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Preface

"A biomaterial is a nonviable material used in a medical device, intended to interact with
biological systems." (Williams, 1987)

In early days, natural materials that were available in the environment were used as
biomaterials. In the first known description of medical fracture management (the Edwin
Smith Papyrus of Ancient Egypt, circa 2600BC), a splint and bandage with honey, grease, and
lint were used for a humerus fracture stabilization [1]. About 2000 years ago, the Chinese,
Aztecs and Romans were already using soft and malleable gold to fill tooth cavities, and high
strength, relatively lightweight wood for limb and tooth prosthetics [2]. Some of this
treatment protocols remained for over 4000 years. The oldest implants for internal fixation of
fractures were made from various materials (ivory, bone, and metals of bronze, lead, gold,
copper, silver, brass, steel, and aluminum alloys) [3]. With ivory and bone used as pegs for
intramedullary fixation, also the first materials that showed the ability to be reabsorbed by the
body have been applied [4, 5]. Nicholas Senn, an American surgeon, who performed
pioneering work on the application of ivory and bony fixation devices, can in that regard be
called the father of biodegradable implants [6, 7]. Just in the last 150 years the advancement
of techniques and technology and the effort of several important surgeons were responsible
for further development and improvement of biomaterial devices. Naturally occurring
biomaterials were ousted by synthetically produced polymers, alloys, and composites. These
novel materials had numerous advantages, including enhanced mechanical, chemical and
biological performance, improved functionality, and high reproducibility [2]. The first study
of metallurgy in internal fracture fixation was performed by H.S. Levert in 1829. Levert
studied platinum, lead, silver, and gold in vivo to understand the biocompatibility of each
metal [8]. The inventions of anaesthesia (William Thomas Green Morton 1846), antisepsis
(Joseph Lister 1865) and X-rays (Wilhelm Conrad Röntgen 1895) were mainly responsible
for further influences of operative treatment methods of fractures [7]. Developments of all
kinds of osteosynthesis, i.e. plates (Hansmann 1886), external fixation (Parkhill 1897) and
intramedullary nails (Schöne 1913) followed [7]. In that consent the first textbook to deal
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with osteosynthesis "Traité de l’immobilisation directe des fragments osseux dans
lesfractures" was published in 1870 by Laurent Jean Baptiste Bérenger-Féraud [9].
The most influential pioneer of using magnesium (Mg) as a biomaterial was the
physician Erwin Payr from Graz, Austria whose versatile clinical applications and reports
inspired many other clinicians to advance the field of biodegradable magnesium implants to
various surgical areas [10]. Erwin Payr performed his first experiments on Mg resorption in
1892 [11]. In 1898, Payr was supplied with barely available biodegradable devices in forms
of pure Mg sheets and plates, pins, spheres, wires, pegs, cramps and nails from the company
I. Rohrbeck in Vienna, Austria for animal and human trials [11, 12]. It was Lambotte and
Verbrugge, who recommended the use of Mg implants for osteoynthetic applications in
several clinical areas including supra- and condylar fractures in children, lower arm
diaphyseal fractures, malleolus fractures, and phalanx and metacarpal fractures, after
performing clinical investigations in children around 1906 [13, 14] (notable that the same
clinical indications are discussed nowadays again). However, as controlling mechanism of
corrosion behavior of Mg in vivo had not been resolved, Mg was pushed into the background
parallel to the development of vanadium steel (William O'Neil Sherman, 1912) [15],
corrosion resistant stainless steel (1931) [16], cobalt alloys (Charles Scott Venable and
Walter Goodloe Stuck in 1936) [17], and titanium alloys (Gottlieb Leventhal in 1951) [18].
Mg was as a consequence no longer investigated as a material for medical application [19].
Rapid advancements in material synthesis, fabrication and modification techniques,
the molecular biology revolution of the 1970s and advances in genomics and proteomics in
the 1990s and 2000s, and the demand for extended improvement of the health and wellbeing
of humankind have paved the way for a rapidly expanding market and the fully potential of
biomaterials development [2]. Modern materials are required to enhance device performance,
to improve function, deliver biactive compounds and achieve the goal of tissue regeneration
[20]. These demands transitioned the biomaterials science from a practitioner-driven
discipline to a multidisciplinary field of science [2]. Biomaterials are nowadays investigated
and developed in an interdisciplinary manner according to their complex relationship
between chemical and physical properties and the biological response they illicit in vitro and
in vivo [2].
The demand for short-term, non-permanent implants is set especially in children, but
also as the general population ages. Furthermore, there are expectations in the advancement
of implant-materials from bioinert to biocompatible/bioabsorbable to those designed to
v

stimulate/promote tissue responses [20]. The "re"-development of biodegradable magnesium
implants is one of such emerging biomaterials. The Laura Bassi Center "Bioresorbable
Implants for Children - BRIC" comprised multidisciplinary expertise for the development
and investigation of new functional biomaterials. BRIC's overall aim is the improvement of
fracture healing in infants and reduction of invasive surgery by the development of a
bioresorbable Mg-based implant, which provides functional support and biodegrades after
fracture healing, making a second operation for implant removal unnecessary. This thesis
highlights the multidisciplinary development process of an innovative implant that takes into
account the characteristics of a growing metabolism, and defines material specifications in
biodegradation, mechanical performance, biocompatibility and biofunctionality.
This thesis would not have been possible without the financial support from the Laura
Bassi Center of Expertise BRIC (FFG – Austria). Many thanks to all collaborators,
colleagues, industry and university partners, as their expertise and stimulating discussions
have contributed significantly to the quality of this work. I am particularly grateful to Prof.
Annelie Weinberg, who leaded the project in an inimitable enthusiastic manner. Last but not
least I would like to acknowledge the staff at the "Hahnhof" (Institute of Biomedical
Research, Medical University of Graz) for their years and years of great collaboration and
support.

Stefan Franz Fischerauer
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German Abstract
Die Anforderungen an Biomaterialien für eine osteosynthetische Anwendung sind
stark gestiegen: Neue Biomaterialien sollten mit dem Körper interagieren und Eigenschaften
wie Bioaktivität und Biofunktionalität besitzen. Sie sollten den Heilungsprozess steuern und
unterstützen, und in einigen speziellen klinischen Indikationen (z.B. Trauma) sollten sie nach
vollbrachter Funktionsarbeit zunehmend degradieren, in den Körper aufgenommen, oder über
natürlichem Weg wieder ausgeschieden werden. Diese Anforderungen öffneten ein neues
Forschungsfeld, welches in den letzten Jahren ein zunehmendes weltweites Interesse von
Materialwissenschaftlern, wie auch Molekularbiologen und Ärzte erfuhr. Aktuelle klinische
Anwendungsgebiete für solche biodegradierbaren Materialien, welche

mechanische

Voraussetzungen und biologische Anforderungen mit einander verbinden, ergeben sich für
kardiovaskuläre Stents und orthopädische Implantate.
Magnesium ist eines dieser vielversprechenden Materialien, da es nicht nur ein
essenzielles Element im menschlichen Körper stellt, sondern auch als ein Leichtmetall
mechanische Eigenschaften beinhaltet, die dem natürlichen Knochen sehr ähnlich sind, und
darüber hinaus noch die Fähigkeit besitzen in jeder wässrigen Lösung zu degradieren. Der
Fokus dieser Dissertation lag in der Bestimmung von biologischen Eigenschaften von
Magnesiumlegierungen, im Speziellen deren Biodegradation, Knochen-Implantat-Interaktion,
Biokompatibilität und Biofunktionalität.
Es konnte belegt werden, dass Magnesiumlegierungen alle Voraussetzungen für eine
orthopädische

Anwendung

aufgrund

ihrer

vielversprechenden

mechanischen,

elektrochemischen und biologischen Eigenschaften erfüllen. Letztere entscheiden jedoch über
die Erfolgsraten in einer klinischen Anwendung. Zukünftige Entwicklungsstrategien von
Magnesiumlegierungen sollten daher auf Materialreinheit, körpereigene, unbedenkliche
Legierungselemente und auf Strategien für einen homogenen, langsam voranschreitenden
Degradationsprozess achten.
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Abstract
Nowadays the requirements for biomaterials in osteosynthetic application are very
high: New biomaterials should interact with its host and possess properties like bioactivity
and biofunctionality. They should support and promote the healing process and in some
specific clinical indications (e.g. trauma), they should progressively degrade and be ex- or
included by the organism after their work is fulfilled. These requirements opened up a new
field of research and gained increasing interest of material scientists as well as molecular
biologists and physicians around the world in the last decade. Currently targeted clinical
applications for such biodegradable materials that combine mechanical requirements and
biological demands are cardiovascular stent application and orthopaedic surgery.
Magnesium is one of those promising materials as it is not only an essential element
in the human organism, but also a light metal with mechanical properties that are close to the
natural bone with the ability to degrade in any aqueous solution. The focus of this thesis was
to examine the biological properties of Mg-alloys with special regard on biodegradation,
bone-implant-interface, biocompatibility and biofunctionality.
It has been shown that Mg-alloys can fulfil all requirements for an orthopaedic
application due to its promising mechanical, electrochemical, and biological properties. The
latter however is the most essential issue for a successful clinical application. Future
development strategies of Mg-alloys therefore need to address material purification, nontoxic endogenous alloying elements, and strategies for a homogenous gradual degradation
process.

xi
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1 Introduction
1.1 General background informations
1.1.1 Basics of fracture healing
Bones represent the only tissue with the ability of full restitutio ad integrum, without
the formation of scars, once they are damaged. If an adequate vascular support is present, the
pattern of fracture repair is dictated by the biomechanical environment [21]. Indeed,
sufficient bone healing can only occur subsequently to a restoration of a mechanically stable
environment, which can be achieved by a natural process of healing (callus formation), or by
the use of external or internal osteosynthetic stabilization techniques. Two types of fracture
healing are distinguished, which are determined by the degree of provided mechanical
stability.
A fracture fixation with absolute stability without micromotion at the fracture site
under physiologic load (interfragmentary deformation less than 2% [21]), results in a primary
or direct bone healing by a biological process of osteonal bone remodeling [22]. Absolute
stability can only be achieved by surgical intervention with application of rigid, nongliding
compression plates or lag screws. In primary bone healing, no callus formation or resorption
of fracture ends occurs. Instead, a rigid contact between fracture fragments leads to a direct
Haversian remodelling with gradual replacement of irregularly oriented osteons by lamellar
longitudinal orientated bone [21]. The bridging of the fracture gap progresses at a rate of 50100μm/day [23]. If, under absolute stability, a fracture gap remains, the fracture site will be
primarily filled by intramembranous bone formation (perpendicular orientated laminar bone
formation at gaps less than 800μm to 1mm, and woven bone formation at larger gaps) and
secondarily remodelled with longitudinal orientated laminar bone [21, 24].
In a natural bone healing process or under flexible fixation methods, the
biomechanical stability is relative (a certain amount of fragment motion occurs). The
consequent secondary or indirect bone union is very similar to the process of embryological
bone development and includes both intramembranous and endochondral bone formation
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[22]. Hunter described four classic stages of natural bone repair occurring after a fracture
[25]:
x

Inflammation

x

Soft callus formation

x

Hard callus formation

x

Remodelling

}

Repair

The inflammatory phase begins immediately after the initial trauma. A disruption of
the medullary vessels and extravasation of blood results in a hematoma and ischemic necrosis
of the bone. The hematoma sets the fundament for the repair phase by releasing growth
factors, thereby stimulating angiogenesis and bone formation [21]. Necrotic fracture ends are
resorbed by macrophages, which can be seen by a widening of the fracture gap. Studies have
shown that the proliferative vascular response and the degree of bone resorption are mainly
affected by the condition of the surrounding soft tissues [26].
In the repair phase, the injured bone attains a continuous increase of mechanical
stability. With the transformation of hematoma into granulation tissue due to immigration of
mononuclear cells and fibroblasts, the mechanical withstand ability against tensile force
raises up to 0.1 Nm/mm2 [27]. In the next step the granulation tissue matures into connective
tissue. Due to production of collagen fibres by fibroblasts the ultimate tensile strength lies
between 1-60 Nm/mm2 (elongation at rupture is 17%) and the interfragmentary strain
decreases [21]. Mesenchymal stem cells differentiate into chondrocytes or osteoblasts by the
guidance of numerous growth factors (e.g. TGF-β, BMPs) [21]. Starting from the endostal
and periostal layer an external and internal fibrocartilaginous callus forms and bridges the
fracture gap ("bridging callus") [28]. This "soft callus" resists compression, but its ultimate
tensile strength are similar to those of connective tissue (4-19 Nm/mm2; 10-12,8% elongation
at rupture) [29]. Callus formation enlarges the cross-sectional diameter of the fracture and
increases the resistance to bending [21]. The amount of callus produced depends on
compromised vascularization and the stability of the fracture, and increases proportional to
fracture instability [21]. Mineralization of the soft callus occurs centripetally and eventually
forms a "hard callus" [30]. Further vascularisation and immigration of osteoprogenitor cells
form new trabeculae similar to endochondral ossification [21]. The hard callus provides an
ultimate tensile strength of 130 Nm/mm2, but its Young's modulus is high (10,000 Nm/mm2),
and its elongation ability limited to 2% [30]. At the end of the repair phase, bone union is
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achieved and the bone has regained enough strength and rigidity to allow low impact exercise
[21, 31].
In the final remodelling phase morphological adaption of bone to functional demands
takes place by a balanced action of osteoclastic resorption and osteoblastic depostion.
Piezoelectric affection of osteoclasts and osteoblasts and the Wolff's law influences the cell
activity under loading. Laminar bone remodelling up to the restitutio ad integrum may last
for 6-9 years depending on the age of a patient [32].
Summarazing, healing under restricted motion, e.g. under the application of
intramedullary nails, external fixators, or bridging plates, proceeds intermediately to
biological immobilization by a callus formation, whereas a callus-free repair only occurs
under absolute rigid stabilization [21]. The type of bone healing can thus be significantly
influenced by the type and material of fracture fixation.
The duration of stable fracture consolidation is depending on a patient’s age, the type
of a fracture, the degree of fracture dislocation and the fracture localization. The younger the
patient, the shorter the fracture consolidation time. Fracture consolidation in children under
the age of 5 years may take only one week. Metaphyseal fractures heal faster than diaphyseal
fractures and diaphyseal transverse fractures slower than oblique fractures [33].

1.1.2 Principals of internal fracture stabilization
The central goals of an injured patient treatment are early mobilization and regain of
function. Historical fracture treatment methods include immobilization, traction, amputation
and internal fixation. Conservative fracture management with immobilization by casting or
extension treatment resulted often in a handicap than in a support of function [22]. In the late
19th century, the concept of open reduction, internal fixation (ORIF) has gained a significant
upturn after the invention of anaesthesia, antiseptic prophylaxis and therapy, and X-ray
documentation, as well as due to the industrial revolution. The first application of plates,
screws, and wires in the 1880s and 1890s, however, were complicated by many obstacles,
such as infection, poorly conceived implants and techniques, metal allergy, and a limited
understanding of the biology and mechanics of fracture healing [34]. Also, less knowledge
about the role of fixation and missing respect for soft tissues impaired the outcome [22].
During the 1950s, Danis and Muller began to evolve the principles and techniques of internal
fixation [35]. The subsequent foundation of the Arbeitsgemeinschaft für Osteosynthesefragen
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(AO; Assosication for the Study of Internal Fixation (ASIF)) has been a central figure in the
exploration of fracture healing, understanding of relevant biological processes, development
of technologies and techniques, documentation and interpretation of results, and
dissemination during the last half century. Advancements in biological and mechanical
science eventually led to contemporary fixation theories and techniques [36].
During a fracture, the bone looses its functionality of bearing weight. By the use of an
osteosynthesis this function can be restored immediately. The AO has defined following
treatment principals with regards to the patient, his environment, the injury mechanism, and
specific properties of the fracture [22]:
x

fracture reduction and fixation to restore anatomical relationships;

x

fracture fixation that provides absolute or relative stability in adaption to the
"personality" of the fracture, the patient, and the injury;

x

preservation of the blood supply to soft tissues and bone warranted by gentle
reduction techniques and carful handling;

x

early and safe mobilization and rehabilitation of the injured part and patient.
The main aim of osteosynthesis is the achievement of an instant and, if possible,

unrestricted recovery of function of the injured extremity and the soonest remobilization of
the patient. Restoration of the anatomy, stable fracture fixation with preservation of blood
supply, and early mobilization of the patient are therefore designated as the substrate of a
good internal fixation [22].
The influence on bone healing of diverse fracture stabilization techniques is mainly
based on their mechanical function. In a non-treated fracture, semi-rigid stabilization of the
fracture fragments will be provided naturally by muscle contraction and local swelling. A
non-reduced fracture will however result in an unaligned shape of the bone, thus leading to
severe functional impairments. Therefore, the conservative treatment begins with a reduction
of the fracture fragments under traction to restore length, axis, and rotation. A correct
position will be maintained by an external splinting. The mechanical efficiency may be
diminished by a loose coupling of the fracture ends because of interjacent soft tissues [22].
Flexible stabilization is provided by the use of nails, external fixation or bridging
plates (e.g. Küntscher-nails). There exists no clear definition about the elastic properties or
amount of relative stabilization of the implants, which are required for appropriate fracture
stabilization. All flexible stabilization techniques have in common that interfragmentary
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micromovements occur, which can on the one hand induce a callus formation, but on the
other hand also suppress a direct bony consolidation. This depends mainly on the
interfragmentary ductility and local hydrostatic pressure, which influence the immigration of
cells, as well as their functionality [22]. Flexible fixation allowing micromovements can
thereby positively influence the formation of callus tissue [37, 38]. However, if the
interfragmentary stability is too low (instability), a bony bridging will fail and lead to a
pseudarthrosis, even when a hard callus formation was already achieved [39]. On the other
hand, a more rigid fixation without interfragmentary movements can lead to stress shielding
and inhibitation of callus formation [40].
Absolute rigid stability can only be achieved by compression of the fracture
fragments. This can be performed by special designed lag screws or compression plates. The
result would be an intramembranous direct bone healing without a preliminary stage of callus
formation. Compression screws have to ensure an interfragmentary static pre-strain for the
whole duration of fracture healing [22]. Rigid fixation systems are mainly applied in
intraarticular or metaphyseal fractures, as well as in fractures with a distinct disturbance of
the local blood supply [22]. Intraarticular fractures require an anatomical reposition and
absolute stability to ensure the healing of the joint cartilage and early mobilization [22].

1.1.2.1 Specifics of paediatric fracture treatment
The paediatric skeleton differs significantly from adults' because of a continuous bone
growth. By that, it undergoes anatomic changes, which are the reasons for specific fractures,
which do not appear in adults. Paediatric bones possess the unique ability to correct certain
fracture malalignments and dislocations such as axial deviations, rotation deformities and
fracture shortening, spontaneously. Paediatric fractures do almost always heal, whereas
pseudoarthroses are barely observed. The younger the child, the higher is the probability of a
fast bone healing. However, a risk of growth disturbance has to be considered, and long-term
morbidities have to be avoided. Thus, a successful trauma management requires a profound
knowledge of bone physiology, child-specific patterns of fracture morphologies and
therapeutic concepts including conservative castings and children- and age-specific
osteosynthesis techniques [41]. For the treating physician it is important to evaluate each
injured child towards its physical and psychological development to set an age-dependent
fracture management. A common treatment goal is an achievement of early mobilization and
reintegration into daily's life. This led to the current trend of early surgical fracture
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management. Nevertheless, the treatment has always to be as atraumatic and painless as
possible, wherefore conservative treatment should be favored whenever justifiable [42].
Conservative treatment
Conservative treatment should not require general anaesthesia and can be generally
performed in all non-dislocated paediatric fractures. However, in dislocated diaphyseal and
metaphyseal fractures the conservative treatment by casting after reduction is also an
appropriate method. Due to the high spontaneous correction potential, minor axial deviations
can be tolerated in children. The correction potential of a fracture mainly depends on the
patient's biological age (greatest below age of 10), the fracture proximity to the growth plate
and its growth potency (metaphyseal fractures correct better than diaphyseal fractures), and
the functional load of the axial deviation itself (correction by remodelling or asymmetric
physeal growth) [33, 42].
Operative treatment
The aim of an operative intervention is provide an efficient osteosynthesis that allows
functional and/or static load stability and rapid mobilization of the patient. This requires,
especially in paediatric fracture management, an experienced surgeon who is skilled in
different osteosynthesis techniques, has an adequate knowledge of the available materials and
is aware of the type of fracture, related age-specific spontaneous correction potential, and
possible expected growth disturbances [42]. Further considerations should maintain that
every surgical treatment go along with a certain risk of morbidities and can cause deeply held
anxiety to the paediatric patient.
Open reduction and fracture fixation become more important in children with
increasing age and body weight and are in general necessary in following indications:
x

dislocation of intraarticular epiphyseal fractures with a visible step or fracture
dehiscence of ≥ 2 mm,

x

luxations with osseous and/or ligamentous injuries,

x

fractures with associated nerve or vascular injuries,

x

open fractures of 2nd and 3rd degree, and

x

fractures irreducible in closed technique or remaining unstable after reduction,
requiring exploration and surgical stabilization thereafter.
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In children below the age of 12 years, most fractures that require surgical stabilization
are treated by Kirschner-wire (K-wire), elastic stable intramedullary nails (ESIN) or external
fixators, whereas above the age of 12, fractures are treated in correspondence to adult trauma
management and need an osteosynthesis that serves a greater stability such as provided by
plate osteosynthesis or reamed intramedullary nails [33, 41, 42].

