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Summary

For the treatment of large bony defects, no perfect solution has been yet found, partially
due to the unavailability of ideal bone implants. Additively manufactured (AM)
biodegradable porous metals provide unprecedented opportunities to fulfil the
requirements for ideal bone implants to be used in such treatments. Firstly, the multi-
scale geometry of these implants can be customized to mimic the human bone in terms
of both micro-architecture and mechanical properties. Secondly, a porous structure with
interconnected pores possesses a larger surface area and is favorable for the adhesion
and proliferation of bone cells. Finally, the biodegradation property could be exploited
to maintain the structural integrity of the implant during the healing process while
ensuring that the biomaterial disappears afterwards, paving the way for full bone
regeneration.

In Chapter 2-4, we used selective laser melting (SLM) to fabricate topologically
ordered porous magnesium (WE43), iron, and zinc scaffolds based on the diamond unit
cel. We conducted comprehensive studies on the microstructure, in vitro
biodegradation behavior (up to 4 weeks), electrochemical performance, time-dependent
mechanical properties, and cytocompatibility of the developed scaffolds. For AM WE43
scaffolds, a unique mechanism of biodegradation was observed that started with
uniform corrosion, followed by localized corrosion, particularly in the center of the
scaffolds. For AM iron scaffolds, electrochemical tests showed up to =12 times higher
rates of biodegradation as compared to the degradation rate of cold-rolled (CR) iron,
while 3.1% of weight loss was measured after 4 weeks of immersion tests. The
biodegradation mechanisms were found to be topology-dependent and different between
the periphery and central parts of the scaffolds. AM zinc scaffolds lost 7.8% of their
weight after 4 weeks of dynamic biodegradation. The biodegradation mechanisms were
found to be location-dependent as well and differed from the top of the specimens to the
bottom. The mechanical properties of the AM WE43 (£ = 700-800 MPa) scaffolds, iron
scaffolds (£ = 1600-1800 MPa), and zinc scaffolds (£ = 700-1000 MPa) fell within the
range of the values reported for the trabecular bone even after 4 weeks of
biodegradation. AM magnesium scaffolds showed level 0 cytotoxicity up to 72 h
(according to ISO 10993-5 and -12), except for one time point (i.e., 24 h). Intimate
contact between cells (MG-63) and the magnesium scaffolds was observed in SEM
images. While direct contact between MG-63 cells and AM iron scaffolds revealed
substantial and almost instant cytotoxicity in static cell culture, as compared to Ti-6Al-
4V, the cytocompatibility was reasonable in in vitro indirect assays for up to 72 h. For
AM zinc scaffolds, indirect cytotoxicity revealed excellent cellular activity up to 72 h.



Live-dead staining confirmed the good viability of the MG-63 cells cultured on the
surface of AM porous zinc. Intimate contact between MG-63 cells and the zinc
scaffolds was observed.

In Chapter 5-7, we evaluated and compared the fatigue behaviors of AM
magnesium, iron, and zinc scaffolds in air and the in revised simulated body fluid (r-
SBF). Biodegradation decreased the fatigue strength of the AM magnesium from 30%
to 20% of its yield strength. In contrast, AM porous iron exhibited extraordinarily high
fatigue resistance with fatigue strengths amounting to 70% and 65% of their yield
strength in air and r-SBF, respectively. Surprisingly, AM porous zinc showed even
higher fatigue resistance in r-SBF than in air. Moreover, functionally graded design was
found to improve the fatigue strength of AM biodegradable porous zinc. Fracture planes
were observed for the magnesium scaffolds but not for the iron and zinc specimens
tested either in air or in r-SBF. The moderate effects of biodegradation on the fatigue
strength of AM iron scaffolds could be attributed to the low biodegradation rate and
excellent ductility of pure iron, while the biodegradation products formed on AM zinc
scaffold struts contributed to the improvement of the fatigue resistance during the in
vitro biodegradation experiments. The mechanistic aspects of how biodegradation and
cyclic loading interacted with each other on different scales were revealed as well. On
the micro-scale, cracks initiated at the biodegradation pits and propagated
transgranularly. Cyclic loading caused microscale internal stresses that tend to favor pit
formation. On the macro-scale, cracks preferred initiating at the strut junctions where
tensile stresses were concentrated, as revealed by a finite element analysis of the porous
material under compressive loading.

In Chapter 8-9, we designed functionally graded porous structures based on
diamond unit cells and compared their performance with uniform designs. Iron and zinc
specimens were fabricated by SLM, followed by experimental and computational
analyses of their permeability, dynamic biodegradation behavior, cytocompatibility, and
mechanical properties. We found that the topological design realized through functional
gradients strongly affected the fluid flow, mass transport properties, and biodegradation
behavior of the AM porous specimens. Up to four-fold variations in the permeability
and up to three-fold variations in the biodegradation rate were observed for the different
experimental groups of AM iron specimens, which is similar to the values we measured
for the AM zinc specimens. After 4 weeks of in vitro biodegradation, the AM iron
scaffolds lost 5-16% of their weight, while the AM zinc scaffolds lost 7.1-11.9% of
their weight dependent on designs. Design-dependent cell viability did not differ from
the gold standard controls for up to 48 h for AM iron scaffolds. AM porous zinc showed
excellent biocompatibility and did not differ from the gold standard controls for up to
72 h independent of designs.



In Chapter 10, the overall conclusions are drawn and recommendations are made
for further studies. AM biodegradable porous metal, particularly a metallic material
based on zinc, with sufficient mechanical properties, precisely controlled interconnected
porous structure, tunable biodegradation rate, and good biocompatibility, holds great
potential to fulfil the requirements of an ideal bone substituting material that could be
used to treat large bony defects. Material type, processing, and topological design all
affect the properties of AM biodegradable porous metal, which can be further optimized
by proper alloying, process optimization, and structural optimization.
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1

Introduction



1.1. Background

Our societies are currently experiencing an increasing demand for bone implants. It is
estimated that more than two million bone-grafting operations are performed annually
in the world [1]. Although bone is known to have self-healing abilities, large bony
defects cannot heal, when left untreated. Interventions such as bone-grafting are,
therefore, necessary to restore the bone tissue [2]. The clinically available bone grafts
normally include autografts (bone taken from the same person’s body), allografts (bone
tissue from a deceased donor), and xenografts (bone tissue from an animal), among
which autografts are superior to the other two that have notable limitations including
immune response complications, the risk of disease transmission, and the lack of
osteogenesis [3]. However, even autografts suffer from major limitations of which
limited supply, a need for multiple (lengthy) operations, and donor-site morbidity are
the most important. To address the above-mentioned challenges, the concept of
synthetic bone substitutes has emerged. Apart from being biocompatible, an ideal bone
substitute should have mechanical properties close to those of the native bone to provide
enough mechanical support and avoid stress shielding [4], present a fully-interconnected
porous structure to allow for bone ingrowth [5, 6], and degrade in the human body as
the bone regenerates [7]. However, it has so far been challenging to find such a porous
biomaterial that can fulfill all the requirements mentioned above. The quest for an ideal
bone substituting material is, therefore, still at its full swing [8].

1.2. Choice of materials

A variety of bone-substituting porous biomaterials based on polymers, ceramics, and
metals have been developed in recent years [9]. Among the three types of biomaterials,
polymer-based biomaterials have great design flexibility for tailored biodegradation
behavior and offer a multitude of routes to biofunctionalization [10]. Ceramic-based
biomaterials are well known for their favorable biodegradability and superior
osteoconductivity [11]. Nevertheless, the main drawback of polymer-based biomaterials
is their low mechanical properties, while ceramic-based biomaterials are normally
brittle [1]. On the contrary, metallic porous biomaterials, because of their remarkable
strength and significant energy absorption capacity, are considered to be the most
suitable candidates for load-bearing bone implants [12]. Traditional metallic
biomaterials are made from metals with high corrosion resistance. Such metals,
however, do not biodegrade over time, meaning that bone regeneration cannot be
completed, while the surface of the implant may be colonized by bacteria that cause
implant-associated infections [13]. Bio-inert implants may also cause long-term
endothelial dysfunction, permanent physical irritation, and chronic inflammatory local
reactions [14]. Metallic biomaterials with proper biodegradability are, therefore, of great



potential utility for orthopedic and trauma surgeries. It is, of course, important for such
biodegradable metallic biomaterials to only release biodegradation products that are
biocompatible and are metabolized by the human body. The major elements constituting
a biodegradable metal are, therefore, often the essential trace elements that naturally
occur in the body. To date, magnesium, iron, and zinc as well as their alloys have been
considered to be the most appropriate candidates [15].

1.3. Design

It is well known that the human bone has a highly hierarchical structure at different
length scales including macroscale, microscale, sub-microscale, nanoscale, and sub-
nanoscale (Figure 1) [16]. At the macroscale level, the bone can be classified as being
either cortical or trabecular with varied porosities and mechanical properties. To better
mimic the mechanical properties and functionalities of the bone, ideal bone substitutes
need to possess bone-mimicking geometries. Moreover, an appropriate design of a
porous metallic biomaterial requires a careful selection of the pore shape, pore size, and
porosity. These characteristics can not only affect the mechanical properties [17] but
also significantly influence the biological performance of porous metallic biomaterials,
such as cell adhesion and proliferation, nutrient transportation, and bone ingrowth [6].
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Figure 1. The hierarchical structure of the bone [16].

1.4. Fabrication

As previously mentioned, exquisite design is necessary for an ideal porous metallic
biomaterial. To realize such designs in practice, much effort have been spent on




developing porous biodegradable metals through casting, sintering, foaming, and
chemical vapor deposition [18-24]. However, these methods can neither precisely
control the geometry nor achieve an appropriate level of mechanical properties [25].
The advent and recent progress in additive manufacturing (AM) has provided an
unprecedented opportunity to tackle the dilemma of free-form design and manufacturing
feasibility. Up until now, three main types of metal AM techniques including directed
energy deposition (DED), powder bed fusion (PBF), and binder jetting have been
applied for the fabrication of AM porous implants (Figure 2) [26]. DED and PBF are
considered as direct AM metal printing, while binder jetting needs post treatment,
typically debinding and sintering. According to the heat source, like laser (L) or electron
beam (EB), DED and PBF can be further categorized as DED-L (Figure 2a), DED-EB
(Figure 2b), selective laser melting (SLM) (Figure 2c), and electron beam melting
(EBM) (Figure 2c). While DED is normally used for large rough parts, PBF is
considered as the most appropriate method for building complex porous structures [26].
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Figure 2. Schematic diagrams of (a) DED-L, (b)DED-EB, (c) PBF (SLM or EBM), and
(d) binder jetting processes [26].

A large number of AM bio-inert metallic materials have been investigated, such as
titanium alloys [27-29], stainless steel [30], tantalum [31], and cobalt-chromium [32]



which combine a high level of interconnected porosity with bone-mimicking
mechanical properties. However, as mentioned in subsection 1.2, they do not
biodegrade over time, meaning that bone regeneration cannot be completed. AM
biodegradable porous metals have the great potential to meet the requirements for ideal
bone implants. However, unlike AM bio-inert titanium or cobalt-chromium, AM
biodegradable metals pose many processing challenges, such as severe evaporation and
high chemical activity, especially for Mg and Zn [25]. Under any inappropriate
processing conditions, defects including voids, lack of fusion, rough surface, severe
residual stresses, and distortions may appear. Even for Fe, evaporation was found to
play an important role in densification during laser melting [33]. Precise process
planning and control are, therefore, required for successful application of AM
technologies to fabricate topologically ordered porous implants from biodegradable
metals.

1.5. Thesis Aim and Qutline

Due to the abovementioned challenges and the limited time since introduction of AM
technologies, there have been no prior reports of successful fabrication and thorough
characterization of AM topologically ordered porous biodegradable metals. The work
presented in this dissertation, therefore, marks the birth of a new category of porous
metallic biomaterials where biodegradation and complex topological designs are both
present and significantly contribute towards the observed behavior of the biomaterial.
More specifically, the principal aim of this dissertation was to answer the following
research questions:

“Can we use SLM to additively manufacture biodegradable porous metals ? What
are the different types of the properties of the obtained specimens?”

Chapter 2-4 show that biodegradable porous Mg, Fe, and Zn can be additively
manufactured by SLM with precisely controlled geometries. Moreover, we answer the
second question by conducting comprehensive studies on the microstructures,
mechanical properties, biodegradation behavior, and biocompatibility of the
manufactured specimens.

Moreover, any such biomaterial should be capable of serving under high levels of
repetitive mechanical loading, leading us to ask the question

“How can biodegradation and cyclic loading affect each other for AM porous
biodegradable metals?”




In Chapter 5-7, we investigated the biodegradation-affected fatigue behaviors of
AM porous Mg, Fe, and Zn through a self-designed in-situ fatigue set-up. With this
question answered, we were ready to further exploit the full advantages of AM and to
improve the performance of porous biodegradable metals:

“Can we use topological design to adjust the biodegradation behavior and
mechanical properties of AM biodegradable porous metal?”

To explore this idea, in Chapter 8-9, we designed uniform porous structures with
different porosities as well as functionally graded porous structures and showed that
topological design could be an important tool to adjust the biodegradation behavior and
mechanical properties of AM porous biodegradable metal.

The structure of the thesis work is visualized below (Figure 3):

Additively manufactured
biodegradable porous metals

Chapter 1 Introduction

Can we use SLM to fabricate AM biodegradable
porous metal? What about their performance?
Chapter 2 AM Mg
Chapter 3 AM Fe

Chapter 4 AM Zn

How can biodegradatin and cyclic loading affect
each other?

Chapter 5 Corrosion fatigue Mg
Chapter & Corrosion fatigue Fe

Chapter 7 Corrosion fatigue Zn

Can we use topological design to adjust the
properties of AM biodegradable porous metal?

Chapter 8 AM FG Fe

Chapter 9 AM FG Zn

What are the most important findings,
limitations, and future outlook?

Chapter 10 General conclusions, discussions
and recommendations

Figure 3. The structure of the dissertation.
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Additively manufactured
biodegradable porous
magnesium

Here we present topologically ordered porous magnesium (WE43) scaffolds based on
the diamond unit cell that were fabricated by selective laser melting (SLM) and satisfy
all the requirements. We studied the in vitro biodegradation behavior (up to 4 weeks),
mechanical properties and biocompatibility of the developed scaffolds. The mechanical
properties of the AM porous WE43 (E = 700-800 MPa) scaffolds were found to fall into
the range of the values reported for trabecular bone even after 4 weeks of
biodegradation. Scanning electron microscopy (SEM), Fourier transform infrared
spectroscopy (FTIR), electrochemical tests and uCT revealed a unique biodegradation
mechanism that started with uniform corrosion, followed by localized corrosion,
particularly in the center of the scaffolds. Biocompatibility tests performed up to 72 h
showed level 0 cytotoxicity (according to ISO 10993-5 and -12), except for one time
point (i.e., 24 h). Intimate contact between cells (MG-63) and the scaffolds was also
observed in SEM images. The study shows for the first time that AM of porous Mg may
provide distinct possibilities to adjust biodegradation profile through topological design
and open up unprecedented opportunities to develop multifunctional bone substituting
materials that mimic bone properties and enable full regeneration of critical-size load-
bearing bony defects. '

' The chapter is based on a scientific paper: Y. Li, J. Zhou, P. Pavanram, M.A. Leeflang, L.I.
Fockaert, B. Pouran, N. Tiimer, K.-U. Schréder, J.M.C. Mol, H. Weinans, H. Jahr, A.A. Zadpoor.
Additively manufactured biodegradable porous magnesium. Acta Biomaterialia. 67, 378-392
(2018)
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2.1. Introduction

Magnesium and its alloys, as promising biodegradable metallic biomaterials, have been
extensively investigated for potential orthopedic applications [1]. First, magnesium is an
essential mineral for human nutrition and crucial to bone health [2]. Moreover, the
mechanical properties of Mg alloys are close to those of bone [3]. Furthermore, Mg
implants have been reported to stimulate new bone formation [3]. Therefore, Mg lends
itself to the development of orthopedic implants [4]. However, as hydrogen released
from the corrosion of Mg is problematic in many medical applications, the corrosion
rate of Mg and its alloys should be carefully controlled [5]. One of the approaches to
control the corrosion rate is adding alloying elements to Mg [6]. The addition of rare
earth (RE) elements could improve both the mechanical strength and corrosion
resistance [7-9]. Among Mg-RE alloys, WE43 has been considered suitable for
orthopedic implant applications, based on pre-clinical and human trials in recent
decades [10-12]. Up to now, several techniques to prepare magnesium scaffolds have
been developed, including powder metallurgy with space holder, directional
solidification, vacuum foaming, laser perforation, fiber deposition hot pressing and
melt-extracted short fibers sintering [13-24]. It is, however, difficult (if not impossible)
to use any of these methods to create fully interconnected porous structures, particularly
when complex external shapes and intricate internal architectures in combination with
adequate stiffness and strength are all required.

While AM techniques generally allow for the fabrication of complex and fully
interconnected porous structures [25], their application to biodegradable metals in
general and magnesium in particular has been very limited so far [26-28]. That is
partially due to the fact that laser or electron beam processing of magnesium is
technically extremely challenging. Magnesium is flammable even in its bulk form, let
alone in the powder form that greatly increases the surface area and could cause dust
explosion. Most laboratories therefore avoid AM of Mg out of safety concerns. Indeed,
other than two abstracts [29, 30], we are not aware of any previous reports on AM of
porous Mg. Moreover, the biodegradation behavior of such scaffolds and the change in
their mechanical properties along with biodegradation are not yet understood.

In this study, we applied SLM to build topographically ordered biodegradable
WE43 scaffolds that have the potential to satisfy all the three above-mentioned
requirements and conducted a full-scale study on their biodegradation behavior,
biocompatibility, the electrochemical aspects of their corrosion behavior, and the
evolution of their mechanical properties during the degradation process.
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2.2. Material and methods

2.2.1. Scaffold manufacturing and post processing

Diamond lattice (Fig. 1a) was adopted to design cylindrical porous specimens (Fig. 1b)
with a diameter of 10 mm and a height of 11.2 mm. A strut size of 400 um and a pore
size of 600 um were used, resulting in a relative density of 67% (design values). The
specimens were then additively manufactured using a laboratory-scale SLM machine
[30], in which argon was fed to maintain an inert atmosphere with oxygen content
below 10 ppm. The optical system of the SLM machine consisted of a single-mode
ytterbium fiber laser (IPG YLR-200) with a maximum output power of 230 W, a
galvanometric scanner (SCANLAB hurrySCAN 20), and an f-theta focusing lens (SILL
SALFT 3254/126). The WE43 powder (4wt% yttrium and 3wt% rare earth elements)
with a nearly spherical particle shape (Magnesium Elektron UK, Manchester, M27 8BF,
UK) was gas atomized and sieved to a particle size range of 25 to 60 um. After SLM, all
samples were chemically polished for 2 min in a solution composed of 5% (in volume)
HCI, 5% HNOs, and 90% C,HsOH.
(a) (b)

(c)

- level bottle
thermostat :
I~ eudiometer
pH sensor
37°C
pHsensor
r pH meter
| =l= \
{ — .‘\-‘
| \ f 7.4]7.6\
'7L\—u—i —1
) T flask
) — bath

Figure 1. Design of WE43 scaffolds and degradation study set-up: (a) diamond unit cell,
(b) CAD model of the scaffold and (c) in vitro degradation eudiometer system.
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2.2.2. Microstructural characterization

Microstructures and compositions of WE43 specimens were examined using a scanning
electron microscope (SEM, JSM-IT100, JEOL) equipped with an energy-disperse
spectrometer (EDS). Phase identification was performed on the cross section using an
X-ray diffractometer (XRD, Bruker D8 Advance diffractometer Bragg-Brentano
geometry and Lynxeye position sensitive detector), operating at 40 kV and 40 mA with
a step size of 0.034° and a dwell time of 2 s per step using Cu Ka radiation.

2.2.3. Immersion test

The rate of hydrogen gas evolution was determined eudiometrically in a custom-built
set-up (Fig. 1c) placed in a thermal bath at 37 °C throughout the whole testing period of
28 days. Each sample was immersed inside a suspended 4-neck glass flask in the
thermal bath with two micro pH meter electrodes (tip diameter: 3 mm, resolution: 45 pL,
inLab NMR, METTLER TOLEDO) measuring pH values at the scaffold surface (i.e.,
local) and pH values further away (7 cm) from the sample (i.e., distant). The eudiometer
connected to the flask had a volume of 400 ml with water as the confining liquid and
was connected to a levelling bottle. The hydrogen produced in the flask supplanted the
confining water in the eudiometer into the leveling bottle of 1000 ml. The gas volume
was read when the leveling bottle was placed at the same level as the confining water in
the eudiometer tube. For each reading, the temperature and air pressure were recorded
in order to convert the measured gas volume to the gas volume in the standard state in
accordance with DIN 38414-8. The following equation was used to calculate the
standard gas volume values at different time points:
(P 1 — R w) T
o=V

V, - standard gas volume, ml

P, - air pressure at the time of reading, mbar

P,, - vapor pressure of the water at the surrounding temperature, mbar

Ty - standard temperature, K

P, - standard pressure, mbar

In total, 600 ml of revised simulated body fluid [31] (r-SBF) with 5% fetal bovine
serum (FBS) was used for the tests, which were performed in triplicates. The medium
was sampled after 1, 2, 7, 14, and 28 days of degradation and analyzed using an
inductively coupled plasma optical emission spectroscope (ICP-OES, iCAP duo 6500
Thermo Fisher). Mg, Ca, and P ion concentrations in the solution were determined at
different time points.

2.2.4. Characterization of degradation products

The morphology and composition at the surface of the specimens retrieved after the
degradation tests were analyzed at selected time points by using the same SEM. In
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addition, Fourier-transform infrared spectroscopy (FTIR) spectra were obtained from a
Thermo-Nicolet Nexus FTIR apparatus, equipped with a liquid-nitrogen cooled MCT-A
(mercury-cadmium-telluride) detector and a SAGA grazing angle accessory at an
incident angle of 80°. To collect absorption spectra, an infrared background was
collected on a freshly polished sample prior to the analysis of the degraded samples, and
the final spectra were compared against this background. For each spectrum, 128 scans
at a resolution of 2 cm™ were co-added.

2.2.5. Electrochemical tests

For electrochemical tests, specimens with an exposed surface area of 0.28 cm’ to
electrolyte were mounted in an epoxy resin and ground with 800 grit SiC sandpaper.
Copper screws were placed inside the resin to make these specimens conductive and
electrochemical tests were performed in a 1250/1255 Solartron potentiostat in r-SBF
with 5% FBS at 37 °C. A conventional three-electrode electrochemical cell was set up
with platinum mesh as the counter electrode, Ag/AgCl as the reference electrode, and
WEA43 specimen as the working electrode. Open circuit potential (OCP) of the samples
after immersion for different immersion periods up to 14 days was measured for 1 h.
Potentiodynamic polarization (PDP) tests were then started at an initial potential of -0.3
V below OCP and was increased to +0.5 V above OCP at a scan rate of 0.5 mV/s.

2.2.6. Topological characterization

WEA43 porous structures before and after immersion were imaged by pCT (Quantum FX,
Perkin Elmer, USA) with a tube current of 180 pA and a tube voltage of 90 kV, a scan
time of 3 min, and a resolution of 30 um. pCT images were automatically reconstructed
and converted into a series of 2D images using Analyze 11.0 (Perkin Elmer, USA).
Then the images were exported to Fiji (NIH, Bethesda, MD, USA) and regions of
interest (ROIs) were defined. Two different thresholds (80 and 119) were applied to
segment samples with the lower value incorporating most of the degradation products
and the higher value segmenting the degradation products apart from the Mg alloy.
After segmentation in Fiji, the ratio of the void volume to the 3D ROI volume, strut size,
and pore size were calculated by the prebuilt plugin of BonelJ (available in ImageJ). In
addition to uCT, SEM and back-scattered electron imaging (BSE) were applied to
observe the cross section of the degraded scaffolds at low magnifications.

2.2.7. Mechanical characterization

Compression tests were carried out using an Instron machine (10 kN load cell) at a
crosshead speed of 2 mm/min. The mechanical properties of the porous structures were
determined according to ISO 13314:2011. For the as-built, as-polished, and as-degraded
specimens, the quasi-elastic gradient (hereafter referred to as Young’s modulus) and
yield strength were obtained. The slope of the initial linear part of the stress-strain curve
was measured to determine the Young’s modulus of the porous structures. The initial
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linear part of the stress-strain curve was offset by 0.2% and its intersection with the
stress-strain curve was taken to calculate the yield strength. The stress-strain curves
were measured at different immersion time points (i.e., 1, 2, 7, 14 and 28 days). The
tests were performed in triplicates per time point and the average values of Young’s
modulus and yield strength were calculated.

2.2.8. Cell culture assays

Human osteoblast-like cell line MG-63 (ATCC, CRL-1427) was cultured in Dulbecco’s
modified eagle medium (DMEM, Sigma-Aldrich) with 10% FBS (PAN-Biotech GmbH,
Aidenbach, Germany) at 37 °C, 5% CO, and 95% humidity. After immersion in 2-
propanol (Merck, Darmstadt, Germany) for 30 min, specimens were weighed and
incubated in DMEM (Sigma-Aldrich) with 10% FBS (PAN-Biotech GmbH, Aidenbach,
Germany) under physiological conditions (5% CO,, 95% humidity and 37 °C)
according to the recommendation of Wang et al. [32]. Extracts were prepared according
to EN ISO standards 10993-12 using a mass-to-volume ratio for irregularly shaped
devices as the ratio of sample mass to extractant volume. For WE43, we used the ISO
10993 standard of 0.2 g/mL of medium with the recently recommended modification of
ISO10993-12 for biodegradable magnesium-based materials by Wang et al. [32]: 10-
times diluted extracts of five randomly chosen WE43 scaffolds from the same
production batch were used for assessing in vitro cytotoxicity. As per ISO 10993-12,
specifically acceptable extraction condition, we used 37 °C for 72 h under static
condition. Our earlier reported biocompatible SLM-built titanium (Ti-6Al-4V)
specimens of similar design [33] served as reference material (positive control)
(extraction ratio 0.2 g/ml) and sulforaphane (10 uM), for which cytotoxic effects were
reported for MG-63 cells [34], was used as negative control.

