement layer would be

added earlier during processing so that the previous layer is not fully set.
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Figure 23: Light microscopy images of Ca?* graded samples embedded in Technovit. The outermost layer is
a pure struvite cement and the Ca2* content increases towards the tube center.

The investigation of surface morphology of radially cut tubes was performed with
SEM (Figure 24). The overview in the SEM images still shows three single layers as
was previously observed in the light microscopy images. However, close-ups of each
layer did not reveal any differences regarding topography or porosity. Planar, smooth
surfaces in 2000-fold magnification can be ascribed to preparation. To obtain a cross-
section the tube was embedded in Technovit and sawed radially producing flat
surfaces. In the 15000-fold magnification single crystal structures could be found
having the same size all over the cross-section independent of Ca?*-substitution.
Furthermore, just very small porous structures not exceeding 5 um could be detected

in all layers.
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Innermost layer Middle layer Outermost layer

Figure 24: SEM images of all three layers with an overview (A) and close-ups (B-D) with two different
magnifications (2000-fold and 15000-fold). The innermost and middle layer were substituted with Ca?* ions.
No significant differences between the compositions could be observed topographically.

The elemental distribution of Mg?* (green) and Ca?* (blue) within the single layers
was detected by EDX measurements (Figure 25 and Table 11). As already observed
in light microscopy images, the single layers are sharply separated from each other.
However, the Ca?*-substitution could be observed, which increased towards the tube
center. With the help of elemental quantification, the Mg:Ca ratio could be compared
to the theoretical values gained from the composition of the reactant powders. As they

are well in accordance with each other, a loss of ions by e.g. leaching can be excluded.
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Figure 25: EDX measurements of cross-section showing all three rings. Mg?* (green) and Ca?* (blue) are
color coded, where the color intensity corresponds to single counts. The set cement tube still represents the
Mg:Ca ratio that was given by the reactant powders: Mg3(POs)2, Mg25Ca0.75(PO4)2 and Mg1.5Ca1.5(PO4)2
(from outermost to innermost layer).

Table 11: Results of EDX measurements of all three layers regarding Mg?* and Ca?* content. The
experimentally (exp.) determined mass ratio comply with the theoretical (theo.) value calculated from the
reactant composition.

Innermost ring Middle ring  Outermost ring
EDX wt% Mg?* 78+0.1 125+0.1 22.0+0.1
EDX wt% Ca?* 11.3+0.1 7.0x0.1 0.2+£0.0
Exp. mass ratio Mg:Ca 0.690+£0.011 1.786 +0.029 110 £ 0.25
Theo. mass ratio Mg:Ca 0.606 1.819 °

Since the sharp separation of the single layers as well as the cement porosity are
strongly influenced by the centrifugal acceleration and forces during processing, those
values were calculated for each layer according to eq. 4.5 and 4.6 (Table 12). The
forces were calculated for the outer and inner diameter of each layer. The angular
velocity at a rotation speed of 1600 rpm was 167.6 rad/s for a mass of 2400 mg. This
resulted in centrifugal acceleration of 51 — 123 m/s? and centrifugal forces of 122 —
296 mN for the whole tube. This means, the forces of the outermost layer were more

than double compared to the inside of the innermost layer.
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Table 12: Centrifugal forces Fc and centrifugal acceleration a were calculated from each layer on the inside
and outside of the layer with radius r according to eq. 4.5 and 4.6.

Innermost layer Middle layer Outermost layer
Inside Outside Inside Outside Inside Outside
rinmm 1.806 2.605 2.605 3.676 3.676 4.394
Fein mN 122 176 176 248 248 296
ain m/s? 51 73 73 103 103 123

To create a gradient rather than a graded structure, the rotation protocol was altered
to 5 min at 1600 rpm + 0 min at 160 rpm. By the reduction of the time for setting, the
single layer should fuse at the edges to achieve a fluent transition between those single
layers. So the previous layer could set for just 5 min before the next slurry was added.
An EDX of a cross-section revealed the elemental distribution (Figure 26). The single
layers are still separated and can easily be distinguished. Therefore, there was no
fluent transition between the layers and no difference to the previous rotation
parameters. However, there was no delamination of the layers neither for the
optimized rotation parameters nor for the shortened setting time. This indicates a good
cohesion between the layers.

Figure 26: EDX measurement of Ca®*-substituted MPC with adapted rotation parameters. The aim was a
fluent transition of the single layers. However, there are still sharp separations. Ca?* is depicted in blue, Mg?*
in green.
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The same procedure was performed with a Sr¥*-substituted MPC. First, the optimized
parameters with a rotation of 5 min at 1600 rpm + 20 min at 160 rpm were employed.
Light microscopy images were similar to that of Ca?*-substituted tubes (Figure 27).
The single layers were easily distinguishable, which means there is no transition zone

between the layers.

Figure 27: Light microscopy images of Sr?*-substituted tubes. The outermost layer is a pure struvite cement
with an increasing Sr?* content towards the tube center.

A closer insight to the surface morphology and the elemental distribution was gained
by SEM images (Figure 28) and EDX measurements (Figure 29 and Table 13). In an
overview, the single layers were hard to distinguish, in contrast to the Ca?*-
substitution. The close-ups of the single layers exhibited the same trend as for the
Ca?*-substitution. The surfaces were rather smooth, which can be ascribed to the
sample preparation. Additionally, there was no difference between the single layers

topographically as well as for the porosity.
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Innermost layer Outermost layer

C

Figure 28: SEM images of all three layers with an overview (A) and close-ups (B-D) with two different
magnifications (2000-fold and 15000-fold). The innermost and middle layer are substituted with Sr?* ions.
No differences between the compositions could be observed topographically.

Analysis of elemental distribution was performed again with EDX measurements for
Mg?* (green) and Sr?* (red) (Figure 29). Since the Mg:Sr ratio of the raw powders was
higher than Mg:Ca ratio, the signal for Sr2* was pretty low compared to the Mg?*
signal. Therefore, the separation of the single layers seemed to be not as strict as for
Ca?* graded samples. However, the single layers were still clearly visible with the Sr*
content being highest in the innermost layer. This became even more striking for the
quantitative analysis of the two elements within each layer in comparison with the
theoretical values of the raw powder (Table 13). For substituted cements Mg:Sr ratio

was slightly higher in the set cement than theoretically calculated. However, the
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deviation was small and a graded assembly with increasing Sr?* content towards the
tube center could be proved.

[ 7 e

Figure 29: EDX measurement of a cross-section showing all three rings. Mg?* (green) and Sr?* (red) are
color coded, where the color intensity corresponds to signal counts.

Table 13: Results of EDX measurements of all three layers regarding Mg?* and Sr?* content. The
experimentally (exp.) determined mass ratio comply with the theoretical (theo.) value calculated from the
reactant composition.

Innermost ring Middle ring  Outermost ring
EDX wt% Mg?* 13.3+0.1 16.1+0.1 148 +0.1
EDX wt% Sr?* 11.8+0.1 6.2+0.1 0.0+0.0
Exp. mass ratio Mg:Sr 1.127 £ 0.013  2.597 + 0.045 0
Theo. mass ratio Mg:Sr 0.965 2.244 0

To achieve a better transition between the layers, as already tried for Ca?*-substitution,
rotation protocol was again varied to 5 min at 1600 rpm + 0 min at 160 rpm. The
setting of the previous layer should not be completed due to a shorter time period.
This could enable a fusion with the next layer. However, light microscopy images of
such samples also exhibited the single layers similar to the previous rotation
parameters (Figure 30A and B). To exclude a pure porosity difference as a cause of
the visually separated layers, EDX measurements of a cross-section were performed
(Figure 30C). Mg?* (green) and Sr?* (red) were distributed similar to the previous
settings with increasing Sr?* content towards the tube center. Again single layers were
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visible and no smooth transition between these layers could be observed. The initial
setting time of the cements seemed to be short enough to form a stable tube within
5 min, which inhibited diffusion processes between the different cements.
Nevertheless, delamination never occurred indicating that cohesion between the
layers was very high due to interpenetrating crystals or probably local precipitation.

A B

il g tektrocentiia

Figure 30: Light microscopy images of Sr?*-substituted tubes with altered rotation parameters (A, B). The
aim was a fluent transition between single layers. However, the layers are still separated. EDX measurement
of Sr¥*-substituted tube with altered rotation parameters for a fluent transition. Mg?* (green) and Sr?* (red)
are color coded, where the color intensity corresponds to signal counts.

The strict separation of the single layers can be utilized for entrapping of antibiotics
with a controlled release by degradation of the outer layers. As a model drug,
vancomycin was used for cement loading in a brushite layer. A loading of struvite

would not be possible, since there is an adverse interaction of vancomycin with the
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ammonium phosphate solution. However, as already shown for Ca?*-substituted
MPC, a combination of CPC and MPC is possible without delamination (Figure 31A).
For a preliminary test, samples were loaded by addition of vancomycin to the liquid
phase and the solid phase, respectively. During 15 days of immersion in PBS, no
degradation was macroscopically visible and the samples were still mechanically
stable in both cases. A pure cement tube without vancomycin served as negative
control to exclude any influence of the cement or the silicone sealing on the HPLC
measurement (Figure 31B). Both loading cases exhibited the same release trend
during dissolution time. After 15 days, about 24 % of the vancomycin added to the
solid phase was released, whereas 41 % were released in the case of liquid phase
loading. Therefore, the depot function could be better exploited when the drug was
added to the solid phase. Moreover, the loading capacity for the solid phase is higher
than for the liquid phase, which makes the first case more attractive for drug release

systems.
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Figure 31: Cross-section of a tube with brushite as middle layer and struvite for the outermost and innermost
layer, respectively (A). No delamination occurred after fabrication and the brushite layer could be loaded
with vancomycin. Vancomycin release for preliminary tests, where the antibiotic was added to the liquid and
the solid phase, respectively (B). The solid line indicates the absolute amount of vancomycin entrapped in
the sample.

For the long-term study, the addition of vancomycin to the solid phase was chosen to
determine the release during 50 days (Figure 32A). The total amount of vancomycin

in the sample that could be theoretically released was about 2200 pg/ml. In the first
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few days (until about day 10) there was a linear cumulative release following zero-
order release kinetic. After that, the release decreased resulting in a flattened release
curve. About one third of the total vancomycin amount was release during this first
linear stage, whereas after 50 days the release was just 58 %. The power law (see
Section 2.7.2) was applied to calculate the release exponent and with that to determine
the mode of release (Figure 32B). In general, the power law is just valid for a
cumulative release of 60 %, which is in accordance with the release until day 50. The
resulting release exponent is 0.35. Table 8 summarized the mode of release for
different release exponents and sample geometries. For cylindrical systems the lowest
value for the release exponent was 0.45 for a Fickian diffusion, which can be described
by the Higuchi model. To determine the degradation of the cement matrix, samples
were weighed before and after 50 days of dissolution and the vancomycin release was
considered. This resulted in a weight loss of the pure matrix between 45 and 85 mg,
representing 3 to 5 % of the initial weight.
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Figure 32: Cumulative vancomycin release over a dissolution period of 50 days. The solid blue line indicates
the total amount of vancomycin entrapped in the sample corresponding to 100 % (A). The cumulative
vancomycin release was fitted with the power law to obtain the release exponent and the mode of release

(B).

All investigations regarding parameters, cement formulations or property
optimization were performed with simple tubes to obtain standardized conditions for
the tests. However, when thinking of the application, an individual, patient-specific

implant has to be fabricated. To demonstrate the possibilities, a CT scan of a human
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femur was used for 3DP of a scaled down model. This model was cut to obtain the
diaphysis, which should be replaced by a new implant. The cut diaphysis was molded
and served as a negative for the rotation of the cement slurry. After processing, the
centrifugally cast implant perfectly fitted into the defect site. The single steps as well
as the resulting implant are illustrated in Figure 33. This enables the patient-specific
processing of materials that are not suitable for 3DP like the dual setting cements.

20 mm

Figure 33: Fabrication of a segmental bone by 3DP of a bone model, molding of a negative form and
fabrication of a long bone segment by centrifugally casting.

4.4 Discussion

For the optimization of the new fabrication process of centrifugally casting of CPC
and MPC, parameters regarding the process and the cement composition were varied.
The evaluation was performed by compression tests to reach the best mechanical
performance (Figure 14). The low sample number inhibited a reasonable test for
significant differences between the parameters. However, the subsequent storage for
1d in a water bath at 37 °C and 100 % humidity could double the compressive
strength of the tubes. Such an increase was not possible by varying other parameters.