1.1.3 Biomaterials for orthopaedic devices
Materials for osteosynthesis have to provide basic requirements of mechanical
function, biocompatibility and applicability. When it comes to osteosynthesis, appropriate
biomechanical and biological properties are important to stabilize a fracture until the bone
healing has completed and the bone has regained its normal function. An osteosynthetic
implant has thereby the function to reduce the interfragmentary strain of the fracture gap in a
magnitude that physiologic callus formation can take place. Biomaterials like metals,
ceramics, polymers, glasses, carbons and composite materials play a significant role in many
aspects of contemporary orthopaedic treatments. Especially, various metallic biomaterials
have been employed to substitute damaged structural components and to restore lost
functions in the human body. Metals provide high stiffness, strength, ductility, fracture
toughness, hardness, corrosion resistance and biocompatibility at the same time. For that
reason, metals have been the material of choice for loadbearing roles like fracture fixation
and total joint arthroplasty. For implant manufacturing Fe, Cr, Co, Ni, Ti, Ta, Mo and W are
used [2], although the three principal metal alloys in orthopaedics are: (1) titanium-based
alloys, (2) cobalt-based alloys, and (3) iron-(stainless steel) based alloys. They all have in
common a high corrosion resistance, which has led to their widespread use as loadbearing
implant materials [8]. The invention of commonly used stainless steel 316LV, CoCrMo-alloy
ASTM F75/F76, CoNiCrMo ASTM F562, commercially pure titanium CPTi ASTM F67, and
Ti-6Al-4V have provided immeasurable benefits to patients by maintaining, restoring or
enhancing function and level of activity, thus positively contributing to the overall quality of
life. Although in some cases, orthopaedic biometals have been associated with adverse local
and remote tissue responses, mainly because of degradation products generated by wear and
electrochemical corrosion [43]. The amount of material release, the location and quantity of
material deposition, the chemical form of the released degradation products, and finally the
pathophysiological interactions and consequences of these degradation products determine
the clinical limitations of the current implants. These limitations can include the development
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of inflammation arising from limited long-term bio- and haemo-compatibility, inadequate
tissue integration, and time- dependent deterioration of the biomaterial properties [2, 44, 45].
Not always is the implant with the highest strength and stiffness the most appropriate.
The choice of implant-material always depends on the circumstances. In dependence to the
presented demands, a more stable and mechanically more tolerant material can be more
appropriate than an electrochemically inert and biologically superior, but mechanically
weaker material [22].
To define the most appropriate material, selection depends on biomechanical, as well
as biofunctional properties. Mechanical properties of implant materials are usually defined in
the following characteristics:
x

Stiffness
Stiffness is the resistance of an implant against deformity. Stiffness is depending on

the specific elastic modulus of a material but can also be influenced by implant design and
dimension. It has been shown that materials with lower elastic modulus can reduce stress
shielding (a reduction in bone density as a result of the removal of normal stress from the
bone by an implant) [46].
x

Strength
Strength is the ability of an implant to withstand an applied stress without failure. The

ability to resist against cyclic loading and fatigue failure is however in implantology more
important than the static strength [22]. The strength can also be influenced by size and
dimension of an implant.
x

Ductility
Ductility is the material's ability to deform under tensile or torsional stress. In practice

maximal torques are usually limited with the use of torque handlers to prevent an implant
failure [22].
x

Corrosion resistance
Corrosion is the gradual destruction of materials by chemical reaction with their

environment. Corrosion determines thereby the release of ions or molecules into the
surrounding tissue. In conventional materials a high corrosion resistance and long durability
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is envisaged, whereas by the application of degradable materials a controlled breakdown and
corrosion after loss of functionality is supposed to occur (s. biodegradation).
x

Surface structure
In implants like plates or screws, the force transmission occurs through friction

between the implant and the bone. Special surface treatments can therefore improve the boneimplant-interface and increase the biofunctionality of the implant (s. biofunctionality) [22].
In addition to mechanical material characterizations, the biological properties and
biological function of an osteosynthetic material are defined as:
x

Biocompatibility
The definition of biocompatibility has been renewed and adapted for many times

since the fast advancements of implantology. Williams definition of biocompatibility has
been one of the latest and most widely accepted definitions: "Biocompatibility refers to the
ability of a biomaterial to perform its desired function with respect to a medical therapy,
without eliciting any undesirable local or systemic effects in the recipient or beneficiary of
that therapy, but generating the most appropriate beneficial cellular or tissue response in
that specific situation, and optimising the clinically relevant performance of that therapy"
[47]. The adjective "biocompatible" subsumes thereby a variety of mechanisms of interaction
between biomaterials and tissues or tissue components and can only be considered in the
context of the characteristics of both the material and the biological host within which it is
placed [48].
x

Bone-Implant-Interface properties
The interface between implant and bone is one of the most crucial issues in

implantology. In this area, local inflammatory reactions, biofilm formations, but also cell or
bacterial adhesion, osteointegration and mechanical friction takes place. Frequently the result
of a successful treatment occurs in this region. Bone-implant-interface properties include
mechanical, electrochemical and also moleculobiological function of a material. But also
implant design, implantation technique and the level of disturbance of the local blood supply
have a particular influence of the quality of the bone-implant-interface [49].
x

Biofunctionality
Several factors can affect the biological response to implanted materials.

Improvements in implant design, surface preparation, osteoinductive or osteoconductive
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coatings, or the implementation of additives like antibiotics or bone morphogenetic proteins
are used to improve implant longevity and functionality. Implants are thereby no longer
supposed to act simply inert to the host organism. Modern biofunctional materials try to
enhanced fracture healing by evoking positive local tissue reactions.
x

Biodegradation
Biodegradation describes a material breakdown in a biological environment. The

degradation mechanism are various at different biomaterials and mainly depending on
electrochemically respectively plasticizing reactions in an aggressive aqueous and ionic
milieu like blood, biological reactions of adsorbed proteins, and on oxidizing agents and
enzymes secreted by adhered cells (e.g. macrophages) [8]. The degradation products formed
during this process are meant do be non-toxic and non-irritating to the surrounding
environment and possess the same biocompatibility as the bulk material.
Recently, there has been an increasing demand for biofunctional materials that
combine fundamental mechanical support with enhanced functional properties including
advanced biocidal and antifouling surface properties, enhanced fracture healing and patient
recovery, and/or increased biocompatibility [2]. Therefore, biomaterials and implants that
minimise patient’s morbidity and the length of hospital stay have been in the focus of
biomaterial research. In the last years, there has been a considerable amount of attention in
the development of fully absorbable/degradable implant devices. These devices are
specifically designed to remain physico-chemical stable for a predefined length of time. Once
their task is completed, the implantable device undergoes controlled degradation under the
influence of the physiological environment [2, 50]. Under such biodegradable metals that can
support tissue regeneration and healing, particularly where a load-bearing function is
required, especially Magnesium (Mg) is considered as one of the most promising
biomaterials [51].

1.1.4 Magnesium as biodegradable material for osteosynthesis
Magnesium was first discovered by Joseph Black in 1755 and named after Magnesia,
a district of Eastern Thessaly in Greece, where it appeared in great quantities. Mg is the
eighth most abundant element in the world, however it is rarely found in its pure form due to
easily bonding with other elements. It was initially produced by Sir Humphrey Davy in 1808
and industrial production began in Germany 1886. Having a density of 1.7g/cm, Mg is the
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lightest of all structural metals (33 percent lighter than aluminum and 75 percent lighter than
steel). It also possesses excellent heat dissipation, damping, and electromagnetic shield.
These made the material peculiar attractive for automotive and aerospace industry, but also
for modern sport equipment and electronic devices.
Besides being a lightweight metal, Mg ions are the fourth most abundant metal ions
within the human body, half of it stored within bone tissue. Mg2+ is present in every cell type,
essential to human metabolism and therefore highly biocompatible and non-toxic [52-56].
This opened the door for many medical applications. In early days Mg was used for ligatures,
plates, and screws, although most failed because of low purity levels or lacking knowledge
about corrosion behavior [13, 57-60]. Starting in the early 2000s, advancement in Mg purity
and better understanding of corrosion kinetics, have reenhanced the research of Mg as a
biomaterial. One main research area of Mg is its application as resorbable intravascular stent
for the treatment of arterial disease. The other one is osteosynthesis, as Mg offers high
primary stability, high tensile strength and resistance to fracture, high damping capacity, ease
of machinability, biocompatibility, and biofunctionality [2, 20]. However, what truly
differentiates Mg from other metallic biomaterials is its ability to degrade in an organic
environment [20].
Mg corrodes in a neutral aqueous environment due to the chemical reaction of
Mg(s) + 2H2O(aq) = Mg(OH)2(aq) + H2(g),
generating one hydrogen gas molecule per one atom of Mg. This degradation has secondorder effects. On the one hand, magnesiumhydroxide has been shown to promote bone
regeneration [61] and possesses osteoconductive properties [62], but on the other hand, a too
quick material degradation can result in toxicity, loss of mechanical strength, localized
hydrogen gas accumulation and alkalisation [10]. In fact, a high susceptibility to corrosion of
Mg limits it clinical application as biomaterial.
It has been shown, that alloying Mg with other elements is the most profound way to
influence the corrosion behavior. Since that realization by Boyer in 1927 [63] and the
pioneering fundamental work of Hanawalt in the 1940s [64, 65], many variations in Mgalloys were designed with different physico-chemical properties. In fact, by adding certain
ligands it has been reported that the corrosion rate can be altered over many magnitudes
(ranging fromm 1-100 mm/y), which is unique for a metal system [66]. Boyer and Hanawalt
outlined that two factors control the corrosion of Mg: (1) Alloy purity, as impurities like Fe,
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Nu and Cu accelerates the corrosion rapidly [65], and (2) scavenging of impurities by the
addition of other elements to create specific intermetallic phases [63]. Although, most alloys
have been developed on the basis of physical properties, such as strength, ductility, creep
resistance ore ease of production, because pure Mg is incapable of providing the mechanical
properties required for many implant applications [20, 53, 67, 68]. The most frequent
utilization of alloying elements in metallurgy for magnesium based implants are listed in
Table 1.1. However, the addition of many alloying elements, especially rare earth elements,
remains under discussion with regard to their potential toxicity. The evaluation of their
definite applicability in a biodegradable context will be one of the major issues in coming
years.
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Table 1.1: Current alloying elements for Mg-based implants (modified from [20, 69])

Alloying Element

Aluminium

Calcium

Iron

Manganese

Rare Earths (Cerium,
Lanthanum, Neodymium)

Yttrium

Zinc
Copper
Zirconium

Influences on Mg corrosion
Al is more noble than Mg and the most common addition to Mg alloys [70].
Al increases mechanical properties and ease of castability. Al additions
below the solubility limit can slightly decrease Mg corrosion by lowering
the rate of anodic reaction [71]. Mg-Al alloys have the lowest corrosion rate
of commercial available Mg alloys [70].
Ca additions at levels below the solubility levels do not affect or slightly
increase corrosion rates in Mg, although additions above the solubility limit
(~1 wt%) lead to exceptionally high corrosion rates [66]. By the addition of
Ca the ductility of the bulk material can be increased.
Fe is an unfortunately common impurity in Mg alloys. With a very low
solubility limit in Mg (~0,001 wt%), already small amounts can increase the
corrosion rate significantly. Typically, the Fe content must be less than
0.005 wt%) [70].
Manganese is primarily added to magnesium alloys to improve the corrosion
resistance [71]. This is achieved by reducing the harmful effects of
impurities via incorporation of essentially insoluble metals into an
intermetallic phase [63, 64].
The strength of the bulk material is increased linear with the total RE
content. The influence of RE additions on corrosion rate depends upon the
type of the RE elements. The increase in corrosion from Nd additions is less
than that arising from Ce or La [72].
Yttrium can refine the microstructure, change the morphology of
intermetallic phases, and decrease slightly the corrosion rate [73].
The yield strength of magnesium alloys can be increase with its zinc content
[74]. In MgZnCa alloys the formation of intermetallic phases with high Zn
content lead to an increased degradation susceptibility [75, 76].
The addition of copper increase the strength of magnesium casts, but also
accelerates magnesium alloy corrosion rate in a NaCl solution [77].
Excess Zr causes significant corrosion, however Zr at low levels in
multielement alloys react innocuous [78].
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1.2 Aim of the project and outline of the thesis
Because of the growing skeleton, bone implants are generally removed in children. Of
about 170,000 children injured annually in Austria, 15-20% are subjected to osteosynthesis.
This number has constantly increased in the recent past [79]. Due to a lack of knowledge and
implementation of child-specific bone implants, paediatric surgeons are still forced to use
permanent implants with their need for a second intervention for removal. The use of
biodegradable implants instead of permanent ones would lead to several major benefits: An
implant removal would be unnecessary, thus reducing physical and psychological stress and
associated morbidity in pediatric patients. Costs would be saved by the avoidance of a second
surgery and a reduction of hospitalization time. In addition, a significant benefit for children
could be achieved, when fracture healing was encouraged by special properties of these
implants. Furthermore, by the implementation of biodegradable implants, a lot of associated
benefits could be transferred to adults’ orthopaedic surgery and traumatology.
To improve fracture healing in infants and reduce invasive surgery, a clear-cut goal
has been set: Development of a new implant material meeting the special requirements of
children. This includes a bioabsorbable, specially designed implant that (1) takes into account
the characteristics of growing patients such as different metabolism, growth rates, fracture
healing time, and mechanical properties of immature bones, (2) provides an adequate
biocompatibility that causes no chronic local or systemic inflammation and does not contain
elements that can be harmful for children in a long-term relation, and (3) supports the healing
process due to biofunctional and/or mechanical properties.
In a successful implant development process, the knowledge of scientists from
different research fields, which encompass basic science (biology, chemistry, physics),
engineering and medicine science, is required. In fact, most biomaterials, which are currently
used, derive from applications from non-medical industries. The knowledge transfer from
other scientific fields and engineering can facilitate the establishment of new methodologies,
but can also lead to problems of understanding and miscommunication. In this aspect,
educational cross-disciplinary communication is one of the key issues in the development
process of new functional materials. To successfully translate biomaterial science to
clinically important medical devices, the capability of the implant material and requirements
of the host must be clearly defined, and the complex physical and chemical interactions
between biological systems and implant material familiar to both, engineers and physicians.
Important implant characteristics like mechanical properties, processability, reproducibility,
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and scalability of the technology, which is used to produce the biomaterial and the final
implant, must be geared to biological criteria like biodegradation, bone-implant interfaces
biocompatibility, and biofunctionality.
Simplified, the realization of a novel functional implant depends on material
engineering design, testing in vitro, in animals and in humans, clinical realities, and the
involvement of industry permitting product development and commercialization [8]. Figure
1.1 displays the interdisciplinary development workflow between medical science, materials
science and industry involvements.

Figure 1.1: Interdisciplinary development process of a biofunctional material

Outline of the thesis
This thesis focuses on the biological characterization of novel Mg-based implants.
The clinical applicability of a new implant as an osteosynthetic device requires sufficient
mechanical properties on the one hand, and acceptable biodegradation, bone-implantinterface properties, biocompatibility and biofunctionality on the other hand. The former can
be easily tested under laboratory investigations. Biological testing, however, requires
standardized and reproducibly settings of a complex environment. As in vitro tests are not
able to fully emulate every complexity of the human body, in vivo tests are still necessary for
some basic science researchs questions. The following chapters exemplify the in vivo
characterization of the major biological properties in the development process of a new
biodegradable Mg-based alloy.
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2 Evaluation of the Biodegradation Behavior
Functional biomaterials are meant to degrade within its environment after loosening
its functional relevance. In fracture healing the biodegradation is supposed to go along in
equilibrium with the recovery of the bone. Implant and bone, both are determining the
mechanical load capacity of the limb. Thus, stabilization and implant integrity has to be
ensured especially in early stages of fracture healing. Further, the products of material
degradation should not harm the surrounding tissues or accumulate elsewhere. Material
interactions with the environment make the degradation process a complex mechanism that is
hardly reproducible in in-vitro settings.
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Magnesium Alloys for Temporary Implants in Osteosynthesis: In-vivo
Studies of their Degradation and Interaction with Bone
Tanja Kraus, Stefan F. Fischerauer*, Anja C. Hänzi, Peter J. Uggowitzer, Jörg F. Löffler,
Annelie M. Weinberg
ACTA BIOMATER. 2012; 8(3): 1230-1238
This study investigates the bone and tissue response to degrading magnesium pin
implants in the growing rat skeleton by continuous in vivo μCT monitoring over the entire
pin degradation period with special focus on bone remodeling after implant dissolution.
Moreover the influence on tissue performance of the gas release upon the degradation of
magnesium is addressed. Two different magnesium alloys – one fast degrading (ZX50) and
one slow degrading (WZ21) – were used for evaluating the bone response in 32 male Sprague
Dawley rats. After femoral pin implantation μCTs were performed every 4 weeks over the 24
weeks study period. ZX50 pins exhibited early degradation and released large hydrogen gas
volumes. Considerable callus formation occurred. However, bone function was not
permanently harmed and the bone recovered unexpectedly fast after complete pin
degradation. WZ21 pins kept their integrity for more than 4 weeks and showed good
osteoconductive properties by enhancing bone accumulation at the pin surface. Despite
excessive gas formation, the magnesium pins did not harm bone regeneration. At smaller
degradation rates, gas evolution remained unproblematic and the magnesium implants proved
good biocompatibility. Online μCT monitoring is shown to be suitable for evaluating
materials degradation and bone response in vivo providing continuous information on the
implant and tissue performance in the same living animal.
Keywords: Magnesium; biodegradation; growing rat skeleton; in vivo small animal imaging;
microfocus computed tomography (lCT)
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2.1 Introduction
In the recent years extensive research on magnesium and its alloys as potential
biodegradable implant materials has been carried out [1-7]. Biodegradable magnesium alloys
are more suitable for load-bearing implant applications than their polymeric counterparts due
to their superior mechanical strength. Moreover, since their elastic properties resemble those
of bone, they are considered ideal for hard tissue implants employed in fracture stabilization
because stress shielding is avoided and bone regeneration is enhanced [1, 2]. Previous in vivo
and in vitro studies have shown that magnesium alloys exhibit good biocompatibility with no
systemic inflammatory reaction or affection of the cellular blood composition [3-6]. In
addition, high mineral apposition rates and increased bone mass were found around
degrading Mg implants in bone [7]. The beneficial influence of magnesium has been
emphasized further in a study showing that the bone–implant interface strength and
osseointegration is significantly greater for magnesium than for conventional titanium
materials [8]. Using materials that degrade in physiological environments renders subsequent
surgical intervention for implant removal after tissues healing [1, 3]. This is of great benefit
because morbidity related to repeated surgery is reduced and additional health costs are
avoided. It makes temporary implants also very attractive in pediatric cases – which are, as
potential end application, in the focus of this study – where the growing bone is less
interfered and its regeneration after fracture is supported.
Specific properties must be fulfilled in order to use biodegradable implants as material
for osteosynthesis in a growing skeleton. The key issues include (i) an adequate stability
during fracture healing, requiring sufficient strength to hold the replaced fracture; (ii)
degradation and full regeneration of the bone structure within 12–15 months, requiring a
moderate and homogeneous degradation performance in equilibrium with the bone healing
process; and (iii) biocompatibility, requiring an adequate biological response. Magnesium is
considered to meet many of these requirements. However, the fact that its degradation is
accompanied by hydrogen gas formation (Mg + 2H2O o Mg(OH)2 + H2, [9]) has abated the
optimistic predictions for its use in osteosynthesis, because its degradation generally results
in considerable gas accumulations in the surrounding tissue [7]. Therefore, recent studies
focused mainly on assessing the corrosion performance of various Mg alloys in vitro and in
vivo and finding compositions that enable slow and homogeneous degradation [5, 10, 11]. It
has remained unclear, however, to what extent gas accumulations are harmful and whether
bone healing is negatively affected thereby. To our knowledge studies focusing on the bone
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behavior at the end of the degradation process are also lacking as most studies were
concluded before entire implant degradation was achieved. Thus, in this study we investigate
the bone behavior during and after complete degradation of Mg pin implants by continuous
μCT monitoring in the same living animal and by histological analysis.
Since its introduction by Feldcamp et al. [12], μCT has gained enormous significance
in the quantitative assessment of cancellous bone [13]. In anthropology, this method of
microarchitecture imaging finds widespread application, besides histological sectioning,
planar radiography, and medical computed tomography [13]. The high-resolution imaging,
with a resolution of tens of microns, is a pivotal advantage of μCT over previously used
methods, since studies have indeed demonstrated that accurate assessment of trabecular
architecture depends on image resolution [14]. Moreover, μCT based on quantitative bone
morphometry is key for three-dimensional (3D) measurements of trabecular bone structure
[15].
The animal model deployed in our study is the growing rat skeleton. This model was
chosen for two reasons: (i) the anatomical size of the laboratory rat is considered appropriate
for bone implant experiments in small animals, and (ii) feasibility of μCT examination is
guaranteed within the entire growth process of the rat and even on full-grown animals. For
gaining information on the influence of the degradation rate and thus the gas formation rate
on bone healing, two different Mg alloys were evaluated: the alloy ZX50 and the alloy WZ21
(their compositions are listed in Table 1). Both alloys have similar mechanical performance
and a chemical composition considered promising for temporary implant applications [5, 16,
17]; however, they considerably differ in their degradation performance. The alloy ZX50
degrades rather rapidly in vitro in physiological solutions and was deliberately chosen to
achieve complete degradation in an appropriate time period. It represents also a material that
evolves considerable amounts of hydrogen gas in short time periods. For Mg alloys to be
used as viable implant materials, their degradation rates should not exceed the healing rate of
the affected tissue, however. For adults they should maintain their mechanical integrity at
least for 12–18 weeks [1, 7], while in pediatric trauma patients a shorter presence in the bone
is tolerated. To study the effect of gas evolution besides the fast degrading ZX50 material the
alloy WZ21 was used as reference material degrading slowly and thus exhibiting much
smaller gas formation rates than ZX50 [5].
Based on this concept the present study aims at answering the following essential
questions: (i) How fast do the selected alloys degrade in vivo and how long do they maintain
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their integrity, respectively? (ii) To which extent does the hydrogen gas evolved upon
degradation of the magnesium implants irritate the surrounding tissues? (iii) Is the living
organism able to remodel the alterations caused by the degradation after complete absorption
of the implant? And (iv), is μCT the appropriate method for evaluating the degradation
performance of such temporary implants and studying the related tissue response?