In a 96 well plate, 2,500 MG-63 cells were seeded per well and pre-cultivated for
12 h as described above, prior to exchanging the culture medium with WE43 extracts.
Cells were then incubated for 0, 24, 48 and 72 h under the same cell culture conditions.
The cytoxicity of WE43 extracts was evaluated using the MTS assay (Promega,
CellTiter 96® AQueous One Solution Cell Proliferation Assay G3580) according to the
supplier’s instructions. Briefly, prior to adding MTS tetrazolium compound, control
media and WE43 extracts were replaced with fresh cell culture medium in order to
prevent any interference of the magnesium extract with the tetrazolium salt [35]. At the
indicated time points, 20 pl of CellTiter 96® AQueous One Solution Reagent was
added per well, containing MG-63 indicator cells in 100 pl of culture medium, prior to
incubation at 37 °C for 2 h. Absorbance was recorded at 490 nm using a 96-well plate
reader.

For the live-dead assay, WE43 and Ti-6Al-4V specimens were incubated for 48 h
with DMEM + 10% FBS, as described above. After incubation, the specimens were
carefully, dropwise seeded with 75,000 MG-63 cells per mm height in fresh cell culture
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medium and incubated for 1 h under cell culture conditions, prior to adding 2 mL of
fresh medium. After 24 h of incubation, live and dead dye (Live and Dead Cell Assay
kit, Abcam, ab115347) was applied to the specimens according to the supplier’s
instructions and incubated for 10 min at room temperature. Cell seeded scaffolds were
analyzed using fluorescent microscopy (LIVE: Emission (max): 495 nm, Excitation
(max): 515 nm and DEAD: Emission (max): 528 nm).

SEM analysis of the cell-seeded specimens was performed as previously described
[36]. Briefly, cell-seeded scaffolds were carefully rinsed in phosphate buffered saline
and fixed for 1 h in 3% glutaraldehyde (Agar scientific, Wetzlar, Germany) in 0.1 M
Soerensen’s phosphate buffer (Merck, Darmstadt, Germany) at room temperature
followed by 10min dehydratation steps in 30, 50, 70, 90 and 100% ethanol (last step
twice). The samples were then air-dried at room temperature prior to sputter-coating
(Sputter Coater EM SCDS500, Leica, Wetzlar, Germany) with 12.5 nm of gold-
palladium and imaged at 10 kV in SEM (ESEM XL 30 FEG, FEI, Eindhoven,
Netherlands).

2.2.9. Statistical analysis

Optical density data (MTS) were normalized to the lysis buffer and unconditioned
culture medium controls. Cytotoxicity was then analyzed by two-way ANOVA and
post-hoc Tukey's multiple comparisons test (a = 0.05) with p<0.0001, ****; p<0.001,
***: p<0.01, **; p<0.05, *; n.s. = not significant.

2.3. Results
2.3.1. Surface morphology and microstructure of
the scaffolds

Unmelted powder particles were present on the surface of the as-built specimens (Fig.
2a). After chemical polishing, the surface of the specimens on the periphery became
relatively smooth (Fig. 2a), while the roughness of struts in the center was still high.
Flake-shaped, homogeneously distributed white second-phase particles were found on
the surface of the as-polished specimens (Fig. 2a). The stacking of the melt pools in the
build direction could be observed in all struts (Fig. 2b). Two different microstructural
features were observed in the as-built specimens. At the bottom of the struts, the
microstructure was dominated by rose-like fine grains with grain sizes around 5 um (Fig.
2¢). At the top of the struts, however, the microstructure was featured by cellular
morphology with a width of <1 pm (Fig. 2d). White flake-shaped second-phase particles
were present throughout the magnesium matrix. EDS analysis showed that these white
particles (Fig. 2e, spot 002) contained a higher concentration of yttrium than the
magnesium matrix (Fig. 2e, spot 001). XRD revealed the presence of Y,0; and Mg;Nd
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Figure 2. Surface morphology, microstructure and composition analyses: (a) surface
morphology on the periphery of scaffolds, (b) SEM image of melt pool, (c)(d) SEM
imagesof rose-like grains and cellular morphology at higher magnification, (¢) EDS
analysis and (f) XRD analysis.
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in the as-built material (Fig. 2f), suggesting that the white particles could be yttrium
oxide.

The stacking of the melt pools in the build direction could be observed in all struts
(Fig. 2b). Two different microstructural features were observed in the as-built
specimens. At the bottom of the struts, the microstructure was dominated by rose-like
fine grains with grain sizes around 5 pm (Fig. 2c). At the top of the struts, however, the
microstructure was featured by cellular morphology with a width of <1 pm (Fig. 2d).
White flake-shaped second-phase particles were present throughout the magnesium
matrix. EDS analysis showed that these white particles (Fig. 2e, spot 002) contained a
higher concentration of yttrium than the magnesium matrix (Fig. 2e, spot 001). XRD
revealed the presence of Y,0; and Mg;Nd in the as-built material (Fig. 2f), suggesting
that the white particles could be yttrium oxide.

2.3.2. In vitro degradation behavior of the scaffolds

White degradation products gradually formed on the surface of the struts along with
increasing immersion time (Fig. 3a). At day 28, the scaffolds still maintained their
structural integrity without obvious detachment of degraded particles.

Hydrogen gas evolution increased rapidly at the early time points, but slowed down
gradually after day 1 (Fig. 3b). However, at some time intervals (e.g., 4-6 days), the
slope of the hydrogen release curve increased again. Until day 28, Mg ion concentration
increased from 37.5 to 145.7 mg/L (Fig. 3¢) with a substantial increase between days 2
and 7. Over this period, Ca and P ion concentrations decreased. The pH changes were
very different in the proximity of the scaffold and further away (Fig. 3d, ). During the
first 3 h, the local pH increased from 7.4 to 8.1 and decreased gradually thereafter,
while the distant pH was still within the biological (neutral) range of pH 7.4 to 7.5 (Fig.
3d). For longer immersion times, the local pH values were always slightly higher than
the distant pH values (Fig. 3e).

2.3.3. Characterization of degradation products on
the scaffolds

The surfaces of the degraded specimens contained cracks and were covered by a
deposition layer (Fig. 4a). After 1 day, small white degradation products formed on the
surface close to the flake-shaped particles (Fig. 4a, spot 001). The degradation products
contained Mg, C, O, and Y (Fig. 4b, spot 001) and were most likely hydroxides and
carbonates. At day 2, the white degradation products became larger, but with the
elemental composition similar to day 1 (Fig. 4b, spot 002). At day 7, some needle-
shaped crystals formed on the surface of the former layer and P was detected for the
first time (Fig. 4b, spot 003). After 14 days, apart from carbonates, rod-like products
appeared on the surface, which contained Ca and P (Fig. 4b, spot 004). After 28 days, a
compact layer formed with a Ca/P ratio around 1.5 (Fig. 4b, spot 005). FTIR spectra




20

further revealed the presence of phosphates and carbonates in the corrosion layer (Fig.
4¢) with characteristic phosphate-specific absorption bands at about 1200 and 940 cm™,
respectively, corresponding to the v3 and vl vibrational modes [37], while the peaks at
1740 cm'likely resulted from CO,” [38]. Carbonate absorption peaks emerged during
the first day of the immersion tests (Fig. 4c) and increased onwards, which was
accompanied by the appearance of the peaks of phosphates from day 2 (Fig. 4c),
suggesting the formation of an apatite-like corrosion layer.
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Figure 3. In vitro degradation tests: (a) visual evaluation of as-degraded samples, (b)
hydrogen release, (c) ion release, (d) short term pH variation and (e) long term pH
variation.
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2.3.4. Electrochemical behaviors

Polarization curves of specimens at different immersion time points (Fig. 5a) showed a
passivation stage in the anodic polarization branch for all the samples. Noble shift of
OCP was observed from 1 h to 5 h, while the potential began to decrease from day 1 to
day 2 and increased again after day 7 (Fig. 5b). Corrosion current density i, values
were calculated by using the cathodic Tafel extrapolation considering the non-
symmetrical polarization curves between the anodic and cathodic branches. The current
density increased from 3.1-107 to 6.1-:10” A-cm™ during 24 h and began to fall after 24
h, decreasing to 2.1-10° A-cm™ by day 14 (Fig. 5b).
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Figure 5. Electrochemical tests: (a) PDP curves, (b) OCP and corrosion current density
change with immersion time.

2.3.5. Topological characterization

The as-built scaffolds were measured (threshold 2) to have an average strut size of 420
+ 4 pm (design value = 400 pm) and porosity of 64% + 0.2% (design value = 67%) (Fig.
6a, c).

When both WE43 and degradation products were segmented with the lower
threshold of 80, the strut size slightly increased after 1 day and 2 days, reaching the
maximum value at day 7 followed by continuous decrease till day 28 (Fig. 6a).
Similarly, the pore size decreased continuously until day 14 and then increased at day
28 (Fig. 6b).

Segmenting the scaffold material at the higher threshold of 119 (thus removing the
corroded material), however, showed that the strut size decreased with increasing
immersion time, and subsequently a slight increase at day 28 (Fig. 6a).The pore size
showed only slight changes till day 2, while increasing from day 7 to day 28 (Fig. 6b).
During 28 days, scaffolds lost 20.7% of their volume (Fig. 6¢), which was comparable
with amass reduction of 19.2% calculated from hydrogen release. The changes in
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porosity were similar to those of pore size regardless of the segmentation threshold (Fig.
6d).
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Figure 7. Macroscopic degradation behavior of scaffolds on the cross-section after 7-
day immersion: (a) SEM image, (b) BSE image and (c) schematic illustration of
degradation at the center of the WE43 scaffolds.

There were differences between threshold 1 and threshold 2 segmentations even for
the as-built specimens, meaning that these two thresholds could not perfectly separate
the scaffold material from degradation products, as there was some overlap between the
attenuation coefficients of both materials. Nevertheless, the general (qualitative) trends
reported here remain valid.

Reconstructed pCT images (green = WE43, blue = degradation products) showed
significant formation of degradation products at the center of the scaffolds, while only
limited quantities of degradation products were formed at the outer layers of the
specimens (Fig. 6e). SEM images particularly in the BSE mode confirmed the pCT
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results, showing that WE43 (white) was replaced by more degradation products (gray)
at the center of the scaffolds than that at the periphery (Fig. 7 a, b).

2.3.6. Mechanical properties

Under compression, the as-built and as-polished scaffolds exhibited the typical stress-
strain behavior of porous structures (Fig. 8a). The curve started with a linear elastic
region, after which its slope rapidly decreased, followed by a plateau stage with
fluctuations (Fig. 8a). The final increase in stress corresponded to the densification of
the porous structure (Fig. 8a). The differences in Young’s modulus and yield strength
between the as-built and as-polished samples were insignificant (Fig. 8a). After 1 day
and 2 days, the yield strength decreased and less stress fluctuations were observed after
the peak stress as compared to the as-built and as-polished specimens (Fig. 8a). After 7
days, specimens showed almost no plateau stage or densification stage and still less
stress fluctuations after the peak stress (Fig. 8a). The Young’s modulus increased
substantially after 1 day but decreased sharply from day 2 to day 7 (Fig. 8b). The
Young’s modulus then remained almost unchanged until day 28, while the yield
strength showed a moderate decrease from 22 to 20 MPa during the first 14 days (i.e. 9%
reduction) and then decreased significantly between day 14 and day 28 from 20 to 13
MPa (i.e. 35% reduction) (Fig. 8c).

2.3.7. Biocompatibility in vitro

Standardized cell seeding resulted in more (semi-quantitatively) effective cell adherence
on Ti-6Al-4V as compared to WE43 (Fig. 9a, d). Live-dead staining with subsequent
dual channel fluorescent optical imaging (FOI) showed hardly any cell death on Ti-6Al-
4V shortly (i.e., 4 h) after seeding (Fig. 9a), while a significant percentage of MG-63
cells in direct contactwithWE43 appeared to be dying 4 h after immediate seeding (Fig.
9d). The pre-incubation of both scaffolds for 48 h in physiological serum-containing
culture medium resulted in a substantial number of cells being viable even after 24 h of
direct contact (Fig. 9c, f). Cells in intimate contact with strut surface were detectable by
SEM on both materials (Fig. 9¢c, f). MG-63 cells seemed to adopt different phenotypes
on both metal surfaces: on the relatively rough surface of Ti-6Al-4Vspecimens, cells
developed a lot of far-stretching filopodia-like protrusions (Fig. 9¢, upper arrows). On
the eroded WE43 surface (Fig. 91), cell morphology appeared more condensed, while
adherent cells on Ti-6Al-4V appeared larger. After 24 h, few viable (green) cells were
detectable on WE43 (Fig. 9f, FOI inlay), while the majority of the cells revealed
compromised membrane integrity, being evident from their red fluorescence. The dead-
live cell ratio was the opposite on the Ti-6Al-4V scaffolds (Fig. 9c, FOI inlay), showing
at least 80% viable cells by semi-quantitative counting (data not shown).
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Figure 8. Mechanical behavior: (a) compressive stress-strain curves, (b) stiffness

change with immersion time and (c) yield strength change with immersion time.

2.3.8. In vitro cytotoxicity

At the beginning, all treatments revealed close to 100% cellular activity. As expected,

for the Sulforaphane group, the cellular activity quickly dropped to about 50% within
24 h and to about 25% after 72 h (Fig. 9g). In contrast, Ti-6Al-4V extracts revealed
close to 100% cellular activity at all tested time points, confirming level 0 cytotoxicity
(i.e. <25% cytotoxicity, according to ISO) of this material. WE43 extracts revealed
similar cytotoxicity, with level 0 cytotoxicity at 75% of the investigated time points (Fig.

9¢g) with only the 24 h extracts just reaching level I cytotoxicity (i.e., breaching the >75%
viability threshold). At 48 h, however, the cytotoxicity of WE43 extracts was again
indistinguishable from that of Ti-6Al-4V extracts (Fig. 9g).
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Figure 9. Biocompatibility and cytotoxicity of AM scaffolds in vitro: (a)(d) low
magnification fluorescent optical images (FOI) of MG-63cells on Ti-6Al-4V (a) and
WE43 (d) scaffolds 4 h after seeding, (b)(e) higher magnification SEM of Ti-6Al-4V (b)
and WE43 (e) scaffolds before seeding, (c)(f) SEM and FOI of Ti-6Al-4V (c) and
WEA43 (f) scaffolds 24 h after seeding (arrows indicate individual cells: live cells, green;
dead cells, red),(g) cytotoxicity screening of scaffolds in vitro, experiments were
performed with extracts of randomly chosen replicate scaffolds (»=35) and analyzed in at
least technical triplicates (WE43, n=35; Ti-6Al-4V, n=3).
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2.4. Discussion

The AM porous Mg developed in this work satisfied all the three requirements
mentioned in the introduction. First, the mechanical properties of these scaffolds
particularly the Young’s modulus were high enough to provide mechanical support in a
bony environment (E= 700-800MPa) and were within the range of those reported for
trabecular bone (E= 500-20000 MPa [39]) even after 28 days of biodegradation.
Secondly, the actual topology of the porous structures closely matched the designed
topology including a fully interconnected porous structure, high porosity, and precisely
controlled geometry of the unit cells. Thirdly, AM porous Mg specimens showed a
satisfactory biodegradation behavior with ~20% volume loss after 4 weeks. From a
biological viewpoint, they showed only limited cytotoxicity.

2.4.1. Microstructure

High cooling rates involved in SLM resulted in much smaller grains than those
achievable with conventional methods [40]. At the bottom of the struts, the material
experienced more cycles of re-melting than that at the top, as a result of the overlapping
of the horizontal and vertical scan lines, thereby producing a relatively moderate
temperature gradient. The moderate temperature gradient is likely the reason for the
development of the rose-like grains, whereas towards the top of struts, rose-like grains
became cellular due to a higher temperature gradient [41]. The yttrium-containing
second phase particles were uniformly distributed in the microstructure of the a-Mg
matrix, probably because laser melting caused temperature gradients in the melt pool
that contributed to the formation of strong Marangoni convection and resulted in
homogenous dispersion of alloying elements within the melt pool.

2.4.2. Biodegradation behavior

There are still no standards available concerning the evaluation of the degradation rate
of magnesium in vitro. Researchers have developed several methods, such as weight
loss measurement, hydrogen evolution measurement, electrochemical methods and pCT.
Feyerabend et al. [42] compared these commonly applied methods with their respective
advantages and disadvantages. Weight loss measurement is the most widely applied
method. For accurate measurement, the corrosion layers on the magnesium substrate
must be carefully and thoroughly removed, usually by using chromic acid, without
attacking the magnesium substrate. Our previous controlled experiments to see how
much of coatings and surface layers could be removed from AM porous biomaterials
have, however, shown that this method is less reliable for volume-porous materials with
huge surface areas and relatively small pore sizes. Therefore, in this study, we turned to
the other three methods.

In comparison to in vitro degradation of conventionally-fabricated counterparts,
AM WEA43 scaffolds had overall slower hydrogen evolution although temporary
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increases in corrosion rate occurred a few times over the whole immersion period,
which could be attributed to the refined microstructure and complex corrosion
mechanisms operating in the scaffolds, in addition to environmental factors. It is
therefore clear that the topological design is important when one wishes to adjust the
degradation behavior of AM porous Mg.

The biodegradation rate of 0.17 ml/cm*-day over 4 weeks is lower than the values
reported for most cast or extruded WE43 magnesium alloy (i.e., 0.3-2 ml/cm*day [9,
43-47]). For the interpretation of our in vitro degradation results, the immersion test
solution matters: r-SBF with 5% FBS. While most researchers used SBF [48] with a
high concentration of Cl and a low concentration of CO;*" as compared to r-SBF, the
latter has ion concentrations more similar to those in human plasma. Although an
addition of 5% FBS to it may have contributed to a decreased corrosion rate in vitro, as
protein adsorption to the Mg surface may shield it from corrosion [49], this protein
concentration is quite sub-physiological and supposed to better mimic a vascularized in
vivo environment. To this end, protein adsorption to implants may be a contributing
factor, explaining the overall relatively lower in vivo degradation rates of magnesium
implants as compared to most in vitro results. Furthermore, it is well known that the
CO, content of the immersion medium can influence the outcome of degradation tests
[50]. We acknowledge that our experimental set-up is still far away from representing in
vivo conditions, as we used static conditions in a closed container without CO, control.
Cell metabolism and fluid flow may further influence Mg degradation. These are the
limitations of the present study and should be addressed in future projects. Ideally, Mg
scaffold degradation should be evaluated in complex in vitro environments employing,
for example, bioreactors.

In addition to the environmental effects, the fine microstructure of the WE43 alloy
resulting from SLM might be a contributor as well. Although finer grains correspond to
a large area of grain boundaries that cause galvanic corrosion, large grain boundaries
could act as a more effective physical barrier to corrosion, as compared to coarse grains
[51]. In addition, a high fraction of grain boundaries is likely to accelerate passivation
kinetics and reduce the intensity of micro galvanic coupling between grains and grain
boundaries [52, 53]. Furthermore, the homogeneously distributed second phase in the
grain interior also favors the uniform corrosion of grains [54, 55] and the galvanic
corrosion triggered by these second phase particles may be compromised by later-on
formed corrosion layers.

To reveal the corrosion mechanisms of the WE43 scaffolds, we further investigated
the corrosion behavior from micro to macro scales. At the micro level, the presented
results (SEM, FTIR, OCP and PDP) suggested the gradual formation of corrosion layer
with time. At the beginning of in vitro immersion, the magnesium matrix dissolved as
the anode, making the flake-shaped second phase embossed, because the second phase
is nobler and less reactive than the magnesium matrix. Simultaneously, hydrogen was
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produced through a cathodic reaction, which resulted in a local alkaline environment.
The formation of a magnesium hydroxide Mg(OH), layer on the magnesium surface
acted as a protective barrier to further corrosion. This corresponds to the OCP value
shifting to more positive potential after 5-h immersion. However, Mg(OH), is not stable
and could be transformed into soluble MgCl, in the solution containing chloride ions
[56]. That is why the OCP value of the 1-day immersion specimen was even more
negative than the 5-h immersion. After 1 day, the rupture and formation of this layer
competed with each other. At the same time, carbonates and phosphates started to form
on the surface around the second-phase particles. Thereafter, an apatite-like material
formed because the previously formed passive layer provided favorable sites for apatite
nucleation and its continuous growth was maintained by consuming Ca and P species in
the surrounding solution [57]. The formation of less soluble precipitates explains the
potential increase and i, values decrease from day 2 onwards. After a longer
immersion time, an equilibrium between the formation and dissolution of degradation
products was established.

At the macro level, pCT and BSE analyses suggest that the scaffolds experienced
uniform corrosion at the periphery and a localized corrosion in the center. Hydrogen
released very fast at the beginning and then slowed down due to the formation of a
passive corrosion layer. As corrosion proceeded, localized corrosion contributed more
than uniform corrosion to overall corrosion and hydrogen release rate increased several
times after day 3. Besides, hydrogen bubbles entrapped inside the scaffolds might have
influenced the measurable hydrogen release rate. Logically, the pH value of the solution
increased more in the center of the scaffolds as compared to the periphery, which made
the degradation layer more stable in the center. The accumulation of degradation
products between the struts created relatively narrow spaces that could lead to limited
diffusion of Mg ions in the center where crevice-like corrosion might occur (Fig. 7c),
which resulted in the build-up of Mg ions with a concentration gradient set up between
the entrance and the end of the space. Then, the negatively charged Cl ions migrated
into the narrow space under the attraction of the positively charge Mg ions. Hydrolysis
of chloride lowered pH and breached the passive layer locally inside the narrow
space. At the same time, the periphery of the specimens with a passive layer might act
as a cathode, building a corrosion cell with the magnesium alloy inside the scaffolds,
which further accelerated the corrosion in the center (Fig. 7c). In addition to the crevice-
like corrosion mechanism, the difference in surface roughness of struts between the
periphery and center of the scaffolds could lead to different corrosion behaviors,
although the exact effect is still debatable, as opposite results have been obtained
[58].The differentiated corrosion rates and corrosion mechanisms between the scaffold
center and periphery indicate that in addition to the choice of material, the design of
open porous structures is of great importance and an optimum scaffold design should
take these factors into account.
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2.4.3. Mechanical behavior

During degradation, the specimens may be considered as a composite material
composed of metal (magnesium) and ceramics (degradation products). The corrosion
appeared to influence the stiffness differently from the yield strength. That is perhaps
related to the different influence of interfacial bonding, which is between the
degradation products and magnesium alloy in our case, on the Young’s modulus and
yield strength of a composite material [59]. Since the Young’s modulus was measured
at relatively low deformation, there was insufficient dilation to cause interface
separation and the load could still be carried by these two phases. As a result, the
Young’s modulus of the WE43 scaffolds increased with increasing amount of
degradation products. After localized corrosion occurred around day 7, the Young’s
modulus of the scaffolds was not only affected by the amount of degradation products
but also by the structural changes within the scaffolds. The Young’s modulus of 7-day
specimen decreased to a value similar to that measured before immersion, because
localized corrosion could lead to stress concentrations in some severely degraded struts.
For the yield strength of a composite structure, interfacial bonding is of particular
importance, especially at strains close to the yield point. For poorly bonded degradation
products, stress transfer at the degradation product/magnesium interface may be
inefficient, the degradation products cannot carry much of the load and thus the yield
strength is primarily dependent on the strength of the remaining magnesium. As a result,
the strength of the degraded scaffolds decreased with increasing amounts of degradation
products and the decreasing amount of magnesium alloy along with biodegradation.

2.4.4. Biological evaluation

Only 24 h WE43 extracts revealed cytotoxicity level I by MTS analysis, while all other
extracts fulfilled cytotoxicity level 0 requirements. The longest recommended 72 h
extraction period [60] showed less than 25% cytotoxicity, similar to our positive control,
i.e., Ti-6Al-4V extracts. To avoid any interference of corroded magnesium with
tetrazolium salt by converting it into formazan [60, 61],we followed established
procedures and replaced culture media [60] prior to adding the MTS reagent. We further
used Sulforaphane (10 pM) as an established cytotoxic (i.e., negative) control in the
MTS assay, confirming earlier data [34].

We noticed morphological changes in MG-63 cells after 24 h of contact to both
WE43 and Ti-6Al-4V. Similar observations have been reported by Li et al. [62] who
compared the biocompatibility of titanium rods with that of pure and oxidized
magnesium rods (solid). The authors did hardly find live MG-63 cells on pure Mg after
24 h of incubation, while micro-arc oxidized Mg had a much weaker cytotoxic effect,
but slightly stronger than that of titanium. This is in good agreement with our data as the
48 h in vitro pre-incubation of our WE43 scaffolds prior to cell seeding may have
resulted in a protective surface coating of immature ‘hydroxyapatite’ and serum proteins.
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Many systematic corrosion studies on magnesium alloys with different corrosion media
are reported, with the composition of the corrosion media always influencing the Mg
corrosion behavior. Proteins such as albumin, are known to form a corrosion-blocking
layer on Mg alloys in vitro [63, 64], which usually is enriched in calcium and
phosphates from the culture medium [63, 64]. While real hydroxyapatite would unlikely
form under these conditions, even immature apatite-like layers concomitantly would
participate in corrosion protection [65], which was also evident from our own corrosion
data in the present study.