This indicates that after processing, the cement still underwent a setting reaction,
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where single crystals grew and interlock to form a stable solid. Initial setting times for
struvite are reported to be 1.5 - 16 min [127, 129, 140]. Although the process of
centrifugally casting took 25 min, the setting reaction was not completed and the
cement gained further strength. The elevated temperature of 37 °C (compared to room
temperature) accelerated the setting reaction and the high humidity prevented the
cement from desiccation and water shortage. Since water is needed for the setting
reaction to struvite (see Section 2.4.2), the latter aspect is probably predominant.
Therefore, this treatment was adapted for all cements prepared by centrifugally
casting to obtain a good mechanical performance. Since the density of a ceramic is
strongly connected to its mechanical strength [165, 166], it was investigated for all
parameters of struvite samples as well as for a brushite sample produced under the
optimized condition with storage in a water bath for 1 d (Figure 15). For the optimized
settings, struvite reached a density of 2.00 g/cm? and brushite 2.24 g/cm3. The brushite
samples were well in accordance with literature (density of 2.319 g/cm? [44]) and the
theoretical density of 2.257 g/cm? [409]. For struvite, measured densities in literature
varied between 1.48 and 2.28 g/cm? [129, 130], whereas the theoretical density is just
1.706 g/lcm3 [410]. The discrepancy between theoretical density and experimental
values probably occur due to an incomplete reaction or incorporation of foreign phases
with a density higher than 1.706 g/cm3. This influences the overall density of the
sample and can lead to density values higher than the theoretical value, which was

calculated for pure struvite being free from defects.

3DP is a technique that can be used for the fabrication of patient-specific implants.
Since this is also the aspiration of centrifugally casting, a comparison of those two
techniques was pursued. It is already known that the printing direction has a strong
influence on the mechanical performance of a printed part [175]. Therefore, tests were
performed with tubes printed in x-, y- and z-direction. However, after the post-
hardening step, the laminated structure, which is typical for 3DP samples, was
smoothened (Figure 16). During post-hardening, the raw powder particles still
remaining on the surface and within the bulk dissolve and undergo a setting reaction.
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The dissolved particles precipitate as brushite crystals and form a smooth surface.
Additionally, the precipitation of brushite crystals reduces the porosity and the crystal
growth leads to a further interlocking of the single crystals. This enhances the
mechanical strength of the tubes for all directions (Figure 17). For this investigation,
the DTS was chosen, because it is closer to the real loading situation [408]. The
centrifugally cast tubes exhibited a DTS of only 2.2 + 0.7 MPa, which is 4-times lower
than the 3DP samples. Since the optimization was done only for struvite samples, the
influence of post-hardening of brushite tubes is unclear. The centrifugally cast tubes
could be expected to have still raw powder left, which not fully reacted to brushite. In
contrast, the post-hardening of printed samples could have led to a full conversion of
the raw powder and, therefore, a high degree of crystal interlocking, which would
explain a higher mechanical strength. However, XRD analysis of printed and
centrifugally cast samples revealed hardly any difference in composition (Figure
17D). Therefore, both processes can be considered to result in a complete conversion
from B-TCP to brushite and monetite, which excludes different phases to be the cause
of different mechanical behavior. Additionally, centrifugation could have influenced
the crystal structure and growth so that just small crystals formed, which could hardly
interlock. In contrast to the findings for the strength, the energy absorption of x- and
y-direction are comparable to the centrifugally cast tubes. Just the printed samples in
z-direction exhibited an energy absorption, which was almost double. The strength-
elongation curve can explain that discrepancy. The centrifugally cast samples had a
very high elongation until failure compared to the printed samples. Therefore, the
energy absorption was very high. This would support the theory of small crystals that
hardly interlocked. They can be moved relatively to each other without a catastrophic
failure event, which makes them less brittle. The 3DP samples in z-direction could
adsorb much energy, because their mechanical behavior is based on a multiple
cracking event. Due to the orientation within the printer, the tube was built of single
rings stacked on top of each other. Probably these rings have to be considered
individually, so that some parts can bear higher load or can be stronger deformed.

Additionally, the connection between those rings is not as strong as for the x- and y-
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direction. Crack propagation along the tube is therefore hindered by the single

segments, which makes the whole tube more resistant against catastrophic failure.

The overall aim of the reinforcement was the fabrication of a damage tolerant material
manufactured by centrifugally casting. Therefore, the mechanical performance was
evaluated in different types of loading. Although glass fibers are not an optimum
reinforcement material for CPC, they can serve as a model fiber as already shown in
Section 3. The reinforcing effect could be observed macroscopically as well as in the
force-displacement curves (Figure 18). The fiber reinforced samples had a much
higher displacement than the pure cement. This is due to the well-known mechanisms
of fiber reinforcement like fiber bridging, pull-out or crack deflection (see Section
2.6.1). The fiber mesh yielded in an even better mechanical reinforcement than the
short fibers. This is on the one hand due to a higher fiber content of 15.7 wt%
compared to 3 % for the short fibers. On the other hand, the fiber mesh has a woven
structure, which further contributes to an energy absorption during loading. Therefore,
the fiber mesh reinforced brushite and struvite tubes were further investigated under
different loading modes (Figure 19). Comparing the two different cements, struvite
exhibited a higher strength and energy absorption than brushite independent of
loading situation. This can be traced back to the material inherent mechanical
properties as already known from literature [141]. Interestingly, the tubular structure
had no influence on the mechanical performance and is comparable to cuboid samples
[129, 317]. Independent of material composition, the DTS was lower than the
compressive strength. This is a typical behavior of brittle materials like ceramics [76,
158], although in this case the DTS was less than one order of magnitude lower. By
the addition of a fiber mesh, the DTS could be increased by a factor of two to three,
which indicates a good transfer of external forces from the matrix to the fiber. As this
transfer requires a stable interface with a certain matrix-fiber-bonding, it can be
concluded that even the glass fibers are an adequate reinforcement fiber material for
MPC and CPC. Similar to that, the energy absorption could be increased by

incorporation of a fiber mesh. While struvite samples underwent an increase by a
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factor of 3.6, especially brushite samples benefited from a higher elongation before
failure with more than one order of magnitude higher energy absorption. This
enormous enhancement can again be traced back to the mechanisms of fiber
reinforcement with crack deflection, fiber pull-out etc. However, the scattering of
energy absorption values raised rapidly by fiber mesh reinforcement, which will be to
the expense of implant reliability. This phenomenon indicates the introduction of
hardly predictable defects into the ceramic matrix by the fiber addition. However, the
effect of an enhanced catastrophic failure resistance and energy absorption
overbalances the drawback of a higher value scattering. Another phenomenon of fiber
mesh addition was a reduced density of the composite material. For both struvite and
brushite, the density of the composite was lower than the density of the pure matrix.
With a fiber mesh content of 15.7 wt% and a material density of the fiber of 2.5 g/cm?3
an overall higher density was expected. In contrast, the density could be reduced to
97 % of the former density, which was a highly significant difference. The density
reduction has to be related to a higher porosity or a higher amount of closed pores.
However, the high porosity did not lead to a lower strength, as would be expected
from pure ceramics [165, 166]. The reinforcing effect of the fiber mesh was prevailing
and led to an increased strength. In the end, a light weight implant with a high

mechanical strength and toughness can be achieved with this composition.

The second reinforcement strategy used a simultaneous setting of a cement matrix and
an organic, polymeric network. The interpenetrating network of the dual set HA +
HEMA could be found within the fracture surfaces (Figure 20). Depending on the
HEMA addition, the nanocrystalline HA is more or less embedded in the hydrogel.
This morphology was already found for molded samples [335, 411], which means that
the centrifugation process did not hinder the formation of two interpenetrating phases.
Additionally, the contact between the inorganic crystals and the organic polymer
seemed to be as close as for the molded samples. In contrast to the molded samples
described in literature [335, 411], the centrifugally cast tubes exhibited the same
crystal size independent of HEMA concentration. Therefore, the HA formation could
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be decoupled from the hydrogel formation, which is in accordance with the phase
analysis. There was no evidence from the XRD measurements for the influence of the
polymeric phase on cement formation, crystallinity and crystal size (Figure 22). In
contrast, Christel et al. found a reduced conversion of a-TCP to HA with increasing
HEMA addition [335]. Hurle et al. further investigated this reduced HA formation
[411]. They found a delayed HA formation, although this occurred within the first few
hours with and without HEMA. With the help of in situ XRD, they traced this back to
a lower a-TCP dissolution during setting. Two possible explanations were presented
for this phenomenon: first, by introduction of a hydrogel, a competition for water
between organic and inorganic phase occurs. The reduced water available lowered the
dissolution of the raw powder. Second, the hydrogel network impedes ionic diffusion
of Ca?* and PO4+*, which is necessary for HA formation. In this experiment, the same
system was employed for the fabrication of tubes, but the HA formation was
independent of HEMA addition. Hence the manufacturing technique could have
influenced the cement setting reaction. It can be assumed that the centrifugation and,
therefore, the partial separation of solid and liquid phase led to a uniform HA
formation independent of HEMA addition. This would also explain an incomplete HA
formation for the pure cement tubes without HEMA. In the previous studies, they
found a phase conversion of 95 % [411] and 96 % [335], respectively. However, the
mechanical performance is comparable to those studies. At low HEMA contents (20
— 40 %) the mechanical strength decreased (Figure 21A). The crystal interlocking is
probably disturbed by the polymeric phase, as the interlocking is the main reason for
the high strength of ceramic materials [163]. Under load, the crystals cannot interlock
as they would do in a pure HA matrix. Thus, the crystals start to slip, which in the end
decreases the load-bearing behavior of the whole composite. This hypothesis is
supported by the fragile behavior with a HEMA content below 20 % resulting in
broken samples only by demolding. Therefore, the damage tolerance of those low
content samples was lower than the reference and all other samples measured.
Although the ultimate strength suffered from a low HEMA content, the polymeric
network for 20 — 40 % HEMA addition was sufficient to bridge the cracks in the
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matrix and absorb energy during deformation (Figure 21B). However, the
deformation for low HEMA contents is still limited. A HEMA content of at least 45 %
is required to reach deformations of 25 % without an accelerated failure (Figure 21C).
In these cases, the polymeric network seemed to span the whole construct and exceed
the disturbance of crystal interlocking. This becomes even more obvious, when
considering the initial slope. For high HEMA contents, the slope became flatter being
a sign of an enhanced elasticity. The effect of the polymeric phase overwhelms that
of the brittle ceramic matrix. Simultaneously, the inorganic matrix serves as a

structuring element that can still bear high loads.

The combination of different cements within a single tube can be employed to tune
the biological properties of such implants. With a Ca?*-substitution, the degradation
of the tube can be altered or Sr?*-substitution supports new bone formation. Firstly,
those systems have to be investigated regarding material properties. Light microscopy
images as well as SEM images revealed surface morphologies and connection of the
single layers. It became apparent that the single layers were easily visible and
distinguishable in a cross-section. This could point to different densities and,
therefore, different porosities of the cement layers. When calculating the centrifugal
forces, the outermost layer exhibited about twice as high forces compared to the
innermost layer. Since there is always a separation of liquid and solid phase during
centrifugation and the porosity of CPC and MPC is influenced by the PLR [130], it is
highly probable that the outermost layer had a different porosity and density than the
innermost layer. In the SEM images, there was hardly any difference between the
layers regarding surface morphology, which is partially attributed to the preparation
of sawed cross-sections. Beside the smooth surfaces, some pores could be detected,
which were in the range of about 5 um. However, these were very small pores, which
were at least one order of magnitude smaller than osteoclasts needed for active
degradation [412, 413]. Thus, invasion of cells and penetration of body fluids are
inhibited or at least strongly reduced leading to surface degradation processes. Since
the surface degradation rate is dependent on the surface area, the degradation of an
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implant can be accelerated with an increased surface area. In this case, the surface
ratios of the three different layers were: 1.7 : 1.4 : 1. By incorporation of Ca?* ions
into struvite, the degradation can be adapted to the respective surface area to reach a
constant degradation, whereby fluent transition between the single layers would be
favorable. However, even for shorter centrifugation times, no transition could be
achieved. Here, the initial setting time for the cements was probably too short, such
that a stable cement matrix was formed before the next slurry was added and there
was no fusion with this next layer. Another reason that inhibits a fusion could be the
high density due to centrifugal forces, which impedes a diffusion between the layers.
Nevertheless, a good adhesion between the layers was achieved and no delamination
occurred. During setting, crystal interlocking leads to mechanical stability within and
between the layers [163]. The lattice parameters are altered by the ion substitution,
since Ca?* (0.99 A), Mg?* (0.69 A) and Sr?* (1.13 A) ions have different ionic radii
[18, 42, 190, 342]. However, the differences were too small to inhibit a sufficient
interlocking. This provides the opportunity to combine different CPC and MPC, in
general, for further property improvements. The ratio of the different ions was
determined by EDX measurements of cross-sections. The Mg:Ca ratio was well in
accordance with the theoretical value calculated from the raw powder. However, for
Mg:Sr the ratio measured experimentally was slightly higher than the theoretical
value. Since the Sr?*-substitution was lower than the Ca?*-substitution, the signal for
Sr2* was much weaker in relation to the Mg?* signal. This small amount of data could
have influenced the calculated Mg:Sr ratio, although it was quite similar to the
theoretical values. The selection of a foreign ion doped cement can be assumed to

result in graded structures with the same ionic doping ratio.