2.2 Materials and methods
2.2.1 Implants
In the present study, machined cylindrical pins made of two different Mg–Zn alloys
were used. All implants were 1.6 mm in diameter and 8 mm in length, and exhibited a
smooth polished surface. The biodegradable magnesium alloys ZX50 and WZ21 were
recently developed for the purpose of degradable implant applications [16, 17]. Their
nominal compositions are shown in Table 2.1. The ZX50 alloy typically exhibits a yield
stress of 210 MPa, an ultimate tensile strength of 295 MPa, a uniform elongation of 18%, and
an elongation at fracture of 26%. The WZ21 alloy features a yield stress of 150 MPa, an
ultimate tensile strength of 250 MPa, a uniform elongation of 20%, and an elongation at
fracture of 28%. Thirty-two pins per alloy were implanted. The pins were carefully drymachined with clean tools to avoid contamination and allow for good surface quality. After
machining they were cleaned in a cascade of pure ethanol in an ultrasonic bath and dried in
warm air.
Table 2.1: Nominal chemical composition in weight-% of the two magnesium alloys implanted. Alloy ZX50 degrades faster
than alloy WZ21. The alloys were produced using direct chill casting and hot extrusion. Details on alloy fabrication process
and the microstructures are given in [16, 17].

Alloy

Mg

Zn

Ca

Mn

Y

ZX50

Balance

5

0.25

0.15

-

WZ21

Balance

1

0.25

0.15

2

2.2.2 Experimental design
All animal experiments were conducted under animal ethical respect and were
authorized by the Austrian Ministry of Science and Research (accreditation number BMWF66.010/0113-II/10b/2009). Rats were housed in groups of four in clear plastic cages on
standard bedding. Water and a standard pellet diet were given ad libidum.
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Thirty-two male Sprague–Dawley rats with a body weight of 140–160 g and five
weeks of age were used in this study. The rats were divided in two groups: sixteen rats
belonged to the “continuous-μCT” group and sixteen to the “histological” group. Each rat in
each group got two identical pins (either WZ21 or ZX50) implanted into its femoral bones.
Accordingly eight rats with ZX50 and eight rats with WZ21 were assigned to the
“continuous-μCT” group while eight rats per alloy belonged to the “histological” group. The
rodents in the “continuous μCT” group underwent μCT evaluation at the 7th day after
operation followed by further μCT examinations every four weeks up to the 24th week.
Histological examinations were performed at week 4, 12, 24, and 36 post operationem in
which two rats of each group (ZX50 and WZ21) were sacrificed.
2.2.3 Surgical procedure
Volatile isoflurane (Forane®, Abbot AG, Baar, Switzerland) was administered for
general anesthesia proceeded by a subcutaneous combined sedation, administering a mixture
of Fentanyl (20 μg kg-1 Fentanyl®, Janssen-Cilag GmbH, Neuss, Germany), Midazolam
(400 μg kg-1 Midazolam Delta®, DeltaSelect GmbH, Dreieich, Germany) and Medetomidine
(200 μg kg-1 Domitor®, Pfizer Corporation Austria GmbH, Vienna, Austria).
The mid-diaphyseal region of the femur was exposed through a lateral approach. A
drill (1.5 mm) with ascending diameter (Synthes®, Paoli, PA, USA) was used to prepare the
transcortical implantation bed with the longitudinal axis of the drill hole perpendicular to the
longitudinal axis of the femoral diaphysis. Drilling was performed at low rotational speed of
200 rpm and profuse physiological saline irrigation was applied using a syringe in order to
minimize frictional heat and thermal necrosis. The cylindrical implant was inserted by gentle
tapping, resulting in a uniform press fit. After transcortical placement was ensured, the
operating field was irrigated thoroughly with physiological saline solution and the wound
was closed in layers. Thereafter the contra-lateral side was operated in the same way and by
using the same type of implant. The general anesthesia was then antagonized by an
intraperitoneal injection of a mixture of Naloxone (120 μg kg-1; Narcanti®, Torrex Chiesi
Pharma GmbH, Vienna, Austria), Flumazenil (50 μg kg-1; Anexate®, Roche Austria GmbH,
Vienna, Austria) and Atipamezole (250 μg kg-1; Antisedan®, Pfizer Corporation, Vienna,
Austria). Postoperatively all animals received 200 mg kg-1 Caprofen (Rimadyl®, Pfizer
Corporation, Vienna, Austria), which was injected subcutaneously on the day of operation to
ensure analgesia. During the first postoperative week (up to the 7th day) analgesia was
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maintained by administration of 60 mg Piritramid (Dipidolor®; Janssen-Cilag GmbH, Neuss,
Germany) in 40 ml 5% Glucose added to 500 ml drinking water. Postoperatively the rats
were allowed to move freely in their cages without external support and unrestricted weight
bearing. Daily clinical observation was performed throughout the study period.
2.2.4 Euthanasia
For euthanasia in the “histological group” volatile isoflurane (Forane®, Abbot AG,
Baar, Switzerland) was used for general anaesthesia. Subsequently, 25 mg sodium thiopental
(Thiopental® Sandoz, Sandoz GmbH, Kundl, Austria) was injected into the cardiac ventricle,
leading to immediate cardiac arrest. Immediately after harvest of the femur, all soft tissues
were carefully removed. The bone implant specimens of both alloys were subsequently fixed
in neutral buffered 4% formalin solution and further processed for histological examination.
2.2.5 Microfocus computed tomography
Microfocus computed tomography (μCT) is an emerging technology that combines
both noninvasive, tissue-preserving imaging and quantitative morphometry of bone structure
in three dimensions [12] [18]. During the μCT-examinations the animals were generally
anaesthetized by volatile isoflurane (Forane®, Abbot AG, Baar, Switzerland). The rats were
scanned using a Siemens Inveon Acquisition Workplace 1.2.2.2. Scans were made at 70 kV
voltage, 500 μA current, and 1000 ms exposure time. Rotation of 210 degrees by 180 rotation
steps led to a resolution of the whole femoral bone with an effective pixel size of 35.55 μm.
For reconstruction a down-sample factor of 1 was used. The system allowed the 3D
reconstruction of a specimen from a set of 2D projections using the back projection of a
filtered projection algorithm.
The scan data were converted into DICOM format and as such imported into the
Medical Image Processing software Mimics® (Materialise NV, Leuven, Belgium),
constructing a 3D model of the pin through image processing and 3D reconstruction
technologies. Three-dimensional pin-bone surface models were also extracted from the μCT
images, using the optimal parameter settings. The volume of interest was defined for each
part using region-growing of determined Hounsfield units (HU) and manual drawing of boneimplant-contours at the cortical sites. The threshold for the pin was set at 226 to 3071 HU and
for the gas volume at -1000 to -1024 HU. The volume of each part was measured by 3D
morphometric analysis. Pin volume, pin surface, and gas volume were quantified using the
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software program “Mimics“ (Version 14.0, Materialise, Leuven, Belgium), and histological
evaluations were performed on each group after pin explantation.
For a reasonable statistical analysis of the μCT data six femoral rat bones were chosen
for each alloy. The statistical evaluations were performed with SPSS 16.0 (SPSS Inc.,
Chicago, IL, USA), and the data displayed as medians and standard deviations.
2.2.6 Histological sample processing
Explanted bones were dissected from soft tissues and fixed in neutral buffered 4%
formalin solution. The region of interest was excised using a high-precision saw (Exakt
Apparatebau, Norderstedt, Germany). The samples were dehydrated in ascending grades of
alcohol and embedded in light-curing resin (Technovit 7200 VLC, Kulzer & Co., Hanau,
Germany). The blocks were processed with the Exakt Cutting and Grinding Equipment
(Exakt Apparatebau, Norderstaedt, Germany) according to Donath [19]. Undecalcified thin
ground sections were prepared through the central axis of the implant and parallel to the
longitudinal axis of the femur shaft. In cases where nothing of the material was preserved, the
orientation was approximated as precisely as possible to the original position of the implant.
Sections were reduced to a thickness of approximately 30 μm and stained with Levai-Laczko
dye. Digital virtual microscopic overview images at a 200x magnification were produced
with the Olympus dotSlide Microscpic system (dotSlide - Virtual Slide System, Olympus,
Japan).

2.3 Results
The Mg pins were implanted into 64 rat femura in 32 rats. One half of the femura (32
in 16 rats) belonged to the μCT group while the other half belonged to the histological group.
In 16 femura of the μCT group WZ21 was implanted, in the other 16 femura ZX50 was
implanted. One rat (2 femura) of the μCT –ZX50 group was lost intraoperatively due to
anaesthetic complications. Furthermore one femur fractured in this group in consequence of
drilling, and in 2 femura the pins displaced. In the WZ21 μCT group one femur fractured and
3 pins showed inadequate placement.
The histological group was also devided into two groups: in 16 femura WZ21 was
implanted and in 16 femura ZX50 was implanted. In the WZ21 histo-group as well as in the
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ZX50 histo-group two femura fractured in consequence of drilling. Two pins showed
displacement in the WZ21 group while one showed displacement in the ZX50 group.
Animals with fractured femura and animals with displaced pins were ruled out of the
study. At the end of the study period in the 24th week 12 femura of WZ21 and 11 femura of
ZX50 in the μCT group were available. In the histological group 12 WZ21-pins and 11
ZX50-pins remained. For quantitative measurements by Mimics® only six implants per alloy
(ZX50 and WZ21) were used. Note that the μCT sections, the 3D reconstructions, and the
histological sections indicated in the figures are representative examples for the respective
times in vivo.
2.3.1 Degradation performance
The volume and surface changes and the amount of hydrogen gas formation of the
ZX50 and WZ21 pins were followed by in vivo μCT analysis throughout the entire study
period of 24 weeks (see Figs. 2.1 a-d). As expected, the alloys ZX50 and WZ21 exhibited
very different degradation rates, as indicated by the change in volume shown in Fig. 2.1a.
The ZX50 pins did start to corrode immediately after implantation and exhibited surface pits
already within the first week, as illustrated in the 3D reconstructions shown in Fig. 2.1d. In
parallel, the measured pin surface initially slightly increased as a result of the degradation
(Fig. 2.1b), which in turn accelerated further corrosion. As a consequence the surface area of
the ZX50 pins decreased after 4 weeks along with a loss in implant volume. The overall
volume decrease of ZX50 pins was about 1.2% per day, and 50% median degradation was
reached after approximately 6.5 weeks. Simultaneously to pin degradation considerable
release of hydrogen gas occurred within a short time period, as illustrated in Fig. 2.1c.
According to the electrochemical reaction Mg + 2H2O o Mg(OH)2 + H2 [9] one molecule of
hydrogen gas is formed per one atom of Mg, which is about 920 mm3 H2 generated by the
degradation of 1 mg Mg [20] (Note: according to the pin weight of 27 mg complete
degradation leads to the formation of 25 cm3 hydrogen gas). Consequently, in average about
270 mm3 H2 per day was produced within the first 12 weeks of ZX50 pin degradation. After
4 months no pin material and also no hydrogen bubbles were detected by μCT as reflected in
Fig. 2.1a, Fig. 2.1c, and Fig. 2.1d/o. It is worth noting that the determination of the hydrogen
gas volume using Mimics® gives most likely only a rough estimation since the applicability
of this method is proven only for measurement of solid structures [19] [20]. However, in our
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case its reliability is assumed to be sufficient since similar values can be derived from the
size of gas bubbles visible in histological thin sections.

Figure 2.1: Degradation performance of implanted WZ21 and ZX50 alloys during the 24 weeks study period detected by
μCT measurements. (a) loss of volume; (b) change of surface area; (c) volume of hydrogen gas bubbles; (d) 3D
reconstruction of the pins. WZ21 alloy shows a moderate loss of pin volume and a degradation process in a rather linear
manner after the 8th week (a, d). During degradation only few gas bubbles were visible. In ZX50 corrosion is rather fast and
grooving is already detectable after the first week (d/j), and no more pin remnants are visible at week 16 (d/n). The rapid
corrosion of ZX50 forms great amounts of gas within a short period.

In contrast, the volume of the WZ21 pins (Fig. 2.1a) decreased only moderately
during the initial months after implantation. Merely 2.3% of the initial pin volume degraded
within the first two months. A slight increase of pin volume was observed at week 4, which
can be related to the formation of corrosion products on the magnesium pin. After week 8 the
degradation proceeded in a rather linear manner with an average volume loss of around 0.5%
per day. 50% pin degradation was reached after approximately 21.5 weeks. Since the
degradation occurred markedly slower in WZ21 pins a large surface area was measured over
the whole period of 24 weeks, with a maximum at 12 weeks, as indicated in Fig. 2.1b. For
WZ21 implants it is worth mentioning that the type of the surrounding tissue significantly
affects the degradation characteristics. Pin parts situated in the soft tissue degraded the
fastest, starting corrosion after 4 weeks. Subsequently, after around 16 weeks, degradation in
the intramedullary cavity followed (Fig. 2.1d/e). However pin material surrounded by
cortical bone lasted occasionally more or less undissolved for a longer period than 24 weeks.
The observed hydrogen gas volume during WZ21 corrosion was moderate and nearly
constant for the whole period of observation (Fig. 2.1c), in average about 7 mm3. As about
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50% of the pin volume degraded from week 8 to week 21.5 in a more or less linear manner, a
corresponding hydrogen gas evolution of about 130 mm3 H2 per day can be calculated. Since
the observed gas volume around the implant did not change significantly and was always
about 7 mm3, the important conclusion can be drawn that the surrounding tissue is able to
carry away a daily dosage of 130 mm3 H2.

Figure 2.2: μCT reconstructions showing the degradation process of ZX50 pins and bone response in 2D slices (left pictures)
and 3D displays (right pictures). (a) shows the pin situated bicortically in the femoral bone with adjacent gas bubbles (black
colored). During corrosion gas bubbles also appear within the medullary cavity (c,e), while intense callus formation occurs
around the implantation site (d). After the pin corroded entirely the bone exhibits rapid and entire recovery (week 16 to 24).

2.3.2 Biological response
Both implant materials were well tolerated by the rats. Clinically, all animals showed
slight reddening of the wound, as well as mild wound swelling resulting from surgery.
However, both incidences resolved completely after 3-5 days post operationem and no wound
infections were observed. All animals also tolerated full weight bearing post operationem.
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The biological response to the inserted and degrading implants is illustrated in Figs. 2.2 to
Fig. 2.4. Figures 2.2 and 2.3 show μCT reconstructions of the degradation process and bone
response of the ZX50 and WZ21 implants, respectively, and Fig. 2.4 displays the
corresponding histological features.

Figure 2.3: μCT reconstructions showing the degradation process of WZ21 pins and bone response in 2D slices (left
pictures) and 3D displays (right pictures). Bicortically implanted WZ21 pin exhibit degradation primary in the surrounding
soft-tissue (e) followed by corrosion in the intramedullary cavity (i) and slight degradation within the cortical bone (m). Gas
bubbles (black) only occur in small amounts (c,e,g).

In terms of bone reaction to the inserted ZX50 implants, the fast Mg ion release
during degradation led to an enhanced neo-formation of bone tissue around the implant, as
can be seen in the μCT reconstructions of Fig. 2.2c-f and the histological preparation of Fig.
2.4a. In parallel, substantial gas formation appeared in the intramedullary cavity and
extraosseal around the ZX50 pins, which is well visible in the μCT sections of Fig. 2.2.
Thereby the gas pressure induced some mechanical disturbance of bone regeneration, which
resulted in distinct callus formation, especially at the medial pin outlet, which can nicely be
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seen in Figs. 2.2c and 2.2e. Both, new bone formation and bone resorption, occurred to a
great extent at the same time. This was not accompanied by inflammation, however, as
indicated by the histological thin ground section in Fig. 2.4a. At the time (week 12) when the
major pin volume was degraded (Fig. 2.1a and Fig. 2.1d/m) and no further hydrogen
formation took place (Fig. 2.1c), the gas bubbles were resorbed expeditiously and the bone
remodeled in a fast way (Fig. 2.2g-n). At week 16 cortical bone defects were almost entirely
healed (Fig. 2.2i,j). After 24 weeks the medullary cavity was regenerated to a nearly normal
extent (Fig. 2.2m and Fig. 2.4c).
The WZ21 alloy resulted in enhanced bone formation around the pins from week 4 to
8, as displayed in Figs. 2.3c-f. Histological analysis did not reveal obvious adverse tissue
reactions around this alloy (Fig. 2.4). Gas formation occurred in an amount that did not affect
bone regeneration and was almost entirely resorbed by surrounding tissue (Figs. 2.3 and 2.4).
New bone formation around the pin occurred in the medullary cavity and in an enhanced way
at the medial corticalis (Fig. 2.4e and 2.4f). Also, new bone formation showed close contact
to the implant at the cortical and medullary cavity site within the first 12 weeks. Afterwards,
when degradation started in the medullary cavity, both, bone resorption and formation
occurred simultaneously (Fig. 2.4g). The junction between cortical bone and WZ21 implant
surface remained tight. Here hardly any signs of corrosion were seen within the 36 weeks
study period (Fig. 2.4h).
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Figure 2.4: Histological thin slides of ZX50 (a-d) and WZ21 (e-h) pins in a Levai-Laczko staining. WZ21 represents the
positive properties of Mg alloys by enhancing new bone formations around the implant. Even in case of massive callus
formation and release of high amounts of gas (a) the bone shows no permanent harming but complete restitutio ad integrum.
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2.4 Discussion
In osteosynthesis, biodegradable metallic implants are considered an attractive
alternative to their permanent counterparts, particularly in pediatric cases where surgical
interventions are intended to be minimized. In this context, numerous studies have been
focusing on evaluating the degradation performance of the implant materials and its
optimization, i.e. [3-7]. However, the impact of degradation products, gas formation and
degradation rates on the remodeling potential of the bone after full implant degradation
remained unclear. Based on a growing rat skeleton model we demonstrate that the bone is
able to remodel entirely after complete degradation of magnesium pin implants despite high
degradation rates and the release of considerable gas amounts. Moreover, online μCT
monitoring is shown to be very suitable for studying the degradation performance of
temporary Mg implants and the related bone remodeling in the same living animal. It
complements the information gained by histological analysis and provides supplemental data
essentially without requiring extra animals.
During the study period, pin implantation did not affect the moving ability of the
rodents, nor was the daily behavior of the animals altered. Besides some initial redness and
swelling of the surgical wound, no reaction to pin degradation such as macroscopically
visible gas bubbles in the operation area were observed. However, histologically and μCTmorphologically, considerable bone tissue reactions occurred when large amounts of
hydrogen gas evolved within a short time period, as observed in the case of the ZX50 alloy.
Crystalline Mg–Zn–Ca alloys such as ZX50 tend to degrade rather rapidly in buffered
physiological solutions [5] thereby releasing large amounts of Mg ions into the surrounding
tissue. As a result magnesium hydroxide is formed [9], which promotes the accumulation of
calcium phosphates and new bone formation around the implants [7, 21]. At the same time,
however, substantial hydrogen gas accumulations occur as a result of the rapid corrosion of
the magnesium alloy [22]. These gas bubbles impede a good connectivity of osteocytes with
the ZX50 implant surface, as observed for the histological specimens (Fig. 2.4a).
In contrast, the gas evolution played a subordinate role in the in vivo degradation of
the WZ21 pins. In fact the gas formation and absorption rates were rather equal and a daily
amount of 130 mm3 H2 was calculated from the mass loss (see section 3.1), whereas for the
ZX50 implants a daily formation of about 270 mm3 H2 was evaluated, with the consequence
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of massive gas bubble formation (see Figs. 2.2c-f). Despite the fact that the average amount
of 130 mm3 H2 per day is only a vague estimation (because it does not take into account the
surface area, local differences in vascularization, and the effect of gas pressure in the
bubbles), it gives for the first time an approximate number of how much hydrogen can be
carried away by the surrounding tissue for typical implant geometries in well-vascularized
locations. For WZ21, tissue healing appeared quite undisturbed and newly formed bone
entered tight connection to the implant surface (Fig. 2.4c and Fig. 2.5e,f). A delayed
degradation occurred within the first 4 weeks. This may be attributed to the formation of a
fairly stable corrosion product layer on the implant surface, which protected the material
against further degradation [7].
Besides disturbing the bone implant connectivity the hydrogen gas formation had
another effect, which was particularly pronounced in the case of the ZX50 pins. The spaceconsuming gas pockets increased the inner mechanical pressure, which interfered with the
initial cortical bone healing process, resulting in callus formation (Fig. 2.3c, e and Fig. 2.5a).
As bone also reacts on mechanical instabilities, the callus formation was more pronounced on
the medial than on the lateral side, and by the fact that gas moves towards the area of least
resistance, cortical defects appeared mainly at the medial side (Fig. 2.3f). Simultaneously to
the formation of new bone, bone tissues that did not exhibit mechanical function were
detached again (Fig. 2.5b). This is in line with the definitions of Roux-Wolff `s law,
postulating that bone formation is governed by mechanical forces and that bone furthermore
has the capacity to form and adapt its architecture in accordance with the externally applied
loads [23] [24] In a more recent study Huiskes proved and validates this statement by μCT
and μFEA (finite element analysis) [25].
In that way excessive new bone formation and bone resorption occurred at the same
time without inflammation reactions, as seen in the histological images. When implant
degradation completed and gas evolution decreased, the positive influence of magnesium
prevailed, resulting in rapid full regeneration of the cortical bone defects (Fig. 2.3i-n).
Concurrently, resorption of the before formed futile bone proceeded in the medullary cavity
and recovered restitution ad integrum (Fig. 2.2m). It is therefore assumed that the gas, which
evolved during degradation of the Mg material, does not significantly affect the physiological
functionality of the surrounding tissue. Even though such favorable situation occurred in our
case where a small implant was chosen, the implant size would be significantly larger for the
intended use as intramedullar nail in pediatric orthopedics and result in higher amounts of
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evolved gas. However, on the condition of similar or ever higher aspect ratio of the implant
the tissue structures available for gas resorption would proportionally increase and
consequently their ‘burden’ might be on a similar level.
With respect to fracture stabilization the corrosion rate and also the homogeneity of
degradation play a more fundamental role, however. Optimally, the mechanical strength of
the material should be maintained for at least 4 weeks [26]. Although the bone tissue seems
to be able to cope with fast degradation and gas evolution rates the implant strength may be
significantly deteriorated. The present study indicates also that the type of environmental
tissue plays an important role in the degradation process. The fastest degradation rate was
seen in soft tissues (Figs. 2.2e and 2.4g) and may be caused by the superior vascularization
and/or due to the avoidance of changes in local pH-value. (Note: Mg corrosion is generally
accompanied by a pH increase, which in turn reduces the corrosion rate [27]). Accelerated
degradation was also seen at the outer corticalis, which may have been induced by crevice
effects. In general there could be seen a faster degradation of intramedullary compared to
cortical areas (Fig. 2.3m and 2.4g). This is attributed to the enhanced vascularization of the
bone marrow. Here pH neutralization and degradation product removal may occur more
easily. When degradation occurred in the cortical area, bone was sometimes seen to dislocate
into the bone marrow (Fig. 2.2e) due to loosening of the hard cortical bone structure.
Although degradation took place faster in the intramedullary area than in cortical and newly
grown bones, no inflammatory reactions were observed. In the case of WZ21 pins, the
implant parts located in the cortical bone remained undissolved for more than 36 weeks,
probably due to the tight junction of the implant and the cortex, which inhibits contact with
aqueous fluids. However, for the use in pediatric trauma the degradation in the medullary
cavity is of crucial importance as the functional parts of the osteosynthesis materials are
located mainly intramedullary.
In contrast to the ZX50 material, the WZ21 alloy combines good mechanical
properties and an appropriate degradation rate. Also with respect to the gas formation WZ21
is the more ideal material because its gas evolution is very moderate. Although this material
may be well tolerated in adults, there are some concerns in using rare-earth containing alloys
(e.g. the element Y) in degradable implant solutions for children. It is recommended that their
influence is studied in detail, particularly since bone and bone marrow are known to exhibit
very slow release rates of such substances [28, 29] and the tolerance limits in children are
small.
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Microfocus computed tomography (μCT) enables both, in vivo monitoring of implant
degradation in small animals and observation of the bone tissue response and adaptation in
the living animal. Fig. 2.5 illustrates the remarkably good coherence between histological
thin sections and μCT slices. As it can be seen in the μCT (middle picture) the cortical bone
and the implant pin appear strongly hyperintense (bright) and the gas formations hypointense
(black). Those structures are in good concordance with the rose (bone) and black (pin)
structures within the histological stainings (left picture), and also fibrous tissue-like reactions
and callus formation (blue in the histological staining) can be pursued by μCT. By using 3Dresonstructions of the μCT slices the extent of gas pockets can be represented visually (pink,
right picture) and volume and surface area measurements can be accomplished. While
histological