Direct contact evaluation in vitro suggests that WE43 may not per se be an ideal
substrate to grow MG-63 cells on. However, cytotoxicity testing based on ISO 10993-5
and -12 standards was initially intended for non-degradable metals and (degradable)
polymers [66]. An increasing body of evidence now suggests that these standards may
be inappropriate for evaluating biodegradable Mg-based implants as usually less than 75%
cell viability in vitro is reported [66]. Importantly, this is in sharp contrast to very
promising in vivo findings [67, 68]. It is important to realize that, in contrast to the in
vitro environment, the released magnesium and hydroxyl ions are promptly diluted in
vivo by the surrounding body fluid and diffuse into circulation to be rapidly excreted
from the body. To better mimic the in vivo situation, the latest recommendation is to use
a 10-times higher extraction ratio [32, 35] as the 0.2 g/mL specimen-to-weight
extraction ratio suggested by EN ISO 10993-5 and 10993-12. The latter extracts
appeared reasonably safe based on our cell activity data (Fig. 9g) and are in good
agreement with our pH measurements, revealing sharp differences between the pH
values at the scaffold surface as compared to those in the bulk medium. Undiluted
extracts from WE43also have high osmolality, while 400 mOsm/kgor less is well
tolerated by primary osteoblasts and MG-63 cells alike [35]. Of note, our highly porous
WE43 scaffolds further have a very large surface area (25.4 cm®) as compared to earlier
tested solid materials, but still never revealed more than 25% of viability loss. In vivo,
the human body actively regulates local changes in the pH, osmolality, and hydrogen
levels by interstitial transport. Comprehensive in vitro and in vivo studies are therefore
needed to better understand the biological performance of AM WE43. In addition,
according to data given by Zheng et al. [4], the daily allowance of Mg in the human
body is 700 mg while the highest daily Mg ion release in our immersion tests was only
13 mg at day 1, which means, theoretically, 50 times larger scaffolds (in volume) than
the current one (10*11.2 mm) could still be safely implanted.

2.5. Conclusions

We used AM to fabricate biodegradable porous Mg that has the potential to satisfy all
the functional requirements regarding an ideal bone substituting material. First, its
mechanical properties are high enough for proper mechanical support and within those
reported for trabecular bone even after 4 weeks of biodegradation. Secondly, they
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present a fully interconnected porous structure with precise control over topology.
Thirdly, the biodegradation rate of the biomaterials is satisfactory with =20% volume
loss after 4 weeks. Moreover, WE43 scaffolds revealed less than 25% cytotoxicity in
vitro. Although pure WE43 itself may not be an ideal surface for cell adhesion, with the
right design and coating, Mg-based biomaterials could be part of a new generation of
functional degradable biomaterials, particularly in orthopedic applications.
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Additively manufactured
biodegradable porous iron

Here, we present the first report on topologically ordered porous iron based on a
repetitive diamond unit cell made by Direct Metal Printing (DMP). We conducted a
comprehensive study on the in vitro biodegradation behavior (up to 28 days),
electrochemical  performance,  time-dependent  mechanical  properties, and
biocompatibility of the scaffolds. The mechanical properties of AM porous iron (E =
1600-1800 MPa) were still within the range of the values reported for trabecular bone
after 28 days of biodegradation. Electrochemical tests showed up to =12 times higher
rates of biodegradation for AM porous iron as compared to that of cold-rolled (CR)
iron, while only 3.1% of weight loss was measured after 4 weeks of immersion tests. The
biodegradation mechanisms were found to be topology-dependent and different between
the periphery and central parts of the scaffolds. While direct contact between MG-63
cells and scaffolds revealed substantial and almost instant cytotoxicity in static cell
culture, as compared to Ti-6A41-4V, the cytocompatibility according to ISO 10993 was
reasonable in in vitro assays for up to 72 h. This study shows how DMP could be used
to increase the surface area and decrease the grain sizes of topologically ordered
porous metallic biomaterials made from metals that are usually considered to degrade
too slowly (e.g., iron), opening up many new opportunities for the development of

biodegradable metallic biomaterials.'

! The chapter is based on a scientific paper: Y. Li, H. Jahr, K. Lietaert, P. Pavanram, A. Yilmaz,
L.I. Fockaert, M.A. Leeflang, B. Pouran, Y. Gonzalez-Garcia, H. Weinans, J.M.C. Mol, J. Zhou,
A.A. Zadpoor. Additively manufactured biodegradable porous iron. Acta Biomaterialia 77, 380-
393 (2018)
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3.1. Introduction

Among biodegradable metals, those based on magnesium and iron have been studied
the most [1-10]. The important challenge when dealing with magnesium-based
biomaterials is that their degradation rates are relatively high [11, 12]. On the contrary,
the major disadvantage for iron-based materials is their slow degradation rates [13]. AM
porous metallic biomaterials generally have much larger surface area as compared to
their solid counterparts [14]. This may be not an advantage for magnesium-based
materials, because larger surface area normally results in an even higher biodegradation
rate. Increased surface area could, however, be an important advantage for materials
that degrade too slowly such as iron and its alloys. Besides, iron-based alloys possess
better mechanical properties than Mg-based alloys [15], making them more interesting
as porous biomaterials.

In addition, iron is inexpensive [10] and does not release hydrogen gas during
biodegradation. Moreover, a number of animal studies have reported that iron-based
biomaterials exhibit good biocompatibility [13, 16-18]. So far, only a few studies on the
development of iron scaffolds for orthopedic applications have appeared in the literature
and powder metallurgy techniques [19-21], electrodeposition [22], ink/binder-jetting [1,
15], or space holder [23-26] have been used.

Here, we demonstrate for the first time how direct metal printing (DMP) could be
used to fabricate topologically ordered porous iron. We also present a comprehensive
study on the biodegradation behavior, electrochemical performance, biocompatibility,
and the evolution of the mechanical properties of the scaffolds over time.

3.2. Material and methods

3.2.1. Scaffold manufacturing and post processing

Design files were prepared with Magics (Materialise, Belgium) and DMP Control
software (3D Systems, Belgium). The samples were designed to have a height of 10.5
mm, a diameter of 10 mm, a relative density of 20%, and a diamond unit cell with a
strut thickness 200 um and a cell size of 1 mm (Fig. la, b). A ProX DMP 320 machine
(3D Systems, Belgium) was used for sample preparation. We used a nitrogen gas
atomized Fe powder (Material Technology Innovations Co., Ltd., China) (Fig. 1¢) with
the following characteristics: purity: 99.88%; particle sizes: Dy=32 pm, D5y=48 pm and
Dy=71 pm; morphology: spherical; apparent density: 4.09 g/cm3; tap density: 4.88
g/em’; angle of repose: 157 °; carbon content: 0.0044%. The microstructure (Fig. S1) of
the iron powder was also analyzed. The powder was deposited in layers of 30 um
during DMP. Given the low relative density of the samples, only contour but no hatch
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vectors were used (Fig. 1d, 0.33 W/mm energy density). The samples were built on a
steel base plate and were later on removed from this base plate with electrical discharge
machining (EDM). Powder particles entrapped in pores were removed by means of
ultrasonic cleaning in 96 % ethanol for 20 min. Then, the samples were chemically
cleaned in 50% HCL for 1 min to remove residuals from EDM and loose powder
particles, followed by 5 min ultrasonic cleaning in 96 % ethanol again to wash out HCI.

Figure 1. Scaffold design and manufacturing: (a) diamond unit cell, (b) scaffold design,
(c) Fe powder particle morphology, (d) an example of one layer scanned in the AM
process (DMP Control software).

3.2.2. Topological characterization

The iron scaffolds were imaged using micro-computed tomography (LCT) (Quantum
FX, Perkin Elmer, USA) at a tube current of 180 pA , a tube voltage of 90 kV, a scan
time of 3 min, and a resolution of (30 pm)’ with a total 3600 projections. pCT images
were automatically reconstructed and converted into a series of 2D images using
Analyze 11.0 (Perkin Elmer, USA). Then, the images were exported to FIJI (NIH,
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Bethesda, MD, USA) and locally thresholded using Bernsen algorithm (radius = 15).
This allowed accurate segmentation of the scaffolds and capturing of their
morphological features. Afterwards, circular regions of interest (ROIs) with a diameter
of 10 mm were created on the cross section of the scaffolds. After thresholding and
using the cylindrical ROIs which overlay the total volume of the scaffolds, porosity
(defined as the ratio of the void volume to the scaffold volume), averaged strut
thickness (Tb.Th) and averaged strut spacing (Tb.Sp), i.e., pore size, were calculated
using BoneJ (a plugin of FIJI).

3.2.3. Microstructural characterization

The microstructures of the as-built iron samples were examined using an optical
microscope (OM, model BX60M, Olympus) after etching by a 5% Nital reagent (5 ml
HNO; per 100 ml C,HsOH). The microstructure of the as-received cold rolled (CR)
Armco iron samples (AK Steel, the Netherlands) with high purity (> 99.85%) was
examined as a reference material. The average grain size was measured using the line
intercept method.

3.2.4. Immersion tests

In vitro degradation tests were conducted in revised simulated body fluid [27] (r-SBF)
in open beakers and the beakers were kept in a stirred thermostatic bath at 37 °C for up
to 28 days. To determine weight changes, samples were taken out of the r-SBF solution,
ultrasonically cleaned with 99% acetone and 96% ethanol for 30 min each, dried at
room temperature, and finally weighed using a balance with an accuracy of 0.1 mg. pH
values (accuracy: = 0.002, InLab Expert Pro-ISM, METTLER TOLEDO) of the
medium were registered after 1, 2, 7, 14, and 28 days of in vitro degradation. Fe, Ca,
and P ion concentrations in the solution were analyzed at different time points using an
inductively coupled plasma optical emission spectroscope (ICP-OES, iCAP 6500 Duo,
Thermo Scientific).

3.2.5. Characterization of degradation products

The morphology and composition of the degradation products on the surface of the
samples after the biodegradation tests were analyzed at selected time points with a
scanning electron microscope equipped with energy-dispersive X-ray spectroscopy
(EDS) (SEM, JSM-IT100, JEOL). In addition to observing the periphery of the samples,
we cut the samples and observed the degradation products in the center. Phase
identification of the degradation products was performed using an X-ray diffractometer
(XRD, Bruker D8 Advance diffractometer in Bragg-Brentano geometry). The
diffractometer was equipped with a graphite monochromator and Vantec position
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sensitive detector and operated at 45 kV and 35 mA with a step size of 0.034° and a
dwell time of 30 s per step using Co Ka radiation. In addition, Fourier-transform
infrared spectroscopy (FTIR) spectra were obtained from a Thermo-Nicolet Nexus
FTIR apparatus equipped with a liquid-nitrogen cooled MCT-A (mercury-cadmium-
telluride) detector and a SAGA grazing angle accessory at an incident angle of 80°. An
infrared background spectrum was collected on a freshly polished sample prior to the
analysis of the degraded samples. The final spectra were compared against this
background. For each spectrum, 128 scans at a resolution of 4 cm™ were co-added.

3.2.6. Electrochemical tests

For electrochemical tests, AM iron samples were mounted in an epoxy resin and ground
with 800 grit SiC sandpaper. The picture of the sample’s cross section was imported
into ImageJ and the surface area of 0.24 cm’ exposed to electrolyte of was measured
through the Analyze Particles option in ImageJ. Copper screws were placed inside the
resin to make the samples conductive. Electrochemical tests were performed in a
1250/1255 Solartron potentiostat in r-SBF at 37 °C. A three-electrode electrochemical
cell was set up with a platinum mesh as the counter electrode, Ag/AgCl as the reference
electrode, and Fe specimen as the working electrode. Potentiodynamic polarization
(PDP) was applied to test the sample after 1-day and 28-day immersion. The set-up was
first stabilized for 1 h to reach the open circuit potential (OCP). Then, the polarization
started at an initial potential of -0.3 V below OCP and was increased to +0.5 V above
OCP at a scan rate of 0.5 mV/s. Electrochemical impedance spectroscopy (EIS) was
conducted at different immersion time points (1, 2, 3, 7, 14, 21, and 28 days). The
amplitude of the signal was 10 mV versus OCP over a frequency range between 100
kHz and 10 mHz for impedance data acquisition. The CR iron samples with surface area
of 0.5 cm® (> 99.85% purity, ARMCO Iron) were also analyzed as a reference material.

3.2.7. Mechanical characterization

Compression tests were carried out using an Instron machine with 10 kN load cell at a
crosshead speed of 2 mm/min. No lubrication was applied on the compression plates.
The mechanical properties of the as-built, as-polished, and as-degraded AM porous iron
were determined according to ISO 13314:2011 and the quasi-elastic gradient (hereafter
referred to as the elastic modulus) and yield strength were obtained. Elastic modulus of
the porous material was determined as the slope of the initial linear part of the stress-
strain curve using linear fitting in Origin software. The initial linear part of the stress-
strain curve was offset by 0.2 % and its intersection with the stress-strain curve was
taken to calculate the yield strength. Stress-strain curves were obtained at different
immersion time points (i.e., 1, 2, 7, 14 and 28 days). The tests were performed in
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triplicate per time point and the average values of the elastic modulus and yield strength
were calculated.

3.2.8. Biocompatibility assessment

3.2.8.1. Extract preparation

Biocompatibility evaluation was essentially performed as described before [28]. Briefly,
AM iron scaffolds were stored dry and at ambient temperature to prevent corrosion.
Prior to assessing cytotoxicity, scaffolds (¥ 10 mm x 10 mm, n = 5) were weighed,
immersed for 30 min in 100 % isopropanol (Merck, Darmstadt, Germany) at room
temperature, air-dried and subsequently incubated in Dulbecco’s modified eagle
medium (DMEM) with low glucose (Sigma) supplemented with 10% fetal calf serum
(PAN Biotech) for 72 h under physiological conditions (5% CO,, 20% O,, 95%
humidity, 37 °C). Extracts were then prepared according to EN ISO standards 10993:5
and 10993:12, respectively, with a specimen weight to extraction medium ratio of 0.2
g/mL being 1X. Less concentrated extracts (e.g., 10X) were likewise prepared using
more extraction medium. In parallel, Ti-6Al-4V (ASTM Grade 5) extracts (1X) were
prepared as negative controls [28]. Dimethyl sulfoxide (DMSO) (20%) was used as
positive controls [29]. Prior to cytotoxicity testing, extracts were sterile filtered using a
0.2 um syringe filter.

3.2.8.2. Cytotoxicity assays

For indirect cytotoxicity tests, 2,500 MG-63 cells were seeded, in technical triplicates,
per well of a 96-well plate and pre-cultured for 12 h prior to exchanging DMEM for Fe-
extracts. Cell viability was then tested using MTS assay (CellTiter 96® AQueous One
Solution Cell Proliferation Assay, Promega, G3580) at 0, 24, 48 and 72 h, with
unconditioned DMEM as negative control. Prior to the addition of MTS tetrazolium
compound, all media and extracts were replaced with fresh cell culture medium in order
to prevent any interference of metal extract with the tetrazolium salt. MTS test was
further performed according to manufacturer’s instructions. Briefly, at respective time
points, 20 pl of CellTiter 96® AQueous One Solution Reagent was pipetted into each
well of the 96-well plate containing indicator cells in 100 pl of culture medium. Plates
were incubated at 37 °C for 2 h and the absorbance was subsequently recorded at 490
nm. Relative cellular activity (X) was calculated using the following formula:

_ 0D (test)
) (negative control)

X 100%

Independently, lactate dehydrogenase (LDH) release into the medium was
quantified as another biomarker for cytotoxicity. Briefly, MG-63 cells were seeded as
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described above (see MTS assay) prior to assessing cytotoxicity using Pierce™ LDH
Cytotoxicity Assay Kit (Thermo Scientific, 88954) according to the manufacturer’s
instructions with spontaneous LDH Activity Controls (water) and Maximum LDH
Activity Controls (10X Lysis Buffer added 45 min before measurement). At respective
time points, 50 uL of each sample was pipetted in replicates with 50 pL. of Reaction
Mixture into clean 96-well wells prior to incubation at room temperature for 30 min
protected from light. Stop Solution (50 pL) was then added and absorbance was
measured at 490 and 680 nm. Relative percentage of LDH activity was calculated
according to the manufacturer’s description.

3.2.8.3. Direct cytotoxicity assay

Cytotoxicity was further evaluated using live/dead staining (Live and Dead Cell Assay
kit; Abcam, ab115347), as we described before [28]. Cells were analyzed using
fluorescent microscopy (KEYENCE; live Emission,, 495 nm, Excitation,,,, 515 nm
and dead Emy,,, 528 nm, Ext, ., 617 nm. Per iron (& 10 mm x 1 mm) and titanium (& 15
mm x 1 mm) scaffold, 50,000 and 75,000 MG-63 cells were seeded and incubated for 1
h. Thereafter, 2 ml of fresh medium was added prior to 24 h incubation in replicates,
after which live/dead staining was performed, as described above.

SEM analyses were performed, as previously described [28]. Briefly, cell-seeded
scaffolds were carefully rinsed in phosphate buffered saline (1X PBS) and fixed for 1 h
in 3% glutaraldehyde (Agar Scientific, Wetzlar, Germany) in 0.1 M Sorensen's
phosphate buffer (Merck, Darmstadt, Germany) at room temperature, followed by
10 min dehydration steps in 30, 50, 70, 90 and 100 % ethanol (last step twice). Samples
were then air-dried at room temperature prior to sputter-coating (Sputter Coater EM
SCD500, Leica, Wetzlar, Germany) with 12.5 nm of gold-palladium and imaged at
10kV in SEM (ESEM XL 30 FEG, FEI, Eindhoven, The Netherlands).

3.2.9. Statistical analysis
Optical density data (MTS, LDH) were normalized to respective controls and relative
cytotoxicity was analyzed by two-way ANOVA (a = 0.05) and post-hoc Tukey's

multiple comparisons test (a = 0.05) with p<0.0001, ****; p<0.001, ***; p<0.01, **;
p<0.05, *; n.s. = not significant.

3.3. Results

3.3.1. Topological and surface characteristics of the
scaffolds
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The as-built scaffolds had an average strut size of 249 + 6 pm (design value = 200 pm)
and a pore size of 749 + 22 um (design value = 800 um) (Table 1). The porosity of the
scaffolds was 77.7 £ 1% or 73.2 + 0.1% respectively, calculated from uCT or weighing,
(Table 1). The reconstructed 3D model from pCT is shown in Fig. S2. The weighing
method was based on the formula: Porosity =1- (Wi on/Viuk)/Pirons, Where Wiy, is the
weight of the sample, Vi, the bulk volume of the scaffold and pj,, the density of pure
iron. The surface of the as-built sample was relatively smooth both on the periphery
(supplementary document, Fig. S3a) and in the center (supplementary document, Fig.
S3c¢) of the scaffolds. After chemical polishing, a reduced number of unmelted powder
particles were present on the external struts of the scaffolds (supplementary document,
Fig. S3b), while the struts in the center were less affected by chemical polishing
(supplementary document, Fig. S3d). The weight reduction after chemical polishing was
2.2% +0.1%.

Table 1- Topological characteristics of AM iron scaffolds.

AM iron scaffolds Strut size(um) Pore size (nm) Porosity

Design 200 800 80%
Micro CT 249+6 749+22 77.7£1%
Weight - - 73.2+0.1%

3.3.2. Microstructure of the scaffolds

AM iron had much finer grains with an average size of 12 + 6 um (Fig. 2a) than CR
iron that had an average grain size around 65 + 22 um (Fig. 2b). However, the gains of
CR Fe iron were more regularly shaped than those of AM iron (Fig. 2).

Figure 2. Microstructures of iron samples: (a) AM porous iron and (b) CR Fe.
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3.3.3. In vitro degradation behavior of the scaffolds

Brownish degradation products appeared on the surface of the scaffolds on day 1 (Fig.
3a). From day 2 to day 28, the degradation product layer became thicker and the color
became darker (Fig. 3a). After 28 days, the samples were completely covered by
brownish degradation products (Fig. 3a). At day 28, the iron scaffolds showed a 3.1 %
weight reduction (Fig. 3b) after sample cleaning. The pH values of the r-SBF solution
increased from 7.4 to 7.8 after 28-day immersion (Fig. 3c). Fe ion concentration
increased from 0.98 to 6.03 mg/L until day 7 (Fig. 3d) and then it started to decrease at
day 14 (Fig. 3d). Ca and P ion concentrations kept decreasing during the whole
immersion test period of 28 days (Fig. 3d).

3.3.4. Characterization of degradation products

The degradation products contained iron protoxide (FeO) and iron carbonate (FeCO;)
(Fig. 3e) according to XRD patterns. However, the intensity peaks of these degradation
products in the XRD patterns were quite low (Fig. 3e). The FTIR spectra revealed that
carbonates, hydroxides and phosphates were present in the corrosion layer (Fig. 3f) with
characteristic hydroxide-specific absorption bands at about 3400 cm™ [30], while the
peaks at 1750 cm™and 1000 cm™ likely resulted from CO5> and PO,* functional groups,
respectively [31, 32].

SEM analysis of the external struts showed that, after 1 day immersion, a thin layer
of white degradation products (white in SEM and brown from visual observation)
already adhered to the surface (Fig. 4a, 1D). From day 7, groups of shiny white loose
degradation products formed on the strut surface (Fig. 4a, 7D and 14D) while they
covered almost the whole strut surface at day 28 (Fig. 4a, 28D). Different degradation
behavior was observed from center to periphery of the scaffolds (Fig. 4b). The
degradation products at day 7 were thinner and more condensed at the center of the
samples (Fig. 4c) while loose and thicker degradation products (Fig. 4d) were formed
on the periphery. The degradation products in the center (Fig. 4c, spot 1) and on the
periphery (Fig. 4d, spot 1) all contained C, O, P, Ca, and Fe, with higher P and Ca
concentrations on the periphery. After 28 days of immersion, the degradation products
in the center had two types of ordered crystal-like structures, one being spherically
shaped and containing C, O, Ca and Fe (Fig. 4e, spot 1) and the other being feather-
shaped and containing C, O and Fe only (Fig. 4e, spot 2), all without P. The
morphologies of the degradation products on the periphery exhibited features similar to
those observed after 7 days (Fig. 4d). The compositions were also similar to those
observed after 7 days with increased O and decreased Fe concentrations (Fig. 4f, spot 1).
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Figure 3. In vitro degradation behavior of iron scaffolds: (a) visual inspection of as-
degraded scaffolds, (b) weight loss, (¢) pH variation with immersion (error bar invisible
before day 7 because of small deviation), (d) ion concentration variation with
immersion time, (¢) XRD analysis and (f) FTIR analysis of degradation products.
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Figure 4. SEM and EDS analyses of degradation products from the scaffold periphery
to the center: (a) degradation products on the periphery at different immersion time
points, (b) cross section of the scaffolds after 7-day immersion, (c) degradation products
in the center and (d) on the periphery after 7-day immersion, (e) degradation products in
the center and (f) on the periphery after 28-day immersion. 1 and 2 indicates the spot
where EDS analysis was performed.

3.3.5. Electrochemical behavior

According to the potentiodynamic polarization curves, AM iron exhibited higher
corrosion current densities as compared to CR iron both at day 1 and at day 28 (Fig. Sa,
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b), while the OCP values were similar. The corrosion current density at day 1 was 102.8
+ 192 pA/em’ and 8.6 £ 0.9 pA/ecm’ for AM iron and CR iron samples (Fig. 5a),
respectively. The corrosion rates, assuming relatively uniform corrosion, calculated for
AM iron and iron CR specimens according to ASTMG59 were 1.18 &+ 0.22 and 0.10 +
0.01 mm/year, respectively.

Both AM and CR samples exhibited increases in impedance modulus values at low
and medium frequency from day 1 to 3, as observable in the Bode impedance modulus
diagram (Fig. 5c, d). The impedance started decreasing from day 7 and remained
decreasing up to day 28 (Fig. 5c, d). At the same immersion time points, AM iron
samples always showed smaller impedance modulus values than CR iron samples at
both low (|Z]o.o1n,) and medium frequency (|Z]ion,) (Fig. Se, ).

3.3.6. Mechanical properties

Under uniaxial compression, the as-built, as-polished, and degraded specimens without
cleaning exhibited smooth stress-strain curves (Fig. 6a, b) without sudden drop. The
curves all followed similar patterns with a linear elastic region at beginning and a
rapidly decreased slope afterwards, followed by a plateau stage with almost no
fluctuations (Fig. 6a, b). The differences in the elastic modulus and yield strength
between the as-built and as-polished samples were negligible (Fig. 6a). The elastic
modulus decreased after 1-day immersion, but it increased from day 2 and remained
almost unchanged until day 14. Then, it decreased again at day 28 (Fig. 6¢). From day 1
to day 28, the yield strength decreased gradually from 23.7 to 22.4 MPa (Fig. 6d).
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Figure 5. Electrochemical performance of AM porous iron in comparison with CR iron:
(a) PDP curves after 1-day immersion and (b) after 28-day immersion, (c), (d) Bode
impedance modulus of CR iron (d) and AM porous iron (d), (e),(f) impedance modulus

value at (e) low (0.01 Hz) and (f) medium (10 Hz) frequency of samples as a function of
immersion time.
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Figure 6. Mechanical behavior: (a) compressive stress-strain curves of as-built and as-
polished scaffolds (inset showing the specimen at the start and at a strain of 60%), (b)
compressive stress-strain curves of porous iron after 28 day immersion, (c) elastic
modulus change with immersion time and (d) yield strength change with immersion
time.