Such graded structures could be employed for drug delivery systems by loading a
middle brushite layer with the antibiotic vancomycin. This middle layer was separated
from surrounding media by struvite layers at each side of the tube. The fabrication of
such tubes could be performed without any delamination, although CPC and MPC
with different lattice parameters were combined. This indicates that the main
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mechanism behind mechanical stability is the interlocking of single crystals [163].
Additionally, the application of a brushite layer enabled the loading with vancomycin.
A loading of a struvite layer was not possible due to an interaction of vancomycin
with the ammonium phosphate solution needed for the setting of struvite. Thus, for
new systems with different components like antibiotics or growth factors, possible
interactions of cement components and drug have to be considered. Preliminary tests
showed a successful release of vancomycin over a period of 15 days with more than
half of the vancomycin left in the samples (Figure 31B). Samples that were loaded in
the solid phase, exhibited a higher overall loading and a slower release of the
antibiotic. On the one hand, this could be assigned to the fabrication technique. During
centrifugation, a separation of solid and liquid phase occurred, where the solid
particles are spun outwards and the liquid components remained inwards. After
fabrication, the supernatant was discarded. When added to the solid, more of the
vancomycin could be transported to the solid tube wall. In contrast, when added to the
liquid, a lot of vancomycin was discarded yielding in a lower overall loading. On the
other hand, the slower release could be explained by a better vancomycin distribution
within the samples. Since vancomycin was added as a solid, a more homogeneous
mixture could be achieved. However, the quantification of vancomycin via HPLC
exhibited some problems. During dissolution at 37 °C, vancomycin started to degrade,
which could be detected by a splitting of the signal. The main signal of fresh
vancomycin appeared at a retention time of 7 — 7.5 min. Several degraded parts of
vancomycin, however, could be detected at lower retention times between 3 and 6 min
pointing to a cleavage of the molecule. In the end, it has to be investigated, if
vancomycin fragments are still effective against bacteria. This would be decisive,
which signals should be regarded for the quantification of release. Nevertheless, all
peaks including vancomycin fragments were used for this quantification, since the
system should be only a model for a drug delivery system. The long-term study over
50 days was then performed with the solid phase loading, as it had the greatest
potential for a long-term release. Initially, there was a linear release over ~10 days

followed by a flattening of the release curve until day 50 (Figure 32A). After 50 days,
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~58 % of vancomycin was released, which made a fitting with the power law possible
until day 50 (Figure 32B) [365, 368]. The release exponent could be determined with
0.35, which is lower than the release exponent for cylinders in Fickian diffusion
processes (0.45). According to the power law, the Fickian diffusion is the most
suitable release model for the vancomycin release observed in this test. The Fickian
diffusion was described by Higushi, but just for thin polymeric films. Moreover,
Higushi made several assumptions to simplify the model (see Section 2.7.2). While
some assumptions like the pseudo steady-state condition or the perfect sink conditions
could be maintained, the degradation of the cement matrix could interfere with the
release model. The system of struvite and brushite is designed to degrade during
implantation actively and passively. In this set-up, only the passive degradation could
be considered, which resulted in a weight loss of 3 — 5 % with respect to the initial
weight. The degrading matrix, however, influences the release kinetic due to larger
pores or a thinner matrix barrier with shorter diffusion paths and better perfusion.
These altered conditions are not considered in the Higushi model and the power law
resulting in a slightly different release exponent and perhaps an altered release kinetic.
Apart from a theoretical description of such degrading systems, the fabrication as well
as a long-term release could be achieved. Furthermore, the system provides the
opportunity of a higher release in acidic environment, as it is often found for bacterial
infections [405, 406].

Centrifugally casting of medically relevant implants is the ultimate goal for this
fabrication technique. The fundamental feasibility could be shown even for non-
centrosymmetric implant for long bone replacement of a femur. It has to be taken into
account, that this was only a first proof of principle with a single material, which is
not optimized for load bearing defects. Nevertheless, it demonstrates that the ultimate
goal could be achieved with this technique and that the processing of materials that

were not suitable for other AM techniques is possible.
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4.5 Conclusion

The parameters for the centrifugally casting process could be optimized for struvite
tubes and transferred to the fabrication of brushite tubes. The comparison of those
tubes with the well-established process of 3DP showed a further need for
improvements regarding mechanical strength but a comparable energy absorption
during loading. Therefore, this process can be adapted to the biomedical field for
patient-specific implants. It can be utilized for further improvements of various

properties including those not tunable in 3DP processes.

The reinforcement with fibers as well as a dual setting system could successfully be
transferred to a new fabrication technique. Due to the forces involved during
centrifugation of the cement slurry, the overall mechanical performance of the
composite could be altered. However, with this study it could be shown that the goal
of reinforcement was achieved for both strategies. The formerly brittle ceramics of
CPC and MPC were modified to obtain damage tolerant composites paving the way
to patient-specific implants for load-bearing applications.

With the help of ionic substitution, graded structures with increasing Ca?*- and Sr?*-
substitution could be fabricated with centrifugally casting. A good adhesion between
the single layers ensured mechanical stability during the time of implantation. With
this tool bar, the biological properties regarding degradation and new bone formation
can be tuned to obtain an optimal implant for each patient. Beside those properties,
such graded cement tubes can be loaded with drugs or growth factors together with a
controlled local release of the substances. The model of vancomycin loaded brushite
tube flanked by struvite exhibited the possibilities for a long-term release, although a
description with common release kinetic models turned out to be difficult. Apart from
these tubes employed as a model for long bone replacement, an implant replacing the
diaphysis of a human femur was manufactured. This proved that also non-
centrosymmetric implants could be fabricated, as this is the general case for patient-

specific implants.
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5. Strontium substituted magnesium

phosphate cements

5.1 Strength reliability and in vitro degradation of three-
dimensional powder printed strontium-substituted
magnesium phosphate scaffolds

This section was already published as full length article in the journal “Acta

Biomaterialia” in 2016:

Susanne Meininger, Sourav Mandal, Alok Kumar, Jurgen Groll, Bikramjit Basu,
Uwe Gbureck, Strength reliability and in vitro degradation of three-dimensional
powder printed strontium-substituted magnesium phosphate scaffolds, Acta Biomater
31 (2016) 401-11.

The practical work as well as the writing of the article were performed by Susanne
Meininger (née Christ). Micro-computed tomography imaging was pursued by S.
Mandal, which is marked in the following article. B. Basu and U. Gbureck supervised
the work and helped with final corrections of the manuscript. For this thesis, figures

and abbreviations were adapted due to uniformity of this work.

Abstract

Strontium ions (Sr?*) are known to prevent osteoporosis and also encourage bone
formation. Such twin requirements have motivated researchers to develop Sr-
substituted biomaterials for orthopedic applications. The present study demonstrates
a new concept of developing Sr-substituted Mgs(PO4)2 — based biodegradable
scaffolds. In particular, this work reports the fabrication, mechanical properties with
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an emphasis on strength reliability as well as in vitro degradation of highly
biodegradable strontium-incorporated magnesium phosphate cements. These
implantable scaffolds were fabricated using three-dimensional powder printing,
followed by high temperature sintering and/or chemical conversion, a technique
adaptable to develop patient-specific implants. A moderate combination of strength
properties of 36.7 MPa (compression), 24.2 MPa (bending) and 10.7 MPa (tension)
were measured. A reasonably modest Weibull modulus of up to 8.8 was recorded after
uniaxial compression or diametral tensile tests on 3D printed scaffolds. A comparison
among scaffolds with varying compositions or among sintered or chemically hardened
scaffolds reveals that the strength reliability is not compromised in Sr-substituted
scaffolds compared to baseline Mgs(POa)2. The micro-computed tomography analysis
reveals the presence of highly interconnected porous architecture in three-dimension
with lognormal pore size distribution having median in the range of 17.74-26.29 pm
for the investigated scaffolds. The results of extensive in vitro ion release study
revealed passive degradation with a reduced Mg?* release and slow but sustained
release of Sr?* from strontium-substituted magnesium phosphate scaffolds. Taken
together, the present study unequivocally illustrates that the newly designed Sr-
substituted magnesium phosphate scaffolds with good strength reliability could be
used for biomedical applications requiring consistent Sr?*- release, while the scaffold

degrades in physiological medium.

Statement of significance

The study investigates the additive manufacturing of scaffolds based on different
strontium-substituted magnesium phosphate bone cements by means of three-
dimensional powder printing technique (3DP). Magnesium phosphates were chosen
due to their higher biodegradability compared to calcium phosphates, which is due to
both a higher solubility as well as the absence of phase changes (to low soluble
hydroxyapatite) in vivo. Since strontium ions are known to promote bone formation
by stimulating osteoblast growth, we aimed to establish such a highly degradable

magnesium phosphate ceramic with an enhanced bioactivity for new bone ingrowth.

122



5. Strontium substituted magnesium phosphate cements

After post-processing, mechanical strengths of up to 36.7 MPa (compression),
24.2 MPa (bending) and 10.7 MPa (tension) could be achieved. Simultaneously, the
failure reliability of those bioceramic implant materials, measured by Weibull
modulus calculations, were in the range of 4.3-8.8. Passive dissolution studies in vitro
proved an ion release of Mg?* and PO4* as well as Sr?*, which is fundamental for in
vivo degradation and a bone growth promoting effect. In our opinion, this work
broadens the range of bioceramic bone replacement materials suitable for additive
manufacturing processing. The high biodegradability of MPC ceramics together with
the anticipated promoting effect on osseointegration opens up the way for a patient-
specific treatment with the prospect of a fast and complete healing of bone fractures.

5.1.1 Introduction

One of the treatment approaches for healing of critical size bone defects caused by
trauma or tumor resection involves the implantation of bioceramics to maintain
skeleton functionality. Among the many synthetic calcium phosphate ceramics and
cements, farringtonite (Mgs(PQOas)2) and struvite (MgNH4PO4 - 6 H20) based on
magnesium phosphate chemistry have attracted wider interest due to the fact that
biodegradation is enhanced compared to calcium phosphate bone compounds [136,
141]. This aspect is decisive as autologous bone is still the gold standard in hard tissue
replacement [43, 414, 415]. A second advantage of magnesium based bone cements
is the lack of phase conversion into low soluble hydroxyapatite (HA;
Cai0(POa4)s(OH)2), since Mg?* ions are adsorbed on the surface of newly formed HA
crystals by competing with and replacing Ca?* ions. By blocking the crystallization
site, further crystal growth of HA is then inhibited [118, 119].

Several studies have already proved that HA can hardly be resorbed under
physiological conditions compared to other calcium and magnesium phosphate bone
cements [78, 136, 141, 416]. Thus, the restriction of HA formation is favorable for
bone substitutes and overall healing of bone defects. The inhibition of HA by

incorporation of Mg?* and degradation of magnesium-based cements also leads to
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Mg?* ion release into surrounding tissue, serum and circulating blood, whereas bone
serves as a storage of Mg?* and also helps in regulating ion balance [191, 192]. It is
worthwhile to mention that the daily uptake (and excretion) of Mg?* is in the range of
265 mg/day to 420 mg/day for adults (depending on age and gender) [192, 193], and
side effects such as hypermagnesemia [193, 194] are unlikely to happen as a result of
implanted magnesium phosphate ceramics. Recent calculations indicated an Mg?* ion
release of degrading struvite cement of only 22.8 mg/day [184] and 1.08 ug/day (for

a 1 g implant) [144] and such release can unlikely lead to hypermagnesemia.

Following the degradation of bone substitute implants, new bone formation is
essential for the replacement by fully regenerated bone. Several studies have already
proved that strontium ions (Sr?*) promote new bone formation due to their chemically
similar behavior compared to Ca?* [18-24]. The influence of Sr?*is based on a cellular
level, affecting both osteoblast and osteoclast cell fate processes [42, 352]. In
particular, the Sr?* ions are reported to promote the proliferation of osteoblast
precursor cells and the differentiation into mature osteoblasts [348, 349]. Furthermore,
strontium induces the activation of calcium sensing receptors within osteoblasts [350,
351]. This aspect has two major implications — (i) stimulation of osteoprotegerin
production and (ii) release of receptor activator of the nuclear factor kB ligand
(RANKL), which is responsible for osteoclastogenesis [417]. Osteoprotegerin binds
to RANKL, which is expressed by osteoblasts [352]. Therefore, osteoprotegerin
reduces the amount of free RANKL for osteoclastogenesis [418] and hence leads to a
reduced cellular mediated bone resorption. Apart from that, Sr* exponentiates the
effect of Ca?* in terms of inducing osteoclast apoptosis, leading to a decreased bone
resorption [353].