examinations

will

keep

their

importance

for

immunological

and

histomorphological demands, our study shows that for the interpretation of degradation
behavior and bone tissue recovery, μCT analysis is highly efficient in terms of reproducibility
and added value with respect to information gained via 3D reconstruction. In addition, it has
the great advantage that animals do not need to be euthanized for such investigations.

Figure 2.5: Alloy ZX50 after 4 weeks study period: comparison between histological stained thin slide (left), μCT 2D-slice
(middle) and μCT Mimics® 3D-reconstruction (right).

2.5 Conclusions
The in vivo degradation performance of two different magnesium alloys and the
corresponding bone response were investigated in a growing rat model by continuous in vivo
μCT monitoring. A fast degrading magnesium alloy (ZX50) with corresponding massive gas
formation within a short period of time and a slowly degrading alloy (WZ21) were tested.
The results attest that:

2 Evaluation of the Biodegradation Behavior

39

(i) WZ21 implants maintain their integrity for 4 weeks and corrode subsequently with
about 0.5% volume loss per day; ZX50 alloys commence the degradation process
immediately after implantation and degrade with ≈ 1.2% daily volume loss.
(ii) WZ21 alloys generate enhanced bone neoformation around the implant and give
evidence for good osteoconductivity and osteoinductivity of magnesium.
(iii) Bone recovers restitutio ad integrum after complete degradation of the
magnesium implant, even in the case of massive gas formation (as for ZX50 degradation) and
corresponding alterations of the bone.
These results are considered to be of substantial significance in view of Mg-implant
application in pediatrics, where, besides material compatibility with the living organism,
primarily two key factors are required: mechanical integrity for at least 4 weeks and complete
recovery of the bone.
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3 Determination of the Bone-Implant-Interface
The bone-implant-interface is the crucial area of biological interactions. Transfer of
mechanical loads due to friction, but also bone cell adherence, inflammatory reactions or
agglomeration with gametes occurs herein. Therefore a quick and tight connection of bone
with the material is of particular importance.

3 Determination of the Bone-Implant-Interface

43

PHB, crystalline and amorphous magnesium alloys: promising candidates
for bioresorbable osteosynthesis implants?
Anna Celarek, Tanja Kraus, Elmar K. Tschegg, Stefan F. Fischerauer*, Stefanie StanzlTschegg, Peter J. Uggowitzer, Annelie M. Weinberg
MATER SCI ENG C. 2012; 32(6): 1503-1510
In this study various biodegradable materials were tested for their suitability for use in
osteosynthesis implants, in particular as elastically stable intramedullary nails for fracture
treatment

in

paediatric

orthopaedics.

The

materials

investigated

comprise

polyhydroxybutyrate (PHB), which belongs to the polyester family and is produced by
microorganisms, with additions of ZrO2 and a bone graft substitute; two crystalline
magnesium alloys with significantly different degradation rates ZX50 (MgZnCa, fast) and
WZ21 (MgYZnCa, slow); and MgZnCa bulk metallic glasses (BMG). Push-out tests were
conducted after various implantation times in rat femur meta-diaphysis to evaluate the shear
forces between the implant material and the bone. The most promising materials are WZ21
and BMG, which exhibit high shear forces and push-out energies. The degradation rate of
ZX50 is too fast and thus the alloy does not maintain its mechanical stability long enough
during the fracture-healing period. PHB exhibits insufficient mechanical properties: it
degrades very slowly and the respective low shear forces and push-out energy levels are
unsatisfactory.
Keywords: Polyhydroxybutyric acid; PHB; magnesium; biodegradation; shear; bone healing
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3.1 Introduction
Interest in biodegradable materials for use as temporary implant material in
osteosynthesis has increased continuously over the past few years [1-7]. Using biodegradable
implants may circumvent the disadvantages of (e.g.) permanent titanium or stainless steel
devices , such as prolonged physical irritation or chronic inflammation [8,9]. In addition,
using biodegradable materials renders subsequent surgical intervention for implant removal
unnecessary and morbidity-related repeated surgery can be reduced. This creates new
opportunities for trauma treatment, not least for the benefit of the paediatric population.
In recent years magnesium alloys have been considered promising candidates for
applications in osteosynthesis and have already been tested in vivo [1,2,10,11]. Their elastic
properties resemble those of bone [7,12] and they are considered ideal for hard tissue
implants employed in fracture stabilization because stress shielding is avoided and bone
regeneration is enhanced. Magnesium alloys also exhibit good biocompatibility with no
systemic inflammatory reaction or effect on cellular blood composition [4,10,12,13].
In this study both crystalline and amorphous magnesium alloys were investigated as
potential candidates for implant applications. Their glassy structure leads to higher strength
and elasticity and allows much higher fractions of alloying elements than crystalline Mg,
where the solubility of elements like Zn or Ca is limited to a few percent. This makes
possible better control over the degradation rate and thus hydrogen evolution, which is an
important issue when crystalline Mg alloys are deployed [14,15].
Another new biodegradable implant material which is not yet popular is PHB (PolyD-(-)-3-hydroxybutyrate).

PHB

is

a

polymer

produced

by

numerous

different

microorganisms as their carbon and energy storage. It is highly crystalline and degrades in
water or aqueous solutions to D-(-)-3hydroxybutyric acid, which is also naturally found in
human blood. One of its decisive advantages is its less severe environmental pH change
during degradation [3,16,17].
For use as osteosynthesis implant material, in particular as elastic stable
intramedullary nailing (ESIN) in paediatric fracture treatment, biodegradable materials must
fulfil several criteria. Ideally, an implant is meant to stabilize a fracture until the bone is
restored enough to carry loads. This may take 3-6 weeks, depending on the age of the child
[18]. After this time the implant should gradually lose its mechanical stability and dissolve
into non-harmful components which are carried away by body fluids or even integrated into
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the newly formed bone [19]. The mechanical, chemical and biological requirements for
implant materials are manifold. Most crucially, they must (i) possess adequate stiffness,
ideally similar to that of bone; (ii) show moderate ductility, to allow simple surgical insertion
of the implant; (iii) cause no inflammatory reactions; (iv) activate enhanced bone growth; (v)
demonstrate a balanced degradation rate, optimized in such a way that the implant starts to
lose volume and mechanical strength towards the end of the healing process by decomposing
completely within at most one year; (vi) possess non-toxic corrosion products, which do not
accumulate in body organs; and (vii) show minimal relative bone-implant movement [3,20].
With regard to the latter quality in particular, the aim of this study was to determine
and compare the quality of the bone-implant interface by means of implant push-out tests. A
rat model was deployed, plus a mechanical push-out protocol which was mainly established
during previous research [21-23]. This protocol was used both as a guideline and a means of
comparison with current commercial materials (Ti alloy, PLGA and Mg WE43). Valuations
were made at different intervals post operationem (p.o.), with respect to (i) shear strength; (ii)
energy absorption; and (iii) stiffness of the implant-bone system.

3.2 Materials and Methods
3.2.1 Materials
Three types of PHB, two crystalline Mg alloys, and 3 modifications of bulk
amorphous Mg were used in this study. Table 3.1 provides an overview of their chemistry
and properties. PHB was synthesized at the Institute for Chemistry and Technology of
Materials at Graz University of Technology [16], the Mg alloys were produced at the
Laboratory for Metal Physics and Technology at ETH Zurich [12,14,15]. The implants
comprised cylindrical pins of 1.6 mm in diameter and 8 mm in length. They were carefully
dry-machined with clean tools to avoid contamination and allow good surface quality. After
machining they were cleaned in a cascade of pure ethanol in an ultrasonic bath and dried in
warm air.
3.2.2 Animals
Male Sprague–Dawley rats five weeks of age with body weights of 140–160 g were
used in this study. Each rat received two identical pins (Tab. 3.1) implanted metadiaphyseally in each distal femur. All animal experiments were conducted according to the
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rules of ethical respect for animals and were authorized by the Austrian Ministry of Science
and Research (accreditation number BMWF-66.010/0113-II/10b/2009).
3.2.3 Surgical Procedure
Volatile isoflurane (Forane, Abbot AG, Baar, Switzerland) for general anaesthesia
proceeded by sedation was administered to the rats. The meta-diaphyseal region of the distal
femur was exposed through a lateral approach. A drill (1.5 mm) with ascending diameter
(Synthes®, Paoli, PA, USA) was used to prepare the transcortical implantation bed with the
longitudinal axis of the drill hole perpendicular to the longitudinal axis of the femoral
diaphysis. Drilling was performed at a low rotational speed of 200 rpm. Profuse physiological
saline irrigation was applied using a syringe in order to minimize frictional heat and thermal
necrosis. The cylindrical implant was inserted by gentle tapping, resulting in a uniform press
fit. After transcortical placement was ensured, the operating field was irrigated thoroughly
with physiological saline solution and the wound was closed in layers. The contra-lateral side
was then treated identically and using the same type of implant. The general anaesthesia was
then antagonized and analgesia was ensured postoperatively and during the first postoperative
week (up to the 7th day). Postoperatively the rats were allowed to move freely in their cages
without external support and with unrestricted weight bearing. Regular clinical observations
were performed throughout the study period.
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Table 3.1: Designation, chemical composition and properties of the biodegradable materials investigated.

Designation

Chemistry

Description

Properties *
Rm = 37.6 MPa

PHB

Poly-D-(-)-3-hydroxybutyrate Bulk polymer

E = 3.0 GPa.
M = 8*104 g mol-1

P3Z10H **

P3Z30H **

PHB + 3% ZrO2 + 10%
Herafill®** [wt-%]
PHB+ 3% ZrO2 + 30%
Herafill®**[wt-%]
5 % Zn, 0.25 % Ca,

Mg ZX50
0.15 % Mn. [wt-%]

Mg WZ21

2 % Y, 1.0 % Zn, 0.25 % Ca,
0.15 % Mn [wt-%]

Mg Am29

29 % Zn; 5 % Ca [at-%]

Mg Am32

32 % Zn; 5 % Ca [at-%]

Mg Am35

35 % Zn; 5 % Ca [at-%]

Rm = 31.0MPa
Polymer composite with
ZrO2 and bone graft
substitute.

E = 2.9 GPa.
Rm = 25.3 MPa
E = 2.8 GPa

Crystalline Mg; grain
size 4 μm
Crystalline Mg; grain
size 7 μm

Rm = 295 MPa
E = 45 GPa
Rm = 250 MPa
E = 45 GPa
Rm ≈ 820 MPa

Amorphous Mg bulk
metallic glass (BMG)

E = 55 GPa

* Rm … Tensile strength; E … Young’s modulus
** Addition of ZrO2 to make it visible for X-rays in radiography and μCT against the background of soft tissue;
Herafill® bone graft substitute (calcium carbonate, calcium sulphate, antibiotics gentamicin, glycerol
tripalmitate) buffers the pH value to physiological levels, counteracting the acid-generating degradation of PHB;
osteoinductive and osteoconductive properties; the antibiotic decreases the danger of an infection.

3.2.4 Specimens
Generally 8 pins per material were used. For the BMG alloy, however, only 4
implants per BMG type were applied. Biomechanical examinations were performed at
predetermined times: 1, 3 and 6 months post operationem. Since Mg WZ21 was valued as
most promising material additional measurements were performed after 2 months.
Immediately after the harvest of the femur, all soft tissues were carefully removed. The bone
implant specimens were subsequently moistened in physiological saline and kept frozen (20°C) until further mechanical testing took place. The specimens were thawed at least one
hour and at most 5 hours before testing. The influence of freezing on the mechanical
properties was assumed to be negligible [24]. For the mechanical testing only ‘qualified’
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pin/femur samples were used. Improper samples with incorrect pin placement, with bones
overgrowth on one or both ends of the pins, or with fractured bone or pin were excluded from
the test.
3.2.5 Optical Assessment
Prior to mechanical testing, all samples were inspected by optical microscopy (SZHILLD, Olympus, Japan) and photographed for subjective visual assessment of the state of the
implant and bone. The degradation and position of the outermost parts of the pin were
documented, as well as the state of the peripheral cortex. Pins were excluded from push-out
testing if they did not intersect the cortex on both sides of the diaphysis or were overgrown
by a thick layer of new bone.
3.2.6 Histology
Specimens for histology were fixed in neutral buffered 4% formalin solution,
dehydrated in ascending grades of alcohol, embedded in light-curing resin (Technovit 7200
VLC and 9100, Heraeus Kulzer, Hanau, Germany) and cut with a high-precision saw (Exakt
Apparatebau, Norderstedt, Germany) [25]. Undecalcified thin ground sections were cut
through the central axis of the implant, in plane with the longitudinal axis of the bone.
Sections were reduced to a thickness of approximately 30 μm. The Mg samples were stained
with Laczko-Levai dye, which dyes bone pink-red, collagen fibres blue-violet, and elastic
fibres red. The PHB samples were stained with Toluidine Blue O which dyes cells and soft
tissue blue [26,27]. Both procedures, Laczko-Levai and Toluidine Blue O, are known to be
applicable for this kind of samples [25, 26, 28].
Microscopic overview images were typically taken at 200x magnification (dotSlide Virtual Slide System, Olympus, Japan).
3.2.7 Mechanical Testing
The push-out displacement of the pin was achieved by pressing a cylindrical steel rod
of 1mm diameter (63% of the pin diameter) vertically against the lateral end of the pin at a
constant rate of 1mm min-1. A system of custom-engineered clamps ensured the vertical
position of the pin during measurement (see Fig. 3.1a).
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The acting force was applied by a testing machine (QTS 10, QuickTest), gauged
(transducer type S9 2kN, HBM, Germany), amplified (KWS 3072, HBM, Germany),
digitalized (U6, LabJack, USA) and recorded on a computer. The displacements were
measured with a self-engineered video extensometer with a spatial resolution of about 3 μm
(0.03 mm/pixel, enhanced by sub-pixel edge detection) using a camera (uEye UI-1225LE,
IDS, Germany) with a 25mm lens (1:1.6 Tamron, Japan) and a 10 mm distance ring. Markers
for the displacement tracking were glued to the rod and the bone. Force and position data
were acquired every 100ms and a documental bitmap of the current frame was saved to the
data disc every 2s. The pin displacement was calculated from the vertical distance of the
marker positions.
A similar setup was used by Castellani et al. [21], Lindtner [22] and Tschegg et al.
[23], who point out the advantages of a contact-free displacement measurement which
minimizes errors introduced by the compliance of the setup. In our setup we used a more
stable mounting system and a thinner press plunger to avoid contact with the clamps.
3.2.8 Data Analysis
The force was plotted versus the pin displacement (Fig. 3.1b). Shear strength, fracture
energy and stiffness were determined from the plot as follows:
The shear strength, Rs, was calculated by dividing the first local force maximum
(point of failure: see Fig. 3.1b) by the area of the pin-bone-interface, which was determined
as πDL (D: pin diameter 1.6mm; L: average pin length inside the bone, determined from 4
calliper gauge measurements, proximal, distal, anterior and posterior of the pin). If no distinct
force maximum occurred (as is frequent with PHB), the point of failure was defined as the
first sharp kink in the curve (see Fig. 3.1c). The shear strength is a commonly used parameter
to evaluate push-out or pull-out tests [29-31]; however caution is needed when comparing
results from different test conditions [32].
The energy absorption, Gf, was defined as the integral of the force over the
displacement from 0 to 0.5mm (hatched area in Fig. 3.1b, Fig. 3.1c). This is an arbitrarily
chosen distance which assumes that an implant that has moved by 0.5 mm in clinical
conditions can be considered a failure. Castellani et al. [21] calculated the energy absorption
as the integral from 0 to failure displacement, defining failure displacement at maximum
force. However, in PHB implants in particular the maximum is often not reached until after 1

3 Determination of the Bone-Implant-Interface

50

or 2 mm. This may be explained as an effect of bulging and wedging of the elastic implant
rather than interface failure [23]. Measuring the energy absorption between 0 and 0.5 mm is
independent of the point of failure and thus might be a more reliable value than the shear
strength of elastic materials without distinct force maximum. In addition, setting the
integration area to 0.5mm also allows comparison with earlier results [23].
The interface stiffness, Ci, was determined as the first linear slope in the F-dx plot
between zero force and the shear strength (Fig. 3.1b, Fig. 3.1c). It gives a rough estimate of
the implant-bone interface compliance.
Statistics: An average number of 20 specimens per materials group (up to 7 per time
point) were investigated, with the exception of the amorphous Mg, where only a very limited
number of 1-3 per group was available. Due to the statistically entirely inadequate situation
the test results for amorphous Mg should be considered only as preliminary information.
For each material and inspection time, the median value,, 1st and 3rd quartile were
calculated for shear strength, energy absorption and stiffness. If the pin could be pushed out
gently with a finger, or if the shear strength was below 0.1 Nmm-2 and the fracture energy
below 0.5mJ, the pin was classified as ‘loosened’ and quoted separately as a zero result.
A Shapiro-Wilk test showed that several groups were not normally distributed at 0.1
level. One-way ANOVA using Bonferroni means comparison was used to compare normally
distributed groups with each other. The non-parametric Kruskal-Wallis analysis was
performed on all groups with at least 3 samples. Significance level 0.1 was used for both
ANOVA and Kruskal-Wallis.

a

b
1
2
3
4

c

Figure 3.1: (a) Setup for push-out testing: (1) press plunger; (2) bone; (3) implant pin; (4) tiltable clamps; push-out force
versus pin displacement: (b) the maximal force specifies the shear strength in Mg WZ21 3m sample; (c) the first sharp kink
specifies the shear strength in P3Z10H 3m sample.
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3.3 Results
In this section we first summarize the specific features that we observed by optical
assessment and histological inspection. A visualisation by means of optical images, however,
cannot reflect the situation properly. Thus, we concentrate on narrative description of the
visible degradation and the implant-bone arrangement. For each material type the particularly
noticeable peculiarities are quoted. Afterwards, the mechanical properties measured by
means of the push-out test are listed for each material type and compared to each other.
3.3.1 Optical Assessment and Histology
PHB: The arrangement of the explanted implant-bone system six months p.o. is
shown as an example in Fig. 3.2a. No material degradation is visible; the pin surface stayed
smooth and intact even after such a long period. In most cases good bone apposition is
visible. In some cases, however, the bone degenerates near the pin, leading to different grades
of interface detach. Some specimens exhibit both effects (bone growing on one side of the
pin and degenerating on the other), as shown in Fig. 3.2a (black arrows).