3.3.7. Biocompatibility in vitro

Direct cytocompatibility assays (Figs. 7 and 8), employing live-dead staining and SEM,
were relatively hard to quantify, although clearly only limited numbers of MG-63
appeared to survive direct exposure to iron scaffolds (Fig. 7). Of note, micrographs (Fig.
8) revealed MG-63 cells in intimate contact to the iron scaffold. While cells developed
filopodia-like protrusions on Ti-6Al-4V, a more condensed cell morphology appeared
on eroded iron surface (Fig. 8d). After 24 h, viable cells (green) were hardly detectable
on iron (Fig. 7), while red fluorescence from the majority of cells revealed
compromised membrane integrity. Live-dead staining on Ti-6Al-4V scaffolds showed
that the vast majority of cells were viable (green).
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Figure 7. Biocompatibility of AM iron scaffolds in vitro. MG-63 cells on Ti-6Al-4V (a,
b) and iron (c, d) scaffolds, respectively. Low magnification fluorescent optical images
(FOI) of cells attached to struts (a, ¢). Higher magnification of the boxed area of the
lattice structure (b, d). Live cells, green; dead cells, red. Scale bars indicate 300 pm (a, c)
and 30 pm (b, d).

LDH assay (Fig. 9a) revealed level 0 cytotoxicity (i.e., < 25% cell death) for Ti-
6Al-4V at all time points, with the largest SD at 72 h. DMSO was 100% cytotoxic after
72-h incubation. Level 1 cytotoxicity was determined for Fe, with increasing levels of
cytotoxicity with increasing extraction time, ranging from 25 % after 24 h to just below
40 % after 72 h. As an independent means to assess cytocompatibility, cell viability was
determined using MTS assay (Fig. 9b): with Ti-6Al-4V extracts, MG-63 cells were
about 100% viable independent of the extraction time, with slightly higher SD at longer
time points. MG-63 cells on iron extracts revealed 75 % viability at 24 h, with a
decreasing trend with longer incubations; reaching 40 % viability for the 72-h extraction.




Figure 8. Ultrastructural analyses of cell attachment in vitro. MG-63 cells on Ti-6Al-4V
(a, b) and iron (c, d), respectively. Lower magnification scanning electron micrographs
(SEM) of scaffold lattice structures (a, ¢) and higher magnifications (b, d) after seeding.
Arrows indicate individual cells. Magnification indicated by scale bar.
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Figure 9. Cytotoxicity in vitro. Relative cytotoxicity (a) and remaining celluar activity
(b) of MG-63 cells upon exposure to AM iron scaffolds, as measured by LDH and MTS
assay, respectively. Experiments were performed with extracts of randomly chosen
replicate Fe-scaffolds (squares, n=5) and compared to AM Ti-6Al-4V (balls, Ti64)
scaffolds of the same design (n=3). Dimethylsulfoxide (DMSO, triangles) and cell Lysis
Buffer (dotted line, set to 100% in (a)) were used as controls. n.s., not significant; *,
p<0.05; **, p<0.01; *** p<0.001; **** p<0.0001.
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3.4. Discussion

3.4.1. Microstructure

Micro melt pools formed [33] during DMP leads to high cooling rates (10° to 10* K/s)
[34], which results in a non-equilibrium solidification process and enhances grain
refinement. The average grain size of AM porous iron was more than 5 times smaller
than that of CR iron. Moreover, unlike previously reported AM solid iron [35, 36], the
AM porous scaffolds had no elongated grains oriented in parallel with the building
direction. This indicates that the effects of directional solidification were not as strong
as in the case of solid counterparts, as the struts of the scaffolds were built in a tilted
direction.

3.4.2. Biodegradation behavior

Based on the PDP results, AM porous iron showed higher values of corrosion current
density as compared to CR iron (with similar OCP values). The corrosion rate of CR
iron after 1 day (0.10 £ 0.01 mm/year) was comparable with the values found by others
(0.17-0.24 mm/year) [37, 38]. The corrosion rate of AM porous iron after 1 day was
1.18 mm/year, which is =12 times higher than that of CR iron and also higher than the
values found for the iron samples fabricated using other techniques [39-41] and most of
the iron alloys that have been studied so far [11]. This clearly shows the advantages of
the refined microstructure from AM in increasing the biodegradation rate of slowly
degrading metals such as iron. It is well known that microstructural features such as
texture and dislocation density may affect the corrosion rate [37]. Particularly relevant
here is that the decrease in grain size may contribute to passive film destabilisation [42].
The specific solidification process experienced during AM creates smaller grain sizes
that in turn increase the grain boundary area with defects in the crystal structure and
high internal energy [43]. Grain boundaries of large area are expected to be more
chemically active in a corrosive medium [38, 44].

The Bode impedance diagram showed that the changes of impedance had similar
trends for AM and CR iron samples. The impedance modulus values at the low
frequency range can provide information about the charge transfer resistance and
separation processes at the metal surface of the corroding system and the impedance
modulus value changes in the middle frequency range relate to resistive and capacitive
evolutions of a layer on the surface of the substrate, e.g. by growth or (partial)
dissolution of a corrosion product layer [45-47]. The increase of the impedance modulus
at low frequency (|Z]o1n,) from day 1 to day 3 relates to increasing corrosion resistance
and could be attributed to the formation of a corrosion product layer at the beginning of
the immersion test [32], also shown by the increasing impedance modulus values in the
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mid-frequency range (|Z|,o4,). Then, the impedance modulus values at both low and mid
frequency ranges decreased at day 7, probably resulting from relatively limited integrity
and protectiveness of the corrosion product layer and hence increasing corrosion
susceptibility of the underlying substrate. At the same immersion time points, AM iron
samples always had lower impedance modulus values (or corrosion resistance) as
compared to CR iron samples, which is in agreement with the results obtained from the
PDP tests and further confirms the increased biodegradation rate of AM iron as
compared to that of CR iron.

The immersion tests of the whole scaffolds showed a 3.1% weight reduction only
after 28 days of immersion. If we normalize this with respect to a total theoretical
surface area of 28 cm’, the corrosion rate of the scaffolds is only 0.03 mm/year, which
is one order of magnitude lower than the values reported by other researchers [37-39].
Visual inspection and SEM analysis suggested that there were different corrosion
mechanisms operating from the periphery to the center of the scaffolds. At the periphery,
degradation took place quite fast, as evidenced by the formation of a brownish layer
after day 1 (Fig. 3a). In the center of the scaffolds, however, there were no brownish
corrosion products even after 28 days. SEM revealed thinner, more adherent crystal-like
corrosion products formed at the center of the samples with a thickness that increased
with the immersion time (Fig. 4c, e). The degradation products were, however, loose
and irregularly shaped on the periphery of the samples. EDS showed that the corrosion
layer of external struts contained Ca and P elements (Fig. 4d, f), while no P element was
found in the center of the scaffolds even after 28 days of immersion (Fig. 4e).
Combined with ICP results (Fig. 3d), it was concluded that the Ca and P elements found
on the corrosion layer came from r-SBF. To understand the different degradation
mechanisms better, we inspected the surface morphology of the degraded struts after
ultrasonic cleaning (Fig. 10). It was observed that r-SBF attacked the struts on the
periphery of the samples and exposed the grains on their surfaces (Fig. 10a, b). The
struts in the center of the samples, however, stayed almost intact (Fig. 10d). This
explains why the normalized degradation rate is much smaller than the results reported
in the literature. The local pH value is therefore expected to be different from the center
to the periphery of the samples. In static immersion tests, scaffolds may have stagnant
flow in the center and the diffusion of ions may be hampered. Gradually formed
corrosion products on the outer surface of the scaffolds may further restrict the diffusion
process. In addition, accumulation of OH" ions in the center of the scaffolds may lead to
the stabilization of the passive layer formed on the struts.

Another reason for the low weight loss measured here may be related to the
limitations of the weight loss measurement and sample cleaning. For solid samples,
weight loss measurement works quite well, because it is feasible to remove all the
corrosion products with minimum attack to the sample itself. In the case of highly
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porous scaffolds, however, it is difficult to remove all the corrosion products, especially
those in the center of the scaffolds. After cleaning, there were still corrosion products
remaining not only in the center (Fig. 10d) but also on the periphery (Fig. 10c) of the
scaffolds. The retained corrosion products on the periphery contained C, O, P, Ca and
Fe (Fig. 10c, spot 001). In the center, the sphere-shaped corrosion products remained,
which contained C, O, Fe and Ca (Fig. 10d. spot 1). As compared to the corrosion
products before cleaning (Fig. 4e), the feather-like corrosion products could be removed,
but the sphere-like structures still remained. Other researchers used acids or alkalis to
remove the corrosion products [17, 48-50], but this would cause extra deduction of the
struts of the porous iron samples, especially on the periphery. ICP-OES analysis showed
even less iron release to r-SBF as compared to the weight loss measurements, because
iron ions participated in the formation of the corrosion products. That is why iron ion
concentration even decreased after day 7.

Based on the reasoning above, it is clear that in addition to the microstructure and
chemical composition, the topology of AM porous scaffolds greatly influences their
degradation behavior. Optimizing the topological design of the porous structure could
therefore be an effective measure for adjusting the degradation behavior of AM porous
iron. For example, a larger pore size or a smaller diameter may further increase the
degradation rate of iron scaffolds.

Moreover, the in vitro test environment affects the degradation rate as well. The
inorganic ion concentrations in the immersion medium used here (r-SBF) are similar to
the blood plasma. Hanks’ solution [51] with higher Cl and lower HCOj3  concentrations
tends to increase the corrosion rate of iron. In addition, other researchers have reported
higher degradation rates of iron in dynamic immersion tests [52]. Furthermore, without
CO, control, the bulk pH of the medium keeps increasing, which could slow down the
biodegradation. Follow-up studies in bioreactors and using other more complex
biodegradation environments may alleviate some of these limitations. Finally, the
degradation behavior of iron scaffolds needs to be evaluated in vivo. From the results
obtained from earlier research [13], pure iron pin did not exhibit pronounced reduction
in volume or mass in a rat model. Other researchers reported noticeable degradation of
pure iron stents, while voluminous degradation products formed and remained even
after longer implantation [18, 53]. Peuster et al. [16] found that macrophages carrying
iron contributed to the clearance of corrosion products from the implantation site as the
solubility of iron degradation products in body fluid was low. Since a layer of corrosion
products was also observed from our in vifro immersion tests, it would be of great
interest to perform an in vivo study to compare additively manufactured iron scaffolds
and solid iron in in vivo degradation behavior.
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Figure 10. SEM and EDS analyses of retained degradation products (28-day immersion)
after cleaning: (a) strut morphology at a low magnification, (b) at a high magnification,
(c) retained degradation products on the periphery and (d) in the center of the scaffolds.
1 indicates the spot where EDS analysis was performed.

3.4.3. Mechanical behavior

The mechanical properties of the AM porous iron specimens remained within the ranges
of the values of mechanical properties reported for trabecular bone (i.e., £= 500-20,000
MPa [54], o,= 0.2-80 MPa [55]) after 28 days of biodegradation. In the case of porous
magnesium, which is reported to lose its structural integrity within a much shorter time,
alloying or surface treatment is always needed [56-59]. In the case of porous iron,
however, without any additional treatments or potentially toxic alloying elements, it has
high mechanical properties, which is a distinct advantage.

Unlike other AM porous structures based on the diamond unit cell [60, 61], the iron
scaffolds studied here showed smooth stress-strain curves during uniaxial compression
without fluctuations after the maximum stress. In addition, no sudden failure occurred
and specimens still had a cylindrical shape at a strain of 60% (Fig. 6a inset). These
could be explained by the high ductility of pure iron. Similar behaviors have been
observed for other highly ductile porous materials, such as AM porous structures made




60

from pure titanium and tantalum [62, 63]. After in vitro immersion at given time points,
it appeared that biodegradation has different influences on the stiffness from the yield
strength of porous iron. It could be related to the different effects of interfacial bonding
[64] (between the degradation products and iron) on the elastic modulus and yield
strength of AM porous iron. Since the elastic modulus was measured over a narrow
range of small strains, lateral dilation was insufficient to cause the interfacial separation
and the load could still be carried by iron and its degradation products. As a result,
accumulation of degradation products increased the elastic modulus of AM porous iron
from day 2. After more corrosion occurred on the struts, despite increased amounts of
degradation products, the elastic modulus of the scaffolds was also affected by the strut
thickness. After 28 days of immersion, the elastic modulus of the specimens decreased
to a value similar to that measured at day 1. This could be attributed to the trade-off
between the reduction in the strut thickness and accumulation of corrosion products. For
the yield strength of porous iron, the interfacial bonding became important. Load
transfer at the interface between the degradation products and iron might be inefficient
for poorly bonded degradation products, especially at strains close to the yield point.
Then much of the load could not be carried by the degradation products and yield
strength relied on the strength of the remained iron primarily. As a result, the strength of
the degraded porous structure decreased, although in a small range, as the
biodegradation process progressed.

3.4.4. Biological evaluation

In order to evaluate the potential of AM porous iron scaffolds for biomedical
applications, we characterized their biocompatibility by using three different techniques:
(i) a direct contact live-dead staining assay, (ii) visual inspection of attached cells in
direct contact with the iron struts using electron micrographs, and (iii) two independent
quantitative indirect cytotoxicity assays.

While SEM analyses (Fig. 8) showed polygonal shaped MG-63 cells in close
contact with the iron surface (Fig. 8d; arrows, black) 24 h after seeding, in the
magnified fluorescent images of the live-dead staining (Fig. 7) cells appeared to be
more spherically condensed (Fig. 7d) on the iron surface as compared to more
polygonal/spindle-shaped cells on Ti-6Al-4V (Fig. 7b) controls. Moreover, most cells
appeared to be alive on Ti-6Al-4V but only a few on the iron surface from the dual
channel images. Although classification of cell death remains challenging [65], from a
morphological point of view, the observed condensation of MG-63 cells may be
indicative of apoptosis, which is characterized by e.g., rounding-up, retraction of
pseudopods, and a pyknotic cell volume reduction. The red fluorescence, on the other
hand, is indicative of a loss of plasma membrane integrity and altogether hints towards a
certain iron-mediated toxicity.
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Although pure iron showed good biocompatibility during long time implantation as
a biodegradable stent or pin [13, 16, 66, 67], direct contact cytotoxicity was observed in
several in vitro studies with different type of cells [68, 69]. In contrast to the in vitro
situation, released ions can be diluted in vivo and excreted from the local site into the
body so that local concentrations will be diminished [18]. While in vitro cell seeding
was conducted in a culture dish where released Fe ions can accumulate in a high
concentration. The local Fe ion concentration on the surface of iron sample can be even
higher. Furthermore, in our case, according to the former electrochemical tests, AM iron
sample with fine grain structures are prone to rapider degradation and release a larger
quantity of Fe ions. The higher Fe ion concentration can promote the formation of
highly reactive oxygen species such as hydroxyl and superoxide radicals, which were
highly toxic due to their rapid reaction ability with most molecules found in living cell
[48]. In future studies, to better mimic the in vivo condition, bioreactor with dynamic
and perfused environment should be applied to assess cytotoxicity.

We further employed two indirect contact assays to appreciate the influences of
scaffold degradation products on cell metabolism: LDH and MTS assays. Compared to
direct contact between AM iron scaffolds to MG-63 cells, the cytocompatibility
according to ISO 10993 was reasonable in in vitro assays for up to 72 h. To better
mimic the in vivo situation in vitro, we applied the latest recommended modification of
EN ISO 10993-5 and 10993-12 and used a 10-times higher extraction ratio [70, 71] for
iron than the 0.2 g/mL that was used for Ti-6Al-4V. However, for our AM porous
sample which has a larger surface area, 10-times dilution maybe still insufficient.

Besides Fe ion concentration, methodological differences or the used cell type may
also play an important role for in vitro cytotoxicity study as shown by the contradictory
results from literatures. Several other studies also used MG-63 to assess cytotoxicity of
e.g., sandblasted 99.5% pure iron foils and observed that the “spreading behavior” of
the cells was inhibited, showing a similar round-shape morphology [32]. While virtually
all MG-63 cells on ‘bare’ iron revealed a green fluorescence even after 48 h, no live-
dead ratio was calculated. A good in vitro cytocompatibility of 3D printed iron—
manganese scaffolds, compared to tissue culture plastic, was earlier reported [15].
Interestingly, cell viability in MTT assays of undiluted short-term extracts was about 45%
and surprisingly 80% in undiluted long-term extracts, using mouse calvaria-derived
osteoblast-like MC3T3 cells, while live-dead staining in direct contact did not show any
signs of physiological apoptosis even in supraconfluent 3-day cultures.

The typical iron concentration of mammalian cell culture media, like DMEM, is
0.25-3 uM [72] and thus substantially lower than the average 23 uM iron in plasma.
Increasing iron content in culture media may also stimulate cell growth [72], as shown
for mouse L.-929 fibroblasts [73]. In contrast, toxic effects of iron are further abundantly
reported: in a murine hepatocyte cell line just 25 uM FeSO, induced 50 % cell death
within 3 h[72]. Interestingly, in neuroblastoma cells, 50 % apoptosis occurred at 15 mM
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iron and none at 10 mM [74]. A diversity in the response to iron even between two
different studies using the same cells reflects the idea that minor differences can lead to
significant alterations in a cell’s response to iron [72]. In addition, some contradictions
in the literature may result from the differences in timing — although most studies used
24-48 h incubations [72]. Future studies should therefore apply ISO 10993 guidelines,
providing sufficiently long time points (e.g., 24, 48, 72 h), disclose extraction ratios,
and ideally use (more than one) relevant human indicator cells or cell lines. Finally, in
vivo tests are required to investigate biodegradation and bone tissue response in terms of
the iron-based orthopedic implant.

3.5. Conclusions

We demonstrated for the first time how DMP could be used to fabricate topologically
ordered porous iron. The scaffolds presented a precisely controlled topology with fully
interconnected pores. Over a period of 28 days of immersion tests, the elastic modulus
and yield strength of the porous iron decreased insignificantly, i.e., 7% and 5%,
respectively. The mechanical properties of porous iron remained within the values
reported for trabecular bone even after 28 days of biodegradation. Electrochemical tests
showed that the degradation rates of AM porous iron are up to =12 times higher than
those of CR iron. During 28 days of immersion testing, the weight of the porous
structures decreased by 3.1%. Different mechanisms were found to determine the
biodegradation behavior on the periphery of the cylindrical scaffolds and in their center.
This suggests that topological design plays an important role in adjusting the
biodegradation behavior of AM porous iron. While direct contact between MG-63 cells
and scaffolds revealed instant cytotoxicity in static cell culture, the cytocompatibility
according to ISO 10993 was reasonable in in vitro assays for up to 72 h. Further
systematic in vitro cytotoxicity study and in vivo implantation of the AM iron is
necessary, a study that will be planned in the near future. Nevertheless, being the first
reported study fabricating iron scaffolds through DMP, we believe that with appropriate
design and bioactive coating [75], DMP porous Fe-based materials hold potential to
become a new generation of functional and degradable biomaterials for orthopedic
applications.
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Supplementary information

Figure S1. Microstructure of iron powder.
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Figure S2. Reconstructed 3D model from pCT scanning.
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Figure S3. Strut surface morphology and microstructure of AM porous iron: (a) as-built
and (b) as-polished strut surfaces on the sample periphery, (c) as-built and (d) as-
polished strut surfaces at the sample center.



Additively manufactured
biodegradable porous zinc

Here, we applied powder bed fusion to fabricate porous zinc with a topologically
ordered diamond structure. An integrative study was conducted on the static and
dynamic biodegradation behavior (in vitro, up to 4 weeks), evolution of mechanical
properties with increasing immersion time, electrochemical performance, and
biocompatibility of the AM porous zinc. The specimens lost 7.8% of their weight after 4
weeks of dynamic immersion in a revised simulated body fluid. The mechanisms of
biodegradation were site-dependent and differed from the top of the specimens to the
bottom. During the whole in vitro immersion time of 4 weeks, the elastic modulus values
of the AM porous zinc (E = 700-1000 MPa) even increased and remained within the
scope of those of cancellous bone. Indirect cytotoxicity revealed good cellular activity
up to 72 h according to ISO 10993-5 and -12. Live-dead staining confirmed good
viability of MG-63 cells cultured on the surface of the AM porous zinc. These important
findings could open wup unprecedented opportunities for the development of
multifunctional bone substituting materials that will enable reconstruction and

regeneration of critical-size load-bearing bone defects.'

'The chapter is based on a scientific paper: Y. Li, P. Pavanram, J. Zhou, K. Lietaert, P. Taheri, W.
Li, H. San, M.A. Leeflang, J.M.C. Mol, H. Jahr, A.A. Zadpoor. Additively manufactured
biodegradable porous zinc. Acta Biomaterialia 101, 609-623 (2020)
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4.1. Introduction

Among the known biodegradable metals, magnesium (Mg) and iron (Fe) have been
studied the most [1, 2]. The well-known challenge in developing Mg-based biomaterials
concerns their excessively high biodegradation rates [2, 3]. Hydrogen released during
the biodegradation of Mg alloys is another concern [4]. Fe-based biomaterials, on the
other hand, degrade too slowly [5], meaning that the implant stays in the human body
longer than necessary and may hinder the process of full tissue regeneration. Moreover,
according to the in vivo tests of pure Fe stents, voluminous biodegradation products are
formed and remain in the human body for long periods after implantation [6, 7].
Although developing new alloys and functional coatings could improve the performance
of biodegradable Mg and Fe [8, 9], an alternative and potentially more rewarding
approach would be to develop biomaterials based on the other types of biodegradable
metals. Zinc (Zn) and its alloys are considered highly promising candidates for this
purpose, as they are capable of tackling some of the fundamental engineering challenges
associated with the use of biodegradable Mg and Fe [10]. Zn offers multiple advantages
as compared to Mg- and Fe-based biomaterials. First, Zn is one of the most abundant
essential trace elements in the human body, confined primarily to skeletal muscles and
bones (86%) [11]. Furthermore, over 600 enzymes rely on Zn for proper orientation and
function [12]. Moreover, Zn plays catalytic, structural, and regulatory roles in the
functions of human cells [13, 14]. From this perspective, Zn ions released from the
implant could participate in the metabolic activity of the host cells instead of causing
systemic toxic side effects [15]. Secondly, the biodegradation process of Zn does not
generate hydrogen gas. Thirdly, being similar to Mg but opposed to Fe, the
biodegradation products of Zn are biocompatible [16]. Finally, as the chemical potential
of Zn falls between the chemical potential values of Mg and Fe, it should exhibit a more
suitable biodegradation rate, as compared to fast degrading Mg or slowly degrading Fe
[17, 18]. Ideally, the biodegradation rate of implants should match the bone
regeneration rate, during which the implants provide enduring mechanical support for 3-
6 months and fully degrade in 1-2 years [10]. Rapid degradation may compromise the
mechanical integrity during the healing process [19], while slow degradation causes
long-term implant retention and in turn metabolic complications [6].

However, unlike AM bio-inert titanium or cobalt-chromium, AM biodegradable
metals pose many processing challenges, such as severe evaporation and high chemical
activity, especially for Mg and Zn [20]. Under any inappropriate processing conditions,
defects including voids, lack of fusion, rough surface, severe residual stresses and
distortions have been observed. Even for Fe, evaporation was found to play an
important role in densification during laser melting [21]. Precise process control is
therefore needed in order to obtain eligible samples from AM for further investigation.
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Up to date, only a few studies on powder bed fusion AM porous biodegradable Mg, Fe,
and Zn have appeared in the literature [22-27]. AM porous Mg and Fe have both
demonstrated unique biodegradation behaviors, as compared to their bulk counterparts
[22, 23]. However, as AM porous Zn has just been realized [24, 28, 29], no information
regarding its biodegradation, biocompatibility, and mechanical property changes along
with its in vitro biodegradation is available in the literature. Here, for the first time, we
present an integrative study on the static and dynamic biodegradation behavior in a
revised simulated body fluid, evolution of mechanical properties with increasing
immersion time, electrochemical performance, and biocompatibility of the AM porous
Zn

4.2. Material and methods

4.2.1. Scaffold manufacturing

Cylindrical scaffolds (with dimensions of 10 mm in height and 11.2 mm in diameter,
Figure 1a) based on a diamond unit cell (unit cell size: 1.4 mm, strut thickness: 0.4 mm)
were designed (Figure 1b). Specimens were produced by laser powder bed fusion AM
(ProX DMP 320 machine, 3D Systems, Belgium). The machine had a maximum laser
power of 500 W and could reach oxygen levels below 50 ppm in the build chamber. A
nitrogen-atomized Zn powder was used in this study with the following properties:
particle sizes: Dyg: 26 um, Dsg: 39 pm, and Dyy: 60 pm; O content: 2551+81 ppm, N
content: 1742 ppm, and H content: 7.6+0.8 ppm. The morphology of powder particles
was analyzed before [30]. The powder layer thickness was 60 pm and the energy
density 39.0 J/mm’. The specimens were removed from the steel baseplate by wire
electrical discharge machining (WEDM). 96% ethanol was used to ultrasonically
remove powder particles entrapped in the pores of the specimens for 20 min.
Subsequently, the specimens were cleaned by using a solution composed of 5% (by
volume) hydrochloric acid, 5% nitric acid, and 90% ethanol for 2 min to further remove
loose powder particles, after which 96% ethanol was used again to wash away residual
hydrochloric acid.