In addition to designing the formulation for bone reconstructive cements, processing
of these materials is an important aspect to facilitate therapeutically successful results.
In recent years, numerous additive manufacturing processes were developed for, or
adapted to the fabrication of anatomically tailored patient-specific implants. Most

important techniques involve stereolithography [248], selective laser sintering [255,

124



5. Strontium substituted magnesium phosphate cements

419], three-dimensional (3D) plotting and 3D printing [134, 247, 250, 270, 271, 277,
420-424]. The 3D powder printing (3DP) technology serves as an excellent tool for
the fabrication of patient-specific ceramic implants with geometrically complex shape
[7]. Computed tomography provides computer aided design (CAD) data of a patients
individual defect structure. These data are digitally converted into a laminated
structure that can be printed via a layer-by-layer technique. The use of a reactive
binder leads to a hydraulic setting reaction, whereas the powder undergoes a phase
transition and forms a solid by crystal growth [272, 278, 285]. Apart from this, a
polymeric binder or a polymeric powder component can be utilized to act as glue
leading to adhesion of powder particles [13, 277]. The latter technique includes a post-
processing by sintering of the printed samples. During sintering, polymeric additives
will be removed and simultaneously powder particles will be sintered and densified.
Biocompatible implants for bone replacement manufactured by 3DP mainly used
calcium phosphate cements (CPC) such as brushite, tricalcium phosphate or HA [8,
13, 276, 285, 286]. These bone cements, however, are either only slowly degradable
or they may undergo a phase transformation during in vivo into lower soluble phases
and therefore are not suitable for a non-permanent implant. Magnesium phosphate
cements (MPC) are an adequate alternative due to their biodegradation and
mechanical stability. To the best of our knowledge, only Vorndran et al. and Klammert
et al. fabricated MPC using 3DP [134, 272] by employing an ammonium phosphate
dibasic solution as binder to facilitate a phase conversion from farringtonite to struvite.
In the above perspective, the present work aimed to fabricate degradable freeform
implants with enhanced bioactivity by 3DP of MPC and strontium-substituted MPC
(SrMPC) using 3D printing route with degassed ultrapure water as binder. Since the
antiosteoporotic effect of strontium strongly depends on the extent of Sr2*
doping/incorporation [358], studies on such material, i.e. STMPC need to consider
different amounts of Sr?* ions introduced to the implantation site. Accordingly, the
magnesium phosphate powders (Mgs(PO4)2) were supplemented with two different
Sr?*  concentrations:  Mg25Sros(POs)2  and  Mg2Sri(POa)2.  Fabrication  was

accomplished by particle adhesion with cellulose powder addition followed by
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sintering, leading to mechanically stable three-dimensional parts. In addition, a phase
conversion was obtained after sintering by immersion in ammonium phosphate
dibasic solution. Apart from the extensive mechanical property measurements
including critical analysis of strength reliability, in vitro degradation products of MPC
were also investigated. An emphasis has been placed to evaluate strength reliability
as well as microcomputed analysis of pore architecture and a comparison is made
consistently between the sintered and chemically hardened scaffolds with different

levels of Sr-substitution.

5.1.2 Materials & Methods
Powder synthesis and 3D powder printing

We used magnesium phosphate with three different concentrations for Sr-substitution,
Mga(PO4)2, Mg25Sros(PO4)2 and MgaSri(POs)2. All raw powders for material
synthesis were mixed five times in a planetary ball mill (PM400 Retsch, Haan,
Germany) for 1 h at 200 rpm. Farringtonite (Mgs(POa)2) was sintered with a 2:1 molar
ratio of MgHPOs -3 H20 (<125 pm, Sigma-Aldrich, Steinheim, Germany) and
Mg(OH)2 (VWR, Radnor, USA). The composition for Mg25Sros(POa4)2 was a 4:1:1
molar ratio of MgHPO4 - 3 H20, Mg(OH)2 and SrCOs (Sigma-Aldrich, Steinheim,
Germany) respectively; similarly a 2:1 molar ratio of MgHPO4 - 3 H20 and SrCOs
yielded the composition Mg2Sr1(POa)2. Powders were sintered in a furnace (Oyten
Thermotechnic, Oyten, Germany) at 1050 °C in air for 5 h. The sintered cakes were
crushed with pestle and mortar and sieved < 355 um, to obtain the powder mix for

three-dimensional printing experiments.

The three dimensional printing of the powder mix was performed on a spectrum 2510
printer (Z-Corporation, Burlington, USA). Each powder was supplemented with
5 wt% (hydroxypropyl)methylcellulose (HPMC; Fluka, Steinheim, Germany) and
degassed ultrapure water served as binder. After depowdering, samples were sintered

in a furnace (Nabertherm L08/14, Lilienthal, Germany) for 4 h in air. Mgs(POs)2 was
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sintered at 1175 °C, whereas Mg25Sro.s(PO4)2 and Mg2Sr1(PO4)2 were sintered at
1100 °C. Subsequently, the sintered samples were post-hardened by immersion in
3.5 M ammonium phosphate dibasic solution (DAHP; Merck, Darmstadt, Germany).
By post-hardening, a conversion into struvite (MgNH4PO4 - 6 H20) was expected.

Mechanical properties

Compressive strength (CS), flexural strength (FS) and diametral tensile strength
(DTS) of both groups of printed samples (sintered and post-hardened) were measured
using the universal testing machine Zwick/Roell Z010 (Zwick GmbH&Co.KG, Ulm,
Germany) with a 10 kN load-cell, a cross-head speed of 1 mm/min and a pre-load of
0.1 N. The sample dimensions were 12 x 6 X 6 mm, 45 x5 x 4 mm and 10 x 20 mm
for uniaxial compression, three-point bending/flexural and diametral compression
experiments, respectively. The Weibull modulus (m), a measure of strength reliability
of brittle solids, like ceramics/glass/cements, was calculated based on at least 30
samples. Based on weakest link statistics, the probability of failure, Ps represents the
reliability of the ceramic on the basis of following equation:
Pr(0) = 1—exp l—f (0;—f>m dv (5.1)
14

where V is the stressed volume, o is the stress at failure, oo is the scale parameter with
a failure probability of 63.2 %, ot is the threshold stress and m is the Weibull modulus.

Since ot is the stress below which the probability of failure is zero, it can be set to zero

for brittle ceramics [172]. This assumption leads to the following expression (eq. 5.2):
o m
Pr(0) =1 —exp [— (—) ] (5.2)
0o

Applying natural logarithm results in equation (4.8), which can be plotted and fitted.

The slope of the fitted curve provides an estimate of the Weibull modulus (m).
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In the present case, estimation of the probability of failure, Ps was performed

according to equation (5.4):

(5.4)

where, nr is the rank number of the strength data and N is the number of tested samples
[172, 425].

Phase assemblage

The phase composition of sintered and post-hardened samples was investigated by X-
ray diffraction (XRD; PANalytical, X Pert Pro, Almelo, Netherlands) in the range of
2 0 =12.5°-40°. XRD device was operated with a Cu-K, radiation (A = 0.15418 nm),
a scan rate of 1 s/step and a step size of 0.02°. The phase identification was checked
using ICDD (International Centre for Diffraction Data) database for farringtonite
(PDF Ref. 33-0876), Mg2Sr1(PO4), (PDF Ref. 14-0206) and struvite (PDF Ref. 03-
0240). The surface morphology was observed by scanning electron microscopy
(SEM, Inspect F50, FEI, Hillsboro, USA) at an accelerating voltage of 10 kV after

sputtering of the samples with gold to avoid the charging during scanning.
Micro-computed tomography*

Microporosity of 3D printed/sintered samples was measured by micro-computed
tomography (micro-CT) with a VersaXRM-500 (Xradia, Zeiss, Jena, Germany). For
different sample composition, the X-ray source energy was ranging between 40 —
110 kV. A 4x objective with 5—15 s exposure time and suitable filters for single

image acquisition was employed to get an ideal transmission of at least 25 — 35 %.

! The micro-CT measurements were performed by the co-author Sourav Mandal.
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Total 3201 2D transmission images were captured within 360° sample rotation. The
collected 2D images were reconstructed into a 3D tomogram in XMReconstructor
software (Xradia, Zeiss, Jena, Germany) using standard beam hardening correction
with 0.7 kernal size. Manual reconstruction was done visually in the case of failure of
auto-reconstruction by adjusting center-shift and beam-hardening values. Image
processing, analysis and visualization were performed with commercially available
software (Avizo Fire 8.1, FEI, France). First, the 3D images were calibrated into same
grey level using ‘match contrast’ module and when the histogram was narrow, it was
stretched to get better contrast range with ‘histogram equalization’. Non-local-means
filter was applied for noise reduction. Subsequently, images were binarised and
separated with suitable connectivity and marker extent parameters. The application of
opening module with kernel size 1 discarded all the pores below voxel size 1. Then
label analysis was carried out to identify connected and separated objects. The
obtained results were visualized with orthoslice and volume rendering module in 2D
and 3D respectively. To quantify the pore size distribution of the non-interconnected
pores, the equivalent pore diameters (EqD) obtained from micro-CT analysis was
plotted in histograms with a bin size of 5 um and fitted with suitable function. Porosity
measurement by micro-CT has the advantage over conventional techniques e.g.
Mercury porosimetry as the former provides the detail of both open and closed pores.
All these quantification was performed considering both interconnected and non-
interconnected pores i.e. for open and closed porosity, respectively. Limited by the
voxel size for the measurement only pores with a size of 4.5 um or bigger were

included into calculation.
In vitro dissolution study

The in vitro dissolution experiments with cylindrical samples (diameter 15 mm and
height 5 mm) was performed in Dulbecco’s Modified Eagle’s Medium (DMEM;
4.5 g/l Glucose, L-Glutamine, Sodium Pyruvate, L-Cystine, 3.7 g/l NaHCO3, Gibco,
Carlsbad, USA) for 10 days. The inductively coupled plasma mass spectrometry (ICP-
MS; Varian, Darmstadt, Germany) was used for the quantification of ion release and
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adsorption. Magnesium ions, strontium ions and phosphate ions as well as calcium
ions have been detected in solution after experiments against standard solutions
(5 ppm and 10 ppm). Dissolution media was changed after every 24 h and samples
were stored at 37 °C. The ion concentration was calculated with respect to fresh
DMEM.

Statistics were performed with ANOVA using the program SigmaPlot 12.5 (Systat
Software, Inc., 2011). Sintered and post-hardened samples were compared among

each other.

5.1.3 Results

In reference to the additive manufacturing of MPC/SrMPC, the present study reveals
that ultrapure water can be reproducibly used as binder for 3D printing of different
sized/shaped samples. We could not measure any significant dimensional changes or
distortion of the as-printed scaffolds with respect to the respective .stl files.
Microscopic measurements of all geometries employed for mechanical testing

revealed a deviation of less than + 0.4 mm.

Subsequently, the as-printed samples were sintered at 1100 °C (SrMPC) or 1175 °C
(MPC), followed by chemical hardening in (NH4)2HPO4 (DAHP) solution. In this
section, we present illustrative results to elaborate how post-printing treatment
together with compositional variation influences the phase stability, porous

architecture development, mechanical strength reliability and in vitro ion release.

Phase assemblage analysis using XRD

While analyzing the X-ray diffraction patterns, plotted in Figure 34, we observed that
pure MPC predominantly contain farringtonite (f). The characteristic peaks of the
farringtonite phase lie at 26 = 26 and 23.25° and other lower intensity peaks are
located in the range of 20 —22° or at 24.5°. Importantly, a clear difference in the

evolution of X-ray peak at 20 = 23.25° is recorded after sintering in STMPC samples.
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Apart from a clear peak shift, either a shoulder peak or a broadened peak appears in
the range of 26 = 23 — 23.25° for the sintered STMPC. Simultaneously, the intensity
of the farringtonite peak at 20 = 26° is either significantly reduced or the peak
disappears in SrMPC. Such observations are also made with lower intensity X-ray
peaks of f-phase in SrMPC, with respect to MPC. All these observations together
indicate a progressive phase conversion of farringtonite into Mg2Sr1(POa)2 phase,

indicated as x-phase in Figure 34, in the as-sintered STMPC samples.