Figure 2.2: Photographs of typical implant-bone arrangement (Background grid 1mm). White arrow: implant; (a) P3Z30H, 6
months: bone degeneration proximal (dashed black arrow), bone apposition distal (solid black arrow); (b) Mg ZX50, 1
month, medial: volcano-shaped bone growth around the pin. (c) Mg ZX50, 1 month: pin almost completely overgrown by
bone.

The histology displayed the formation of a thin bone layer (ca. 0.1mm) around the pin
in the medullary cavity as early as 1 month p.o. (solid arrows in Fig. 3.3a). On the outer pin
ends, in most cases massive bone growth could be observed (specifically, medial more than
lateral and distal more than proximal: see solid arrow in Fig. 3.3b). However, it could be
observed that some parts of the pin were not in direct contact with bone (dashed arrows in
Fig. 3.3a, Fig. 3.3b). Generally, the bone apposition increased with implantation time.
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No substantial differences could be seen between pure PHB and PHB with ZnO2 and
bone graft substitute additions after 3 months and later; the differences between individual
bones were more pronounced.

Figure 3.3: Optical images of stained slices of histological specimens (implant + bone), extracted after 1 month (a, c, e) and
3 months (b, d, f, g, h) post operationem; P3Z30H (a, b), Mg ZX50 (c, d) Mg WZ21 (e, f), Mg Am26 (g), Mg Am32 (h).
Dashed arrows in (a,b,e): non-contact; solid arrow in (b): new bone; solid arrows in (a, e): bone layer forms on implant; solid
arrows in (c): volcano shaped formation; solid arrows in (f): corrosion pits with ingrowing bone; dashed arrow in (f):
degradation pits in contact with soft tissue. Soft tissue is blue in all images, bone is pink in c to h.

Mg ZX50: During the 1st month severe corrosion started. In some cases the pin
diameter was reduced by almost half. Strong bone degeneration and loosening took place in
one case. In most samples volcano-shaped bone growth with a hole around the pin was
visible (Fig. 3.2b, solid arrows in Fig. 3.3c). In samples where the pin end was close to the
original bone surface a bone layer did grow over the pin (Fig. 3.2c). These specimens were
excluded from mechanical testing. In histology gas bubbles were discernible (Fig. 3.3c), most
probably caused by the release of high amounts of hydrogen gas (Mg + 2H2O o Mg(OH)2 +
H2) which cannot be carried away by the body if the degradation rate is too fast [2,12,14]).
After 3 months, all implants were almost completely degraded. Only sporadically small
fragments were visible in the medullary cavity (Fig. 3.3d). In most samples a shallow hollow
was visible from the medial and lateral sides, and in one case a narrow tunnel occurred
through the entire diaphysis, separated from the marrow by osseous walls. After 4-5 months
no traces of the pin remained.
Mg WZ21: After 1 month superficial corrosion was visible on some pins, without
substantially reducing the pin diameter. Bone did grow well on the pin, in most cases with
direct contact (Fig. 3.3e). In only a few cases a narrow gap between implant and bone was
observed (dashed arrow in Fig. 3.3e). In the medullary cavity a thin bone layer often formed
on the implant (solid arrow in Fig. 3.3e). After 2 and 3 months severe corrosion pits
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developed, especially in contact with soft tissue (dashed arrow in Fig. 3.3f), taking up to 1020% of the pin diameter. The bone mostly grew well on the Mg alloy. After 3 months, direct
bone contact was visible in all cases and bone also grew into the corrosion pits (solid arrows
in Fig. 3.3f). After 6 months substantial degradation reduced the pin diameter significantly,
several specimens had to be excluded from mechanical measurements for this reason.
Mg BMG: After 3 months excellent bone growth around and on the pins was visible.
A relatively thick bone layer was formed around the pins, also in the medullary cavity.
However, distinct crack formation occurred; the pins more or less disintegrated into smaller
pieces (Fig. 3.3g, Fig. 3.3h). Fig. 3.3g illustrates that new bone grew into one of the cracks.
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Table 3.2: Results of the mechanical push-out tests: median of shear strength (RS), energy absorption (Gf) and stiffness (Ci);
1st and 3rd quartile in parantheses; number of pushed out and evaluated samples (NE); number of loosened samples with
zero result (NL).

Type

pure PHB

P3Z10H

time

RS

Gf

Ci

[mo]

[MPa]

[mJ]

[Nmm-1]

1

0,07

1,2

140

3

0.20 (0.160.55)

6
1
3
6
1
P3Z30H

3
6
1

Mg ZX50
3
1
2

NE

NL

1

7

2.51 (2.442.58)

275 (250-300) 2

-

0.34 (0.160.55)

4.83 (3.066.65)

200 (150-280) 6

-

0.11 (0.090.22)

1.43 (1.082.52)

45 (30-88)

7

-

0.24 (0.160.61)
0.22 (0.140.51)
0.21 (0.190.65)

4.99 (2.916.5)
5.14 (3.887.05)
3.17 (2.965.39)

185 (115-190) 7

1

210 (192-333) 4

1

86.5 (63-96)

4

4

0.17 (0.160.89)

2.2 (1.497.17)

118 (47-170)

3

1

0.32 (0.290.62)
1.61 (0.72.35)

6.73 (4.427.28)
11.37 (5.0917.39)

237.5 (220250)
775 (4601370)

6

-

6

1

-

-

-

4

-

1.20 (0.441.37)
3.87 (1.795.93)

9.15 (5.3520.04)
33.97 (14.7958.23)

1400 (4801670)
885 (7201200)

7

-

6

1

6.05 (3.1-7.2)

59.08 (28.1368.35)

2000 (9838275)

4

-

6.16 (2.138.93)
7,25
5.02 (3.936.48)
4,5

54.7 (11.6380.78)
47,28
35.4 (29.2254.65)
25,02

950 (6802200)
700

3

-

1

-

(465-995)

4

-

425

1

-

Mg WZ21
3

6
Mg Am29

3

Mg Am32

3

Mg Am35

3
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3.3.2 Mechanical properties
Table 3.2 lists the median shear strength, RS; energy absorption, Gf; and stiffness, Ci,
measured by means of the push-out experiment, including quartiles and sample numbers. Fig.
3.4 gives an overview of the shear strength values. Two typical force-displacement curves are
illustrated in Fig. 3.1a and Fig. 3.1b.

Figure 3.4: Shear strength of pure PHB, P3Z10H, P3Z30H, Mg ZX50, Mg WZ21 and BMG. The numbers below the x-axis
indicate the implantation time in months. Grey boxes represent the interquartile range. Median and mean are represented by
long and short horizontal lines. Circles are single results. For comparison reasons shear strength data for commercial Mg
WE43, Ti alloy and PLGA are given on the right side of the diagram [21-23]; for these data no single results or mean values
were available.

PHB shows the lowest mechanical values for all materials. After 1 month, shear
strength and energy absorption are significantly below Mg in most cases. 4 out of the 8
P3Z30H samples revealed zero results, and pure PHB loosened in 7 out of 8 cases. P3Z10H
exhibits low mechanical values, but no zero results. P3Z30H has a higher energy absorption
than P3Z10H, but the shear strength does not differ significantly. After 3 and 6 months
energy absorption increases significantly in some PHB types, but in all cases shear and
energy absorption values are significantly lower than in Mg WZ21 and Mg Am32.
Differences among the PHB groups are not significant.
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The fast and irregular degradation of Mg ZX50 after 1 month leads to significantly
higher shear strength values than those for PHB. The shear strength is slightly higher than of
Mg WZ21 after the same period, but with higher data scatter and no statistical significance.
One implant loosened and yielded a zero result. Mechanical data could not be recorded after
more than 1 month because there was not enough implant material left to push out.
The shear strength and energy absorption values of Mg WZ21 at any time are higher
than those of PHB. Generally, compared to PHB and its derivates RS and Gf are roughly one
order of magnitude higher in Mg WZ21 and increase monotonically with implantation time.
Relatively high data scatter confirms the large differences between individual bones already
observed in the optical evaluation. Only one Mg WZ21 implant loosened (after 2 months).
The stiffness is the highest of all materials and stayed fairly constant over time.
Among the Mg BMG alloys there is a tendency to decreasing mechanical values with
increasing Zn fraction. The energy and shear strength of Mg Am32, the only group with
sufficient samples, does not differ significantly from Mg WZ21 after 3 months. However, the
data may be biased not only due to the low number of samples, but also to crack formation
and crumbling, which is discussed in section 4.
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Table 3.3: Statistical analysis of shear (RS) and energy (Gf). ANOVA analysis with Bonferroni means comparison (AB) was
used for groups distributed normally at 0.1 level according to a Shapiro-Wilk test. Kruskal-Wallis (KW) analysis was used
for all groups with at least 3 samples. Significant results (level 0.1) are bold. ΔRS and ΔGf are the differences between the
medians of shear strength and energy absorption. P is given for ANOVA and P>χ2 for Kruskal-Wallis.

ΔRS
Compared groups:

(1st-2nd)
* ≈0

P / P>χ2

RS stat.
method

** 0.221

KW

all PHB

all PHB

all

P3Z10H

P3Z30H

1m

-0,1 **

P3Z10H

Mg ZX50

1m

P3Z10H

Mg WZ21

P3Z30H

ΔGf
(1st-2nd)

KW

-1,74

-1,5

0,003 KW

-9,94

1m

-1,09

0,004 KW

-7,73

Mg ZX50

1m

-1,4

0,033 KW

-8,2

P3Z30H

Mg WZ21

1m

-0,99

0,038 KW

-5,98

Mg ZX50

Mg WZ21

1m

all PHB

all PHB

3m

P3Z10H

Mg WZ21

3m

-5,81 0.002 / 0.089

AB/KW

-54,09

P3Z10H

Mg Am32

3m

-4,78 0.002 / 0.008

AB/KW

-30,41

P3Z30H

Mg WZ21

3m

-5,88

0,077 KW

-56,88

P3Z30H

Mg Am32

3m

-4,7

0,034 KW

-33,2

Mg WZ21

Mg Am32

3m

1,03 1 / 0.564

all PHB

all PHB

6m

pPHB

Mg WZ21

6m

-5,82 0.003 / 0.020

AB/KW

-49,87

P3Z10H

Mg WZ21

6m

-5,94 0.005 / 0.034

AB/KW

-49,56

P3Z30H

Mg WZ21

6m

-5,84

pPHB

3m

6m

*

P3Z10H

1m

3m

*

0,41 1 / 0.475
*

AB/KW

**

*

KW

2,22
≈0

AB/KW

**

KW

23,68
≈0

0,02 KW

-47,97

**

KW

-2,32

**

KW

-3,56
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3.4 Discussion
In this study several different Mg alloys and PHB were tested with regard to their
biomechanical properties. The selected biodegradable materials were developed for elastic
stable intramedullary nailing (ESIN) as used for osteosynthesis in paediatric fracture
treatment. The rat model with transcortically inserted implants is assumed to provide a useful
example of the bone-implant interface, which in humans corresponds to the junction of the
ESIN with cortical bone at the insertion site. The progress of healing, the development of
mechanical interfacial strength, possible tissue irritation and bone remodelling can be
systematically and easily studied. The rate and characteristics of the degradation provides
indications about the time period over which a specific ESIN material could fulfil the load
carrying function.
To qualify and compare the performance of the bone-implant interface, we
determined (i) the shear strength, (ii) the energy absorption, and (iii) the stiffness of novel
biodegradable materials (PHB, crystalline and amorphous Mg).
3.4.1 Shear strength and processes occurring at the implant-bone interface
The shear strength provides an indication of the interface quality. Generally,
biomechanical parameters are influenced by several factors. Obviously, the chemical
composition will affect osseointegration, i.e. the ability of bone cells to attach and grow on
the material’s surface. The surface roughness also has to be taken into account. A series of
studies indicate that an increasing of the surface roughness improves implant-bone
integration [33,34]. In the case of degradable materials the surface roughness already
increases in the early stages of implantation and thus better bone attachment can be assumed.
Mechanical interlocking is also a very important factor if degradable materials are used. Due
to fluctuations in the chemical composition caused by microstructural features and thus the
presence of micro-galvanic sites, the alloys often exhibit localized corrosion attack. This
causes the formation of pits and cavities into which bone can grow easily (Fig. 3.3f). This
mechanical interlocking is pronounced for materials with fast and irregular corrosion,
optimally leading to a situation when bone or material failure is required for implant
displacement rather than pure interface failure. For the same rat model as presented here,
Kraus et al. [2] and Wessels et al. [14] showed by means of micro-focus computed
tomography (μCT) that the pin’s surface area of crystalline and amorphous Mg alloys
increases during the first period of implantation. This can be seen as an indication of
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localized corrosion attack. Because it is more pronounced for ZX50 than for Mg WZ21, the
slightly higher shear strength value of ZX50 after 1 month seems plausible. Even the increase
in shear strength with time on the part of WZ21 may be partly related to mechanical
interlocking, but also to a general increase in bone-implant contact, i.e. better bone
apposition, as mentioned in the results section. Concerning the amorphous Mg alloys, it is
important to note that Mg Am29 exhibits a slightly higher degradation rate than Mg Am32
and Mg Am35 [15]. Accordingly, the higher shear strength and energy absorption of Mg
Am29 can be explained by the above-mentioned mechanical interlocking concept. On the
other hand, PHB and its derivate exhibit very low degradation rates and thus their surface
morphologies remain smooth and even during the whole implantation period. Not least
because of this, the shear strength and the energy absorption stay at a low level.
3.4.2 Gas formation
The formation of hydrogen gas during Mg degradation is another effect that must be
seriously considered [12,14]. As mentioned by Kraus et al. [2], only a limited amount of
hydrogen gas can be carried away by the surrounding tissue. If the corrosion rate is too rapid,
as it is for ZX50, gas bubbles form around the implant which impede good connectivity of
osteocytes with the ZX50 implant surface, as observed in the histological specimens.
3.4.3 Energy absorption
Once the interface has failed, the implant still offers some resistance to displacement.
This is quantified, at least in part, by the energy absorption. In the case of Mg alloys the
resistance to displacement is mostly caused by friction, which is influenced by the surface
roughness. Because in each case the roughness of Mg alloys increases over time the timedependent values of Gf (Table 3.2) are quite comprehensible. In the case of PHB, bulging
and wedging have a strong effect. Because of both the very low Young’s modulus and the
low yield and tensile strength, mechanical compression may cause distinct bulging of the
implant and thus falsify the experimental result [23]. As clearly seen in Fig. 3.1c, the shear
stress increases further after failure initiation (labelled with x), which illustrates the partial
inadequacy of the push-out test for soft implant materials such as PHB.
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3.4.4 Stiffness
Stiffness, Ci, describes the compliance of the system prior to failure. It not only
indicates the quality of the interface, i.e. the implant’s surface fraction covered by bone, but
is also affected by the Young’s modulus of the material. Since the bone apposition for PHB
and its derivates was fairly good, their low Ci-values can therefore be explained by the low
modulus. While for the PHB group the stiffness tends to increase with time, for Mg WZ21
the stiffness remains roughly constant while RS and Gf increase with time. We attribute this
divergent behavior to the surface roughness of the samples. For PHB with the constantly
smooth surface all mechanical parameters increase due to increased bone apposition, while
for Mg ZX50 the increase in RS and Gf is predominantly caused by enhanced interlocking,
which affects stiffness less.
3.4.5 Comparison with other materials
Today titanium and titanium alloys as well as stainless steels are very common,
widely used materials for osteosynthesis. Also PLA, PGA and their copolymers are already
used for smaller non-load bearing implants. Fig. 3.4 shows the shear strengths of the tested
materials in comparison to the Ti alloy TiAl6Nb7, the biodegradable co-polymer PLGA and
the commercial Mg alloy WE43 [21-23], which has a slightly lower corrosion rate than Mg
WZ21 [1]. The interface strength of the Ti alloy is not only weaker than that of the Mg
alloys, but also decreases after 3 months, while the strength of Mg alloys increases
continuously, probably due to the interlocking of bone growing into the expanding corrosion
cavities. PLGA shows higher shear strength values than the PHB material. Because its
surface also remained smooth even after 6 months [22], enhanced mechanical interlocking
may not serve to explain this effect. Swelling, which was observed in PLGA but not in PHB,
may be a reason. If the volume of an implant increases, it fastens itself more and more into
place. Witt et al. [35] and Lee et al. [36] report a volume swelling of 15% for PLGA after two
days, while in a first rough attempt in this study only 0.4% was measured for PHB after the
same period.
3.4.6 Bone growth
For all implant types we observed that bone tends to grow medially rather than
laterally. This is probably an effect of the asymmetric load distribution exerted by muscles
and weight via the implant on the bone, resulting in different remodelling processes on each

3 Determination of the Bone-Implant-Interface

61

side. It was also found that degradation is irregular along the length of the implant, probably
due to the variation in vascularisation of the cortical bone, marrow channel and outside
muscles. Zhang et al. [11] described the degradation of a Mg-Mn-Zn alloy in more detail,
using cross-sections and histological slices. They observed faster corrosion in the marrow
channel than in the cortical bone, and also noted new bone formation around the implant.
Similar observations were made by Kraus et al. [2], who analysed the shape and the volume
change of Mg implants in vivo by means of μCT .
3.4.7 PHB and derivates
PHB, including the ZrO2 and bone graft substitute compounds in their current state,
are not suitable for the osteosynthesis treatment of children, mainly because of their poor
mechanical performance and very slow degradation rate. However, further material
development is feasible, and chemical alterations are currently being investigated. As
mentioned above, the main reason for the low shear strength of PHB is the very slow
degradation and the resulting lack of mechanical interlocking. Keeping in mind the good
apposition of cells on PHB even on smooth surfaces, roughening might improve attachment
and thus push-out strength. Surface roughening has been investigated for titanium alloys
[37,38]; this may be a starting point for the development of beneficial methods of roughening
the PHB surface. The Young’s moduli and the ultimate tensile strength values of PHB and its
derivates are low. For any chemical alteration it is imperative to not only increase the
degradation rate but also to increase mechanical performance before using the material in
stabilizing implant applications. We assumed that the addition of a resorbable bone graft
substitute would enhance bone attachment and thus the interphase strength, and that it would
increase the degradation rate by reducing the total PHB content and by increasing the surface
area of the remaining PHB. However, these expectations have not been met.
3.4.8 Magnesium alloy Mg ZX50
The degradation of Mg ZX50 is too rapid, and the implant does not maintain its shape
and strength long enough during the fracture healing period. However, it seems to have no
long-term negative influence on the healing process itself, as after 4 to 6 months the bone
recovers restitutio ad integrum [2]. Its mechanical properties are similar to those of Mg
WZ21. The authors of the present study are currently testing an appropriate surface treatment
in order to delay the onset of degradation. Ongoing research into Mg ZX50 is giving rise to
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hopes that the degradation rate may be reduced by using ultra-pure grades with extremely
low trace element content. The big advantage of Mg ZX50 is that it contains no yttrium or
other rare earth metals, in contrast to Mg WZ21 and commercial Mg WE43.
3.4.9 Magnesium alloy Mg WZ21
Among the tested materials, Mg WZ21 is the most suitable for application in
osteosynthesis and would not require substantial alterations. The degradation rate is slow
enough to ensure sufficient stability during the healing phase. There is some room for further
increase of the degradation rate, however: given a healing time of 3-6 weeks for child bone,
full implant strength is not required after 6 months. The Young’s modulus of Mg WZ21
(45 GPa [39]) is higher than that of bone (trabecular: 10.4-14.8 GPa; cortical: 18.6-20.7 GPa
[40,41]) but still much closer to bone than that of Ti alloys used in biomedical applications,
most of which have Young’s moduli between 74-114 GPa [42]. The yield stress of Mg WZ21
in compression is 145MPa, the ultimate tensile strength 250MPa and the elongation to
fracture 28% [1]. These properties justify expectations of convenient surgical handling of the
implant and of sufficient bone support during healing. Yttrium content may be a critical
issue, especially for use in children.
3.4.10 Bulk metallic glass Mg BMG
For Mg BMG not enough statistically significant data exists at the moment due to the
low number of samples, but the trends are obvious. All samples were explanted after 3
months. The bone growth on all of them was excellent, the shear force and energy absorption
was high and none of the implants had loosened. These observations agree with those of
Wessels et al. [14]. However, further material development is mandatory to circumvent
premature crack formation. Magnesium-based bulk metallic glasses are known to exhibit
structural relaxation, accompanied by embrittlement, at body temperature [14,43]. Novel
grades are currently being developed in the laboratory of one of the authors (PJU). The new
alloys should exhibit a delayed start of the tough-to-brittle transition at body temperature.
Clinically, if crack formation started towards the end of the healing period, this would present
the advantage of increasing the degradation surface and avoiding stress shielding.
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3.5 Conclusions
For medical implants such as those for fracture fixation in paediatrics it would be very
desirable to replace Ti alloys with bioresorbable materials in order to solve the problems of
second surgical explantation intervention and stress shielding. Among the materials
investigated in this study, the magnesium alloy WZ21 is the most promising with regard to
degradation performance and mechanical properties and can be seen as an important
competitor for Ti. The alloy Mg ZX50 has the decisive advantage of lacking rare-earth
elements, but under current conditions it degrades too rapidly. PHB degrades very slowly and
exhibits insufficient mechanical properties. Like Mg ZX50, it requires significant structural
and/or electrochemical improvements before it can be recommended for use in medicine. Mg
BMG seems very promising, but in its current state it lacks structural and therefore
mechanical stability.
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4 Investigation of Biocompatibility Qualities
Absolute biocompatibility of a biomaterial is more vital than its mechanical
properties, as dealing with potential consecutive symptoms requires long-lasting effortful
treatments. Local but also systemic reactions of the host need to be investigated intensively
before a clinical application in humans can be permitted.