4.2.2. Morphological characterization

Micro-computed tomography (uCT) was used to scan the Zn scaffolds (Phoenix
Nanotom, GE Sensing Inspection Technologies GmbH, Germany) with the following
parameters: 220 A tube current, 130 kV tube voltage, 500 ms exposure time, 12 pm’
resolution, and 1440 projections. Phoenix Datos|x 2.0 (GE Sensing & Inspection
Technologies GmbH, Germany) was used to reconstruct and transform the acquired data
into 2D images (i.e., DICOM image stacks). To extract quantifiable data from these
images, the following steps were taken. First, the images were locally thresholded (F1JI,




76

NIH, Bethesda, MD, USA) over a range of 107 to 255 for the Zn material. Then,
circular regions of interest (ROIs) (diameter: 10 mm) were outlined to include all the
structures. BoneJ (a plugin of FIJI) was used to calculate the porosity, pore size, and
average strut thickness of the AM porous Zn. Furthermore, the weighing method was
applied to determine the porosity: Porosity =I1-(W,/Vyu)/pz., Where Wy, and Vy, are
the weight and apparent volume of the specimen, respectively, and p, is the theoretical
density of pure Zn.

After the biodegradation tests, two different ranges, i.e., 45-107 and 107-255, were
applied to segment the biodegradation products and porous Zn structure, respectively.
After segmentation in FIJI, the volume of Zn and that of the biodegradation products
were calculated with BoneJ (a plugin of FIJI). The images were then exported for 3D
reconstruction (AVIZO Fire, VSG, France).

(a) (c)

1- incubator

2- medium vessel
3-gasexchange
4-silicon tube

5- perfusion chamber
6- holder

7- peristaltic pump

® 0.4 mm

Figure 1. Topological design of AM porous zinc specimens: (a) diamond unit cell and
(b) zinc scaffold, and (c¢) dynamic degradation setup. BD: building direction.
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4.2.3. Microstructural characterization

Electron back-scattered diffraction (EBSD) was conducted with an HKL Nordlys II
detector, attached to a field emission gun scanning electron microscope (FEGSEM)
(JEOL JSM-6500F, Japan), at 200 nm step size. TSL OIM® Analysis (EDAX
Inc., USA) was used to reconstruct the inverse pole figure (IPF) maps and image quality
(IQ). The average grain width was calculated by using the line intercept method,
according to ASTM E112-12. Pole figures (PF) with (0001) and (1010) reflections were
measured. EBSD specimens were ground, mechanically polished up to 1pum with
lubricant, followed by further mechanical polishing with 0.04 pm silica.

4.2.4. Static and dynamic biodegradation tests

Static in vitro immersion tests were performed inside an incubator (5% CO,, 20% O,,
37 °C) using 300 ml revised simulated body fluid [31] (r-SBF), i.e., a r-SBF volume to
sample surface (25 cm®) ratio of 12, for up to 28 days. In addition, dynamic in vitro
immersion tests were performed in r-SBF up to 28 days using a self-designed bioreactor
(5% CO,, 20% O,, 37 °C) (Figure 1c¢) at a unidirectional flow rate of 0.3 ml/min [32-34].
Medium pH values were registered (InLab Expert Pro-ISM, METTLER TOLEDO,
Switzerland) at 1, 2, 7, 14, and 28 days of static and dynamic biodegradation. An
inductively coupled plasma optical emission spectroscope (ICP-OES, iCAP 6500 Duo,
Thermo Scientific, USA) was used to determine the concentrations of Zn, Ca, and P ions
in the medium. All the tests were performed in triplicate.

4.2.5. Characterization of the biodegradation
products

The morphologies and compositions of the biodegradation products were analyzed
using a scanning electron microscope equipped with an energy-dispersive X-ray
spectroscope (EDS) (SEM, JSM-IT100, JEOL, Japan). To observe the biodegradation
layer of the specimens, a dual focused ion beam (FIB) available as part of a
scanning electron microscope setup (FIB-SEM) (Helios G4 CX, FEI, The Netherlands)
was used for cross-section milling and EDS mapping. The cross-section milling was
performed at a tilting angle of 52° with a Ga ion beam operated at 30 kV over a current
range of 0.5 to 20 nA.

For the analysis of the biodegraded specimens, Fourier-transform infrared
spectroscopy (FTIR) spectra were collected at 4 cm ™' resolution over 128 scans for each
spectrum, using a Thermo-Nicolet Nexus FTIR (USA) apparatus. Prior to the analysis
of the biodegradation products, a background spectrum was collected from a sample
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before biodegradation. The final spectra were subtracted from this background.
Moreover, an X-ray diffractometer (XRD, Bruker D8 Advance diffractometer in Bragg-
Brentano geometry, Germany) was used for the identification of the phases in the
biodegradation products. The diffractometer was operated at 45 kV and 40 mA (power:
1.8 kW) using Cu Ka radiation with 0.035° step size and 10 s dwell time per step. In
addition, X-ray photoelectron spectroscopy (XPS, Thermo Fisher Scientific, K Alpha
model, USA) was used to characterize the surface chemical states of the specimens
following the biodegradation tests. The XPS measurements were performed under
normal emission at 250 pm spot size and at 10" mbar base pressure using a
monochromated Al Ka X-ray source. Thermo Avantage v5.903 software (Thermo
Fisher Scientific, USA) was used to process and analyze the spectra.

4.2.6. Electrochemical tests

AM porous Zn specimens were mounted in an epoxy resin and ground using 2000 grit
SiC sandpapers for electrochemical tests. Surface area (i.e., 0.28 cm?) of the specimen
exposed to the electrolyte was measured by using Image] (NIH, Bethesda, MD, USA).
Specimens were made conductive by placing copper screws inside the resin.
Electrochemical tests were performed in r-SBF at 37 °C with a Bio-Logic SP-200
potentiostat (Bio-Logic Science Instruments, Claix, France). A three-electrode
electrochemical cell was set up with Zn specimen as the working electrode, graphite as
the counter electrode, and a saturated calomel electrode as the reference electrode.
Potentiodynamic polarization (PDP) measurement was performed after the open circuit
potential (OCP) was reached and stabilized for 2 h. Afterwards, the specimen was
polarized from -0.2 V to +0.5 V potential versus OCP at 0.5 mV/s scan rate. For
electrochemical impedance spectroscopy (EIS), the tests were repeated at 1, 2, 7, 14, 21
and 28 days with 10 mV amplitude within a 100 kHz to 10 mHz frequency range. The
impedance data were analyzed with the EC-Lab software (Bio-Logic Science
Instruments, Claix, France) and fitted to the equivalent electrical circuits, where R;
represented the solution resistance; Ry and constant phase element CPE, were applied to
describe the resistance and non-ideal capacitance properties of the biodegradation film,
respectively; the charge transfer resistance R, and the constant phase element
representing the non-ideal double layer capacitance CPE, in parallel were used to
describe the electrochemical interface of the electrolyte solution and the Zn substrate.
The linear polarization resistance (LPR) of the samples was also measured
consecutively at different immersion time points at = 15 mV versus OCP at 0.167 mV
s~ potential sweep rate. The tests were performed in triplicate.
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4.2.7. Mechanical characterization

Compression tests were carried out at 2 mm/min (10 kN, Instron, Germany). The
specimens had a height of 10 mm and a diameter of 11.2 mm. The yield strengths and
quasi-elastic gradients (elastic modulus) of the AM porous Zn specimens before and
after the immersion tests were determined according to ISO 13314:2011 [23]. The tests
were performed in triplicate.

Hardness was measured by using a microhardness tester (DuraScan, G5, Austria) at
1 N indentation load. Three tests were carried out on the cross section of the AM Zn
substrate and another three indentations on the biodegradation products.

4.2.8. Cytocompatibility

Human osteoblast-like cells (MG-63, ATCC, CRL-1427) were cultured in 10% fetal
calf serum (PAN Biotech) containing Dulbecco’s modified eagle medium with low
glucose 100 mg/L (DMEM LG) (Sigma) under physiological conditions (5% CO,, 20%
0O,, and 95% humidity) at 37 °C. The biocompatibility of AM porous Zn specimens
were evaluated through direct cell seeding and indirect extract-based cytotoxicity tests.
Cleaned specimens were sterilized in 100% isopropanol (Merck; Darmstadt, Germany)
for 30 min.

Extracts were prepared at 0.2 g/ml concentration by incubating the specimens in the
DMEM LG medium with serum for 72 h under physiological conditions, as
recommended in EN ISO standards 10993:5 and 10993:12. Prepared 1x extract was
diluted to 10x using the same medium. A 1x extract from AM Ti-6Al-4V porous
scaffolds of the same dimensions served as control. All the extracts were sterile filtered
(0.2 pm). 20% Dimethyl sulfoxide (DMSO) was used as the positive control. The
methodology followed for the preparation of the extracts and MTS assay was the same
as that previously reported by us [23]. After MG-63 cells reached optimal adherence,
the serum-containing DMEM LG medium was replaced with 10x extracts and cells
were further incubated for 0, 24, 48 and 72 h under physiological conditions. Relative
cellular activity was tested using CellTiter 96® AQueous One Solution Cell
Proliferation Assay (G3580, Promega, USA) [22].

Previously cleaned and sterilized specimens were seeded with 3x10® MG-63 cells
and incubated for 24 h in the serum-containing DMEM LG medium under physiological
conditions. Cell-seeded specimens were cut longitudinally (Figure Sla) and stained
using Live and Dead Dye from Live and Dead Cell Assay kit (ab115347, Abcam, UK).
A 5x concentration of the dye was added to the specimens with cells and then incubated
at room temperature for 10 min. The cells were analyzed by fluorescent optical imaging
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first and the same specimens after rinsing in 1X phosphate buffered saline were fixed
and used for SEM analysis (ESEM XL 30 FEG, FEI, Eindhoven, The Netherlands) [22].

4.2.10. Statistical analysis

A two-way ANOVA test (¢ = 0.05) and a post-hoc test (i.e., Tukey's multiple
comparison test, o = 0.05) were run to analyze the relative cytotoxicity ( p < 0.0001,
wEE p <0.001, #**; p <0.01, **; p <0.05, *; n.s. = not significant).

4.3. Results

4.3.1. Macrostructure and microstructure of the

specimens

The average strut size and pore size of the as-built scaffolds were 441 £ 1 pm (design
value =400 pm) and 550 £ 38 pm (design value = 600 pm), respectively (Table 1). The
porosity of the specimens was calculated to be 62 = 2% (uCT) or 60 + 1% (dry
weighing) (Table 1). Columnar grains along the building direction were observable
from the IPF mapping on the longitudinal section of the struts (Figure 2a, c). The
average width of the elongated grain was about 16.0 = 1.6 pum. On the horizontal section
of the AM porous Zn specimens, the grains appeared to be well rounded (Figure 2d, f).
There were several peaks in (0001) PF, in which some of them were in the building
direction while others were perpendicular to the building direction (Figure 2b, e).

Table 1- Topological characteristics of AM Zn scaffolds.

AM Zn scaffold Strut size (um) Pore size (um) Porosity
Design 400 600 67%
Micro CT 441+1 550+38 62+2%
Weighing method - - 60+1%
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Figure 2. EBSD characterization of the struts of AM zinc specimens: (a) IPF map, (b)
PF, and (c) IQ map on the longitudinal section, (d) IPF map, (e) PF, and (f) IQ map on
the cross section. BD: building direction

4.3.2. In vitro biodegradation behavior of the
specimens

During both dynamic and static immersion tests, white biodegradation products were
gradually generated on the surface of the struts, as immersion time increased (Fig. 3a).
However, the dynamic biodegradation tests appeared to produce more biodegradation
products than the static ones. Interestingly, the biodegradation products mainly formed
at the bottom of the specimens (attached to the beaker) under the static condition, but on
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the top of the specimens (the outlet side of the medium flow) under the dynamic
condition (Fig. 3a).
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Figure 3. Biodegradation behavior of AM porous Zn: (a) visual inspection of the as-
degraded scaffolds, (b) pH variation with immersion time, (¢) Zn ion concentration
variation with immersion time, (d) P ion concentration variation with immersion time,
and (e) Ca ion concentration variation with immersion time. Arrow in (a) points to the
bottom side of the scaffolds during degradation. Building direction is opposite to the
arrow. Scale bar in (a): 1 cm.
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The pH value remained stable around 7.5 and 7.6 during both static and dynamic
biodegradation tests up to 14 days, and increased during the dynamic tests to 7.7 at day
28 (Fig. 3b). Under the static condition, the concentration of Zn ion slightly increased
from 0.11 to 0.25 mg/L after 28 days. In contrast, the specimens tested under the
dynamic condition exhibited higher Zn ion concentrations (as compared to those tested
statically) at day 2, which further increased to 4.9 mg/L at day 28 (Fig. 3c). Over this
period, the concentrations of P and Ca ions decreased under both conditions (Fig. 3d, ¢).
The P and Ca ion concentrations were always lower under the dynamic test condition as
compared to the static test condition (Fig. 3d, e).

4.3.3. Characteristics of the biodegradation
products on the scaffolds

White particles gradually formed on the surfaces of the biodegraded specimens (Fig. 4a,
b, c) along with increasing immersion time. After 1 day, small-size, white
biodegradation products appeared on the surface of the specimens (Fig. 4d), which
contained Zn, C, O, P, and Ca (Fig. 4d, inlay) according to EDS. At day 14, the white
biodegradation products with a spherical morphology had grown in size, while the P
and Ca contents in these products were increasing (Fig. 4e, inlay). At day 28, the
biodegradation layer became increasingly compact, while the O, P, and Ca contents
increased further (Fig. 4f, inlay). EDS mapping on the FIBed section allowed for the
analysis of elemental distribution across the biodegradation layer (Fig. 4g), revealing
that O had formed earlier (adjacent to the Zn substrate), followed by P and Ca. C was
mainly present at the top of the biodegradation layer (Fig. 4g). XRD analysis showed
the presence of ZnO, Zns(CO;),(OH)g, Caz(POy),, and Zns(OH)Cls-H,O at day 1, with
increased intensities of these biodegradation products at day 28 (Fig. 4h). The FTIR
spectrum with peaks at 1040 and 1650 cm’! revealed the presence of PO43' and HPO42'
(Fig. 4i), respectively [35], while the broad band from 1400 to 1550 cm™ likely resulted
from CO5™ [36]. HPO,> absorption peaks emerged from day 7 and increased onwards,
together with the increases of CO;* and PO, peaks.

The total spectrum of XPS revealed that the biodegradation products were
composed of Zn, O, C, P, Ca, Na, Mg, S, N, and Cl (Fig. 5a). Although there were no
differences in the types of the elements between the different immersion time points,
with increasing immersion time, the percentages of Ca, O, and P increased, while the
percentage of Zn decreased. In addition, high-resolution XPS spectra of Zn2p3/2, Cls,
and P2p were collected from the surfaces of the specimens and fitted. The peaks located
at 1022 and 1024 ¢V might be attributed to ZnO and Zn(OH),, respectively (Fig. Sc,d)
[37]. The atomic percentage of ZnO increased from 0.28 at day 1 (Fig. 5c) to 0.50 at
day 28 (Fig. 5d). As for Cls, the peaks were well fitted with three signals at 284, 286,
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and 288 eV (Fig. 5d, e). The 284 ¢V signal was assigned to C—C bonds, while the 286
and 288 eV signals were attributed to C—O and C=O0, respectively [38, 39]. The atomic
percentage of C=0 also increased from 0.10 at day 1 to 0.14 at day 28. Finally, the P2p

peaks observed at about 133 and 134 eV (Fig. 5f) could be characterized to be PO, and
HPO,* [40].
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Figure 4. Biodegradation product analyses of AM porous zinc: (a) (b) (¢) SEM images
of degradation products at day 1 (a), day 14 (b), and day 28 (c), (d) (e) (f) higher

magnification SEM images and EDS analyses at day 1 (d), day 14 (e), and day 28 (f), (g)
FIB and EDS mapping of the degradation layer at day 28, (h) XRD analysis, and (i)

FTIR analysis of degradation products. Arrow: EDS point analysis. Square: EDS

mapping area.
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Figure 5. XPS spectra of AM porous zinc after degradation: (a) total spectrum, (b) (c)
Zn2p;, peaks at day 1 (b) and day 28 (c), (d) (e) Cls peaks at day 1 (d) and day 28 (e),
(f) P2p peaks at day 28.

In addition to mostly homogeneous biodegradation profiles, we found several
localized biodegradation spots within the AM porous Zn specimens (Fig. 6). A crystal-
like morphology was observed at these spots and EDS analysis revealed a high
percentage of Cl in these areas (Fig. 6a, b). EDS mapping (Fig. 6d) also showed the
accumulation of Cl at the localized biodegradation sites on the cross-section of the
biodegradation layers (Fig. 6¢).
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Figure 6. Localized degradation of AM porous zinc after degradation at day 28: (a) and
(b) morphology of localized degradation and EDS point analysis, (c) cross section of
localized degradation, and (d) EDS mapping. Arrow: EDS point analysis. Square:
localized degradation.

4.3.4. Electrochemical responses

According to the PDP results (Figure S2), the corrosion current density of the AM
porous Zn was 45 = 2 pA/cm’. The biodegradation rate was calculated to be 0.67 = 0.04
mm/year based on ASTM G59. According to the Nyquist plots (Fig. 7a), the diameter of
the capacitive loop increased after 7 days of immersion, and then decreased from day 14
to day 21, followed by further growth afterwards. The Bode plots (Fig. 7b, c¢) showed
similar trends of impedance modulus at the 0.01 Hz (low) and 10 Hz (medium)
frequencies. According to the data resulting from the fitted equivalent circuit for the
AM porous Zn specimens (Fig. 7a, Table 2), Rrand R, gradually increased until day 14,
decreased after day 14, and increased again after day 21. The LPR value showed a trend
similar to the values of R,and R, (Fig. 7d).
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Figure 7. Electrochemical characterization of AM porous zinc after immersion tests at
different time points: (a) Nyquist plots and equivalent circuits, (b) Bode plots of
impedance modulus |Z| vs. frequency, (¢) Bode plots of phase angle vs. frequency, and
(d) LPR variation with immersion time.

4.3.5. Mechanical properties

Under compression, the AM porous Zn showed smooth stress-strain curves (Fig. 8a)
with no abrupt drop even after biodegradation for 4 weeks. Following a similar trend,
the curves all began with a steep slope in the elastic region. Afterwards, the stress
decreased substantially and then a plateau stage appeared with almost no fluctuations
(Fig. 8a). Interestingly, after 28 days of dynamic biodegradation, the yield strength of
the AM porous Zn gradually increased from 11.8 to 13.9 MPa (Fig. 8b). While the yield
strengths of the specimens undergoing static biodegradation were lower than those
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exposed to dynamic biodegradation, they were higher than the yield strength of the as-
built specimens (10.8 MPa), even after 28 days (12.0 MPa). The elastic modulus of the
AM porous Zn increased at day 1, but decreased afterwards (Fig. 8c). Similarly, the

elastic modulus of AM porous Zn after 28 days of dynamic biodegradation (879.3 MPa)
was higher than that of the as-built specimens (785.7 MPa).

The average hardness value of the degradation products was 197 + 4 HV, while the
value of the AM Zn was 41 +£3 HV.

Table 2- EIS fitting parameters of AM Zn after immersion tests at different time

points.
CPE; .
Im.mer R, 105 O R, C_l:Edl_ R, Chi-
sion 2 1 _ n; 2 107 Q n, 2 square
. Q-cm ‘cm Q-cm 1 2 m Q-cm 3
time 2,0l cm s 10
1d 6.0+0.1 10.1£0.2 0.88 669+17 8.2+3.6 0.60 99+16 1.1
2d 6.5+0.1 8.3+0.2 0.85 642+6 34+04 0.82 15446 09
7d 4.9+0.2 3.440.1 0.83 138ﬁ9i1 5.1£0.3 0.65 616*16 09
14d 53£02  42+0.1 0.81 13031 44405 0.61 50417 1.3
21d 7.94+0.1 5.6£0.1 0.83 902+5 9.0+0.1 0.85 1106 1.0
28d 8.3+0.1 9.9+0.1 0.79 113746 13.0£0.2 090 12948 0.7
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Figure 8. Mechanical behavior of AM porous Zn: (a) compressive stress-strain curves
of Zn scaffolds before and after 28 days of degradation, (b) yield strength change with
immersion time, and (¢) elastic modulus change with immersion time. Red line in (a)
indicated the elastic region.

4.3.6. Surface morphology of specimens after
biodegradation

When the as-built specimens were segmented using a threshold range of 107 to 255, the
total volume of the scaffolds was 345.2 = 0.5 mm”. After 28 days of biodegradation, this
value decreased to, respectively, 332.142.3 mm® and 319.0+3.4 mm’ (i.e., 3.6% and 7.8%
of weight reduction or 0.07 and 0.13 mm/year) under the static and dynamic conditions.
The AM Zn scaffolds appeared to have experienced a higher degree of localized
biodegradation under the static condition (Fig. 9, square), while the dynamic flow
resulted in more homogeneous biodegradation. Quantification of the biodegradation
products using a threshold range that separated Zn and the biodegradation products from
each other showed that the dynamic condition resulted in a larger volume of
biodegradation products (104 + 9 mm?®), as compared to that for the static condition (59
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+ 8 mm’) (Fig. 9). Furthermore, the biodegradation products appeared to have mostly
formed on a specific side of the specimens, which depended on the test condition, as
well as in the center (Fig. 9). Under the static test condition, the biodegradation products
mainly formed on the bottom side of the specimens, which was in contact with the
beaker (Fig. 9, arrow). Under the dynamic test condition, however, the biodegradation
products were found more on the top side of the specimens, which was the outlet side of
the r-SBF flow (Fig. 9).

DP

Figure 9. Micro-CT analysis of AM porous Zn after 28 days immersion. DP:
degradation products. Square: localized degradation. Grey: Zn. Red: biodegradation
products. Black arrow points to the bottom side of the scaffolds during degradation.
Blue arrow indicates the flow direction for dynamic tests. Scale bar: 5 mm.
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4.3.7. In vitro cytotoxicity

The metabolic activity of MG-63 cells cultured with the extracts from the AM porous
Zn specimens was assayed and compared to that of the extracts from AM Ti-6Al-4V
specimens (positive controls). Both extracts, from Zn and Ti-6Al-4V, resulted in around
95% cellular activity after 24 and 48 h, thus exhibiting level 0 cytotoxicity (i.e., < 25%),
according to ISO 10993. Even after 72 h of incubation, a large fraction of MG-63 cells
cultured in the Zn extracts were viable (i.e., 85%), conforming to a high level of
cytocompatibility (i.e., level 0 cytotoxicity). In contrast, cellular activity in the negative
DMSO controls dropped quickly to = 55% after 24 h and to =15% after 72 h (Fig. 10a).

4.3.8. Biocompatibility in vitro

Live-dead staining of MG63 cells showed that most of cells were viable (fluorescing
green) even after 24 h of direct contact with the AM porous Zn specimens (Fig. 10b).
The number of cells with compromised cell membrane integrity (yellow-red) was
similar to the gold standard biomaterial (i.e., Ti-6Al-4V). MG-63 cells had intimate
contact with the struts of the AM porous Zn with far-stretching filopodia-like
protrusions (Fig. 10c), similar to their phenotype on Ti-6Al-4V. Cells not only were
distributed around the periphery of the scaffolds but also colonized the inner core, as
evident from the cross-sectional images (Fig. S1b).

4.4. Discussion

The AM porous Zn showed great potential to meet the three basic requirements of bone
scaffolds: (i) the Zn scaffolds had sufficiently high mechanical properties, particularly
elastic moduli during the 28-day biodegradation (EF = 700-1000 MPa), to provide
mechanical support, as these values are comparable with those reported for cancellous
bone (E = 10-2000 MPa [41]). Surprisingly, the mechanical properties of the AM
porous Zn even increased after four weeks of in vitro immersion; (ii) the Zn scaffolds
had high porosity, totally interconnected pores and high-precision unit cell geometry;
(iii) the AM porous Zn specimens showed a very promising biodegradation rate (=7.8%
volume loss after 4 weeks), which is an intermediate value between fast degrading Mg-
based alloys and slowly degrading Fe-based alloys. This intermediate rate of
biodegradation is deemed appropriate for most skeletal applications where wound
healing is expected to complete within six months to one year. From a biological
viewpoint, AM porous Zn showed good cytocompatibility, based on a high degree of
cell viability and the intimate contact between MG-63 cells and the specimen surface.
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Figure 10. Biocompatibility and cytotoxicity of AM porous Zn in vitro: Remaining
cellular activity of MG63 cells upon exposure to Zn scaffolds (a), as measured by MTS
assay. Experiments were performed with extracts of randomly chosen replicate
scaffolds (n=5) and analyzed in at least technical triplicates (Zn, n=35; Ti-6Al-4V, n=3).
Fluorescent optical images (FOI) of cells attached to AM Zn scaffolds after 24 h (b) and
AM Ti-6Al-4V scaffolds (d). SEM images of cells attached to AM Zn scaffolds after 24
h (¢) and AM Ti-6Al-4V scaffolds (e). Brown masks indicate individual cells.
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4.4.1. Microstructural features

Refined grains (Fig. 2) in the as-built Zn can be attributed to the high cooling rates (10*-
10® K/s) during laser powder bed fusion [42], which is similar to the observation of AM
Zn reported by other researchers [24]. Fine grains can improve the mechanical
performance of AM porous Zn. The elongation of the grains along the building
direction was caused by the thermal gradients experienced during the process of layer-
by-layer laser melting [43]. During the laser powder bed fusion process, the melting
layer and the previous layer has the same chemical composition. New phase nucleation
is not required for grains to grow epitaxially further from the substrate layer [44]. The
direction of grain growth depends on the maximum heat transfer direction during
solidification, which is perpendicular to the melt pool boundary. Thus, elongated grains
along the building direction were observed in the AM porous Zn.