In the post-hardened samples, the characteristic peak of struvite (s) appears at
26 = 21°, irrespective of sample composition. In summary, the post-hardened
Mg2Sr1(PO4)2 predominantly contains targeted phase of Mg2Sr1(PO4)2 together with
struvite, indicating a complete phase conversion. In contrast, Mg2.5Sro.s(PO4)2 sample
contains a mixture of f, x and s-phases. Such a difference in the phase assemblage
should have an influence on mechanical strength or in vitro ion release properties. The
results summarized below will either contradict or support this hypothesis.
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Figure 34: XRD spectra of sintered and post-hardened MPC and SrMPC (A) and a section of this spectra
(grey area) for 26 = 20 — 27.5° (B). Post-hardening in DAHP leads to a conversion of farringtonite (f) into
struvite (s). STMPC contain Mg2Sr1(POs)2 (), depending on the overall strontium content.
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SEM and micro-CT analysis?

SEM observation of the surface topography revealed that the round shaped particles
were sintered together (Figure 35). With increasing strontium content, particles seem
to become smaller due to recrystallization. Additionally, porosity and the specific
surface area were increased after sintering, which was confirmed using micro-CT
(Figure 36). During post-hardening, the phase conversion into struvite led to a
densification of the material revealing a decrease in porosity. Since samples were dried
at room temperature after immersion, sharp edged ammonium phosphate (DAHP)

crystals were formed as a consequence of water evaporation.

Mg3(PO4)2 Mgz.ssro.s(PO4)2

Mg25r1(PO4)2
: -\ o LD

Sintered

Post-

hardened

Figure 35: SEM images revealing surface morphology of sintered and post-hardened MPC and SrMPC.

As a part of three-dimensional microstructure evaluation, micro-CT study revealed
the phases within the cement samples (Figure 36). Different grey levels for Sr-
substituted scaffolds revealed a second phase, apart from that already observed for
pure MPC. For Sr-substituted samples, pores were highly interconnected, whereas
MPC had mostly closed pores. It was found that the pores are homogenously

distributed throughout the sample volume, and this aspect was confirmed from

2 Data from micro-CT measurements, visualization and calculation of the pore equivalent
diameter were pursued by Sourav Mandal. Analysis and interpretation of the results were
performed by myself.
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volume rendered images of representative 3D volume of 1416 x 2718 x 1217 um?3 (see
Figure 36, colored images). The porosity of all compositions was in the range of 15—
25 % and was independent of post-hardening, as shown in Figure 37. The pore size
distribution is monomodal and narrow and also very similar for all compositions with
a main pore fraction in the range of 4.5-25 pum (see Figure 37 and Table 14).
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Figure 36: 2D and 3D micro-CT images of sintered and post-hardened MPC and SrMPC samples. The
orthoslice views show porosity in black and bright grey levels as material composing different compounds.
Different colors in the volume rendered 3D sections are representative of pores with varying level of
interconnectivity.

133



5. Strontium substituted magnesium phosphate cements

7 sintered
24 | hardened

Porosity / %

25 50 75 100 125 150 175
Ma.(PO,), Mg,;S1,(PO,),  Mg,Sr(PO,), Pore equivalent diameter (pm)

Counts

75 100 125 150 175 200
Pore equivalent diameter (um)

Pore equivalent diameter (um)

Figure 37: Porosity of sintered and post-hardened MPC and SrMPC calculated from micro-CT data. (A)
Measurement includes pores down to a size of 4 um. (B)-(D) are representative distribution of pore
equivalent diameter for Mga(PO4)2 post-hardened, Mg25Sros(PO4)2 sintered and post-hardened.

Table 14: The mode and median of pore size distribution for cements without strontium and with two
different strontium concentrations was evaluated by micro-CT for sintered and post-hardened samples
(+standard deviation). The equivalent pore diameters for all the samples follow lognormal distribution with a
correlation coefficient of 0.97 — 0.99, irrespective of scaffold composition.

Pore size distribution

Mode in pm Median in pm

Sintered 11.48 + 3.17 26.29 + 3.93
Mgg(PO4)2

Hardened 9.63 +0.00 21.00 £ 0.40

Sintered 9.59 + 0.00 19.73+1.16
MQ2.5Sr05(POa)2

Hardened 10.12 +1.08 21.26 £ 0.86

Sintered 8.42 +1.87 17.74 + 2.00
MQZSrl(PO4)2

Hardened 11.30+3.12 25.67 £2.85
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Mechanical properties

The sintered as well as post-hardened samples of each composition were tested for the
compressive, flexural and tensile strength (Figure 38). Interestingly, post-hardened
samples revealed a higher strength than the respective sintered counterpart. Among
all the tested samples, Mg2.5Sros(POa)2 had the highest strength with a compressive
strength of 36.7 MPa, flexural strength of 24.2 MPa and tensile strength of 10.7 MPa.
The measured strength values indicate that MPC or STMPC is stronger in compression
and weaker in tension with flexural strength lying in between tensile and compression
values. This is consistent with the mechanical behavior of any brittle ceramic. The
weakest samples for both sintering and post-hardening contained the highest
strontium content, i.e. Mg2Sr1(POa4)2. Additionally, the strength reliability of ceramic
samples under tension and compression was evaluated by determination of the
Weibull modulus (m) according to eq. (5.1) — (5.4) (Figure 39). In contrast to the
maximum strength, Weibull moduli were independent of both strontium content and
post-hardening and this has been one of the important observations (see Table 15).
Furthermore, the m values were in the same range between 5.3 and 8.8 for uniaxial-
compression tests and 4.3 — 7.4 for diametral tensile tests (tensile strength). Such
observations therefore indicate the absence of any significant difference between

tensile/compressive moduli for MPC/SrMPC.
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Figure 38: Plot of the strength properties of three compositionally different scaffolds under uniaxial
compression, diametral compression and three point flexural mode (A). A representative plot of stress-strain
response of STMPC under these three different modes is also shown (B).
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Figure 39: Weibull plots for determination of Weibull moduli from compression (A) and diametral tensile
test (B), respectively, for pure MPC and SrMPC. Weibull moduli were calculated according to eq. (5.1)-

(5.4).

Table 15: Summary of Weibull moduli (m * standard deviation) obtained from compressive strength (mcs)
and diametral tensile strength (mors) for cement without strontium and with two different strontium
concentrations.

Weibull modulus m (R?)

Mcs

Mprs

Mgg(PO4)2

MQ2.5Sr05(POa)2

MgZSrl(PO4)2

Sintered
Hardened
Sintered
Hardened
Sintered
Hardened

53+0.3 (0.91)
5.9+ 0.2 (0.96)
6.0 0.3 (0.94)
5.8 +0.1 (0.99)
8.8+ 0.6 (0.88)
7.2+0.2 (0.97)

6.9+ 0.4 (0.92)
7.4+ 0.5 (0.90)
4.3+0.2(0.97)
5.2 0.2 (0.95)
5.4+ 0.2 (0.94)
6.3 + 0.3 (0.95)

Dissolution study

The results of the release and adsorption of Mg?*, Ca?*, PO43-and Sr?* during in vitro

dissolution are shown in Figure 40. The release of Mg?* in solution was highest for

MPC and almost constant over the whole period of dissolution. In contrast, PO4* and

Sr?* release were dependent on the scaffold composition and the post-hardening step.
Both MPC (sintered and post-hardened) and sintered SrMPC had a very low but
consistently slow release. Post-hardened SrMPC showed a very high release within
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the first 6 days and remained high with a constant release afterwards. Among all ions
investigated, PO4% was released most with the highest release of 540 mg/I for the first
day. The cumulative ion release of the cements was calculated for the whole period
of 10 days and referred to the total mass of each sample. Again, the highest Mg?*
release was observed for MPC and it decreased with strontium substitution. Since
cements did not contain any Ca?*, both sintered and post-hardened samples adsorbed
Ca?* ions from surrounding DMEM. Using XRD, no phase conversion was observed
after 10 days (data not shown). The release and adsorption of PO4* depend on the
cement composition. After post-hardening, PO4% ions were released whereas sintered
samples revealed an adsorption during dissolution. Furthermore, the amount of PO4*
release depends on strontium substitution with a higher strontium content leading to
a higher release of PO4s%. This phenomenon can also be observed for Sr?* release
which reached a maximum of 127 mg/l over 10 days.
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Figure 40: Cumulative ion release for the dissolution study in DMEM culture medium for 10 days. Mg?*,
PO.*, Ca?* and Sr** were detected by ICP-MS.
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5.1.4 Discussion
Phase stability

For the present study, MPC was substituted by strontium ions to enhance the bone
formation and therefore support the regeneration of critical size bone defects. The
XRD results confirm the substitution of Mg?* by Sr?* with increasing Mg2Sr1(PQOa)2
content (Figure 34). For the scaffold composition Mg2.5Sros(PO4)2, both farringtonite
and Mg2Sr1(POa4)2 phases were present, whereas farringtonite completely disappeared
for the composition Mg2Sri(POs)2. This means that Mg2sSros(POas)2 is just a
theoretical composition, actually being a mixture of farringtonite and Mg2Sr1(POa)a.

Additionally, MPC and SrMPC were investigated in two different modifications:
sintered and post-hardened. Post-hardening was performed by immersion of sintered
samples in diammonium phosphate (DAHP) solution. The observation of phase
composition (see Figure 34A and B) revealed the formation of struvite for both MPC
and SrMPC according to eq. (5.5):

2 Mgs(PO4)2 + 3 (NHz)2HPO4 + 6 H20 = 6 MgNH4PO4 - 6 H>0 + H3POx (5.5)

Struvite formation was independent of strontium content, suggesting that SrMPC can
also be converted into fast degrading struvite. The absence of a new strontium
containing phase revealed that either an amorphous strontium phosphate was formed

during conversion or that strontium ions were incorporated into the struvite lattice.
Surface morphology analysis using SEM

SEM images of the post-sintered MPC showed round shaped particles fused together
(Figure 35). The round structure on the surface is favorable since sharp edged particles
are known to lead to inflammation of surrounding tissue in vivo [144, 224, 426]. In
our experiments, the lowest possible temperature was chosen for the sintering process
to avoid shrinkage and stresses within the sample such that an optimal mechanical

performance can be achieved. Typical necks between the particles indicate the
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signature of diffusional mass transport during sintering. Also, low sintering
temperatures (i.e. 1100 °C and 1175 °C, respectively) lead to limited grain growth,
which is confirmed by the porous structure of the sintered samples. Importantly, no
signature of phase or lattice conversion was found, as analyzed by the XRD.
Interestingly, phase conversion into struvite due to post-processing results in increase
in particle size. As XRD reveals this conversion to struvite was not completed even
for post-hardened samples, where farringtonite and Mg2Sr1(PO4)2 were found in
samples. Although SEM analysis confirmed the presence of large particles of
converted phase on the surface, we are expecting non-converted inner core with MPC
and SrMPC phases.

3D microstructural analysis from micro-CT?

Importantly, micro-CT data reveal the presence of different phases in three dimension
in highly interconnected porous scaffolds. For STMPC, two different phases were
found, illustrating a phase mixture of MgzSr1(PO4)2 and farringtonite. From the 3D
volume rendered image, we can also visualize the amount of interconnectivity. With
the help of ‘labelling’ module, the pore spaces connected with each other are
considered as single object and shown with same color, whereas each non-connected
pores are colored with different color as they are different ‘objects’. Although the
color code is arbitrary, all the samples show one majorly interconnected pore space
and small fraction of non-connected pores throughout, except in MPC samples. This
can be attributed to the different sintering temperature. For example, MPC samples
were sintered at higher temperature than were SrMPC samples, leading to more
separated pores with least interconnectivity in case of MPC. Although, we see the
presence of more than one material phase qualitatively, there is not enough difference
in X-ray opacity between the converted and non-converted phases to distinguish them

quantitatively. It is important to mention that a homogenous distribution of pores was

3 Data from micro-CT measurements were collected by Sourav Mandal. Analysis and
interpretation of the results were performed by myself.
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noticed and this indicates the efficacy of the adopted printing parameters to generate
homogeneous scaffolds. In addition, pore size and pore size distribution seem not to
be layer dependent such that the manufacturing process of 3DP did not lead to an

anisotropic structure.