4 Investigation of Biocompatibility Qualities

68

Immunological response to biodegradable magnesium implants
Karin Pichler, Stefan Fischerauer*, Peter Ferlic, Elisabeth Martinelli, Hans-Peter Brezinsek,
Peter J. Uggowitzer, Jörg F. Löffler, Annelie-Martina Weinberg
JOM. 2014; 66(4): 573-579
The use of biodegradable magnesium implants in pediatric trauma surgery would
render surgical interventions for implant removal after tissue healing unnecessary, thereby
preventing stress to the children and reducing therapy costs. In this study, we report on the
immunological response to biodegradable magnesium implants - as an important aspect in
evaluating biocompatibility - tested in a growing rat model. The focus of this study was to
investigate the response of the innate immune system to either fast or slow degrading
magnesium pins, which were implanted into the femoral bones of 5-week-old rats. The main
alloying element of the fast-degrading alloy (ZX50) was Zn, while it was Y in the slowdegrading implant (WZ21). Our results demonstrate that degrading magnesium implants
beneficially influence the immune system, especially in the first postoperative weeks but also
during tissue healing and early bone remodeling. However, rodents with WZ21 pins showed
a slightly decreased phagocytic ability during bone remodeling when the degradation rate
reached its maximum. This may be due to the high release rate of the rare earth-element
yttrium, which is potentially toxic. From our results we conclude that magnesium implants
have a beneficial effect on the innate immune system but that there are some concerns
regarding the use of yttrium-alloyed magnesium implants, especially in pediatric patients.
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4.1 Introduction
Pediatric fractures are very common. Today’s treatment strategy includes operative
treatment with ESINs (elastic stable intramedullary nails) and early postoperative load
bearing. Early postoperative load bearing is very important in children as immobilization is
not tolerated well. However, when the fracture has healed appropriately, ESINs need to be
removed, which implies a second surgical intervention for the child. Surgical intervention is
accompanied by the risk of morbidity and damage to the collateral tissues, and it is associated
with a high complication rate [1,2]. Together with the associated hospital stays, it represents
a major stress for the pediatric patient and is very cost-intensive from a socioeconomic point
of view [3].
In recent years, research has focused on the development of biodegradable implants.
These may represent a suitable tool for pediatric trauma surgery as their self-degrading
properties would render surgical intervention for implant removal after tissue healing
unnecessary, thereby preventing patient stress and reducing therapy costs.

Magnesium

alloys are promising candidate materials for such implants. Their mechanical strength is
appropriate for load-bearing implant application, and their elastic properties resemble those
of bone [4,5]. A drawback may be severe hydrogen gas bubble formation during degradation
(Mg + 2H2O Æ Mg(OH)2 + H2 [6], but this problem can be overcome by the appropriate
selection of slow-degrading Mgalloys [7,8]. Magnesium exhibits good biocompatibility in
vivo and in vitro with no systemic inflammatory reaction or effect on cellular blood
composition [9-12]. It has also been shown that mineral apposition rates around degrading
magnesium implantsin bone are high and that bone mass increases [13].
However, it is also known that the products of metal implant degradation can induce
several types of immune response. These include immune response mediated by type IV
delayed hypersensitivity [14-16], immune suppression via apoptosis of responsible cells [1719], and foreign-body reaction [20].
Perfect biocompatibility is a mandatory prerequisite for biodegradable implants
designed for the use in pediatric patients, as the tolerance limits of potentially harmful
substances are especially low in young individuals.
So far no studies have investigated how a growing body, such as that of a pediatric
patient, reacts to degradation products of magnesium-based implants. In this study we aim to
investigate the impact of such biodegradable magnesium implants on the innate immune
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system of growing rats in vivo, i.e., the phagocytic ability of rat neutrophile granulocytes.
The innate immune system represents a rapid first line of defense against any kind of
microbial and infectious ‘‘nonself’’ and at the same time initiates the process leading to an
eventual development of an adaptive immune response and establishment of an
immunological memory. The phagocyte system is an essential component of innate
immunity, where specialized phagocytes (macrophages, monocytes, and neutrophils) perform
various host defense functions that rely on the phagocytic uptake of pathogens. For efficient
function, adequate numbers of monocytes and neutrophils need to be present in the peripheral
blood, and they must be able to respond to signals from the site of inflammation, migrate to
this site, and ingest and kill the invading microorganisms.
On this basis we evaluated the effect of two different biodegradable magnesium alloys
in a growing rat model: ZX50 and WZ21 (their compositions are listed in Table 4.1). We
selected these alloys because of their substantially different degradation rate in physiological
media; ZX50 degrades rather rapidly, whereas the degradation rate of WZ21 is significantly
lower [21]. The two selected alloys differ in their type of main alloying element, i.e., Zn in
the fast-degrading alloy (ZX50) and the rare-earth element Y in the slowdegrading implant
(WZ21). This selection implies the intention to deliberately vary the element release rate and
thus to apply a different ‘‘burden’’ on the innate immune system. Both alloys show good
mechanical properties, acceptable for temporary implant application [9, 22].
Table 4.1: Nominal chemical composition in wt.% of the two magnesium alloys used.

Alloy

Mg

Zn

Ca

Mn

Y

ZX50

Balance

5

0.25

0.15

-

WZ21

Balance

1

0.25

0.15

2

4.2 Material and methods
4.2.1 Magnesium alloys
The implants used were machined cylindrical pins made of two different magnesium
alloys. They were 1.6 mm in diameter and 8 mm in length, and they exhibited a smooth
polished surface. The faster degrading alloy ZX50 typically exhibits a yield stress of 210
MPa, an ultimate tensile strength of 295 MPa, a uniform elongation of 18%, and an
elongation at fracture of 26%. The slower degrading alloy WZ21 features a yield stress of
150 MPa, an ultimate tensile strength of 250 MPa, a uniform elongation of 20%, and an
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elongation at fracture of 28%. The pins were carefully dry-machined with clean tools to avoid
contamination and allow for good surface quality. During machining the surface temperature
of the pins was kept significantly below 200" C to avoid microstructural changes. The pins
were finally cleaned in a cascade of pure ethanol in an ultrasonic bath and dried in warm air.
4.2.2 Experimental design
All animal experiments were conducted according to the rules of animal ethical
respect and were authorized by the Austrian Ministry of Science and Research (accreditation
number BMWF-66.010/0070-II/3b/2011). Rats were housed in groups of three in clear plastic
cages on standard bedding. Water and a standard pellet diet were given ad libidum.
Eighteen male 5-week-old Sprague–Dawley rats with body weights of 140–160 g
were used in this study. They were divided into three groups of six rats each: the "noimplant" group underwent surgery and drilling but no pin was implanted into the femoral
bone, whereas both the ZX50 and the WZ21 group had identical pins implanted in their two
femoral bones (12 pins per group, made either of ZX50 or WZ21).
4.2.3 Surgical procedure
The rats were fully anaesthetized by administration of volatile isoflurane (Forane®,
Abbot AG, Baar, Switzerland), preceded by a subcutaneous combined sedation via Fentanyl
(20 μg/kg, Fentanyl®, Janssen-Cilag GmbH, Neuss, Germany), Midazolam (400 μg/kg
Midazolam Delta®, DeltaSelect GmbH, Dreieich, Germany), and Medetomidine (200 μg/kg
Domitor, Pfizer Corporation Austria GmbH, Vienna, Austria).
For pin implantation, the regio intercondylaris of the femur was exposed through an
incision medial to the patellary ligament and a lateral translation of the patella. Then a drill
hole was created using a 1.5-mm drill with ascending diameter (Synthes®, Paoli, PA) in the
longitudinal axis of the femoral diaphysis. This hole served as a transphyseal implantation
bed for the implant. To minimize frictional heat, we drilled at a low rotational speed of 200
rpm under continuous physiological saline irrigation. The cylindrical implant was then
entirely inserted into the drill hole by gentle tapping. The operating field was then irrigated
again with a physiological saline solution. Finally the wound was closed in layers. After the
pins were implanted, general anesthesia was antagonized by intraperitoneal injection of a
mixture of Naloxone (120 μg/kg, Narcanti®, Torrex Chiesi PharmaGmbH, Vienna, Austria),
Flumazenil (50 μg/kg, Anexate®, Roche Austria GmbH, Vienna, Austria), and Atipamezole
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(250 μg/kg, Antisedan, Pfizer Corporation, Vienna, Austria). For analgesia, all animals
received a subcutaneous injection of 200 mg/kg Caprofen (Rimadyl® , Pfizer
Corporation,Vienna, Austria) on the day of the operation. During the first postoperative
week, analgesia was maintained by administration of 8.34-mg Piritramid/ml drinking water
(Dipidolor®, Janssen-Cilag GmbH, Neuss, Germany). The rats were allowed to move freely
in their cages without external support and unrestricted weight bearing. They were clinically
observed daily throughout the study period.
4.2.4 Microfocused computer tomography (μCT)
Scans were performed with a Siemens Inveon Acquisition Workplace 1.2.2.2 at 70 kV
voltage, 500 μA current, and 1000 ms exposure time. Effective pixel size was 35.55 μm at a
total rotation of 210° and by 180 rotation steps. Image reconstruction was performed without
using a downsample algorithm. The image processing software Mimics® (Version 15.01,
Materialise NV, Leuven, Belgium) was deployed to construct 3D models of pins and bubbles
of emitted gas. The upper and lower thresholds for the pin were set at 480 and 1480
Hounsfield units (HU), for hydrogen gas at -1000 and -1024 HU, respectively. A detailed
analysis protocol was published by Kraus et al. [21]. Pin volume and gas volume were
quantified every week during the first 4 weeks and then at four-week intervals until week 24.
The amount of element release of the implant during degradation was calculated as the ratio
to the quantified implant volume loss, and respective to a total pin weight of 27 mg.
Micro-CT was further used for continuously monitoring of the bone remodelling up to
24 weeks. Two-dimensional μCT slices in sagittal plane of the femur were displayed by the
use of a Siemens Inveon Research Workplace (Siemens AG, Erlangen, Germany).
4.2.5 Blood sample collection
For blood sample collection the rats were anesthetized by administering of volatile
isoflurane (Forane). Then the tongue vein was punctured with a hollow needle and 1.2 ml
of blood was drawn into lithium herparin-coated tubes. To avoid blood coagulation 250 IE
heparin was additionally added to each sample. Blood was drawn immediately before pin
implantation, weekly in the first four postoperative weeks and then every 4 weeks up to the
24th postoperative week.
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4.2.6 Phagocytic assay
Immediately after blood sample collection the phagocytic activity of neutrophils was
determined using the Phagotest kit (Opregen Pharma, Heidelberg, Germany). This test is
based on the principle that phagocytes ingest FITC-labeled E. Coli thereby generating a green
fluorescence signal which can be quantified by flow cytometry [23]. The test was performed
according to the manufacturer’s instructions. Briefly, 100 μl heparinized whole blood was
incubated with FITC-labeled E. Coli (2 x 107 per 20 μl) at 37°C for 10 min. In parallel a
negatve control sample was kept on ice. After the incubation time, the phagocytosis was
stopped by placing the experimental sample on ice. To eliminate the fluorescence of nonphagocyted bacteria, 100 μl of quenching solution was added. The cells were washed twice
with 3 ml washing solution (5 min, 250 × g, 4°C). Cells were then re-suspended and
incubated for 20 min in 2 ml lysis solution in order to lyse erythrocytes and fix the
leukocytes. This was followed by a final washing step (3 ml washing solution, 5 min 250 × g,
4°C). Then the cells were re-suspended in 200 μl of DNA staining solution to exclude
aggregation artifacts of bacteria or cells, and analyzed by flow cytometry as described below.
4.2.7 Flow cytometric analysis
Analysis was perfomed using a FACSCanto II flow cytometer (BD Biosciences,
Heidelberg, Germany) and the data were processed with the FACSDiva 6.1.3 software (BD
Bioscience). To exclude extracellular bacteria, a gate was set in the red fluorescence
histogram on those events, which had the same DNA content as a rat diploid cell. Dead cells
were excluded in the forward scatter (FCS) vs side scatter (SSC) diagram. The phagocytic
ability was evaluated in neutrophil granulocytes. Live populations were gated by the software
program in the scatter diagram (FCS vs SSC) and their green fluorescnece histogram (FL1)
was analyzed. The phagocytic ability was expressed as the percentage of fluorescent cells in
the total population studied and calculated by subtracting the percentage of the negative
control sample (<1%) from the positive sample.
4.2.8 Statistical analysis
For statistical analysis SPSS® 19.0 software (SPSS Inc., Chicago, IL, USA) was
used. Possible statistical significant differences between the groups at each selected time
point were analyzed via the Kruskal Wallis test. To determine significant differences in the
preoperative phagocytic activity within each experimental group the Wilcoxon test was
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applied. Values were expressed as median with minimum and maximum. A p-value <0.05
was considered significant.

4.3 Results
Magnesium pins were succsessfully implanted in 24 femoral bones in 12 rats. Similar
holes were drilled without insertion of pins in 12 femoral bones of 6 rats and served as
controls. No rats were lost during the study period, and no bone was fractured. In the
following, the results of implant degradation, bone remodeling, and phagocytic ability will be
presented for the alloys ZX50 and WZ21 and compared with the "no implant" control group.

Figure 4.1: Continuous (a) implant volume loss and (b) hydrogen gas evolution during postoperative implant degradation.

4.3.1 Implant degradation and element release
Figure 4.1a displays the continuous volume loss of the ZX50 and WZ21 implants and
Fig. 4.1b the appearance of gas formation at specific time points for the ZX50 and WZ21
implants. (Note that the detected gas volume is the difference of the accumulated gas volume
formed by Mg-dissolution minus the gas amount resorbed by the organism [21]. Both
implants started to degrade immediately after implantation, although their degradation rates
differed significantly. As expected, ZX50 degraded rather fast, and after 4 weeks, about 70%
of the implant material was already degraded (Fig. 4.1a). During this time, large gas bubbles
were detected by μCT, predominantly inside the medullar cavity.
Figure 4.2 illustrates the amount of elements (Mg, Zn, Ca, Mn, Y) released during the
degradation process of ZX50 (a) and WZ21 (b). The highest releasing rates of ZX50 were
recorded between weeks one and four (avarage ion release per week; calculated from avarage
volume loss per week and density of 1.8 mg/mm3: Mg = 4.75 mg; Zn = 0.25 mg; Ca = 0.013
mg; Mn = 0.008mg). WZ21 degraded at a much slower rate. After four weeks 6% and after
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24 weeks around 50% of the implant bulk material had degraded (Fig. 4.1a). The observed
gas volume during WZ21 corrosion was moderate for the whole period of observation (Fig.
4.1b), on average around 7 mm3. The element releasing rate achieved its maximum between
weeks 9 and 12 according to an increased pin volume loss during this time period (average
ion release per week: Mg = 1.05 mg; Zn = 0.01 mg; Ca = 0.003 mg; Mn = 0.002mg; Y =
0.02mg) (Fig. 2b).

Figure 3.2: Element release from the investigated implants for (a) ZX50 and (b) WZ21 over time.

4.3.2 Bone remodelling
Figure 4.3 shows the bone remodelling of the three groups (no implant, ZX50,
WZ21) are displayed over an observation time of 24 weeks. One week after surgery, gas
formations were detected by μCT in both experimental groups (ZX50, WZ21). While for the
WZ21 group further gas releasing decreased and the gas formations in the medullary cavity
were resorbed, gas distribution remained high in the ZX50 group. For this group, the gas
bubbles almost entirely filled up the medullary cavity up to 8 weeks post-operation. At the
same time, the compact bone appeared to thicken at some diaphyseal sections as well as to
reduce its mass at others. This is also indirectly seen by the appearance of gas formation in
the surrounding soft tissue. After complete ZX50 pin degradation, an irregular bone shape
occurred (weeks 8 and 12), which was successively adjusted to normal shape by bone
remodeling in the following weeks. In fact, the bone recovered completely after the entire
degradation of the ZX50 pins 24 weeks after operation. In general a good implant tolerance
of the bone is observed, and the WZ21 group even showed unaltered bone remodeling in
comparison with the control group.
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Figure 4.3: Bone remodeling of the three groups (no implant, ZX50, and WZ21) over an observation period of 24 weeks.
Large amounts of gas bubbles can be observed in the medullary cavities of the ZX50-containing bones up to 8 weeks postoperation. Nevertheless, upon complete pin degradation, these bones achieve full remodeling similar to the control bones
(see images 24 weeks after operation). The WZ21 pins are also well tolerated by the bones, and gas bubble formation during
degradation is significantly lower than for the ZX50 pins.

4.3.3 Phagocytic ability
One week prior to the operation the phagocytic ability of neutrophil granulocytes was
similar in all groups studied. Figure 4.4 illustrates the phagocytic ability of the three
investigated rodent groups "no-implant", ZX50 and WZ21. At first glance all data remained
at more or less high values over the whole test period, indicating no severe irritation of the
phagocytic ability. When comparing the groups with each other at selected time points a
significantly decreased phagocytic ability in the no-implant group compared to both the
ZX50 (p=0.002) and the WZ21 (p=0.045) groups can be noticed immediately after the
operation. Similarly, the phagocytic ability of the granulocytes in in the no-implant group
also decreased significantly at weeks 4 and 8 post-operation when compared to the ZX50
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group (p=0.006/0.007). However, 12 weeks after the operation we detected significantly
decreased phagocytic activity in the WZ21 group compared to both the no-implant (p=0.033)
and the ZX50 groups (p=0.024). No significant differences between the groups were
observed at the late time points investigated, i.e. 16, 20 and 24 weeks post-operation.

Figure 4.4: Phagocytic ability of neutrophile granulocytes at selected time points. The experimental groups are compared
with each other at each time point: Statistically significant differences are labeled with one asterisk when p< 0.05 or two
asterisks when p< 0.01.