4.4.2. In vitro biodegradation characteristics

In order to better mimic the in vivo environment, we developed a dynamic
biodegradation set-up (Fig. 1¢) and compared the dynamic biodegradation behavior of
AM porous Zn with its static degradation behavior. During 28 days of immersion, pH
value stayed almost unchanged (around 7.6), meaning that AM Zn degraded slowly and
5% CO, worked effectively as a buffer. As the dynamic biodegradation process
progressed, the accumulation of OH™ caused a slight increase of the pH value (i.e., to 7.7
at 28 days) (Fig. 3b). According to the ICP results, the dynamic flow of r-SBF increased
the biodegradation rate of the AM porous Zn (Fig. 3¢). Under the dynamic condition,
the surface of the AM porous Zn specimens was constantly washed by the medium. The
circulation of the medium over the surface of the specimen inhibited local pH increase,
thereby increasing the rate of biodegradation [45]. However, the concentration of Zn
ions measured at day 28 (under the dynamic condition) was only 4.9 mg/L (Fig. 3c),
which equaled to 1.47 mg of released Zn for 300 mL medium. This value was much
lower than the volume reduction (i.e., a volume loss of 7.8%) of 178 mg released Zn
(equivalent to 0.13 mm/year) determined using the uCT analysis. The main reason for
this difference could be the participation of Zn ions in the formation of the
biodegradation products. The white biodegradation products (Fig. 3a) indeed contained
Zn, according to the EDS analysis (Fig. 4d-g). XRD also confirmed the presence of Zn
oxide on the surface of the AM porous Zn specimens after in vitro immersion (Fig. 4h).
The biodegradation rate was the highest from the PDP tests, being 0.67 mm/year. Based
on this rate, the weight reduction of the AM porous Zn would be 917 mg (36.7%
reduction) after 28 days. As an accelerated test, PDP can only represent a snapshot of
biodegradation at the time when it is performed [46, 47], i.e., 2 h after immersion in the
present case, which means that Zn still had a relatively fresh surface. Moreover, when
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the PDP tests were performed, the surface of the specimens had experienced a strong
polarization effect [48]. Nevertheless, as a straightforward and quantitative technique,
PDP can be of help in designing or screening of Zn-based materials before time-
consuming immersion tests and in-vivo tests [46].

Compared to the results obtained by other researchers using PDP, the AM porous
Zn specimens studied here showed a higher rate of biodegradation (i.e., 0.67 mm/year)
than the conventionally manufactured ones (i.e., 0.025-0.325 mm/year) [47, 49-55].
This might be attributed to the grain refinement and more grain boundaries caused by
the laser processing, which could increase the biodegradation rate of pure Zn. However,
the effect of grain size on the biodegradation rate of Zn has not yet been studied. It is
therefore suggested that further studies are needed to establish a quantitative
relationship, particularly given the fact that laser-based AM processes may then be used
as a way to tune the biodegradation rate of AM porous Zn. According to the immersion
tests, the rate of Zn biodegradation found in this research (0.07 and 0.13 mm/year under
static and dynamic condition, respectively) is comparable with the values reported by
other researchers in their in vitro static immersion tests (i.e., 0.011-0.084 mm/year [47,
49, 52, 55-59]). The static biodegradation rate of the AM porous Zn falls between the
values of the AM porous Mg (0.23 mm/year) and Fe scaffolds (0.03 mm/year) [22, 23],
confirming its moderate degradation profile. Furthermore, it is interesting to note that,
for pure Zn, the results of in vitro biodegradation tests are consistent with those of in
vivo tests (0.010-0.065 mm/year) [16, 60-65]. It should, however, be noted that in most
of the in vivo tests the pure Zn wires or stents used for those measurements were
implanted in abdominal aorta. Obviously, it is important to find the in vivo
biodegradation rate of AM porous Zn as a bone implant and its interactions with the
surrounding tissues.

4.4.3. Static and dynamic in vitro biodegradation
mechanisms

The reactions of Zn in the body fluid can be described as:
Zn — Zn* +2e
2H,0 + O, +4¢” — 40H™
leading to the formation of corrosion products:
Zn** +20H — Zn(OH),

Zn>" +20H — ZnO + H,0
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Due to the presence of chloride ions in the body fluid, the corrosion products react
with chloride ions to form soluble chloride salts:

6Zn(OH), + Zn*" +2C1” — 6Zn(OH), - ZnCl,
47n0 + 4H,0 + Zn*" + 2Cl'— 4Zn(OH), - ZnCl,

To reveal the static and dynamic biodegradation mechanisms of the AM porous Zn
specimens, we also studied their biodegradation behavior at micro- and macro-scales.
At the micro-scale, SEM, FTIR, and XPS analyses revealed the gradual formation of the
biodegradation products with immersion time. At the start of the in vitro biodegradation
tests, Zn was dissolved and Zn(OH), formed on the surface of the specimen. As ZnO is
more stable than Zn(OH),, Zn(OH), gradually transformed into ZnO, which was
confirmed by the XPS analysis, showing the gradually increasing percentages of ZnO
(Fig. 5b, c). At the same time, CO+%, P, and Ca participated in the formation of the
biodegradation products, as shown by both the ICP results and EDS analysis. The
concentrations of P and Ca ions in the medium gradually decreased with time (Fig. 3d,
e), while the atomic percentages of P and Ca in the biodegradation products increased,
as indicated by the EDS analysis (Fig. 4d-f). Similar trends were observed in the FTIR
results (Fig. 41). At the more advanced stages of biodegradation, carbonates appeared to
have formed on the top of the biodegradation layer (Fig. 4g), which can also be
observed in the FTIR (Fig. 41) and XPS graphs (Fig. 5d, ). The formed protective layer
enhanced the biodegradation resistance of Zn, while it was simultaneously being
attacked by CI'. At the beginning, the buildup of the biodegradation layer was more
dominant than the damage caused by CI'. That is why R;, R,, and LPR increased up to 7
days. After day 7, the dissolution of the protective layer may have caused R; R,, and
LPR to decrease. After day 21, R R,, and LPR increased again, probably because of the
further formation of the passive layer [38]. The Bode impedance graph exhibited a
similar trend of impedance variation. At the low frequency range, the impedance
modulus values indicated the resistance of charge transfer and separation processes of
the degrading system at the Zn surface. In the middle frequency range, the impedance
modulus changes related to capacitive and resistive evolutions by formation or (partial)
dissolution of the biodegradation layer on the Zn surface.

At the macro level, nCT suggested that the specimens experienced more localized
biodegradation under the static condition. Moreover, localized biodegradation mainly
occurred at the bottom and at the core of the specimens (Fig. 9, red square). This
phenomenon was likely caused by the stagnant flow of r-SBF entrapped in the narrow
gap between the specimens and the beaker. CI" became accumulated at these locations
and destroyed the passive layer locally. Pitting or crevice-like corrosion would then take
place. On the contrary, the dynamic flow prevented the adsorption of Cl” on the surface
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of the corroded layer, thereby ensuring the homogeneity of the biodegradation process
(Fig. 9) [45, 66]. In total, larger volume of biodegradation products was formed under
the dynamic biodegradation condition than the static one, indicating a faster rate of
biodegradation. The ICP results also showed that the concentrations of P and Ca ions
were lower under the dynamic flow condition (Fig. 3d, e). The differences between the
static condition and dynamic condition in biodegradation rate and biodegradation
mechanism observed at different locations within the specimens underscore the fact that,
besides the selection of the biomaterial, the topological design of the porous structure is
equally important in controlling the biodegradation profile of the resulting implants.

4.4.4. Unique mechanical behavior

Similar to AM porous pure Fe [23], titanium, and tantalum [67, 68], the AM porous Zn
specimens showed smooth stress-strain curves with no undulations at the plateau stage
during the uniaxial compression tests. The curve started linearly, meaning that the
porous structure was still in the elastic region. Then, the slope decreased rapidly when
plastic deformation in the struts occurred, after which the plateau region appeared with
almost no fluctuations. The specimens maintained their cylindrical shape at 60% strain
(Fig. 8a inlay). This could be ascribed to the highly ductile behavior of pure Zn.
Towards the end of the test, the slope increased significantly again, which could be
attributed to the densification of the porous structure. The mechanical properties of the
AM porous Zn (E = 786 MPa, g, = 10.8 MPa) stayed within the scope of the values of
cancellous bone (£ = 10 — 2000 MPa, 5,= 0.2 - 80 MPa [41]). As the bulk pure Zn has a
tensile strength of 28-120 MPa [10], AM Zn-based alloys with good biocompatibility
[69], such as Zn-Mg, Zn-Ca et al., should be developed in the future in order to improve
its mechanical properties to match those of cortical bone (g, = 170 - 193 MPa [70]).
Surprisingly, after in vitro biodegradation tests, the mechanical properties of AM porous
Zn improved as compared to those of the as-built specimens. Although similar results
were found at the early stages of biodegradation of AM porous Mg and Fe [22, 23], the
mechanical properties of biodegraded AM porous Zn were higher than those of its as-
built counterpart, even after 4 weeks of in vitro immersion (Fig. 8b, c). Interestingly, the
specimens subjected to the dynamic biodegradation condition had a higher yield
strength and a higher elastic modulus, as compared to those biodegraded statically.
Considering a 7.8% volume reduction of the Zn scaffold during the dynamic immersion
tests for 28 days, the increases in the mechanical properties of the biodegradable metal
over time could be attributed to the contributions of the biodegradation products. The
hardness of the biodegradation products, which can be converted into strength, is almost
5 times as high as the hardness of the AM Zn [71]. The AM porous Zn during
biodegradation may be hypothetically regarded as a composite material consisting of a
metal (Zn) substrate and a ceramic surface layer (the biodegradation products). While
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the progressing biodegradation deteriorated the mechanical properties of the Zn metal,
the formation of the biodegradation products could help in retaining or even improving
its mechanical properties. In the case of the statically tested specimens, however,
smaller volume of biodegradation products was less effective in playing this role and
more localized biodegradation led to decreases in yield strength. This may also explain
the fluctuations of the yield strength of the statically tested specimens with time.

These observations, together with the absolute values of the bone-mimicking
mechanical properties of AM porous Zn, suggest that AM porous Zn is a promising
candidate for the design and fabrication of bone-substituting orthopedic implants.
Furthermore, as the degradation products can indeed improve the mechanical properties
of porous Zn, one can imagine that, with the regeneration of tissues over time, the
mechanical properties can be further improved. It is then important to reconsider what
should be the required mechanical properties of a biodegradable porous implant. The
initial mechanical properties may not be necessarily as high as those of human bone. Of
course, in vivo tests are still needed to further confirm the observed changes in
mechanical property over time. Moreover, thorough mechanical tests, including fatigue
and creep, in relation to natural aging and static recrystallization should be performed to
address the mechanical compatibility issues of AM porous Zn fully [69].

4.4.5. In vitro cell responses

Using the latest modification of ISO 10993 for evaluating the biocompatibility of
medical devices, we investigated the biological safety of the biodegradable AM porous
Zn [72, 73]. To this end, we wused direct and indirect (extraction-based)
cytocompatibility testing and compared the AM Zn scaffolds with identically produced
and likewise treated scaffolds of Ti-6Al-4V - a gold standard material for orthopedic
implants. Of note, we used a harsh 72 h extraction regime with the serum-containing
medium that allowed for the extraction of both polar and non-polar substances
(ISO10993-5, 2009) [73, 74] in a physiological cell culture environment (i.e., 37°C, pH
7.2-7.4, 5% CO,). In vivo, vascularization ensures, among others, waste product
removal. In agreement with ISO 10993, modified for bioabsorbable biomaterials, we
used diluted (i.e., 10X) Zn extracts, which is further in line with previous reports
recommending to use 9X to 14X diluted extracts from biodegradable metals, such as
Mg alloys [73]. Using 10X diluted extracts was also reported earlier in the cases of AM
porous Mg and Fe [22, 23]. We further used MTS assays as the most accepted in vitro
evaluation for extract-based cytotoxicity screening [73]. Until 48 h, the cytotoxicity
profiles of Zn extracts were not significantly different from those derived from
identically designed Ti-6Al-4V specimens. Even in the extended incubations up to 72 h,
which is the longest recommended period by ISO 10993 [75], the Zn extracts were well
tolerated by osteoblast-like cells, showing compromised metabolic activity only in
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about 15% of the cell population and demonstrating a concentration-dependent effect,
which is consistent with the findings of other researchers [76]. The majority of the
currently available studies report good cell viability of diluted Zn extracts [48, 77, 78].
However, a few studies have recently reported good cytocompatibility of even undiluted
extracts [79, 80]. The desirable cytocompatibility of Zn may be attributed to its low
biodegradation rate in plasma and less severe changes in the local pH [12, 50].

In addition to indirectly evaluating the cytocompatibility of the AM porous Zn
specimens, we investigated the cell viability directly on the Zn scaffolds through
fluorescent live/dead imaging. While this approach is semi-quantitative, it enabled us to
study the cell morphology on the scaffolds, and cell distribution within the scaffolds.
From peripheral scanning and cross-sectional imaging of the scaffolds, MG-63 cells
appeared to be evenly distributed around and within the scaffolds. The majority of cells
was further viable and appeared to be intimately attached to the Zn scaffold surface,
already after 24 h of seeding. Cell morphologies on Zn were similar to those on Ti-6Al-
4V: cells covered all surfaces of the specimens. This is in agreement with earlier studies
showing that Zn-based biomaterials supported cell adhesion, viability, and proliferation
[81]. Interestingly, several studies have recently reported that Zn ions can enhance gene
expression, cell survival and growth, as well as the differentiation of progenitor cells
[82-84]. At low concentrations, Zn>" has been furthermore reported to have a positive
effect on the cellular activity of human vascular cells [85, 86]. Although Zn is also
reported to be involved in modulating pro-inflammatory responses, it is actually crucial
for sustaining a proper immune function, too [87]. AM porous Zn implants, therefore,
holds a lot of potential for orthopedic applications, as their biodegradation products may
facilitate vascularization and, thus, bone regeneration.

4.5. Conclusions

AM topologically ordered biodegradable porous Zn showed potential to fulfill the
multiple requirements for an ideal bone-substituting biomaterial. First, the mechanical
properties of the as-built AM porous Zn (£ = 786 MPa, g,= 10.8 MPa) are within the
scope reported for cancellous bone and thus are high enough to provide adequate
mechanical support. After 4 weeks of in vitro immersion, the mechanical properties of
the AM porous Zn even increased (E = 879 MPa, o, = 12.0 MPa). Secondly, the
fabricated scaffolds presented a precise topology and completely interconnected pores,
as designed. Thirdly, the biodegradation rate of the AM porous Zn was moderate with
~7.8% and ~3.6% volume losses after 4 weeks of dynamic and static in vitro immersion,
respectively. Moreover, the AM porous Zn exhibited good biocompatibility in vitro.
Therefore, with the proper scaffold design and alloying, Zn-based biomaterials will hold
great potential to become one group of the next-generation functional biodegradable
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biomaterials for orthopedic applications and to provide long-awaited solutions to the
treatment of large bony defects.
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Supplementary information
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Section
view

Figure S1. Schematic of cutting (a) and FOI image of cells on the section of AM Zn
scaffolds (b) after 24 h.
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Biodegradation-aftected
fatigue behavior of
additively manufactured
porous magnesium

We used selective laser melting (SLM) to fabricate porous magnesium alloy (WE43)
scaffolds based on diamond unit cells. The microstructure of the resulting material was
examined using electron back-scattered diffraction, scanning transmission electron
microscopy, and X-ray diffraction. The fatigue behaviors of the material in air and in
revised simulated body fluid (r-SBF) were evaluated and compared. Biodegradation
decreased the fatigue strength of the porous material from 30% to 20% of its yield
strength. Moreover, cyclic loading significantly increased its biodegradation rate. The
mechanistic aspects of how biodegradation and cyclic loading interacted with each
other on different scales were revealed as well. On the micro-scale, cracks initiated at
biodegradation pits and propagated transgranularly. In addition, dislocations became
more tangled after the fatigue tests. On the macro-scale, cracks preferred initiating at
the strut junctions where tensile stress concentrations were present, as revealed by the
finite element analysis of the porous material under compressive loading. Most of the
cracks initiated in the struts were positioned on the periphery of the specimens.’

' The chapter is based on a scientific paper: Y. Li, H. Jahr, X-Y. Zhang, M.A. Leeflang, W. Li, B.
Pouran, F.D. Tichelaar, H. Weinans, J. Zhou, A.A. Zadpoor. Biodegradation affected fatigue

behavior of additively manufactured porous magnesium. Additive Manufacturing 28, 299-311
(2019)
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5.1. Introduction

Magnesium is widely recognized as one of the most promising biodegradable materials
for orthopedic applications [1]. First, physical and mechanical properties of Mg, e.g.,
density (1.74-2.0 g/cm’) and elastic modulus (41-45 GPa), are similar to those of human
bones (1.8-2.1 g/em® and 3-20 GPa, respectively) [2]. Secondly, Mg is an essential
mineral crucial to bone health and can even stimulate new bone formation [3]. Thirdly,
excessive Mg can be efficiently secreted through the urinary system [4]. The recent
developments in additive manufacturing (AM) have provided a technological platform
to develop biodegradable Mg scaffolds [5]. Biodegradable metallic scaffolds with
complex, precisely controlled topologies that could be used to control their
biodegradation profiles both temporally and spatially are highly sought after as one type
of the candidates of the ideal bone substitute [5-7].

Despite the attractive properties of Mg, the application of Mg as a scaffold material
has been hindered by its rapid biodegradation, which may cause the formation of
hydrogen gas cavities and premature loss of mechanical integrity [8]. The focus of most
studies on biodegradable Mg and its alloys has therefore been placed on reducing the
degradation rate through the modifications of chemical composition, microstructure,
and surface conditions [8-15]. In recent years, Mg-based materials with lower
biodegradation rates have inspired surgeons to consider clinical applications [16]. For
example, orthopedic devices or implants based on pure Mg, Mg-Y-Re-Zr, and Mg-Ca-
Zn have been tested to fix fractures or bone flaps [17]. However, human body is not
only an aqueous environment but also a severe environment with complex cyclic
loading, which can cause fatigue failure of porous orthopedic implants as well. The
fatigue behavior of AM topologically ordered porous biomaterials made from bioinert
metals, such as pure titanium [18], titanium alloys [19-22], Co-Cr [23, 24], and tantalum
[23, 25], have been extensively studied. It is motivated by the critical importance of the
fatigue behavior in the design of load-bearing orthopedic implants that experience
millions of loading cycles per year [20]. Understanding the fatigue behavior is even
more critical in the case of biodegradable metals, as biodegradation is highly likely to
shorten their fatigue life [26].

However, up till now, there have been only a few studies on the biodegradation-
affected fatigue behavior of bulk WE43, high-purity Mg, and Mg-Zn-Ca alloys in
simulated body fluid (SBF) [26-28]. Dong et al. [26], for example, found significantly
accelerated corrosion and mechanical deterioration of Mg under cyclic loading in SBF.
As compared to fatigue testing of bulk Mg in air, where crack initiated at
microstructural defects, cracks nucleated at localized sites or pits [26, 28] when fatigue
specimens were immersed in SBF. Jafari et al. [27] found that fatigue cracks could
initiate at deformation twin boundaries in air, while biodegradation pits were the main
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crack initiation sites in SBF. As the study on AM topologically ordered biodegradable
porous Mg biomaterials have appeared only very recently [7]. There is yet virtually no
information available in the literature regarding the response of these biomaterials to
cyclic mechanical loading and how biodegradation affects that.

In this paper, we report for the first time how biodegradation affects the fatigue
behavior of AM topologically ordered porous metallic biomaterials. We used the Mg
alloy WE43, which is known to present a favorable biodegradation profile [29]. We
hypothesized that (i) biodegradation of Mg in aggressive physiological environments
and under cyclic loading would severely reduce its fatigue life and (ii) the mechanistic
aspects of biodegradation-affected fatigue behavior of topologically ordered porous Mg
alloys would be unique, i.e., not directly comparable with the more commonly observed
corrosion fatigue behavior of bulk Mg alloys. To prove these hypotheses, we evaluated
and compared the fatigue behaviors of the Mg scaffolds in air and in revised simulated
body fluid (r-SBF). We designed and fabricated of a novel test setup that complemented
our fatigue test machine and ensured that cyclic loading of the specimen could occur in
r-SBF [30] under controlled conditions of temperature and atmosphere. Furthermore, we
revealed the unique mechanistic aspects of how biodegradation and cyclic loading
interacted with each other on different scales.

5.2. Material and methods

5.2.1. Scaffold manufacturing and post processing

Cylindrical WE43 magnesium alloy (containing 4% yttrium and 3% rare earths)
samples (diameter: 10 mm and height: 11.2 mm) with diamond unit cells (strut size: 400
pm and pore size: 600 um, Fig. 1a) were additively manufactured using a laboratory-
scale selective laser melting (SLM) machine [7], in which argon was fed to maintain an
inert atmosphere with oxygen content below 10 ppm. The optical system of the SLM
machine consisted of a single-mode ytterbium fiber laser (IPG YLR-200) with a
maximum output power of 230 W, a galvanometric scanner (SCANLAB hurrySCAN
20), and an f-theta focusing lens (SILL S4LFT 3254/126). The WE43 powder (4 wt%
yttrium and 3 wt% rare earth elements) with a nearly spherical particle shape
(Magnesium Elektron UK, Manchester, UK) was gas-atomized and sieved to a particle
size range of 25 to 60 um. Hatch vectors were used for scanning with 100 J/mm® energy
density. The samples were built on an aluminum baseplate without preheating. To
smoothen the strut surfaces, the samples were chemically polished in a solution
composed of 5% (by volume) HCI, 5% HNO;, and 90% C,HsOH for 2 min, followed by
ultrasonic cleaning in C,HsOH for 2 min to wash out HCl and HNO;.
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(a) (b) 1- load cell

2- compression head

3- bellow

4- screw cap

5- double wall chamber
6- SBF

7-thermostat

8-5% CO,

9-sample

Figure 1 AM Mg alloy scaffold design: (a) diamond unit cell and unit cell-based
scaffold; (b) biodegradation fatigue test set-up.

5.2.2. Microstructure characterization

The microstructure of WE43 samples was examined with a digital microscope (Keyence
VHX5000). Samples for optical microstructural analysis were ground and polished to 1
um, followed by 5 s chemical etching (5% Nital). Electron back-scattered diffraction
(EBSD) data were collected at a step size of 200 nm, using a HKL Nordlys II detector
attached to a JEOL JSM-6500F field emission gun scanning electron microscope
(FEGSEM). Inverse pole figures (IPF) was reconstructed by using the TSL OIM®
Analysis commercial software. Samples for EBSD analysis were prepared by grinding,
mechanical polishing up to 1 pm diamond suspension, and mechanical polishing using
0.04 um silica oxide. A scanning transmission electron microscope (STEM, FEI Tecnai
STEM F20UT/STEM) was used to analyze the precipitates in the as-built samples and
to compare dislocation densities and distributions before and after the fatigue tests. BF
(bright field) images were made. For elemental mapping with energy dispersive X-ray
spectroscopy (EDX, Oxford Instruments EDX detector X-MaxN 100TLE), spectrum
was collected for each beam position in an STEM image. Samples for STEM analysis
were embedded in a resin and mechanically thinned down to 30 pm. The slice was
glued on a Cu ring of 3 mm (outer diameter). This ring was placed in a Gatan Ar ion
mill and the sample was thinned down until a hole appeared. The edge of the hole was
electron transparent. Phase identification was performed on the cross section using an
X-ray diffractometer (XRD, Bruker D8 Advance diffractometer Bragg-Brentano
geometry with a graphite monochromator and Vantec position sensitive detector),
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operating at 45 kV and 35 mA with a step size of 0.035° and a counting time of 15 s per
step using Co Ka radiation. XRD was also used to study the changes in microstructure
and strain accumulation occurring during the fatigue tests. The top surface of the
scaffold was aligned with the goniometer axis. The struts on the top were aligned with
the direction of the X-ray beam. The full width at half maximum (FWHM) was
determined using the “Create Area” function of the Bruker-Eva software.

5.2.3. Fatigue tests in air and in r-SBF

Compression-compression fatigue tests were performed at a minimum to maximum
stress ratio of 0.1, a frequency of 15 Hz [31] and seven different stress levels: 0.2,
0.30,, 0.40,, 0.50,, 0.60,, 0.70, and 0.80,, where o, is the yield stress (=22 MPa [1])
using a dynamic testing machine (Instron E10000 ElectroPlus with a 10 kN load cell).
The tests were stopped when specimens failed, unless failure did not occur
until 3x10° loading cycles (2.3 days). Biodegradation fatigue tests were performed by
using the same machine equipped with a double-wall specimen chamber designed and
manufactured in-house (Fig. 1b). The specimen was immersed in revised simulated
body fluid (r-SBF) [30] inside the chamber throughout the test. The temperature of r-
SBF was held at 37 °C and purging of CO, at 5% was maintained during the test. The
ratcheting strain rate per cycle was calculated as df(e,uc + €min)/2]/dN, where ¢,,,, and
&min are the maximum and minimum axial strains in a cycle, respectively, and N is the
number of cycles.

5.2.4. Static immersion tests in r-SBF

For comparison, static immersion tests were carried out in r-SBF at 37 °C without any
mechanical loading. The immersion time was in accordance with that of the
biodegradation fatigue tests at three stress levels: 0.3, (840 min), 0.55, (50 min), and
0.80, (6.5 min). Mg ion concentration (p,,) in the solution was determined using an
inductively coupled plasma optical emission spectroscope (ICP-OES, iCAP 6500 Duo,
Thermo Scientific). Then, the biodegradation rate was calculated based on the ion
concentration data: v..=(py,xV)/t, where V is the volume of the r-SBF and ¢ is the
immersion time.