The specific surface area of a porous scaffold depends on the pore size and the
degradation is a surface dependent mechanism. Thus, an open porosity and a high
specific surface will lead to a faster and more homogeneous resorption of the scaffold,
in vivo. Interconnectivity, especially found for Sr-substituted samples, will provide a
sufficient nutrient supply, which is essential for the cell invasion and tissue formation.
The extensive analyses of pore sizes in 3D for MPC or SrMPC scaffolds reveal
lognormal distribution with correlation coefficient > 0.98 of pore equivalent diameter
(EqD) (Figure 37 and Table 14). The general mathematical formula of the distribution
is shown here, in terms of probability density function (y, PDF)

1 ( (Inx — y)2> (56)
= exp| ————— )
y xspV2m P 25,2

where, x is lognormally distributed variable (here, EqD), « and sp are location and
scale parameters respectively and the median and mode of the above distribution
function is e* and e* " respectively. This kind of distribution is frequently observed
for various natural phenomena e.g. disease models [427], measure of sizes of living
tissue [428] etc. The median (value that divides the higher and lower half of the
distribution) and mode (value with highest number of data points) of the EqD are quite
close for all the samples with values of 17.74 —26.29 um and 8.42 — 11.48 pym,
respectively (see Table 14). In general, the pore size of interconnected pores is quite
high, especially in case of SrMPC. Although the microporosity of non-connected
pores is too small for osteoblasts or blood vessel ingrowth [208, 210, 383, 429], the
interconnected pore space will have more influence due to high cumulative volume

than non-interconnected micropores, as previously discussed. Moreover, the high
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specific surface area and a fast degradation will probably widen up the micropores,

enabling ingrowth of surrounding tissue at later time point when the implant degrades.
Mechanical strength reliability

Sintered and post-hardened samples were investigated for their mechanical properties
under different loading situations. Similar to a classical brittle ceramic, the strengths
of MPC/SrMPC materials were higher in uniaxial compression, three-point flexural
and diametral tensile mode of loading. This order is also consistent with calcium
phosphate based bioceramics [78]. The compressive strength as well as the tensile
strength is in the range or even exceeds that of cancellous bone, but is still lower than
the strength of cortical bone [430-434]. Pittet and Lemaitre reported that the diametral
tensile strength underestimates the real tensile strength by 85 % [435], which would
lead to a true tensile strength of up to 12.5 MPa for post-hardened Mg2.5Sro.s(POa)z2.
Thus, mechanical properties of all cement compositions reported here are in
accordance with the mechanical properties of a cancellous bone. To further increase
the mechanical properties of the cements like strength or failure resistance, samples
might be infiltrated with other materials (e.g. polymers) (see Section 3). Another very
important parameter for implanted biomaterials is the reliability under different
loading situations. Here, the Weibull modulus quantifies the failure probability with
data obtained from mechanical tests, when weakest link fracture statistics is assumed
[436]. However, determination of Weibull moduli for bioceramics is rare and not
much data are available. For MPC and SrMPC, Weibull moduli were calculated with
data from compression and diametral tensile tests ranging from 5.3 to 8.8 for
compression-based moduli and 4.3-7.4 for tensile-based moduli (see Figure 39 and
Table 15). Since ceramic materials typically exhibit Weibull moduli between 5 and
20 [425], MPC and SrMPC are in the lower half but still within this range. Cordell et
al. [12] observed a relationship between microporosity and the reliability of
bioceramics, which could not be proved by our results. Thus, the failure mechanisms
seem to be much more complex, especially for a system of printed, sintered and post-

hardened samples. Nevertheless, the reliability of magnesium-based ceramics is not
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compromised to any extent by Sr-substitution, enabling the application of these

biomaterials as implant materials.
In vitro dissolution

A dissolution study was performed in order to investigate passive degradation of MPC
and SrMPC in sintered and post-hardened state. lon release into and adsorption from
surrounding body fluids can directly influence ion balance that is required for the bone
healing. A main degradation product of MPC and SrMPC are Mg?* ions. These ions
can be incorporated into newly formed bone equivalently to Ca?* ions [191, 192].
Nevertheless, the buffering effect of bone to a large amount of Mg?* ions is limited,
thus an overdose may lead to hypermagnesemia with severe consequences. The
average daily Mg?* release found in this study was far lower than the maximum daily
uptake for adults [192, 193]. Thus, the release during degradation will likely not have
side effects even for very large implants. The Mg?* release further decreased for
SrMPC with increasing strontium content (Figure 40). This might be either due to
stoichiometric reasons (lower Mg?* ion content in SrMPC) or to a reduced solubility
of SrMPC. Since the PO4* release for post-hardened samples is much higher for
SrMPC than pure MPC, it seems more likely that Mg?* ions were replaced by Sr?*in
the crystal lattice of struvite. The release of PO4* ions was observed only for post-
hardened samples, whereas sintered MPC and SrMPC adsorbed PO4* from the
medium. This can be explained by the changes of the Mg:P ratio, which was 3:2 for
farringtonite and decreased to 1:1 for struvite after conversion. Hence, during
degradation of struvite, more PO4% ions will be released into the dissolution media
than during degradation of farringtonite. Additionally, struvite has a higher
degradation rate than farringtonite [141] and, therefore, this increases the ion
concentration. This phenomenon was even more evident for SrMPC samples.
However, compared to Mg?* and PO4%, the release of Sr?* ions was very low with a
maximum cumulative release of 0.2 mg/g after 10 days, even for post-hardened

Mg2Sr1(PO4)2. The released Sr?*ions can be incorporated into bone tissue [437] and
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can promote bone remodeling or bone formation directly at the implant site [42, 348-
353, 417].

The results obtained in this study indicated that Sr-substitution overall enhanced the
degradation of the magnesium phosphate scaffolds and will likely promote the
ingrowth of new bone tissue. Although Ca?* ions were adsorbed to all sample surfaces,
independent of strontium content in a range of 0.55-0.94 mg/g, XRD analyses did not
show any phase conversion to HA or any other calcium phosphate on the sample
surface. This can be due to several reasons: (1) phase conversion may have occurred
only in a very thin layer which was not detectable by XRD. (2) An amorphous layer
of calcium phosphate was built on the surface. Since no amorphous background could
be detected by XRD, either no phase conversion occurred or the amorphous layer
again was too thin for detection. (3) Beside phase conversion, Ca?*ions could just be
physically adsorbed onto the cement surface. The latter possibility is supported by the
inhibiting effect of Mg?* ions on phase conversion to HA [118, 119] and a continuing

degradation even after 10 days of dissolution.

5.1.5 Conclusion

On the basis of the experimental results analyzed in this paper, the following key

points can be summarized:

(@) Three-dimensional powder printing together with sintering followed by chemical
conversion has been established as a viable processing strategy to fabricate
mechanically reliable Mgs(POs)2 or  Sr-substituted Mgs(PO4)2 based
biodegradable scaffolds. Also, our results illustrate that ultrapure water can be
used as binder.

(b) The critical analysis of micro-computed tomography results clearly infers that 3D
printed SrMPC scaffolds are characterized by highly interconnected porous
architecture with lognormal pore size distribution. The median and mode of such
distribution varies in the range of 8.42 — 26.29 um, depending on the scaffold
composition or the post-printing treatment.
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(c) The compositional design approach followed by combinatorial post-printing
treatment allows targeted phase of Mg2Sri(POa4)2 in higher Sr-substituted MPC.
Also, the chemical hardening treatment favors the struvite phase formation.

(d) A combination of moderate compressive strength around 40 MPa and flexural
strength of 10 MPa can be obtained in Mg2.5Sro.5(POa)2.

(e) The extensive analysis of strength measurements in the light of the weakest-link
fracture statistics reveals that the Weibull modulus is not compromised to any
extent in Sr-substituted MPC. More importantly, Mg2Sr1(PO4)2 scaffolds exhibit
higher Weibull modulus in compression (mes = 8.8) compared to other scaffold
compositions.

(f) The in vitro dissolution experiments revealed slow but consistent release of Sr?*
or PO.% ions together with reduced release of Mg?* ions from chemically hardened
Mg2Sr1(PO4)2 scaffolds.

The above-described property combination can be useful in application of SrMPC as

bioresorbable scaffolds.

5.2 In vitro cell study of three-dimensional powder printed

strontium-substituted magnesium phosphate scaffolds

5.2.1 Introduction

The evaluation of the mechanical performance (as described in Section 5.1) is a
fundamental requirement when thinking of the application as implant material. Since
the material should be used within the human body, the biological response is also a
crucial feature. Although MPC are relatively new in the field of bone replacement
material, they exhibit several advantages over the already established CPC, like a fast
degradation in vivo or the phase stability [118, 119, 141] (see Section 2.4.2 — 2.4.4).
Additionally, the substitution with strontium ions can further support new bone

formation by the intervention in signaling pathways (see Section 2.7.1). For the
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composition tested in terms of mechanical performance in Section 5.1 (Mgz(POa)2,
Mg255Sro5(POa4)2 and Mg2Sr1(PO4)2), a biological investigation was performed. As a
first step, in vitro test with different cell lines in different testing modes are necessary
to investigate such biological responses to the modified MPC. Osteoblast cell lines
were employed, since the strontium addition is said to have a promoting effect on the
proliferation of such cells. On the one hand, cells were seeded directly on the cement
surface, which simulates a cellular colonization in vivo. However, the degradation of
MPC is enhanced by strontium substitution [90] making another indirect test method
necessary. For the indirect cytotoxicity test, cements were immersed in cell culture
media as it was performed for the dissolution study of ion release. After dissolution,
cell response to the altered ion concentration in cell culture media was observed.

5.2.2 Materials & Methods

The evaluation of biological properties was performed by a direct seeding of cement
samples as well as an indirect cytotoxicity test with eluate. For direct cell seeding
samples (n = 4; 11 x 5 mm) with different strontium content were cultured with two
different osteoblast cell lines MG63 and human fetal osteoblast cell line 1.19 (hFOB),
respectively, in a 48-well plate. Prior to testing, cement samples were disinfected with
70 % ethanol. Dulbecco’s Modified Eagle’s Medium (DMEM, Cat.No.: 31966-021,
Gibco, Carlshad, USA) supplemented with 1 % Penicillin-Streptomycin (Cat.No.:
15140-122, Gibco, Carlshad, USA), 1 % HEPES 1M (Cat.No.: 15630-056, Gibco,
Carlsbad, USA) and 10 % fetal calf serum (FCS; Cat.No.: 10270-106, Gibco,
Carlsbad, USA) was applied for MG63. hFOB was cultured in Dulbecco’s Modified
Eagle’s Medium (DMEM/F12, Cat.No.: 313311-028, Gibco, Carlsbad, USA)
supplemented with 1 % Penicillin-Streptomycin, 0.3 g/L Geneticin G-418 Sulphate
(Cat.No.: 11811-064, Gibco, Carlsbad, USA) and 10 % FCS. Polystyrene (PS) served
as reference to control the behavior of MG63 and hFOB during culture and was seeded
with 5:10% cells/ml, whereas cement samples were seeded with 10-10* cells/ml.

Incubation was performed at 37 °C (MG63) and 34 °C (hFOB) and 5 % CO2 over 10
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days, while media was exchanged every 2 — 3 days. After day 3, 7 and 10 cell number
and cell activity were evaluated using a Neubauer chamber and water-soluble
tetrazolium salt (WST) test, respectively. Prior to counting, cells were detached from
scaffold surfaces by incubation with accutase (Cat.No.: L11-007, PAA, Boston,
USA). For WST test cells were incubated with WST-1 reagent (dilution 1:10) and the
supernatant was analyzed with a spectrometer (Tecan SpectraFluor Plus, Tecan,
Maennedorf, Switzerland) at a wavelength of 450 nm. Samples were tested of highly
significant differences (*, p < 0.01) with SigmaPlot 12.5 (Systat Software, Inc., 2011)
in a two way ANOVA and a Tukey test.

Indirect cytotoxicity test was performed with the eluate from cement samples.
Therefore, hFOB were cultured in 48-well plate with a cell density of 83-108 cells/ml.
Cement samples were again disinfected with 70 % ethanol. Samples were immersed
in 412 pl (equal to 1.05 pl/mm3) DMEM/F12 supplemented with 1 % Penicillin-
Streptomycin, 0.3 g/l Geneticin G-418 Sulphate and 10 % FCS. Medium was
exchanged daily and added to cells for cultivation. For each cement n = 4 wells were
seeded and cultivated at 34 °C and 5% COz Culture media with the same
composition was used for the reference. Prior to immersed media exposure, cells were
cultivated for 1 day in as-prepared medium, whereas day 0 was defined as the day of
first exposure. Just as for the direct seeding, after day 3, 7 and 10 cell number and cell
activity were evaluated using a cell counter (Casy, Roche innovates AG, Germany)
and WST test, respectively. Prior to counting, cells were detached from well plate
surfaces by incubation with accutase. For WST test, cells were incubated with WST-
1 reagent (dilution 1:10) and the supernatant was analyzed with a spectrometer.