4.4 Discussion
In the present study we focus on the response of the innate immune system to
biodegradable Mg alloys, i.e. to the ions released from the implants during degradation. The
innate immune system is responsible for defending the body against any kind of microbial or
infectious “non-self”. An excessive immune response cannot be accepted when using
biodegradable implants in children, as their bodies are particularly sensitive to any potentially
harmful substance. In this article, we therefore concentrate mainly on this specific aspect and
focus less on implant-tissue-reactions or the response of bone to the degrading alloys. For the
latter, we refer to previous investigations; see Refs. [21] and [24].
According to our expectations from alloy design, the degradation rate of the ZX50
implants was significantly higher than that of the WZ21 implants. We attribute this to the
high Zn content in ZX50, which causes the formation of the intermetallic phase Mg6Zn3Ca2
[21,25]. This phase is nobler than the matrix and thus acts electrochemically as a cathode.
This generates galvanic coupling with the α-Mg and thus results in fast dissolution of the Mg-

4 Investigation of Biocompatibility Qualities

78

matrix [26]. For the WZ21 alloy, the amounts of yttrium were well balanced with respect to
its solubility limit in order to prevent the formation of the Mg24Y5 phase [27]. Without the
formation of this phase, the degradation resistance of Mg-Y alloys is very high [28].
The data for volume loss and gas formation displayed in Fig. 4.1 correspond well to
the values reported by Kraus et al. [21] despite that we used a transphyseal model instead of a
transcortical one in the in vivo implantation. Correspondingly, the maximum element release
rate of magnesium was much higher for ZX50 than for WZ21. In addition, the highest release
rate, and thus the expected "burden" on the living organism, was observed earlier for ZX50
(weeks 2–4) than for WZ21 (weeks 9–12). Despite these circumstances and the fact that
different ions were released from the implants (besides Mg-ions predominantly Zn-ions from
ZX50 and Y-ions from WZ21), this study shows that biodegradable magnesium implants
have no adverse effect on the immune system of a growing body. In fact, the phagocytic
ability of neutrophile granulocytes was even increased in the experimental groups where
biodegradable magnesium pins were implanted into the femoral bones compared with
preoperative levels in the first 3 weeks and 8 weeks after the operation. In addition, the
phagocytic ability was always comparable or significantly higher (weeks 1, 4, and 8)
compared with the group that underwent surgery but had no pins implanted, with one
important exception in the case of WZ21 after 12 weeks, where the Y-release was high. The
reason for this exception will be discussed in detail below.
Our results therefore imply that magnesium implants not only have a positive effect
on the immune system but also they can even overcome the negative immunological effects
of anesthesia [29-31] and surgery [32,33]. The high phagocytic ability is crucially important
for appropriate bone healing [34], which was indeed fully achieved in the fastdegrading
ZX50 alloy group (as can be seen from Fig. 4.3), despite the initial large amount of hydrogen
gas formation. The same complete bone healing is also expected to occur for the WZ21 group
after the implant has fully degraded.
Our observations of the positive effects of Mg-alloys generally agree with the results
of other groups. Witte et al. [35] showed, for example, in an animal model that magnesium
ions released from biodegradable implants have no skin-sensitizing potential. Bondarenko et
al. [36] compared morphological changes in efferent lymph nodes after implantation of
resorbable and nonresorbable implants in rabbits and observed superior performance of
magnesium alloys. Similar studies have also been conducted using classic nondegradable
implant materials, such as titanium-, nickel-, or cobalt-chromium alloys. Here it was found,
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however, that in cases of corrosion, i.e., ion release, the immunogenic potential for these
alloys was high. Even in nontoxic concentrations, they can induce allergic reactions [37-40]
and negatively influence human osteoblasts via induction of IL-1β, IL-6, and TNFα [41].
They may even stimulate osteoclast maturation, thereby leading to bone resorption [42] and,
importantly, generate decreased phagocytic ability [43,44].
The superior immunological performance of magnesium alloys compared with that of
classic nondegradable implant materials is not fully understood. Hypotheses include the local
alkaline pH during degradation, as well as the fact that magnesium ions are necessary for
many physiological processes. Thus, higher concentrations may be well tolerated. In contrast,
nickel- or cobalt-chromium alloy corrosion products are nonphysiological or are present in
the body only as micronutrients, and therefore even slightly increased concentrations induce
cellular damage and pro-inflammatory cytokine production. What is left to discuss is the
significant decrease in phagocytic ability of the WZ21 alloy group 12 weeks after the
operation compared with that of the other groups (Fig. 4.4). In humans the phagocytic ability
decreases with age [45,46]. Thus we may relate the phagocytic decrease 12 weeks postoperation to aging, but such an effect is much less clear in rats [47]. More important is indeed
the fact that WZ21 is an yttrium-containing Mg-alloy. The element yttrium (which belongs to
the family of rare-earth elements) can influence cellular processes in terms of apoptosis and
expression of inflammatory markers [48,49] and preferentially deposits in tissues with
phagocytic activity such as bone [50]. Since the results of the μCT measurements show (Fig.
4.2b) that between 9 weeks and 12 weeks after operation the highest amounts of yttrium are
released from the degrading WZ21 implant (20 μg/week), we need to conclude that the
decrease in phagocytic ability results from the enhanced yttrium release from the implant. As
a consequence, Mg-alloys with rare-earth element additions may generate concerns in some
biodegradable implant applications.

4.5 Conclusion
This study shows that biodegradable magnesium implants have a beneficial effect on
the immune system in a growing rat model. As in a previous study [21], these results confirm
that magnesium alloys are promising candidate materials for use in biodegradable implant
application in pediatric trauma patients. However, some concerns exist regarding the use of
rare-earth-containing alloys such as WZ21 in pediatrics, in particular because bone and bone
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marrow are known to exhibit very slow release rates for such substances [51,52] and the
tolerance limits for them in children are low.
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5 Exploration of Biofunctionality Features
A modern biofunctional implant for osteosynthesis is supposed to promote the bone
healing. Actively involvements into the healing process by increased osteoconductivity or
osteoinductivity, or anti-infectious contribution are nowadays favourable towards a
conventional inert material behaviour. Biofunctionality features have its importance
especially in early stages of healing process as tissue fragility is high and irritations or
infections can occur easily.
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In vivo degradation performance of micro-arc oxidized magnesium
implants: A micro-CT study in rats
Stefan F. Fischerauer*, Tanja Kraus, Xujun Wu, Stefan Tangl, Erich Sorantin, Anja C. Hänzi,
Jörg F. Löffler, Peter J. Uggowitzer, Annelie M. Weinberg
ACTA BIOMATER. 2013; 9(2):5411-5420
Biodegradable Mg alloys are of great interest for osteosynthetic applications because
they do not require surgical removal after they have served their purpose. In this study, fastdegrading ZX50 Mg-based implants were surface-treated by micro-arc oxidation (MAO) to
alter the initial degradation, and implanted along with untreated ZX50 controls in the femoral
legs of 20 male Sprague-Dawley rats. Their degradation was monitored by microfocus
analysis was performed after 4, 12, and 24 weeks. While the MAO-treated samples showed
almost no corrosion in the first week, they revealed an accelerated degradation rate after the
third week, even faster than that of the untreated ZX50 implants. This increase in degradation
rate can be explained by an increase in the surface-area to volume ratio of MAO-treated
implants, which degrade inhomogeneously via localized corrosion attacks. The histological
analyses show that the initially improved corrosion resistance of the MAO-implants has a
positive effect on bone and tissue response: The reduced hydrogen evolution (due to reduced
corrosion) makes possible increased osteoblast apposition from the very beginning and thus
generate a stable bone-implant interface. As such, MAO-treatment appears to be very
interesting for osteosynthetic implant applications, as it delays implant degradation
immediately after implantation, enhances fracture stabilization, minimizes the burden on the
post-operatively irritated surrounding tissue and generates good bone-implant connections,
followed by accelerated degradation in the later stage of bone healing.
Keywords: Magnesium; biodegradation; micro-arc oxidation; in vivo animal imaging; microcomputed tomography
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5.1 Introduction
Biodegradable osteosynthetic devices may revolutionize surgical fracture stabilization
because they make redundant surgical follow-up intervention for implant removal. Thereby
morbidity rates may be reduced, and health care systems can profit from cost savings. From a
clinical point of view, biodegradable materials suitable for osteosynthetic applications must
exhibit several fundamental properties: (i) biocompatibility with the living organism; (ii)
sufficient mechanical flexural rigidity to ensure fracture stabilization during the inflammatory
and reparative phases of fracture healing (4-16 weeks) [1]; and (iii) degradation performance
in balance with fracture consolidation.
Among currently known biodegradable materials, magnesium-based alloys are
promising candidates for osteosynthesis because:
1. Magnesium (Mg) is an essential element in the human organism and is naturally found in
bone tissue [2, 3]. It is well tolerated by the human body and does not induce systemic
inflammatory reactions or negatively affect the cellular blood composition [4-6].
2. Mg, as a biodegradable light metal, possesses mechanical properties that are beneficial
for load-bearing fracture stabilization – not least because its Young’s modulus is close to
that of natural bone, thereby preventing stress shielding during fracture consolidation [7,
8].
3. Mg degrades in aqueous solutions, and is therefore also prone to degradation in body
fluids. The degradation process generates tissue-compatible magnesium hydroxide, and
hydrogen gas as a by-product [8].
Unalloyed Mg exhibits low mechanical strength and was found to corrode rather fast
in aqueous solution, this accompanied by the release of considerable amounts of hydrogen
gas [9, 10]. As a result the mechanical bond between bone and implant may be weakened and
fracture healing insufficiently supported [11-13]. To overcome these limitations various
efforts were undertaken to develop novel Mg alloys which offer improved mechanical
properties and enhanced corrosion resistance [14-17]. By increasing their capability to resist
corrosion, Mg alloys demonstrated that they possess good osteoconductive properties leading
to appositional bone growth around the implant as well as to the formation of a highly stable
bone-implant interface [8, 18-24]. Clinical demands concerning the rate of corrosion are
ambivalent. On one hand slower implant degradation is desirable. On the other hand, they
should not remain in the living organism for an unnecessary long period of time. Optimal
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implants should feature increased corrosion resistance at the initial stages of implantation and
a rather fast degradation after fracture consolidation. In this context protective surface
coatings are considered interesting solutions, because they may reduce a material’s specific
susceptibility to corrosion and related phenomena such as stress corrosion cracking and may
also prevent a delay in the onset of bulk degradation [25-29]. The degradation rates of bulk
and surface (coating) may thus differ considerably, rendering the overall degradation
performance potentially designable.
An elegant way of altering the surface and its degradation properties without adding a
coating material, and thus inducing other (potentially irritating) materials, is micro-arc
oxidation. This is a method of surface modification, based on the principle of plasmaelectrolytic oxidation, which produces an increased oxide layer at the surface. Micro-arctreated magnesium surfaces exhibit an improved corrosion resistance in various environments
[27, 30]. In vitro test in simulated body fluid repeatedly confirmed the favorable behavior of
surface-treated Mg alloys regarding reduced dissolution and enhanced biocompatibility [3134]. However, only little information is available about the effects of micro-arc surface
treatment on the in vivo degradation performance.
The aim of this study is to investigate the influence of micro-arc oxidation on fast
degrading magnesium-based implants (ZX50) in a living rat model. In a previous study using
the same animal model [19] we showed that ZX50 implants exhibit signs of severe and rapid
corrosion immediately after implantation and degrade initially very fast while creating
massive amounts of gas. By applying micro-arc surface treatment, our intention was thus to
decrease the degradation rate of Mg implants in the initial post-implantation period, in order
to reduce the impact of degradation products on the post-operatively irritated surrounding
tissues. Yet later on, fast dissolution of the material takes place, once the implant’s function
has become redundant. The degradation performance of micro-arc-modified ZX50 pins and
untreated ZX50 control implants in rat femurs and their influence on living tissue is assessed
in this study by means of micro-CT measurements and histological analysis.

5 Exploration of Biofunctionality Features

89

5.2 Materials and methods
5.2.1 Implants
Machined cylindrical pins (n = 40; diameter: 1.6 mm; length: 8 mm) made of ZX50
material were used. The ZX50 Mg alloy is known to be fast-degrading magnesium, alloyed
with 5% Zn, 0.25% Ca and 0.15% Mn (in wt.%) [19, 35]. It exhibits a fine-grained
microstructure (grain size ≈ 4 μm) with excellent mechanical properties: yield stress of
210 MPa, ultimate tensile strength of 295 MPa, uniform elongation of 18%, and elongation at
fracture of 26% [14, 36]. The pins were dry-machined with clean tools. After machining they
were cleaned in a cascade of pure ethanol in an ultrasonic bath and dried in warm air. Forty
pins were produced and assigned either to a “surface treated” or an “untreated” group,
containing 20 pins each.
5.2.2 Micro-arc oxidation treatment
Twenty pins were surface-treated by micro-arc oxidation, performed at AHC
Oberflächentechnik using the MAGOXID-COAT® process [37]. The MAGOXID-unit was
operated in saline solution electrolyte using a direct current supply, with a stainless steel
container acting as cathode. The current density was kept at 14 mAcm-2. The samples were
oxidized until an oxide layer thickness of approximately 10 μm was formed. Electrical
contact was placed on one end face of the pin, which therefore remained uncoated.
5.2.3 Experimental design
All animal experiments were conducted according to established guidelines of animal
care and were authorized by the Austrian Ministry of Science and Research (accreditation
number BMWF-66.010/0091-II/3b/2010).
Twenty five-week-old male Sprague–Dawley rats with a body weight of 140–160 g
were used in this study. The rats were randomly divided into two groups of 10 each,
designated ‘ZX50’ (untreated) and ‘MAO’ (micro-arc oxidized ZX50). In each rat an
identical pin was implanted into each of its femoral bones. Four rats, i.e 8 pins, per group
underwent micro-focus computer tomography (μCT) evaluation at pre-arranged times (weeks
1, 2, 3, 4, 8, 12, 16) over a total observation period of 24 weeks and were subsequently
sacrificed at week 24 and subjected to histological analysis using undecalcified ground thin
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sections. The remaining 6 animals per group were randomly chosen for histological analysis
at weeks 4 and 12.
5.2.4 Surgical procedure
Under general anesthesia, the devices were implanted in the femoral mid-diaphyseal
region of the rats as reported by Kraus et al. [19]. Perioperative pain-treatment was also
identical [19]. After surgery the rats were allowed to move freely in their cages without
external support and with their weight bearing unrestricted. Clinical observation was
performed daily throughout the whole study period.
For euthanasia volatile isoflurane (Forane®, Abbot AG, Baar, Switzerland) was
deployed for sedative anesthesia of the animals. Subsequently 25 mg sodium thiopental
(Thiopental® Sandoz, Sandoz GmbH, Kundl, Austria) was injected into the cardiac ventricle,
leading to immediate cardiac arrest.
5.2.5 Microfocus computed tomography
Since its introduction by Feldcamp et al. [38], μCT has gained enormous significance
in the quantitative assessment of cancellous bone. Its high-resolution imaging, with a
resolution of tens of microns, is a pivotal advantage of μCT over previously used methods
[39]. In addition, μCT based on quantitative bone morphometry enables three-dimensional
(3D) measurements of trabecular bone structure [40]. Online μCT monitoring is therefore
highly suitable for studying the degradation performance of temporary Mg implants without
harming the animal [19, 20, 41].
Scans were performed with a Siemens Inveon Acquisition Workplace 1.2.2.2 at 70 kV
voltage, 500 μA current, and 1000 ms exposure time. Effective pixel size was 35.55 μm.
Image reconstruction was performed without the use of a downsample-algorithm. The image
processing software Mimics® (Version 14.12, Materialise NV, Leuven, Belgium) was
deployed to construct 3D models of pins and bubbles of emitted hydrogen gas. The upper and
lower thresholds for the pin were set at 226 and 3071 Hounsfield units (HU), for hydrogen
gas at -1000 and -1024HU. A detailed analysis protocol was published by Kraus et al [19].
Pin volume, pin surface, and gas volume were quantified every week during the first 4 weeks
and then at four-week intervals until week 24.
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5.2.6 Data analysis
Micro-CT data for eight pins per group were evaluated for the statistical analysis,
which was performed using IBM® SPSS® Statistics 20.0.0 (IBM Corporation, Armonk, NY,
USA). Pin volume (V, mm3), pin surface (S, mm2), pin degradation rate (DR, mm per year),
and the surface to volume ratio S/V were evaluated for each sample at weeks 1, 2, 3, 4, 8, 12
and 16. The degradation rate was calculated from the μ-CT data according to
DRi

'xi
with 'xi
't

'Vi
Si

Vi is the volume change during the time

where i

t (i.e. between the observation moment i-1 and i) Si is the surface area at the
moment i

xi is the corresponding degradation width. The Mann-Whitney-U-Test was

used to compare the degradation performance of the implant groups. The statistical
significance was set at p values < 0.05.
5.2.7 Histological preparation
For histological evaluation tissue blocks containing the implants were fixed in neutral
buffered 4% formalin solution, dehydrated in ascending grades of alcohol, embedded in lightcuring resin Technovit 7200 VLC® (Heraeus Kulzer, Hanau, Germany) for ZX50 implants
and Technovit 9100 New® (Heraeus Kulzer, Hanau, Germany) for MAO implants. The
implants were further processed with a high-precision equipment (Exakt Apparatebau,
Norderstedt, Germany) according to the method of Donath [42]. Plastic embedded specimens
were cut through the central axis of the implant, as well as parallel to the longitudinal axis of
the femur shaft. Ground sections produced from this plane were reduced to a thickness of
approximately 30 μm and stained with Levai-Laczko dye for ZX50 samples and with
Toluidine Blue O for the MAO implants. Microscopic overview images were taken at 200x
magnification (dotSlide- Virtual Slide System, Olympus, Japan). Both Levai-Laczko dye as
well as Technovit 9100 New® with Toluidine Blue O dye are well established in bone
research and are equally efficient to unequivocally recognize bone cells, bone tissue types
(woven bone, lamellar bone) and different degrees of mineralization.
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5.3 Results
5.3.1 MAO sample surface prior to implantation
The surface of an implant influences its ultimate ability to integrate into the
surrounding tissue [43]. Figure 5.1 shows the surface of the micro-arc-treated alloy (Fig.
5.1a) and the cross-section of the oxide layer (prepared using focused-ion beam milling (FIB)
at a surface crater position). The surface of the micro-arc layer is characterized by the
presence of numerous holes and calderas, as well as some surface cracks (Fig. 5.1a). The
thickness of the oxide layer was on average about 10 μm (Fig. 5.1b). However, at the
position of holes and calderas, it was significantly reduced to less than 2 μm. In general, the
oxide layer contains a high density of pores, which is typical of micro-arc coatings [26, 31,
44-47]. As mentioned above, no oxide layer was present on one end of the pin, at the location
of electrical contact during the MAO process.

Figure 5.1: Focused-ion beam (FIB) images of MAO-modified Mg samples. (a) Typical surface characteristics; the oxide
layer features numerous holes and calderas as well as a few cracks. (b) The average thickness of the modified surface is
about 10 μm; at the position of calderas the thickness is reduced to < 2 μm [67].

5.3.2 Degradation performance
The μCT images in Figure 5.2 provide examples of the degradation process of a
ZX50 and MAO implant. Almost no corrosion of micro-arc-treated implants was observed
within the first week, while the untreated ZX50 implants already exhibited several surface
pits. The surface area of MAO preserved its integrity during the first week and the average
degradation was significantly decreased (p=0.002). In consequence higher volumes of MAO
pins were measured within the first few weeks (Fig. 5.3a). Fig. 5.2 and Fig. 5.3c reveal that
the degradation process for MAO implants accelerated between weeks 3-4 (p=0.005) and 4-8
(p=0.046), and became significantly faster than in the ZX50 group. Because of the
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accelerated degradation rate between weeks 3 and 8, MAO pins ultimately dissolved sooner
than the untreated pins. While at week 12 the MAO implants completely vanished, there was
still some pin debris visible from ZX50. It is important to note that acceleration of the
degradation rate of the MAO sample went hand in hand with considerable macroscopic
fragmentation of the pins (see for example Figs. 5.2m, n).

Figure 5.2: μCT images (3-D reconstruction) of implanted ZX50 (a-h) and MAO (i-p) pins. The pins degrade over time and
vanish completely after 12 to 16 weeks.

Figs. 5.3 a-c show the sequence of the degradation process of ZX50 and MAO
implants in more detail. Fig. 5.3a visualizes the volume reduction due to biodegradation as a
function of the implantation time. As deduced from Fig. 5.2 the corrosion resistance of the
MAO pins was higher than that of the uncoated samples only during the first 3 weeks after
implantation (Fig. 5.3a). Between weeks 3 to 4 an increase in volume loss for MAO pins
occurred, which corresponds to an increase in degradation rate from week 3 until complete
degradation (Fig. 5.3c). The surface areas of both implant types increased during the first
period of implantation (Fig. 5.3b; note that the surface data at t = 0 are identical for ZX50
and MAO, despite the fact that the MAO surface is porous; this is caused by small pore size
below the μCT-pixel size). However, for the MAO implants the increase was retarded by 1 to
2 weeks. The simultaneous increase in surface area and decrease in volume suggests the
occurrence of severe localized corrosion, as is for example visible in Fig. 5.2b (ZX50 after 1
week). From week 3 to 4 onwards, the surface area of the pins decreased. This decrease
obviously took place in parallel with the decrease in the pin volume. At week 4, where the
volume of the ZX50 and MAO pins was comparable, the surface area of MAO implants was
significantly greater (p=0.015).
Figure 5.3c shows that for the uncoated implants the degradation rate stayed at a
constant level of DR ≈ 1.7 mm a-1 for 3-4 weeks and then gradually increased to a level of
close to 4 mm a-1. In contrast, the degradation rate of the MAO implants was close to zero
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during the first week (DR ≈ 0.25 mm a-1), increased to a level of DR ≈ 1.7 mm a-1 between
weeks 2 to 3, and then increased substantially to about 6 mm a-1 at the final stage of the
degradation process. However, in particular at the end of the implant’s life high scatter was
seen for the volume and surface data, and thus for the degradation rate (eq. 1).

Figure 5.3: In vivo degradation performance of implanted ZX50 and MAO pins during the study period, assessed via μ-CT
measurements. (a) Loss of pin volume; (b) change of pin surface area; (c) pin degradation rate; (d) detected hydrogen gas
volume.

According to the electrochemical reaction Mg + 2H2O → Mg(OH)2 + H2[48] pin
degradation results in considerable release of hydrogen gas, as illustrated in Fig. 5.3d and
Fig. 5.4. One molecule of hydrogen gas is formed per one atom of Mg, which results in about
25 cm3 H2 generated by the degradation of the whole implant (pin weight of 27 mg). Because
of the rapid degradation rate severe gas formation was observed for both implant types.
While the ZX50 exhibited the highest gas formation at the beginning – seen both in the soft
tissue and the intramedullary cavity – followed by monotonic decrease over the implantation
time, little gas formation was observed around MAO implants within the first week
(p=0.002); small gas bubbles formed solely at the uncoated face end of the pin. The
acceleration of degradation between weeks 3 and 4 was accompanied by a pronounced
increase in gas bubble volume. Note that the detected gas volume reflects the accumulated
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H2-volume, which is the net volume of the gas released by Mg-dissolution minus the gas
evacuated by the organism. It does not necessarily correspond to the Mg-mass loss or
degradation rate. After 12 weeks hydrogen bubbles were no longer detected by μCT. During
the whole course of degradation, gas bubbles were in general observed in the soft tissue on
both ends of the pins as well as in the intramedullary cavity.