5.2.5. Morphological characterization

The as-polished samples and as-fatigue-tested specimens were scanned using micro-
computed tomography (uCT) (Quantum FX, Perkin Elmer, USA) at a tube current of
180 pA and a tube voltage of 90 kV. Scanning time was 3 min. Voxel size was
30x30x30 pm® when the whole specimen was studied and 10x10x10 um® when focus
was placed on certain areas. To reduce beam-hardening artefacts, a thin tubular copper
filter (thickness = 0.5 mm) was used. uCT images were automatically reconstructed and
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converted into a series of 2D images using Analyze 11.0 (Perkin Elmer, USA). The
images were then exported to AVIZO Fire. For higher resolution scanning, two
different threshold ranges (50-100 and 100-255) were applied to segment the specimens
with the lower value range incorporating most degradation products and the higher
value range segmenting the degradation products apart from the Mg alloy.

5.2.6. Finite element (FE) analysis

To aid in understanding the response of the porous material to compressive loading,
especially the stress distribution inside the material, simulations with the finite element
method (FEM) were conducted using the commercial software package Abaqus
(Dassault Systémes Simulia Corp, France). Representative volume element (RVE) of a
single diamond unit was developed. The RVE models were meshed using ten-node
tetrahedral element (C3D10). The elastic and plastic properties were extracted from the
stress-strain curves of the as-selectively laser melt WE43 alloy [32]. The density, elastic
modulus and Poisson's ratio of the material was set at 1.8 g/cm3, 44.8 GPa and 0.35,
respectively. For the purpose of modeling the local premature yielding in stress
concentration areas, before the plastic deformation data were put into the Abaqus
software, the elastic deformation was removed from the stress strain curve. The element
size was set at 0.05 and a total of 45936 elements were used in the FE models. The FE
models were subjected to static compressive loading to 0.26,. Then, the contours of the
first principal stresses of the RVE models were extracted to help infer the stress
concentrations inside the porous material under compression.

5.2.7. Crack morphology characterization

The morphologies of the cracks appearing after the biodegradation fatigue tests were
examined using a scanning electron microscope (SEM, JSM-IT100, JEOL). A Keyence
VHXS5000 digital microscope was used to observe the fatigue crack distribution on the
cross-section of the entire specimen. EBSD analysis was performed to reveal the grain
orientations around the cracks.

5.2.8. Statistical analysis

Differences in biodegradation rate between the groups with and without cyclic loading
were analyzed using one-way analysis of variance (ANOVA), followed by post-hoc
Turkey test. A p-value below 0.05 was assumed to indicate a statistically significant
difference (p <0.05, *; n.s. = not significant).
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5.3. Results

5.3.1. Microstructural features of SLM Mg alloy
scaffolds

During SLM, melt pools were stacked on the top of the struts in the building direction
(Fig. 2a). The melt lines were, however, not visible at the bottom of the struts (Fig. 2a).
IPF mapping revealed that on the top of the struts, the melt pool boundaries were
decorated with a thin layer of ultrafine grains, below which elongated grains were
present between two melt lines (indicated by dash lines) (Fig. 2b). In addition, a number
of abnormal larger grains were present on the top (Fig. 2b). At the bottom, equiaxed fine
grains were dominant (Fig. 2a). The pole figure (PF) showed that the grains had a
slightly preferred orientation tilted from the building direction (Fig. 2b). STEM revealed
two types of precipitates: small round particles (box 1 in Fig. 2¢) and Chinese script
particles (box 2 in Fig. 2¢). STEM EDX mapping suggested that the small particles in
the size range of 30-60 nm were Zr-rich particles and those in the size range of 15-30
nm were Y-O-rich particles (Fig. 2c, EDX mapping 1), while Chinese script particles
were rich in Mg, Nd, Y, and O (Fig. 2c, EDX mapping 2). XRD analysis indicated the
presence of Y,0s, which was in agreement with the results of the STEM EDX analysis,
and the presence of Mg;Nd (Fig. 2d), which was most likely the Chinese script phase
surrounded by the Y-O rich and Mg rich matrix (Fig. 2¢).

5.3.2. Fatigue properties and degradation fatigue
properties

Some levels of hysteresis were observed during the fatigue tests at two different stress
levels (i.e., 0.50, and 0.60,) (Fig. 3a). With increasing fatigue cycles, the hysteresis
loops shifted towards higher strains (Fig. 3a). The slopes of the hysteresis loops
decreased at 30,000 and 100,000 cycles for 0.60, and 0.50,, respectively, as compared
with those at lower cycles (Fig. 3a). Specimens tested at 0.6, had faster strain
accumulation and shorter fatigue lives than those tested at 0.50, (Fig. 3b). The
ratcheting strain rate curve (Fig. 3c) could be divided into two stages. At the first stage,
the ratcheting strain rate per cycle was stable, followed by the second stage, during
which the ratcheting strain rapidly increased, leading to fatigue failure (Fig. 3c).
Specimens tested at the 0.50, stress level had a longer duration of the first stage than
those tested at 0.60, (Fig. 3c).
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Figure 2 Microstructure, grain orientation and phase constituents of the SLM WE43
Mg alloy scaffolds: (a) optical microscope image showing the traces of melt pools
inside struts (dashed box: area for IPF mapping); (b) IPF mapping (dashed lines: melt
line, dashed circles: abnormal large grains) and PF showing grain sizes, morphologies
and orientations; (c) STEM annular dark field images (grey scale) and EDX analysis
showing precipitates and elemental distributions in areas similar to those in boxes 1 and
2; (d) XRD pattern showing the phases present in the as-built Mg alloy scaffolds.
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Figure 3 Fatigue behavior of the SLM WE43 Mg alloy scaffolds: (a) hysteresis loops;
(b) strain accumulation; (c¢) ratcheting strain rate per cycle; (d) steady ratcheting strain
rate of fatigue specimens in air and in r-SBF; (e) S-N curves; (f) biodegradation rates
with and without cyclic loading in r-SBF.

For fatigue and biodegradation fatigue specimens tested at different stress levels,
the ratcheting strain rate at the first stage increased with increasing stress level (Fig. 3d).
At all the stress levels, the biodegradation fatigue specimens had a higher ratcheting
strain rate than the fatigue specimens (Fig. 3d). Furthermore, the fatigue strength of AM
magnesium scaffolds decreased from 0.30, in air to 0.26, in r-SBF (S-N curves, Fig. 3e).
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The biodegradation rate of the specimens tested under cyclic loading significantly
increased, as compared to that of the samples subjected to the static immersion tests
(Fig. 3f). Moreover, the biodegradation rate increased as the stress level increased (Fig.

39).
5.3.3. Fatigue failure mode at the macro-scale
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Figure 4 Fatigue failure mode on the macro scale: (a) specimen that failed at 0.8g, in air;
(b) specimen that failed at 0.40, in air; (c) specimen that failed at 0.80, in r-SBF; (d)
specimen that failed at 0.30, in r-SBF; (e) cross section of fatigue specimen from uCT;
(f) fatigue cracks in the specimen tested in air; (g) fatigue cracks in the specimen tested
in r-SBF; (h) stress distributions in the diamond lattice structure under compressive load.
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There was no visual difference between the specimens tested at 0.8, (Fig. 4a) and
those tested at 0.40, (Fig. 4b) in air. The fracture plane was orientated at a certain angle
(~=36°) with respect to the loading direction from the top to the bottom of the scaffolds
(Fig. 4a,b). The biodegradation fatigue specimens tested at high stress levels exhibited a
failure mode that was similar to that of the specimens tested in air (Fig. 4c). At low
stress levels, however, small parts occasionally detached from the specimen before its
total failure (Fig. 4d). Some parts of the struts (red parts) were found to have been
detached but still hang between the separated parts of the specimen (Fig. 4d). Cracks
occurred mostly at the strut junctions both for the specimens tested in air and those
tested in r-SBF (Fig. 4f, g). Cracking was most likely caused by the tensile stresses that
were concentrated at the strut junctions, while compressive stresses were present mostly
in the body of the struts (Fig. 4h), as revealed by FE simulations under compressive
load.

5.3.4. Fatigue crack distribution

After 350,000 loading cycles, cracks mostly occurred at the strut junctions (Fig. 5c) on
the periphery of the scaffolds (Fig. 5a). After 800,000 cycles, cracks on the periphery
propagated into larger sizes with several cracks even running through the whole struts
(Fig. 5b). However, the crack propagation routes turned from their initial directions and
sometimes became separated into two paths (Fig. 5d). In the center of the scaffolds,
however, cracks could barely be found, while localized biodegradation was found after
800,000 cycles (Fig. 5b).




Figure 5 Fatigue crack distributions within the whole scaffold at 0.30, in r-SBF: (a) (c)
biodegradation fatigue specimen after 350,000 cycles (circle: cracks); (b) (d)
biodegradation fatigue specimen after 800,000 cycles (circle: cracks, box: localized
biodegradation).

5.3.5. Biodegradation pattern

The as-polished scaffolds were measured by means of pCT (threshold 2) to have an
average strut size of 417 = 0.3 um (design value = 400 um) and porosity of 65.5% +
0.07% (design value = 67%). After 350,000 loading cycles, there were more
biodegradation products formed in the central region of the specimens (Fig. 6b), as
compared to their periphery (Fig. 6a). After 3,000,000 loading cycles, the center of the
scaffold was almost full of biodegradation products (Fig. 6d). Some of the struts in the
central region of the specimens were also degraded and replaced by biodegradation
products (Fig. 6c¢,d).
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Figure 6 Biodegradation pattern of the scaffold after fatigue test at 0.20, in r-SBF: (a)
biodegradation products formed on the periphery and (b) in the center after 350,000
cycles; (c) biodegradation products formed on the periphery and (d) in the center after
3,000,000 cycles.

5.3.6. Fatigue crack morphology

Cracks initiated from the surface of the struts of the scaffold specimens tested in air and
in r-SBF (Fig. 7a-d). For the specimens tested in air, the initiation zone was relatively
flat, while the crack propagation zone had a pattern of striations on the fractured surface
(Fig. 7a). For the specimens tested in r-SBF, the whole fracture surface was generally
smoother than the specimens tested in air and without clear crack morphologies (Fig.
7c,d). Some fracture planes had two facets (Fig. 7b,d), which is consistent with the
observations described in subsection 3.4 (Fig. 5d) that the cracks propagated from the
top to the bottom (Fig. 7b,d) and then turned to another direction coming out of the
figure (Fig. 7b,d). For the specimens tested in r-SBF, the cracks initiated at the
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biodegradation pits were observed on the strut surface (Fig. 7d). Moreover, the crack
propagation was transgranular (Fig. 7d). There was no preferred orientation of the

cracks with respect to the grains (Fig. 7e).

T A P 1010

Figure 7 Fatigue crack morphology at 0.40,: (a) (b) specimen that failed in air (arrow:
direction of crack propagation, circle with a dot inside: crack propagation route coming
out from the figure); (c) (d) specimen that failed in r-SBF; (¢) EBSD analysis.
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5.4. Discussion

This study reports, for the first time ever, the fatigue behavior of topologically ordered
biodegradable porous metallic biomaterials fabricated with AM both in r-SBF and in air.
Biodegradation in r-SBF decreased the fatigue strength of the studied biomaterial from
030, in air to 0.20, in r-SBF. Detailed microstructural, morphological, and
computational studies painted a clear picture of the fatigue crack initiation and growth
mechanisms and how biodegradation influences them. Fatigue cracks preferably
initiated at the strut junctions where finite element simulations showed clear patterns of
stress concentration when the porous material was under compressive load. In r-SBF,
biodegradation created pits, thereby giving rise to additional sites of crack initiation.
Most of the strut cracks initiated on the periphery of the specimens. The biodegradation
pattern was location-dependent, with more localized biodegradation occurring at the
center of the specimens. This indicates that further improvements of the fatigue life of
AM porous Mg scaffolds could be realized through topological optimization and
microstructural improvement.

5.4.1. Microstructural features

Because of the high cooling rates experienced during the SLM process, the resulting
grains are much finer than those originating from conventional manufacturing processes
[33]. The grains on the top of the struts had varied sizes and morphologies, including
ultrafine grains, columnar grains and abnormal large grains, while the grains at the
bottom were mostly equiaxed. According to the classic theory of alloy solidification, the
solid/liquid interface morphology may be planar, cellular, columnar, or equiaxed
dendritic, depending on the ratio of thermal gradient at the solid-liquid interface
(temperature gradient, G) as well as the kinetics of mass transfer (solidification rate
velocity, R) [34]. As a result of the overlapping scan lines in SLM, the material at the
bottom of the strut experiences more cycles of re-melting than that on the top, thereby
producing a relatively moderate temperature gradient. It is likely that the moderate
temperature gradient decreases the G/R ratios in the regions going through equiaxed
dendritic solidification. On the top of the struts, however, higher temperature gradients
results in equiaxed grains, elongated grains and columnar grains, depending on the
local G and R values [35].

It is generally understood that the G/R ratios are lower near the surface of the melt
pool as compared to the bottom [36]. The fine equiaxed grains are therefore more
frequently observed near the melt pool surface [37]. At the melt pool boundary, thermal
gradient is higher than that on the surface and heterogeneous nucleation can be induced
when the previous layer is remelted. The grains there can, thus, grow epitaxially with
the columnar solidification front (Fig. 2b). The slightly preferred orientation of the
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grains may originate from the columnar grains (Fig. 2b). However, epitaxial growth can
be restrained by the formation of equiaxed grains near the surface of the melt pool. If
the depth of the equiaxed grains is larger than the re-melted depth, equiaxed grains may
dominate the whole area [38]. Otherwise, a combination of fine equiaxed grains and
columnar grains will be formed, which is probably the reason for the microstructural
features observed within the melt pool on the top (Fig. 2b).

There are three types of precipitates (STEM, XRD results) in the SLM WE43 Mg
alloy. The Y, O-rich and Nd-rich phases are likely Y,05; and Mg;Nd, respectively. XRD
did not detect a Zr-rich phase, because of its low volume fraction.

These microstructure features can influence both the fatigue and the biodegradation
behaviors of the porous material as a whole. Fine grains tend to improve mechanical
strength according to the Hall-Petch relationship. In addition, fine grains may inhibit
crack initiation and increase the number of barriers to early crack propagation [39].
Furthermore, grain refinement causes the presence of large grain boundaries that may
act as effective physical barriers to biodegradation, as compared to coarse grains [40].
Moreover, a large fraction of grain boundaries is likely to accelerate the passivation
kinetics and reduce the intensity of micro-galvanic coupling between grains and grain
boundaries [11, 41].

Fine precipitates may cause precipitation strengthening in the SLM Mg alloy,
thereby improving its fatigue strength. While the effect of precipitates on the short crack
growth behavior is relatively small, they may strongly affect the fatigue strength by
improving resistance to fatigue crack initiation [42, 43]. Furthermore, the
homogeneously distributed precipitates in the grain interior favor the uniform
biodegradation of grains [44, 45] and may act as barriers retarding corrosion
development [46].

In short, the fine grains and precipitates in the SLM Mg alloy improve the fatigue
and corrosion resistance at the same time. Since the grain morphology is not always
equiaxed, the ductility and, thus, fatigue resistance may decrease. Inhomogeneous grain
sizes may accelerate biodegradation [47]. Optimization of the SLM process parameters
and appropriate post-treatments are needed to create homogeneous fine equiaxed grains
in order to further enhance the fatigue life of the SLM porous Mg alloy.

5.4.2. Fatigue behavior in air

The fatigue life of a porous structure is determined not only by crack initiation and
propagation but also by strain accumulation [21, 22]. In general, the fatigue behavior of
the Mg alloy scaffolds at the early stage of fatigue testing was dominated by strain
ratcheting (Fig. 3a-c). The strain ratcheting of the whole scaffold could be caused by the
cyclic strain ratcheting of the unit cell [48, 49]. As cyclic loading proceeded, the elastic
gradient of the porous Mg alloy gradually decreased, meaning that cyclic softening



125

started to contribute to the fatigue behavior. The cyclic softening could be attributed to
crack initiation and propagation [21, 22, 50]. Finally, the elastic gradient of the porous
Mg alloy dropped considerably (Fig. 3a) at the tip of the strain accumulation curve
before failure (Fig. 3b), probably due to the failure of the struts. Consequently, the
number of effective struts that could bear the load became smaller, leading to a decrease
in scaffold stiffness. The adjacent struts then had to bear the load transferred from the
struts that had already failed. This accelerated the failure of the entire specimen.

5.4.3. Effect of biodegradation on fatigue properties

Ratcheting strain rate is dependent on unit cell ratcheting, crack initiation and
propagation. In the specimens tested in air, cracks were observed to initiate at the strut
junctions on the surface, where tensile stress concentrations would occur. In the
specimens tested in r-SBF, the corrosive medium could erode Mg alloy struts, thereby
weakening the entire scaffold. These struts would then have to bear higher compressive
stresses than those in air. Higher stresses led to higher ratcheting strain rates of unit
cells. Furthermore, the biodegradation pits formed in r-SBF acted as preferred sites for
crack initiation. Additionally, biodegradation could accelerate fatigue crack propagation,
as crack planes were relatively fresher than the surrounding area and, thus, more
sensitive to r-SBF. As a result, biodegradation decreased the fatigue life of the
specimens. The influence of biodegradation on the fatigue strength could be evaluated
by the reduction ratio of fatigue strength (RRFS) [28], i.e., (04 - 0cp)/04, Where o,
and ocp are the fatigue strengths in air and in the biodegradation environment,
respectively. In this study, RRFS of the AM Mg alloy scaffolds is 0.33. The moderate
RRFS value indicates that the effect of biodegradation on the fatigue behavior of the
AM porous Mg alloy is less pronounced as compared to that of the solid counterpart
(0.3-0.8) [28, 51, 52]. The topological design of the porous structure may modulate the
effect of biodegradation on the fatigue behavior of the AM Mg alloy scaffolds.

5.4.4. Effect of cyclic loading on biodegradation

As the mechanical properties of the protective film formed on the Mg alloy during
biodegradation are different from those of the Mg alloy itself, the protective film is
unstable and may even peel off under tensile loading. The extrusion and intrusion of
persistent slip bands during cyclic loading may break the protective film [28]. Mg will
then be dissolved in the broken, unprotected area and act as anode, while the areas with
the protective film will become the cathode, resulting in the formation of a pit [53]. If
the breakdown of the protective film is large enough to allow the corrosive medium to
attack the underlying Mg, crevice corrosion may occur [53].

S
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5.4.5. Failure modes at the macro- and micro-scales

Based on all the results presented above, the fatigue failure mechanisms of the porous
Mg were proposed and these are illustrated in a schematic diagram (Fig. 8). In air, some
micro-scale defects might be present in the struts at the beginning of cyclic loading. The
micro-cracks could only propagate in the areas experiencing tension. The non-uniform
distributions of compressive and tensile stresses might result in crack deflection (Fig.
8a). This is supported by the observation that cracks deflected once they reached a
certain length (Fig. 5d).

By contrast, in r-SBF, two different biodegradation-affected fatigue mechanisms
operated from the periphery to the center of the scaffolds (Fig. 8b,c). At the beginning,
both the center and periphery of the specimens experienced accelerated biodegradation
(subsection 4.4). The struts on the periphery tended to degrade faster than those in the
center. Cracks were therefore more likely to initiate on the periphery. In addition, pitting
preferred to occur near the cracks. As a combined result, the cracks could propagate
through the entire struts (Fig. 8b) and some struts on the periphery of the scaffolds fell
off prior to the ultimate failure (Fig. 4d). In the center, however, almost no cracking
occurred up to 800,000 loading cycles.

With the biodegradation fatigue tests going on, localized biodegradation occurred
primarily in the center of the specimens (Fig. 6d, Fig. 8c). Cyclic loading accelerated
the localized biodegradation, because localized biodegradation occurred to a great
extent up to 3 million cycles over a time span of 2.3 days. Logically, the pH value of the
r-SBF increased more in the center of the scaffolds, as compared to the periphery,
because of limited inter-diffusion in the center. It could be inferred that, with a higher
pH value in the center, biodegradation products could more easily form and reside there,
thereby leading to reduced pore sizes. Decreased pore sizes would in turn result in
decreased ion diffusion, which would favor the activation of crevice-like localized
biodegradation. The progress of localized biodegradation would be even faster than
crack initiation and propagation, which is why only biodegradation products and
incomplete struts were observable in the center (Fig. 8c).
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Figure 8 Schematic illustration of the fatigue mechanisms of AM Mg alloy scaffolds: (a)
in air; (b) in r-SBF on the periphery; (c¢) in r-SBF in the center.

Twin boundaries [54], inner pores, and rough surfaces [55, 56] are believed to cause
stress concentrations and favor crack initiation. For topologically ordered porous
structures, stress distribution follows a certain pattern. The topological design could
therefore play an important role in determining the fatigue behavior. IPF mapping of the
microstructure around the short cracks showed transgranular fracture. Small grains
formed during the SLM process could increase the number of barriers to early crack
propagation [39]. However, no deformation twinning was observed even at a high stress
level. The HCP crystal structure has only a limited number of slip systems, usually
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causing twinning to occur under both tensile and compressive stresses [57]. In this study,
however, it did not occur, perhaps because the strain was not large enough or that the
loading direction was not appropriate for twinning. Deformation twins may have been
suppressed also because of the fine grains and the precipitates [58]. No twinning may
actually be beneficial for the fatigue life, as cracks may initiate at the twin boundaries
[27].
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Figure 9 Dislocations in the struts of the Mg alloy scaffolds before and after the fatigue

tests in air at 0.40,: (a) as-built sample; (b) fatigue specimen after failure; (c) XRD
patterns of the as-built sample and fatigue sample after failure; (d) FWHM of the as-
built sample and fatigue specimen after failure.

Dislocation densities were high in both specimens before and after the fatigue tests
(Fig. 9a, b) and dislocations became more tangled after the fatigue tests. XRD did not
show large differences in peak intensity or full FWHM between the specimens before
and after the fatigue test (Fig. 9c, d). In general, the curvature of AM porous materials
does not allow for accurate FWHM readings. Moreover, because of the limited ductility
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of Mg, local stress concentrations may be released more likely by crack formation and
propagation than by plastic deformation. Furthermore, plastic deformation is generally
limited to the vicinity of crack tips, further decreasing the chance that the differences in
intensity and FWHM can be detected by XRD.

There are two ways to improve the fatigue life of topologically ordered AM porous
Mg. The first one is minimizing microstructural defects through the optimization of
laser processing parameters, post-manufacturing heat treatments, and surface
modification. The other way is optimizing their topological design, as it influences not
only the fatigue resistance [19, 20, 23, 59] but also the biodegradation behavior of AM
porous biomaterials [7, 60].

5.5. Conclusions

Biodegradation affected the fatigue resistance of the AM WE43 magnesium alloy
scaffolds and reduced the fatigue strength from 0.30, to 0.20,. Moreover, cyclic loading
accelerated the biodegradation process in r-SBF. The pattern of biodegradation was
location-dependent with the center of the scaffolds experiencing more localized
biodegradation than the periphery. At the micro-scale, biodegradation pits acted as
additional crack initiation sites. Fatigue crack propagation took place transgranularly. At
the macro-scale, cracks preferred to generally initiate at the strut junctions where tensile
stress concentration tended to occur. In particular, most of the cracks initiated in the
struts positioned on the periphery of the specimens. The results of the present research
pointed to the directions for further research to improve the biodegradation fatigue
properties of porous magnesium by optimizing both the topological design of the porous
structure and the laser-processing parameters that affect its microstructure to a great
extent.
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Biodegradation-aftected
fatigue behavior of
additively manufactured
porous iron

The corrosion fatigue behavior of additively manufactured topologically ordered
porous iron based on diamond unit cells was studied for the first time to understand its
response to cyclic loading in a simulated physiological environment. The material
exhibited high fatigue resistance with fatigue strengths being 70% and 65% of yield
stress in air and revised simulated body fluid, respectively, mainly due to its slow
degradation and excellent ductility. However, cyclic loading significantly increased
biodegradation rate, especially at higher stress levels. The observed extraordinary
fatigue strength, slow biodegradation and high ductility underline the importance of
porous iron as a promising bone-substituting material."

' The chapter is based on a scientific paper: Y. Li, K. Lietaert, W. Li, X-Y. Zhang, M.A. Leeflang,
J. Zhou, A.A. Zadpoor. Corrosion fatigue behavior of additively manufactured porous iron.
Corrosion Science 156, 106-116 (2019)
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6.1. Introduction

The first reports of applying selective laser melting (SLM) to fabricate topologically
ordered biodegradable porous metals, such as magnesium and iron [1, 2], have just
appeared in the literature. The quasi-static mechanical properties of those topologically
ordered AM porous metals have been found to remain in the range of the values
reported for trabecular bone even after 4 weeks of in vitro biodegradation [1, 2]. Quasi-
static mechanical properties alone are, however, not enough for understanding how
biomaterials function under physiological load. Bone-substituting biomaterials
including AM biodegradable porous metals are expected to undergo millions of cycles
of mechanical loading [3, 4], and may therefore experience fatigue fracture, even when
the maximum stress experienced by the material is less than its yield stress. In the case
of biodegradable metals, the complexity of understanding the dynamic nature of the
fatigue behavior is compounded by the fact that biodegradation and fatigue mutually
affect each other. Moreover, both the topological design of the porous structure and
material type affect the fatigue behavior of AM porous biomaterials, even for bio-inert
metals [5]. Taken together, the isolated and coupled effects of all above-mentioned
factors make for a complex multi-factorial biodegradation-, topology- and material-
dependent fatigue phenomenon that requires a detailed systematic study to unravel. The
research on the fatigue behavior of AM biodegradable porous metals has just begun
with one single study on AM porous magnesium (the WE43 magnesium alloy) [6]. No
comparable studies exist for AM porous iron or for any other type of biodegradable
porous metals.