5.2.3 Results

Biocompatibility was investigated regarding cell number and cell activity over 10
days with MG63 and hFOB (Figure 41) first in a direct seeding of the cement samples.
The results of cultivation with MG63 are shown in Figure 41A and B. Cell number

varied between all three cement compositions especially after 10 days. After 3 days a
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reduction of cells could be observed for all cements. Cells on pure MPC and
Mgz2.5Sro.5(POa)2 proliferated during culture, whereas on cement with the highest Sr?*
concentration cell number remained lower than the seeding density. In general, it can
be stated that with increasing Sr* content cell proliferation decreased for culture over
10 days. A comparison of sintered and post-hardened samples showed no significant
difference for all three compositions. Evaluation of the cell activity by WST test also
revealed differences between MPC and SrMPC. Activity increased dramatically after
7 days for almost all cements. For pure MPC, sintered and post-hardened samples
were comparable. In contrast, post-hardening decreased cell activity for both SrMPC
cements and again a higher Sr?* content led to a reduced activity. For post-hardened
Mg2Sr1(PO4)2 cement no cell activity was recorded over the whole period of culture.
Cells on PS exhibited a normal behavior. With regard to the reference, cell
proliferation was reduced on cement samples but cell activity remained high. That
means a higher cell activity per cell when compared to the reference PS indicating an
active metabolism. To verify the findings from MG63 cell test, the same investigation
was performed with hFOB (Figure 41C and D). The cell number was highest on
sintered MPC over the whole period of cultivation. As already observed with MG63,
cell number dropped below the seeding density for all samples except sintered MPC.
However, cells on post-hardened MPC and sintered Mg25Sros(POa4)2 proliferated
during the following days. In contrast, all other samples remained with low cell
numbers, which became also obvious for the cell activity. Mg2Sr1(POa4)2 and post-
hardened Mgz25Sros(POa4)2 showed hardly any activity over 10 days. The cell activity
of pure MPC and sintered Mg25Sro.5(PO4)2 was in accordance with the cell number.
The proliferation on PS reference was too high, such that cells became confluent and
agglomerated during culture. Furthermore, cell agglomeration was also observed on

pure MPC samples revealing a high proliferation.
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Figure 41: Cell number and cell activity of MG63 (A,B) and hFOB (C,D), respectively, after 10 days of
cultivation. Dashed line indicates the cell number seeded on the samples on day 0. Polystyrene (PS) served
as reference. For post-hardened Mg.Sr1(POa)2 and in the beginning for post-hardened Mg2.5Sro.5(PQO4)2 no
cell activity could be detected. Statistical analysis was performed for sintered and post-hardened samples
among each other. Highly significant (p < 0.001) samples are marked with *.

To avoid the influence of degrading cement surfaces, an indirect test was performed
with eluate from immersed samples. In contrast to direct seeding, the cell number as
well as cell activity of MgzSr1(POa)2 sintered was comparable to Mgz(POs)2 and
Mgz25Sros(POa)2 sintered. But for the post-hardened samples of Mg2.5Sro.5(POa)2 and
Mg2Sr1(PO4)2 hardly any cells and activity was detected. This is in accordance with
the observation from the direct cell seeding. Just Mg2.5Sro.5(PO4)2 hardened showed a
slow regeneration after 10 days indicating cytocompatibility in long-term application.
Since the reference supplied with fresh media showed no noticeable findings, cells

have to be influenced by the eluate.
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Figure 42: Cell number (A) and cell activity (B) of hFOB during an indirect cytotoxicity test with eluate over
10 days with MPC and SrMPC.

5.2.4 Discussion

Strontium substitution of bioceramics was previously demonstrated to have a
promoting effect on osteoblast activity and proliferation [18, 19, 24]. Hence, 3D
printed SrMPC samples were investigated using the osteoblastic cell lines MG63 and
hFOB compared to the references of pure MPC and PS (Figure 41). Additionally, an
indirect test was performed with the eluate from immersed cement samples. First, the
results of both cell lines directly cultivated exhibited the same tendency of a decreased
proliferation and cell activity for an increasing Sr?* content. Since these findings are
contradictory to numerous in vitro and in vivo tests found in literature [18, 19, 21, 361,
438, 439], it is obvious that the contradictive influence observed is not directly
assigned to the Sr?* content. Post-hardened Mg25Sros(POs)2 and Mg2Sri(POs)2
showed a very low or no cell activity and the cell number ranged below the seeding
density when cultured with both MG63 and hFOB cells. One of the reasons for cell
death and a reduced metabolism could be due to the tremendous phosphate release
(Figure 40). Meleti et al. [198] investigated different phosphate concentrations with
regard to their effect on osteoblasts. The down regulation of osteoblast activity was
observed for a phosphate content as low as 3 mmol/l and a concentration of 7 mmol/Il
caused apoptosis of almost all cells within 96 h. The initial release of phosphate ions
for the post-hardened Mg25Sros(PO4)2 and Mg2Sri(POs)2 cements was 5.6 and
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4.7 mmol/l and the cumulative release reached 8.5 and 10.9 mmol/l, respectively.
Thus, a negative influence on the cultured osteoblasts cannot be excluded. However,
this theory is still controversial and the influencing mechanisms are not completely
understood [440]. Another reason could be found in the modified surface morphology
of SrMPC (Figure 35). The single particles of STMPC were smaller compared to those
of pure MPC, which could lead to an altered cell response. Furthermore, during cell
culture SrMPC scaffolds degraded and cement particles were released into
surrounding media. This again can have two effects: (1) Loose particles can influence
osteoblast function such as proliferation or production of extracellular matrix as it is
already known from CPC particles [441]. (2) Due to surface degradation cell
attachment is either directly inhibited or attached cells are removed together with the
particle. Since lots of cement particles were observed during cell counting via
microscopy, the latter mechanism seems to have the strongest impact on the results.
Taking into account that strontium-substituted bone cements are already proved to
have beneficial effects on bone remodeling and tissue ingrowth [18-21] a highly
resorbable implant material supports the replacement of bone substitutes by new bone

tissue.

To exclude an influence of loose powder particles, an indirect test was performed. For
all sintered samples the cell number as well as the cell activity were comparable to the
reference supplied with fresh media. In these cases, it could be assumed that the high
degradation rate is the predominant factor leading to low cell numbers for the direct
cell seeding. However, the post-hardened samples of Mg2sSros(PO4)2 and
Mg2Sr1(PO4)2 exhibited very low to no cell numbers and activities. This is in
accordance with the results from the direct cell seeding, which excludes the effect of
degradation. The reason for the cell death could be the extremely high phosphate
release during culture (see Figure 40), as already observed in literature [122, 197-199]
and described above. The post-hardened Mg25Sros(POa4)2, however, showed a slow

regeneration after 10 days of cultivation. This gives a hint that not all cells were killed
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by the phosphate release and that a recovery was possible. Especially for long-term

applications, the cytocompatibility could be sufficient.

Taken both direct and indirect seeding into account, strontium-substituted MPC that
were only sintered were cytocompatible over the period of 10 days without any
adverse effect of ion release. The high degradation rate has to be considered in in vitro
tests and further tested in vivo. Post-hardening of the SrMPC seemed to increase the
degradation rate and, therefore, the ion release in a way that the phosphate release has
a negative impact on cell proliferation and activity. In all cases, a promoting effect on
osteoblast proliferation, as it is described in literature, could not be confirmed. This
could be due to the low Sr?* concentrations that have been released. The initial release
was only high for post-hardened Mg25Sros(PO4)2 and Mg2Sri(POas)2 (16 mg/l and
60 mg/l, respectively) compared to the other samples (< 2.8 mg/l). In literature
controversial in vitro results are found for different Sr2* concentrations. The effective
dose for an increased cell proliferation was in the range of 4500 — 10500 mg/I [442],
whereas no effect could be found for concentrations between 16 and about 2500 ppm
[442-444]. Since the beneficial effects on bone growth are often shown, just further

in vivo test can clarify this discrepancy.

5.2.5 Conclusion

The substitution with Sr?* enhanced the degradation of the pure MPC, which entails
technical challenges for in vitro studies. The direct seeding of cement samples is on
the one hand reasonable in terms of an implant material, but on the other hand just
valid for non-degradable or very slowly degradable materials. This could be found in
the differences in direct and indirect seeding, especially for the sintered
Mg2.5Sr05(POs)2 and Mg2Sr1(PO4)2. Nevertheless, a fast degradation involves a high
ion release, which could influence cellular behavior. The post-hardened
Mg25Sro5(POs)2 and Mg2Sri1(PO4)2 had such high phosphate release that almost all
cells became apoptotic. Although, a promoting effect of Sr®* on osteoblast

proliferation could not be verified, the degradation could be tuned by Sr?* addition.
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Apart from that, these in vitro tests cannot be directly transferred to in vivo outcomes

without further investigation.
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6. Future perspectives

Different processing techniques with numerous materials and additives have been
demonstrated to optimize mechanical as well as biological properties of CPC and
MPC. However, these were only basic investigations and often poof of principles,
which have to be further tuned for a specific application. For some studies, already
established techniques were combined or transferred. One of those studies examined
the fiber reinforcement during 3DP, an established reinforcing technique transferred
to an AM technique for the processing of cement raw powders. Basically, gypsum
was used together with non-degradable polymeric fibers and glass fibers as a model
material. The green strength could be enhanced, although the system was not
optimized regarding interfacial bonding. As a next step, these findings can be used to
reinforce a biomedically relevant material like CPC or MPC with biocompatible
fibers. As those matrix materials undergo a setting reaction during the printing process
[278], the mechanical performance of the finished construct can be improved.
Therefore, an optimization of the interface between fiber and matrix would be
necessary to exploit the potential of energy absorbing effects like debonding, fiber
pull-out or crack deflection [9, 289, 293, 294]. The treatment of the fibers would be
analogous to conventionally fabricated composites by means of a chemical or physical
pretreatment [9, 298-300]. According to the application and the patients’ needs, the
components can be selected regarding degradable or non-degradable use.
Biodegradable materials open up further possibilities apart from a steady and
complete replacement by new bone tissue. By the combination of a fast degrading
fiber with a slowly degrading cement matrix, channels or porous structures can be
created that form after a certain temporal offset. Especially for polymeric fibers, this
time offset can be tuned e.g. via chain length to guarantee an initial osseous integration
of the implant. After fiber dissolution remaining channels are favorable for
vascularization [17, 308, 445] and further bone ingrowth [297, 318] into the implant.
This ensures a long-term nutrition supply of newly formed tissue and the invasion of
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bone forming cells [17]. Furthermore, a combination of two different fiber types and
a CPC or MPC matrix could be employed. If the fibers differ in terms of dissolution
rate, channels or pores appear at different time points of degradation. Therefore, after
the dissolution of one fiber type vascularization and bone ingrowth can take place and
simultaneously another fiber type can maintain the mechanical properties [318]. This
further supports the implant integration and the mechanical stability of a patient-

specific implant that was fabricated by 3DP.

The principle of fiber reinforcement was also employed for centrifugally casting. This
technique was adapted from construction industries, where tubular structures like
drainpipes are fabricated by the centrifugation of a curing slurry [5, 6]. In medicine,
the replacement of the diaphysis of long bone is also based on tubular structures that
can be fabricated by centrifugally casting of a bioceramic slurry. The hollow shape of
the tube is favorable for the ingrowth of bone marrow and the invasion of bone
marrow derived cells [10-15]. However, such defects often occur in load-bearing
regions like the femur or tibia and need a treatment with damage tolerant materials.
The brittle bioceramics could be reinforced with fibers and fiber meshes, although the
interface was again not optimized for the matrix. Numerous parameters can be adapted
to further enhance the damage tolerance of the composite including the fiber material,
content, length and arrangement. Again, degradable and permanent implants can be
realized with different material combinations. However, each change in composition
entails an adaption of the parameters regarding the components (e.g. cement
composition) as well as the processing set-up (e.g. rotation time). As could be shown
for a pure MPC, such an optimization can be easily performed within the same device

resulting in the desired composite.

Apart from the fiber reinforcement, another strategy to obtain a damage tolerant
composite can be employed. The already established dual setting system of HA and
HEMA was used to demonstrate the feasibility of tube production with centrifugally
casting. In contrast, a transfer of such a dual setting system to the 3DP was not attained

yet. The 3DP technique uses commercially available cartridges for binder application.
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Those cartridges are chemically not resistant against some components of the dual
setting system, which makes a binder application impossible. For centrifugally
casting, the cement slurry is prepared prior to processing, which is similar to
conventional molding. As HA and HEMA are a non-degradable model for a dual
setting system, the application of degradable and more biocompatible dual setting
systems would be desirable [336, 337]. However, a problem that will always occur
for such damage tolerant materials is the high deformation and measurement errors in
mechanical tests. Different tests that are closer to the real load situation in vivo should
be established for such composites to not distort the performance evaluation.
Furthermore, the test conditions have to be considered, as such dual setting systems
often contain hydrogels, whose mechanical performance is highly dependent on the
water content and the temperature [446]. Also graded structures are hard to produce
with other AM techniques, since different raw materials are involved. The variety of
graded structures already studied [324] illustrates the need for such constructs with
superior properties. With centrifugally casting, different ion substituted cements can
be combined as well as CPC and MPC, which offers a versatile tool box to tune
mechanical and biological properties. Since centrifugally casting is also capable of
fabricating patient-specific implants, this technique can be not just an adequate
alternative to common AM techniques but an extension of fabrication possibilities.
Thus for materials undergoing a dissolution/precipitation reaction or even for
polymers hardly any limitations exist for this process, whereas the processing

parameters have to be adapted to each composition.