Figure 5.4: μCT Mimics® 3-D reconstructions of the implant site for ZX50 and MAO implants; gas bubbles are visible in
light blue.

5.3.3 Biological response
In this section the bone and tissue response is evaluated based on results from the
μCT investigations and the histological examination. All animals tolerated the operation well
and regained full weight-bearing capability. Clinically, all rats showed slight reddening of the
wound and mild wound swelling resulting from surgery. However, both symptoms
disappeared completely after 3 to 5 days post operationem and no wound infections were
observed.
The biological response to the inserted and degrading implants is illustrated in Fig.
5.5 (μCT images) and Fig. 5.6 (histological ground sections). Fig. 5.5 shows the 2-D μCT
reconstructions of the degradation process of the ZX50 and MAO implants and the bone
response within the first 4 weeks, reflecting the time where micro-arc oxidation leads to a
delayed degradation process. Untreated ZX50 alloys initially evolved large amounts of gas
after implantation. The gas inhibited physiological bone reaction and generated distinct callus
formation (Figs. 5.5 a-d). Bone around the implant was present in only small quantities due
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to gas formation, but there was also a massive cortico-periostal reaction due to fast release of
Mg (Fig. 5.5d). In MAO, decreased formation of gas within the first two weeks minimized
callus formation in the cortical bone and allowed apposition of new bone along the MAO
surface, clearly seen as hyperdense bone layers around the implant inside the bone marrow
(Figs. 5.5e and f). This bone contact to the implant was still partly observable at week 4,
when the first histological analysis was performed. Figs. 5.6c and 6d show the interface
between mineralized bone tissue and the implant surface in the cortical bone (Fig. 5.6c) as
well as in the bone marrow (Fig. 5.6d), where osteoblasts and new bone formation were
present even inside of corrosion pits. In contrast, on the ZX50 corrosion layer, mesenchymal,
fibrous tissue containing fibroblasts was observed (Figs. 5.6a and b). More peripherally to
the ZX50 implant, a considerable number of activated osteoblasts formed woven bone. In
between and in more peripheral areas of the medullar cavity, a multitude of myeloid cells at
different hematopoietic stages were observed in both groups. No foreign-body reaction in
terms of an increased number of inflammatory cells, such as plasma cells or lymphocytes,
was visible in the histological slices of either the MAO or the ZX50 group.
Figs. 5.6 e-h illustrate the biological response of the cortical bone and the bone
marrow at the timepoint when the implants had only just corroded fully and none of the
original material was left unaltered (week 12). Small corrosion particles, remnants of
originating in the ZX50 degradation process remained in the drill hole (Fig. 5.6e). These
particles were surrounded by capsule-like layers of bone. MAO findings at this point in time
showed a more progressive bone restoration at the original drill hole site (Fig. 5.6g). In the
medullar cavity the enormous amount of gas formation during the degradation process
generated a displacement of the original myeloid cells. Where once the implant had been,
there were now areas containing only few cells (mostly fibroblasts and myeloid cells) and
little extracellular matrix. (Fig. 5.6f). The rate of these bone marrow regeneration processes
was slightly faster in the MAO group, showing a higher cell count at the original implant site
(Fig. 5.6h). Adjacent to the former implant interface, both groups exhibited bone formation,
producing comparatively unstructured woven bone with large osteocyte lacunae.
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Figure 5.5: μCT reconstructions (2-D slices) illustrating the ZX50 and MAO degradation process, gas evolution and bone
response in the early stages after implantation (weeks 1 to 4); ZX50 (a-d) and MAO (e-h).

After 24 weeks histological ground sections (Figs. 5.6i-l) showed notable tissue
regeneration. Both ZX50 and MAO featured replacement of the drill hole with newly formed
bone tissue (Figs. 5.6i and k). The bone marrow was also completely restored in both groups
(Figs. 5.6j and l). Adipocytes predominate in the cell line of the bone marrow. In the MAO
group, a few scattered bone tissue formations remained in the medullary cavity at this point
(Fig. 5.6l).
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Figure 5.6: Histological thin slides of ZX50 and MAO pins in Levai–Laczko staining for ZX50 samples (left) and Toluidine
Blue O for the MAO implants (right). Situation after 4 weeks (a-d), 12 weeks (e-h) and 24 weeks (i-l). I=implant/initial
implant site, CP=corrosion products, G=hydrogen gas bubble, NB=new bone formation, F=fibroblast band, A=adipocytes.
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5.4 Discussion
The electrochemical activity of Mg and Mg alloys in physiological solutions makes it
necessary, for safe application in the human body, to control the corrosion rate. Development
of suitable strategies to enhance the poor corrosion resistance of magnesium alloys is
therefore important. Alloy compositions play a significant role as well as coatings and
surface modifications. A number of preventive measures have been proposed and are being
adopted to overcome corrosion problems [9, 14-16, 45, 49, 50]. While most of previous
studies focused on the in vitro degradation of surface-modified magnesium [26, 30, 31, 5153], this study evaluates the micro-arc oxidation surface treatment of Mg ZX50 alloys in
vivo.
The growing rat model was selected because of the extensive emerging field of
biodegradable implants in pediatric surgery, as the Elastic Stable Intramedullary Technique
(ESIN) is the rising osteosynthetic technique for long bone fractures in children. For that
reason a transcortical model was also chosen which enables investigation of biological
responses of the cortical bone and of the bone marrow. Moreover, the animals can be easily
observed by μCT over the whole growing process.
The evaluation of micro-arc oxidized magnesium implants revealed three major
findings that are of great interest for the clinical application of biodegradable Mg implants:
(i) Micro-arc oxidation inhibits the initial corrosion process; (ii) it enhances the corrosion
process over time; and (iii) it improves the bone-implant interface. In the following sections
we discuss these findings in detail.
5.4.1 Micro-arc oxidation inhibits the initial degradation process
The increased corrosion resistance is based on the formation of an oxide layer on the
implant surface during the oxidation process. The layer acts as a more or less continuous
barrier against charge transport and thus degradation [26, 44-47, 54]. It is well known that
micro-arc coatings reduce the corrosion rate to a high degree, even up to 90% [26]. In fact, as
shown in Fig. 5.3a and more clearly in Fig. 5.3c the volume loss and degradation rate,
respectively, were significantly smaller for the MAO implants. During the first week after
implantation the average degradation rate (DR) of MAO was about 0.25 mm a-1, while for
ZX50 it was on average 1.7 mm a-1. Because of the fast degradation of ZX50 the effects of
micro-arc coating could be seen clearly. Similar performance was observed for a Mg-2Zn-
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0.2Ca alloy that exhibited an average DR of 1 mm a-1 over a period of 8 weeks, while a
composite-coated version (micro-arc plus hydroxyapatite layer) showed a DR of only
0.13 mm a-1 [55].

Figure 5.7: Surface-area to volume ratio as measure for the “topography” and “imperfection” of the pin. Large values
suggest a rugged topography and/or fragmentation of the pin. For comparison the S/V values for homogeneous degradation
with a DR of 1.7 mm a-1 are plotted.

5.4.2 Micro-arc oxidation enhances corrosion process over time
Figs. 5.3a and 5.3c reveal a pronounced acceleration of the MAO degradation
between weeks 3 and 4. As mentioned in the results section, this phenomenon can be
attributed to the occurrence of severe localized corrosion attacks. In the following we use the
surface-area to volume ratio as a measurement for localized attack; we assume the implant
surface topography to be very rugged and fragmented at high Si/Vi values. Fig. 5.7 shows the
variation of the S/V ratio for MAO and ZX50. The figure also shows the theoretical S/V-value
for homogeneous degradation with a degradation rate of 1.7 mm a-1 (initial degradation rate
of ZX50; see Fig. 5.3c). Because higher S/V values than those for homogeneous degradation
correspond to an increase in localized corrosion attacks, the change in the corrosion mode
becomes clearly visible. ZX50 forms surface pits as early as week 1 (Fig. 5.2b) and the
“inhomogeneity” of the degradation increases monotonically with time. MAO stays at low
values for 1 to 2 weeks, while between weeks 3 and 4 a steep increase is observed. This
corresponds to the moment of pronounced degradation rate acceleration. Such behavior was
indirectly mentioned by Chen et al [55]. They report low degradation rates in the range of
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0.13 mm a-1 during the first period of implantation but an increase by a factor of ten in the
subsequent phase after a partial degradation of the composite coating.

Figure 5.8: Degradation rate (DR) as function of the surface-area to volume ratio. DR increases proportionally with the
surface-area to volume ratio.

From the above-mentioned facts it may be concluded that the degradation rate is
somewhat dependent on the surface topography. Fig. 5.8 illustrates that this is obviously the
case for Mg-alloys in body fluid, where the degradation rate increases more or less linearly
with the S/V-ratio. A detailed discussion of this observation is beyond the scope of this study.
However, in literature several arguments are given that may help to find a convincing
explanation [32, 56, 57]. They are all based on the description of chemical processes that
occur inside of surface pits or pores, i.e. the formation of an autocatalytic corrosion cell,
which results in a serious localized corrosion breakdown. While localized attack is a wellknown phenomenon for non-surface-treated Mg alloys [56, 58] little is known about the longterm stable resistance to pronounced localized corrosion in body fluid of micro-arc treated
samples. However, the rapid increase in degradation rate after an initial period observed in
the present study and reported in [31, 55, 59] can be attributed to severe pit formation. In
general, the protective layer is characterized by the presence of pores, calderas and cracks
(Fig. 5.1). Such “weak spots” can be easily penetrated by the physiological solution and may
act as nuclei for localized corrosion attack. Gu et al. [31] describe this mechanism using the
example of micro-arc oxidation-treated AZ31 alloy in simulated body fluid. According to
Wang et al. [59], the corrosion is also accelerated if the coating is destroyed locally. They
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relate the rapid corrosion to the galvanic effect between the exposed substrate and the coated
substrate that served as a cathode. To solve this “problem” at least to some degree, an
improvement in the quality of the oxide layer and/or sealing is recommended, as undertaken
for example by Chen et al.[55] and Lu et al. [52, 53].
5.4.3 Micro-arc oxidation improves the bone-implant interface
A tight contact between cells and implant surface reveals a good bone-to-implant
interface. It shows that the implant is tolerated well by the organism and indicates that the
surface is osteoconductive. The porous pin surface of the MAO implants and reduced gas
evolution because of higher corrosion resistance may explain increased new bone formation
around MAO-treated implants [60]. MAO also inhibited fast Mg ion release. While Mg ions
enhance the osteoblast apposition on the implant and promote new bone formation [61, 62],
excessive Mg concentrations and/or corresponding pH changes might reduce bone cell
activity and result in less bone formation around the samples, as seen for ZX50 and reported
in other studies [63]. In MAO we observed that irritations in bone healing were minimized in
the very first stage of fracture healing. It has also been reported that MAO-treated Mg-alloys
possesses improved blood compatibility compared to untreated Mg [64], which is of great
importance clinically. We found that even when MAO delayed the start of implant corrosion
for just one week the positive biological response remained for up to 4 weeks, where
osteoblast adhesions were still observed on the implant surface (Figs. 5.6c and d).
Significantly increased cell numbers on MAO-treated Mg–Ca alloys compared with untreated
ones were also found by Gu et al. [26]. Accompanied with an acceleration of the MAO
implant degradation, a detachment between the former formed bone tissue and the implant
surface occurred. Thereby bone cells lost the implant as an osteoconductive base frame.
Further new bone formations were consequently formed as irregular scattered woven bones at
various places in the medullar cavity (Fig. 5.6f and h). At the initial implant site loose tissue
remained after entire implant degradation (Fig. 5.6f and h). It is certain that these cell poor
tissue areas were present due to the very fast degradation of the basic Mg alloy, which
generated enhanced gas evolution, pH-increase, and high cell osmolarity [5, 65, 66]. For less
fast degrading alloys a preservation of cell integrity during implant degradation can be
expected, as the mentioned irritating side-effects would be minimized [19].
After fulfilling its task of bone restoration, it is desirable, to avoid future
inflammatory effects, that no implant debris or corrosion products remain inside bone tissue.
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No substrate or oxide layer remnants were visible in our histological slides after 24 weeks.
This indicates that the ZX50 alloy is not only completely degradable in body fluid but also is
the oxide layer. At the end of the study (week 24) the cortical bone and the bone marrow both
recovered restitio ad integrum. These findings concur with those of Kraus et al. [19], who
found that bone recovered even where there was massive gas formation due to Mg
degradation. Due to enhanced formation of new bone at the MAO surface right after pin
implantation, a few scattered bone trabeculae remained in the bone marrow at week 24.
These are expected to decompose in the subsequent weeks and do not affect the functionality
of the bone.
Clinically, an Mg-based implant is required which possesses good biocompatibility,
maintains its mechanical integrity during the reparative phase (4-16 weeks; depending on
fracture configuration and location, status of the adjacent soft tissues, as well as patient
characteristics (species, age, health status, concurrent injuries/diseases) [1]) to ensure solid
healing of the fractured bone, and afterwards degrades entirely within a short period of time.
Here MAO showed itself to be an effective way not only to improve the corrosion resistance
of magnesium alloys in the initial fracture healing period, but also to increase these alloys’
surface bioactivity and later to induce enhanced degradation rate.
The fast degrading alloy ZX50 used in the present study needs to be modified towards
enhanced degradation resistance in order to preserve its mechanical integrity during the
reparative phase. First results with ultra-high-pure ZX50 (reduction of trace elements Fe, Cu,
Ni, Mn and Si from 500 ppm to < 5 ppm) are highly promising. In particular, the absence of
RE and Al additions might make them very interesting for pediatric surgery applications.

5.5 Conclusions
Surface treatment of Mg-alloys via micro-arc oxidation appears to be very interesting
for biodegradable implant applications. MAO treatment generates a protective oxide layer
with a high level of porosity. The protective layer, on the one hand, delays the initial
corrosion process and thus, due to reduced hydrogen evolution, enhances the primary neoformation of bone around the implant. The porous surface, on the other hand, generates
inhomogeneous degradation via severe localized corrosion attacks, which increase
significantly with the degradation of the implant in the later stage due to an ever-increasing
surface-area to volume ratio. In conclusion, the results of improved initial corrosion
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resistance, accompanied by the immediate build-up of a stable bone-implant interface and
followed by accelerated degradation in the later stage, make micro-arc oxidation a promising
method for achieving the degradation properties required to fulfill clinical demands for the
use of magnesium-implants in osteosynthetic applications.
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6 Summary, Discussion and Outlook
The development process of a functional biodegradable implant requires a
multidisciplinary approach to bring material properties and biological realities in accordance
with each other. This thesis featured efficient methods to explore the major biological
material properties related to biodegradation, bone-implant-interface, biocompatibility, and
biofunctionality in a development process of Mg-based implants designated for
osteosynthetic application. In each field, a high specific knowledge was acquired and high
standard methodologies were established.
In vivo study methods have been used, as the complexity of a living organism and its
mutual interference with the biomaterial is hardly reproducible in an in vitro setting.
Especially in Mg-testing, the majority of studies that have systematically compared Mgalloys in vivo and in vitro showed significant differences between the degradation behavior
[1-4]. Over the last years, the complex corrosion process of Mg in a relatively harsh
environment like the human body (pH values between 7.4 and 7.6 at temperature of ~37,
biological fluids with a salt content of~0.9 wt.%, chloride ions at levels of 150mmol/L,
dissolved oxygen, sodium, potassium, calcium, magnesium, phosphate, sulphate ions, amino
acids, proteins, plasma and several other substances [5, 6]) and its multifaceted reactions
became better understood. Consequently, in vitro testing protocols have been significantly
adjusted and are nowadays used for effective screening of suitable materials, thus reducing
the need of animal testing dramatically [7]. However, many biofunctional investigations
including systemic reactions or fracture-healing properties related to an implant material will
so far remain a domain of in vivo testing.
Many studies, including the works of this thesis, attested Mg excellent biomechanical,
electrochemical, and biofunctional properties, which make the material appropriate for
orthopaedic applications. The key benefits of Mg as an osteosynthetic device and its potential
drawbacks are listed in Table 6.1 and 6.2.
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Table 6.1:Key benefits of Mg as osteosynthetic implant (modified from Kirkland [7])

Benefit

Low density and reduction
of stress shielding

High damping capacity
Machinability and
dimensional stability
Biocompatibility and
osteogenesis

Safe degradation

Description
Mg density (1.738 g/cm3) [8] and elastic modulus (~45) GPa is similar to that of
cortical bone (1.75-2.1 g/cm3; ~20 GPa) [9, 10]. Current orthopaedic implants
like Ti alloy (110-120 Gpa) or stainless steel (210 GPa) can cause implant failure
due to a much higher elastic modulus, density, and yield strength than that of
bone. This process is called stress shielding by which bone mass and density will
decrease in proximity of an implant with a higher stiffness, as it transfers the load
away from adjacent bone [11]. As mechanical properties of pure Mg are very
close to natural bone, stress shielding related problems can be greatly reduced.
Mg has the highest dumping capacity of any metal [12]. This shock- and
vibration-absorbing ability could provide benefits especially in load-bearing
applications.
Mg is easy to machine and stable complex shapes can be easily produced [13].
Mg is considered biocompatible [14-17] and has been shown to possess
osteoconductive and osteoinductive properties [16, 18, 19]. Mg ions are
intimately involved in the formation of biological apatites and thus have a
positive influence on bone fragility and strength [16].
Mg's ion release in the body is dealt with effectively and eventually corrosion
results in complete degradation [14-16]. Despite the applicability as a temporary
implant, safe wear particles metabolisation and limited exposure to a "foreign"
object minimises the appearance of acute inflammation and eventually implant
failure [20].

Table 5.2: Potential drawbacks of Mg as osteosynthetic implant (modified from Kirkland [7])

Drawback
Low elastic modulus
Fast degradation

Resorption problems

Hydrogen gas

Description
The low elastic modulus of Mg can lead to mechanical failure in load-bearing
applications when compressive loads exceed 3.500 N [21].
Mg purity and allying elements have been used to control the degradation of Mg.
Rapid degradation and consecutively high evolution of hydrogen gas can still be
an issue [22, 23].
Too quickly release of Mg and other element ions can cause adverse biological
reactions. Corrosion controlling alloying elements must be selected with nontoxicity.
At high degradation the amount of hydrogen gas release can exceed the
resorption ability of the surrounding tissues (tolerable rates of hydrogen
evolution <0.01 ml/cm2/day, depending on the location of the implant and its
surrounding environment [22]). An accumulation of gas in cysts may cause
separation of tissue and/or tissue layers [24], delay healing, lead to necrosis of
surrounding tissue [25], and in a worst case scenario, block the blood stream,
causing death [26].

Mechanical and biological properties determine the success rate of a biomaterial in its
clinical application. Any implant that has been designed for osteosynthetic applications has to
sustain its load without deformation. Maintenance of mechanical support is crucial
throughout the entire healing phase until the bone regains its functionality. As corrosion
processes influence the mechanical integrity of the material significantly, it is desired to
design an implant that initiates degradation not before fracture consolidation occurs. On the
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other hand, implant degradation after fracture consolidation is favored in a homogenous
manner with a releasing rate of element ions that can be appropriately dealt by the body (e.g.
excess of Mg excreted via kidneys or hydrogen gas absorbed via soft tissues). Furthermore,
to ensure absolute biocompatibility, complete degradability and full absorbability, the use of
toxic or exogenous alloying elements must be avoided.
Concerns about the implantation of exogenous alloying elements have been increased
recently, as zirconium has been reported to reduce the healing properties [27], aluminium
remains in the organism and can lead to unpredictable effects, the application of silver might
result in a silver-disease [28], yttrium remains local, even for years [29] and can have
negative effects on the immunological system [30], and as quotable literature focusing on the
toxic long-term effects of rare earth elements (REE) in the organism is still not available.
Hence, the applications of the mentioned alloying elements have to be insistently refused,
especially for an application in children.
Therefore, current research focuses on the development of REE- and yttrium-free Mgalloys that only consist of natural occurring human elements. Ultra-high purification
processes and the combination of Mg-Zn-Ca alloys have already shown promising
preliminary results. Also surface modification and coatings of Mg-alloys is gaining
increasing interest to further improve the implant biofunctionalities (e.g. implementation of
anti-inflammatory properties and anti-bacterial or bone stimulating additives. These
developments will be the focus of the magnesium research community in upcoming years.
Today, the specifications, a Mg-based implant material has to fulfil as a temporary
osteosynthetic device for successful clinical application, are defined as:
x

Mechanical properties of yield strength > 240MPa, tensile strength > 300MPa, and
elongation to fracture > 20% (similar to human bone).

x

Maintenance of mechanical integrity for four to six weeks during healing phase.

x

Direct bone-implant-interface during healing phase.

x

Highly purification with trace elements in sum < 20 ppm.

x

Implant degradation rate per year: 0.25 < Pm < 2.5 mm y-1.

x

Total degradation process within a time frame of 1.5 years, with respect to the turn
over of the skeleton.

x

Biocompatibility of all alloying elements.

x

Biofunctional interference with fracture consolidation and restitution ad integrum.

Their realization will be the future challenge for a multidisciplinary research community.
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