The incorporation of vancomycin as a model drug demonstrated that also different
drugs, growth factors or proteins can be added to such graded structures within the
process. The additive selection is just limited by the combination with the cement
matrix, as it would also be for conventionally molded samples. The process itself
implies no further limitations like denaturation due to heat or adverse interactions with
machine components. The graded structures in combination with drug loading
introduced new features and even a long-term release became possible. Since the drug
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could be combined with a cement matrix, pH-dependency of cement solubility can be
exploited for the drug release. Bacterial environment is often acidic [405, 406]
resulting in an enhanced cement matrix solubility (Figure 1) and, therefore, an
enhanced drug release through enlarged pores. By this method, a drug release on
demand can be reached to even more efficiently fight local infections, while
minimizing adverse effects on the patients’ organism. Other drugs, growth factors or
proteins have to be tested with this manufacturing technique with respect to different
applications. However, the study with vancomycin already showed that for a long-
term release the degradation of the additive has to be considered and further
investigated. Since vancomycin disintegrated in several fragments, the efficacy of
those fragments against bacteria has to be evaluated. When thinking of other additives,
a disintegration with the loss of efficacy during a long-term exposition at 37 °C has to
be taken into account. However, such considerations just rose due to the possibility of
a long-term release being the first step towards a local treatment of implant infections.

3DP as a commercially available AM technique can be applied for numerous
applications and materials. In contrast to centrifugally casting, 3DP entails the
introduction of pores in double-digit to low triple-digit micrometer range together
with a high interconnectivity. These are ideal conditions for nutrition supply, cellular
invasion, vascularization and bone ingrowth [17]. Additionally to the biological
advantages, such implants exhibit a high mechanical reliability. With the help of
Weibull statistics such reliabilities can be calculated, which should be performed for
all biomedical applications, as the reliability is one of the most important features of
an implant. Since 3DP is a uniform process independent of the operator, the reliability
of the implant will be ensured, which is even more important for a transfer to
commercial products. The Sr¥*-substitution in this study was not yet optimized for an
osteoblast promoting effect, although the impact of Sr?* ions on bone formation is
already well investigated [18-24]. As Sr?* ions also enhance the degradation of the
substituted cement, the release has to be considered for each degree of substitution to

obtain a maximum promoting effect and a minimum adverse effect of released
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phosphate ions. Therefore, the study showed that there is always a discrepancy
between direct and indirect cell seeding especially for fast degrading cements. This
makes the combination of both tests indispensable for an evaluation of cell response

and with that an optimization of the biological behavior in vivo.
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7. Summary

The main focus of this thesis was the processing of different calcium and magnesium
phosphate cements together with an optimization of mechanical and biological
properties. Therefore, different manufacturing techniques like 3D powder printing and
centrifugally casting were employed for the fabrication of reinforced or biomedically

improved implants.

One of the main problems during 3D powder printing is the low green strength of
many materials, especially when they are only physically bonded and do not undergo
a setting reaction. Such materials need post-treatments like sintering to exhibit their
full mechanical performance. However, the green bodies have to be removed from the
printer requiring a certain stability. With the help of fiber reinforcement, the green
strength of printed gypsum samples could be increased by the addition of polymeric
and glass fibers within the printing process. The results showed that fiber
reinforcement during 3D powder printing is possible and opens up diverse
opportunities to enhance the damage tolerance of green bodies as well as directly
printed samples. The transfer to biomedically relevant materials like calcium and
magnesium phosphate cements and biocompatible fibers would be the next step

towards reinforced patient-specific implants.

In a second approach, centrifugally casting derived from construction industries was
established for the fabrication of hollow bioceramic cylinders. The aim was the
replacement of the diaphysis of long bones, which exhibit a tubular structure with a
high density of cortical bone on the fringe. By centrifugation, cement slurries with
and without additives could be fabricated to tubes. As a first establishment, the
processing parameters regarding the material (e.g. cement composition) as well as the
set-up (e.g. rotation times) had to be optimized for each system. In respect of
mechanics, such tubes can keep up with 3D powder printed tubes, although the
mechanical performance of 3D printed tubes is strongly dependent on printing
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directions. Additionally, some material compositions like dual setting systems cannot
be fabricated by 3D powder printing. Therefore, a transfer of such techniques to
centrifugally casting enabled the fabrication of tubular structures with an extremely
high damage tolerance due to high deformation ability. A similar effect was achieved
by fiber (mesh) addition, as already shown for 3D powder printing. Another
possibility of centrifugally casting is the combination of different materials resulting
in graded structures to adjust implant degradation or bone formation. This became
especially apparent for the incorporation of the antibiotic vancomycin, which is used
for the treatment of bacterial implant infections. A long-term release could be
achieved by the entrapment of the drug between magnesium phosphate cement layers.
Therefore, the release of the drug could be regulated by the degradation of the outer
shell, which supports the release into an acidic bacterial environment. The
centrifugally casting technique exhibited to be a versatile tool for numerous materials
and applications including the fabrication of non-centrosymmetric patient-specific
implants for the reconstruction of human long bones.

The third project aimed to manufacture strontium-substituted magnesium phosphate
implants with improved biological behavior by 3D powder printing. As the promoting
effect of strontium on bone formation and the inhibitory impact on bone resorption is
already well investigated, the incorporation of strontium into a degradable magnesium
phosphate cement promised a fast integration and replacement of the implant. Porous
structures were obtained with a high pore interconnectivity that is favorable for cell
invasion and bone ingrowth. Despite the porosity, the mechanical performance was
comparable to pure magnesium phosphate cement with a high reliability of the printed
samples as quantitatively determined by Weibull statistics. However, the biological
testing was impeded by the high degradation rate and the relating ion release. The
high release of phosphate ions into surrounding media and the detachment of cement
particles from the surface inhibited osteoblast growth and activity. To distinguish
those two effects, a direct and indirect cell seeding is always required for degradable
materials. Furthermore, the high phosphate release compared to the strontium release
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has to be managed during degradation such that the adverse effect of phosphate ions

does not overwhelm the bone promoting effect of the strontium ions.

The manufacturing techniques presented in this thesis together with the material
property improvement offer a diverse tool box for the fabrication of patient-specific
implants. This includes not just the individual implant shape but also the application
like bone growth promotion, damage tolerance and local drug delivery. Therefore, this

can act as the basis for further research on specific medical indications.
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Der Fokus dieser Dissertation lag auf der Verarbeitung von Calcium- und
Magnesiumphosphatzementen zusammen mit der Optimierung mechanischer und
biologischer Eigenschaften. Dazu wurden verschiedene Produktionsverfahren wie
beispielsweise der 3D Pulverdruck und der Schleuderguss verwendet, um mechanisch

verstarkte oder biomedizinisch verbesserte Implantate herzustellen.

Eines der Hauptprobleme des 3D Pulverdrucks ist die geringe Festigkeit des
Griinkérpers vieler Materialien, besonders wenn diese lediglich physikalisch
gebunden sind und keine Abbindereaktion durchlaufen. Solche Materialien missen
nachbearbeitet werden, beispielsweise durch Sintern, um ihre volle mechanische
Leistungsfahigkeit zu entfalten. Die Griinkdrper missen jedoch aus dem 3D Drucker
entnommen werden kdnnen, was eine gewisse Stabilitat erfordert. Mit Hilfe der
Faserverstarkung konnte die Festigkeit von gedruckten Griinkdrper aus Gips erhéht
werden, indem Polymer- und Glasfasern innerhalb des Druckprozesses eingebracht
wurden. Die Ergebnisse zeigten, dass Faserverstarkung innerhalb des 3D
Pulverdrucks mdglich ist und dabei vielfaltige Mdglichkeiten erdffnet, um die
Schadenstoleranz von Grinkdrpern wie auch von direkt gedruckten Proben zu
verbessern. Der néchste Schritt hin zu verstérkten, patientenspezifischen Implantaten
ware die Ubertragung auf biomedizinisch relevante Materialien wie Calcium- und

Magnesiumphosphatzemente und biokompatible Fasern.

In einem zweiten Ansatz wurde der aus dem Baugewerbe stammende Schleuderguss
fur die Herstellung hohler Zylinder aus Biokeramik etabliert. Das Ziel war es, die
Diaphyse von Rohrenknochen zu ersetzen, die eine tubulére Struktur mit einer hohen
Dichte an kortikalem Knochen am Rand aufweist. Durch Zentrifugieren konnten
Zementpasten mit und ohne Additive zu Roéhren verarbeitet werden. Zundchst
mussten dabei die  Prozessparameter  beziiglich Material (z.B.

Zementzusammensetzung) ebenso wie bezlglich der Einstellungen (z.B.
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Rotationszeiten) fiir jedes System optimiert werden. Im Hinblick auf ihre
mechanischen Eigenschaften kénnen solche Réhren mit 3D pulvergedruckten Rhren
mithalten, obwohl die mechanische Leistungsféhigkeit von 3D gedruckten Réhren
stark von der Druckrichtung abhdngt. Zusétzlich koénnen einige
Materialkombinationen wie dual-abbindende Systeme nicht mit 3D Pulverdruck
verarbeitet werden. Daher ermgglicht eine Ubertragung solcher Techniken auf den
Schleuderguss die Fertigung tubuldrer Strukturen mit extrem hoher Schadenstoleranz
aufgrund hoher Verformbarkeit. Wie bereits fiir das 3D Pulverdrucken gezeigt, konnte
ein ahnlicher Effekt durch die Zugabe von Fasern (Geweben) erzielt werden. Eine
weitere Mdoglichkeit des Schleudergusses ist die Kombination verschiedener
Materialien zu gradientenartigen Strukturen, um den Implantatabbau oder die
Knochenbildung anzupassen. Dies war besonders wichtig fur die Einbringung des
Antibiotikums Vancomycin, das fiir die Behandlung bakterieller Implantatinfektionen
eingesetzt wird. Eine Langzeitfreisetzung konnte durch den Einbau des Arzneistoffs
zwischen Magnesiumphosphatschichten erreicht werden. Dadurch konnte die
Freisetzung des Wirkstoffs durch den Abbau der duReren Hiille geregelt werden, was
die Freisetzung in das saure Milieu von Bakterien unterstltzt. Der Schleuderguss
erwies sich als vielseitiges Werkzeug fiir viele Materialien und Anwendungen, was
die Herstellung von nicht-zentrosymmetrischen, patientenspezifischen Implantaten

zur Rekonstruktion von menschlichem Réhrenknochen einschlief3t.

Das dritte Projekt zielte auf die Herstellung Strontium-substituierter
Magnesiumphosphatimplantaten  mittels 3D  Pulverdruck mit verbessertem
biologischen Verhalten ab. Da die unterstiitzende Wirkung von Strontium auf die
Knochenbildung und die Hemmung des Knochenabbaus bereits eingehend untersucht
sind, versprach die Einbringung von Strontium in den abbaubaren
Magnesiumphosphatzement eine schnelle Integration und Ersatz des Implantats. Es
konnten pordse Strukturen mit einer hohen Poreninterkonnektivitat erhalten werden,
was forderlich flir die Einwanderung von Zellen und das Einwachsen von Knochen

ist. Neben der Porositat waren auch die mechanischen Eigenschaften vergleichbar mit
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reinem Magnesiumphosphatzement mit einer hohen Verlasslichkeit der gedruckten
Proben, was quantitativ durch eine Weibullstatistik bestimmt wurde. Die biologische
Testung wurde allerdings durch die hohe Degradationsrate und der damit
einhergehenden lonenfreisetzung erschwert. Die hohe Freisetzung von Phosphationen
in das umgebende Medium und die Ablésung von Zementpartikeln von der
Oberflache verhinderten das Wachstum und Aktivitat der Osteoblasten. Um diese
beiden Effekte voneinander unterscheiden zu kdnnen, war eine direkte und indirekte
Zellbesiedelung der abbaubaren Materialien notwendig. Des Weiteren muss die hohe
Phosphatfreisetzung im Vergleich zur Strontiumfreisetzung wéhrend des Abbaus
derart gesteuert werden, dass die negativen Effekte der Phosphationen nicht die
Forderung des Knochenaufbaus durch Strontiumionen tiberwiegen.

Die in dieser Dissertation dargestellten Fertigungstechniken zusammen mit der
Verbesserung der Materialeigenschaften bieten eine vielfaltige Palette zur Herstellung
patientenspezifischer Implantate. Dies beinhaltet nicht nur eine individuelle
Implantatgeometrie, sondern auch eine Verbesserung der Schadenstoleranz, die
Forderung des Knochenwachstums sowie eine lokale Wirkstofffreisetzung. Daher
kann diese Arbeit als Grundlage fir weitere Forschung im Bereich spezifischer,

medizinischer Indikationen dienen.
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