In this paper, we present the results of the first study ever on the fatigue behavior of
AM porous iron. As the major mode of loading in orthopedic porous implant is
compression [7], the compression-compression loading mode was chosen for this work.
In particular, we carefully designed our study so as to understand some of the above-
mentioned aspects regarding the fatigue behavior of AM biodegradable porous metals
and to distinguish between the roles of different factors. The topological design was, for
example, kept constant (i.e., being similar to the previous study on magnesium) to
decouple the effect of material type on corrosion-fatigue behavior from that of
topological design. We performed all our experiments both in air and in revised
simulated body fluid (r-SBF) using a novel test setup that complemented our fatigue test
machine and ensured that cyclic loading on the specimen could occur in circulated r-
SBF at 37 °C [8]. This parallel design of the study allowed us to investigate the mutual
effects of biodegradation and cyclic loading on each other.



137

6.2. Material and methods

6.2.1. Scaffold manufacturing and post processing

Iron scaffolds with diamond unit cells (a strut thickness of 200 um and a unit cell size of
1 mm) were designed by using Magics (Materialise, Belgium) to have a height of 10.5
mm, a diameter of 10 mm and a relative density of 20% (Fig. 1a and b). A ProX DMP
320 machine (3D Systems, Belgium) with the DMP Suite software (3D Systems,
Belgium) was used for direct metal printing of the samples using the selective laser
melting (SLM) technique. We used a nitrogen gas atomized Fe powder (Material
Technology Innovations Co., Ltd., China) (Fig. 1c) with the following characteristics:
purity: 99.88%; particle sizes: D;;=32 um, D5;=48 um, and D¢y=71 um; morphology:
spherical; apparent density: 4.09 g/cm’; tap density: 4.88 g/cm’; angle of repose: 157 °;
carbon content: 0.0044%. The powder was deposited in layers of 30 um thick. Only
contours but no hatch vectors were used (0.33 W/mm energy density) during the
printing process. The samples were built on a steel base plate and later on removed by
means of electrical discharge machining (EDM). Powder particles entrapped in pores
were removed through ultrasonic cleaning in 96 % ethanol for 20 min. Then, the
samples were chemically cleaned in 50% HCI for 1 min to remove residuals from EDM
and loose powder particles, followed by 5 min ultrasonic cleaning in 96% ethanol to
wash out HCIL. The bulk density of AM porous iron and the porosity within the struts
were determined using the Archimedes’ method.

6.2.2. Characterization of microstructure

Electron back-scattered diffraction (EBSD) data were collected using an HKL Nordlys
IT detector at a step size of 200 nm attached to a JEOL JSM-6500F field emission gun
scanning electron microscope (FEGSEM). Image quality (IQ) and inverse pole figure
(IPF) maps were reconstructed by using the commercial software TSL OIM® Analysis.
Samples for EBSD analysis were prepared by grinding, mechanical polishing up to 1
pm diamond abrasives in liquid suspension, and further mechanical polishing using 0.04
pm silica oxide.

6.2.3. Fatigue tests in air and in r-SBF

Compression-compression fatigue tests were performed at a minimum to maximum
stress ratio of 0.1, a frequency of 15 Hz, and six different stress levels (maximum stress):
0.650,, 0.70,, 0.750,, 0.80,, 0.850, and 0.90,, where o, is the yield stress (=28 MPa [2])
using an electro-dynamic mechanical testing machine (Instron E10000 ElectroPlus with
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a 10 kN load cell). The tests were stopped when specimens failed, unless failure did not
occur until 3x10° loading cycles (which lasted 2.3 days). The stress applied without
causing failure after 3x10° loading cycles is defined as fatigue strength. Corrosion
fatigue tests were performed by using the same machine equipped with a double-wall
specimen chamber designed and manufactured in-house (Fig. 1¢). Corundum was used
as the material of the compression head. The specimen was immersed in 300 ml
circulated r-SBF [8] inside the chamber throughout the test. The temperature of r-SBF
was held at 37 °C and the flow rate was controlled at 1.2 ml/min [9] with a peristaltic
pump. Purging of CO, at 5% was maintained during the test. The ratcheting strain rate
[10] per cycle was calculated as df(enu + €min)/2]/dN, where ¢, and ¢,;, are the
maximum and minimum axial strains in a cycle, respectively, and N is the number of
cycles. The influence of biodegradation on the fatigue strength was evaluated by the
reduction ratio of fatigue strength (RRFS) [4], i.e., (04— 0s35)/0.4i, Where o4, and ogpp
are the fatigue strength in air and in r-SBF, respectively. Iron (pr), calcium and
phosphate ion concentration in the r-SBF solution was determined using an inductively
coupled plasma optical emission spectroscope (ICP-OES, iCAP 6500 Duo, Thermo
Scientific). Then, the biodegradation rate was calculated based on the iron ion
concentration data: v, =(pg.*V)/t, where V is the volume of the r-SBF and ¢ the
immersion time. All the tests were performed in triplicates for each stress level.

(a) (C) 1- load cell

2- compression head

3- bellow

4- screw cap

5- double wall chamber
6-r-SBF

7- thermostat

8-5% CO,in let and outlet
9- peristaltic pump

10- specimen
v 8
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10 « 1
2 37°C

'S
@ 10 mm |

Figure 1. Iron scaffold design and corrosion fatigue test setup: (a) diamond unit cell; (b)

scaffold; (c) corrosion fatigue test setup. BD: building direction.
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6.2.4. Static immersion tests in r-SBF

Static immersion tests were carried out in 300 ml r-SBF at 37 °C without any
mechanical loading for comparison purposes. The immersion time was in accordance
with that of the corrosion fatigue tests at three stress levels: 0.650,(55.5 h), 0.750, (5.5
h), and 0.90, (1 h). Ion concentration and biodegradation rate was determined similarly
as mentioned above in section 2.3. All the tests were performed in triplicates for each
immersion time.

6.2.5. Characterization of corrosion products

The morphologies and compositions of the corrosion products on the surface of the
specimens after the biodegradation tests with and without cyclic loading were analyzed
with a scanning electron microscope (SEM) equipped with energy-dispersive X-ray
spectroscopy (EDS) (SEM, JSM-IT100, JEOL). An accelerating voltage of 15 kV was
used for the EDS analyses.

6.2.6. Characterization of crack morphology and
distribution

The morphologies of the cracks appearing after the corrosion fatigue tests were
examined using a SEM (JSM-IT100, JEOL). EBSD analysis was performed to reveal
the grain orientations around the cracks. The first nearest-neighbor Kernel Average
Misorientation (KAM) maps, calculated from EBSD data, was chosen to represent the
local misorientations.

After the fatigue tests, the specimens were mounted in resin and polished up to 1
pm diamond abrasives in liquid suspension. A Keyence VHX5000 digital microscope
was used to observe fatigue crack distribution on the cross section of the entire
specimen.

6.2.7. Finite element (FE) modeling

Simulations with the finite element method (FEM) were conducted using the
commercial software package Abaqus (Dassault System Simulia Corp, France) to study
the stress distribution in the fatigue specimens. Single diamond unit cell was developed
as the representative volume elements (RVE) of the porous structure. The RVE models
were subjected to a compressive load of 0.650,. The contours of the first principal stress
of the RVE models were extracted to study stress concentrations.
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6.2.8. Characterization of strain accumulation

X-ray diffraction (XRD) pattern was generated by using an X-ray diffractometer
(Bruker D8 Advance diffractometer in Bragg-Brentano geometry). The diffractometer
was equipped with a graphite monochromator and Vantec position sensitive detector
and operated at 45 kV and 35 mA with a step size of 0.0214° and a dwell time of 3 s per
step using Co Ka radiation. The top surface of the scaffold was aligned with the
goniometer axis. The struts on the top were aligned with the direction of the X-ray beam.
The full width at half maximum (FWHM) was determined using the “Create Area”
function of the Bruker-Eva software. The XRD analysis was performed in triplicates.

6.2.9. Statistical analysis

Differences in biodegradation rate between the groups with and without cyclic loading
were analyzed using one-way analysis of variance (ANOVA), followed by post-hoc
Turkey test. A p-value below 0.05 was assumed to indicate a statistically significant
difference (p <0.05, *; n.s. = not significant).

6.3. Results

6.3.1. Porosity and microstructural features of the
AM iron scaffolds

The bulk porosity of the AM iron scaffolds was 73.2 £ 0.1%. Th porosity within the
struts was determined to be 0.8% = 0.1%. Melt lines were not visible on the cross
section of SLM iron scaffold struts (Fig. 2a). Only several elongated grains along the
length of the strut were observable. The microstructures of the SLM iron scaffolds were
featured by a combination of mostly equiaxed fine grains, several irregular large grains
and ultra-fine grains. IPF mapping and pole figures (PF) showed that the grains had no
preferred growth orientation (Fig. 2b and c).
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Figure 2. EBSD characterization of AM iron scaffold struts on the longitudinal section:
(a) IQ map; (b) IPF map; (c) PF. BD: building direction; SLD: strut length direction.

6.3.2. Degradation-affected fatigue behavior

Strain ratcheting rate increased with increasing stress level both in air and in r-SBF (Fig.
3a). However, at the same stress level, the strain ratcheting rates of fatigue specimens in
air and in r-SBF overlapped with each other. The S-N curves showed that the fatigue
strength of the AM iron scaffolds decreases from 0.7¢, in air to 0.650, in r-SBF (Fig.
3b). Thus, the RRFS of the AM iron scaffolds was 0.08.

At the macro-scale, there were no visual differences between the fatigue specimens
tested in air and in r-SBF (Fig. 3c). At 2% strain before failure, neither the specimens
tested in air nor the ones tested in r-SBF showed any obvious visual changes (from
outside). Even at 5% strain, no fracture plane was observable under either condition
(Fig. 3c¢). Instead, the structure of the iron scaffolds slipped slightly sideways (Fig. 3c).

6.3.3. Fatigue-affected degradation behavior

The biodegradation rates of all specimens tested under cyclic loading increased as
compared to those of the specimens subjected to static immersion tests (Fig. 3d). The
increase was more significant at a higher stress level (compare the corrosion rates at e.g.,
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0.750, and 0.90,). Moreover, the biodegradation rate increased with rising stress level

(Fig. 3d).
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Under cyclic loading, both Ca and P ion concentrations in r-SBF were lower than
those in static immersion (Fig. 3e and f). For the Ca ion concentration, the differences
were significant at 0.650, and 0.750,, while for the P ion concentration, the differences
were significant at 0.650, and 0.90,.

EDS analysis revealed that the corrosion products all contained C, O, P, Ca and Fe
elements. At the same immersion time, specimens under cyclic loading had higher P
and Ca contents in their corrosion products (Fig. 4). Moreover, pits, as a result of
localized degradation, were only found on iron scaffold struts subjected to cyclic
loading (Fig. 4b, d and f), while the degradation of iron struts without mechanical
loading occurred uniformly (Fig. 4a, ¢ and e).

6.3.4. Fatigue crack distribution and
characterization

Under 0.90, cyclic loading, at 2% strain, cracks initiated mostly at the strut junctions
and were distributed randomly within the whole scaffolds (Fig. 5a and b). There was no
obvious increase in the number of cracks in the specimens tested in r-SBF as compared
to that tested in air. At 5% strain, the cracks became wider and longer (Fig. 5¢ and d).
However, no cracks that had propagated through the entire strut were found. The failure
modes of the specimens tested in air and in r-SBF were similar. Under cycling loading,
struts were still interconnected while several layers of struts in the middle of the
specimens glided (Fig. 5c and d). At 0.650,, although the specimen did not fail after
3x10° loading cycles both in air and in r-SBF, cracks in the scaffolds had already
initiated (Fig. 5e and f). Unlike fatigue tests at the highest stress level (i.e., 0.90,), more
cracks had initiated in the specimens tested in r-SBF than those tested in air (compare
Fig. 5e and f).

From the SEM images of crack morphology, it could be inferred that cracks
preferentially initiated from the surface at the junction of struts both for the specimens
tested in air and for those tested in r-SBF (Fig. 6). At 0.9¢,, cracks coexisted with pits
that were formed as a result of localized degradation (Fig. 6f). At 0.650,, no cracks in
the specimens tested in air were observed. In r-SBF, however, pits as a result of
localized degradation near the cracks were found, being similar to the specimens
subjected to cyclic loading at 0.9, (Fig. 6i).
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Figure 4. Corrosion products analysis: (a) (b) surface morphology of the as-built
specimen; (c) (d) specimens after static immersion in r-SBF (c) and after fatigue test in
r-SBF under 0.96, dynamic loading (d); (e) (f) specimens after static immersion in 1-
SBF (e) and after fatigue test under 0.756, dynamic loading (f); (g) (h) specimens after
static immersion in r-SBF (g) and after fatigue test under 0.656, dynamic loading (h).
Arrow: EDS analysis points; red square: localized degradation and higher magnification
overlay; scale bar: (a) 500 um; (b-h) 50 pm.
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Figure 5. Fatigue crack distributions in the whole scaffold: (a) (b) specimens after
fatigue test till 2% strain in air (a) and in r-SBF at 0.9c, (b); (c) (d) specimens after
fatigue test till 5% strain in air (c) and in r-SBF at 0.9, (d); (e) (f) specimens after
3x10° cycles of fatigue test at 0.650, in air (¢) and in r-SBF (f). Circles: cracks; area
between two parallel lines: deformed struts; scale bar: 200 pm.
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FE modeling indicated tensile stresses being concentrated at the strut junctions,
while compressive stresses were present mostly in the body of the struts (Fig. 6j).

S, Max. Principal
(Avg: 75%)
+1.605e+02

+4.553e+01
+2.911e+01
+1.269e+01
-3.732e+00
-2.015e+01
-3.657e+01

Figure 6. Fatigue crack morphologies: (a) (b) (c) specimen after fatigue test until 5%
strain in air at 0.9c,; (d) (e) (f) specimen after fatigue test until 5% strain in r-SBF at
0.90y; (g) (h) (i) specimen after 3x10° cycles of fatigue test in r-SBF at 0.650y; (j) stress
distribution in a diamond unit cell under compressive loading. Circles: cracks; square:
pitting.

EBSD analysis showed the crack propagation to be transgranular (Fig. 7a and b).
Moreover, there were no preferred orientations of the cracks with respect to the grains
(Fig. 7b). KAM maps indicated that there were more concentrations of maximum
average intragranular misorientations around the cracks in the fatigue specimens tested
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under 0.90, cyclic loading than those subjected to 0.650, cyclic loading and in the as-
built specimens (Fig. 7c, d and e). Obviously, these disorientations did not develop to
such an extent that grain splitting was activated.

Figure 7. EBSD characterization of the fatigue crack track in air: (a) IQ map of the
specimen tested at 0.96,; (b) IPF map of the specimen tested at 0.9c,; (c) KAM map of
the specimen tested at 0.96,; (d) KAM map of the specimen tested at 0.65c,; (¢) KAM
map of the as-built sample. Scale bar: 25 pm.

6.3.5. FWHM of the iron scaffolds

XRD showed no marked differences in peak intensity between the specimens before and
after the fatigue tests at 0.65 and 0.90, (Fig. 8a). However, FWHM slightly increased
after the fatigue test at 0.90, (Fig. 8b), while at 0.650,, FWHM remained almost the
same as the as-built specimen at low Bragg angles. Interestingly, the FWHM values
even decreased at high Bragg angles (Fig. 8b).
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Figure 8. XRD analysis of the AM porous iron before and after the fatigue test in air at
0.90,: (a) XRD patterns; (b) FWHM.

6.4. Discussion

For the first time ever, we systematically studied the fatigue behavior of AM
topologically ordered biodegradable porous iron both in r-SBF and in air. The parallel
design of the study allowed us to unravel two novel aspects of this category of AM
biomaterials: (i) the effect of material type on fatigue behavior and (ii) the mutual
influences of biodegradation and cyclic loading. Interestingly, while biodegradation
only slightly decreased the fatigue strength of porous iron from 0.7¢, in air to 0.650, in
r-SBF, cyclic loading significantly increased its biodegradation rate, particularly at
higher stress levels. This is very different from AM porous magnesium [6] both
quantitatively and qualitatively. Quantitatively speaking, the fatigue strength of AM
porous iron is about 2-3 times higher than that of AM porous magnesium both in air and
in r-SBF. In qualitative terms, the effect of biodegradation on the fatigue life of the
porous WE43 magnesium alloy was much stronger than that of porous iron. The effect
of cyclic loading on the biodegradation rates of porous iron and WE43 magnesium was,
however, quite significant and in that sense were not quite different. While some of
these differences (e.g., the effect of biodegradation on fatigue life) can be easily
explained by the faster biodegradation of WE43 [1], explaining other observations (e.g.,
higher fatigue strength in air) requires a more in-depth analysis. For one thing, the
intrinsic mechanical properties of the material itself must be the main reason that pure
iron is much more ductile than the WE43 magnesium alloy. For another, printing
quality, e.g., the difference in surface morphology and defects, such as internal pores,
can affect the fatigue performance of all AM metallic scaffolds to different extents [11].
Further morphological and microstructural examinations of fatigue-tested porous iron
showed that fatigue cracks preferably initiated at the strut junctions of the specimens
tested both in air and in r-SBF. In r-SBF, localized degradation accelerated by cyclic
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loading may have promoted crack initiation. A higher degradation rate at a higher stress
level could be contributed by higher internal stresses, according to EBSD and XRD
analysis. Unlike titanium scaffolds [12], crack tips in the iron scaffolds were found to be
blunt instead of being sharp, because of the good ductility of the latter. The cycle
number that an implant needs to sustain in the first months after surgery is typically
between 0.1x10° and 1x10° cycles [13]. The average patient’s walking activity is
around 2x10° cycles per year [14]. In this study, the SLM iron scaffolds did not fail at
0.650, up to 3x10° cycles in r-SBF, making it qualified as a highly fatigue-resistant
biodegradable porous biomaterial.

6.4.1. Effect of microstructure on biodegradation
and fatigue behavior

Microstructure can influence both the biodegradation behavior and fatigue behavior of a
material. SLM iron was found to have a higher degradation rate than the cold-rolled
counterpart [2], as SLM led to the formation of fine grains. Generally, as SLM involves
rapid solidification and high cooling rates, resulting grain sizes are usually much finer
than those of conventionally manufactured counterparts. According to the classical
solidification theory, grain morphology is determined by the ratio of thermal gradient, G,
and solidification rate velocity, R [15]. On the top of the melt pool, the grains are more
likely to be fine and equiaxed, because of low G/R ratios [16, 17]. At the bottom of the
melt pool, however, the thermal gradient is greater than that on the top and
heterogeneous nucleation may be induced when the previous layer is re-melted.
Columnar grains may thus be formed at the bottom [18]. Moreover, unlike previously
reported AM solid iron [19, 20], the AM porous scaffolds had only a limited number of
elongated grains oriented in parallel with the length of the strut. This indicates that the
effect of directional solidification would not be as strong as in the case of the solid
counterpart. As the struts of the iron scaffolds were built in a tilted direction, the
scanning contours were offset layer by layer, which could be the reason why some
grains were elongated along the length of struts. Columnar grain growth may be
restrained by the formation of equiaxed grains on the surface of the melt pool. When the
re-melted depth is smaller than the equiaxed grains [21], a mixture of fine equiaxed
grains and columnar grains will be formed. Furthermore, the microstructure of SLM
porous iron being different from that of solid parts can also be caused by different
thermal boundary conditions, as the melt pool is surrounded much more by a powder
bed (with low thermal conductivity) when scanning a strut. Small grains increase the
area of grain boundaries that are more reactive in the corrosive medium [22-24]. In fact,
the increased biodegradation is beneficial, given the fact that the biodegradation rate of
iron is normally considered to be too low [25, 26]. In terms of the fatigue behavior, fine
grains are usually capable of inhibiting crack initiation and increasing the number of
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barriers to early crack propagation [27]. Moreover, the good ductility of pure iron itself
can improve the fatigue properties of AM iron scaffolds. As the stress concentration
factor, K,, and fatigue notch factor, Kj; are both important for the fatigue behavior, the
notch sensitivity ¢, i.e. (I- K;)/(I- K,), is frequently used to express the degree of
difference between these two quantities. K, is dependent not only on the specimen
geometry but also on the material properties [28]. For a material with good ductility, as
the plastic deformation in the vicinity of crack tips reduces the influence of stress
concentration on crack growth, K; is normally lower than K, [29, 30]. The notch
sensitivity, g, is therefore lower for ductile materials than brittle ones [30]. The failure
mode of the iron scaffolds is different from that of the AM porous titanium reported in
the literature [5]. There was no fracture plane through the iron scaffolds (Fig. 3¢) and
the cracks were blunting (Fig. 5c, Fig. 6¢) instead of propagating sharply through the
whole strut. As discussed above, this could be attributed to the high ductility of iron.

In addition, defects, such as pores caused by lack of fusion, may affect the fatigue
behavior of AM iron as well. Internal pores and unmelted powder particles on the strut
surface could both serve as stress concentration sites for fatigue crack initiation [5]. As
the internal pore volume fraction was found to be negligibly low in the present AM iron
scaffolds, it would be beneficial for their fatigue resistance.

6.4.2. Effect of cyclic loading on biodegradation

The corrosion products formed on the surface of scaffold struts could fall off under
cyclic loading, as their mechanical properties are totally different from those of the iron
substrate. Furthermore, the extrusion and intrusion of persistent slip bands during cyclic
loading may break up the layer of corrosion products at the surface [4]. In addition,
pitting potentials under cyclic loading are much smaller than those without stress, and
the pitting potentials decrease with increasing stress level [31-34]. The acceleration of
pitting degradation may promote intergranular degradation [31]. For topologically
ordered porous structures, stress distribution follows a certain pattern. Taking the
diamond unit cell lattice structure as an example, tensile stress tends to be concentrated
at the strut junctions according to the results obtained from FE modeling (Fig. 6j).
Concentrated tensile stress can cause micro residual stress and local strain, which can be
seen in the KAM maps (Fig. 7c and d) and FWHM (Fig. 8b). KAM quantifies the
average misorientation around a measurement point with respect to a defined set of
nearest neighbor points [35]. It therefore provides a qualitative measurement of the
distribution of micro residual stresses or local strains [36]. Local strains cause
dislocations to slip and multiply in iron grains. Because of the barrier effect of grain
boundaries, the slipped dislocations pile-up at these interfaces and normally this
phenomenon is more obvious at higher cyclic stress levels [31]. FWHM is related to the
dislocation density and the so-called type II micro residual stresses [37]. For the
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specimens tested under the loading stress level of 0.9¢,, there were more obvious local
strain concentrations around the cracks (Fig. 7c), leading to larger FWHM values (Fig.
8b) than those tested at 0.650,. However, as the curvature of AM porous materials does
not allow for accurate FWHM readings, the increase of FWHM values is not obvious.
The slip bands and dislocation pile-ups at the strut junctions are the preferred sites for
cracks to initiate because of stress concentration [38]. Consequently, cyclic loading
increased the degradation rate of the specimens in r-SBF. This increase was substantial
at higher stress levels (Fig. 3d). The increased biodegradation rate was confirmed by the
analysis of ion concentrations (Ca, P) in r-SBF (Fig. 3e and f). The faster
biodegradation rate may favor the formation of corrosion products. The rise of pH value
may facilitate the precipitation and deposition of phosphates, including Mg;(POy),,
Ca,((PO,4)¢(OH),, and Fe;(PO,),8H,0 [39]. Indeed, for the specimens in r-SBF under
cyclic loading, the concentrations of Ca and P ions were lower in r-SBF, while more Ca
and P contents were found in the corrosion products (Fig. 4).

6.4.3. Effect of biodegradation on fatigue properties

In addition to crack initiation and propagation, strain accumulation can affect the fatigue
properties of a porous metallic structure [12, 40]. At the early stages of fatigue testing,
the fatigue behavior of the iron scaffolds is controlled by strain ratcheting, which may
be caused by the cyclic strain ratcheting of the unit cell [41, 42]. Higher stresses leads to
higher ratcheting strain rates of the unit cells. As cyclic loading progresses, the cyclic
softening of porous metallic structure starts to contribute to crack initiation and
propagation as well [12, 40, 43]. In this study, the strain ratcheting rates of the iron
scaffolds in air and in r-SBF were quite similar (Fig. 3a), probably because the overall
amount of biodegradation was quite small. For example, under cyclic loading at 0.90,,
only 0.07+0.03 mg iron was lost from the specimen after fatigue testing (Fig. 3d). Such
a slight mass loss would not substantially weaken the entire scaffold. However,
according to the S-N curve, at the same stress levels, the fatigue strengths of the Fe
scaffolds all decreased from those in air to those in r-SBF (Fig. 3b). The localized
biodegradation occurring to the specimens in r-SBF could be the main reason behind
this, as the pits created could act as the preferred sites for crack initiation (Fig. 6f and 1)
[44]. Furthermore, biodegradation could accelerate fatigue crack propagation, as anodic
reaction or hydrogen embrittlement might occur at the crack tips [45].

In r-SBF, the above-mentioned slip bands and dislocation pile-ups (section 4.2)
could increase the chemical and electrochemical potentials [31, 46]. Iron ion dissolution
at or near dislocations and slip bands may form pits, which will in turn introduce higher
stress concentrations [45]. Crack may then initiate as soon as the local stress
concentration reaches a certain value. In addition, it has been reported that iron oxide
could be easily formed on fresh slip bands due to its high chemical activity [45].
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Subsequently, if the previously extruded slip bands intrude back, some hard iron oxides
may be carried into the surface of the specimen. The corrosion products can impede the
normal slipping of slip bands and, thus, may initiate cracks. At a high stress level, the
mechanical damage may play a more important role than the corrosion attack in crack
initial propagation [36]. This may be the reason why at 0.9¢,, crack initiation did not
show clear differences between the specimens in r-SBF and in air, while at 0.650,, there
were more cracks initiated at the strut junctions in the iron scaffolds tested in r-SBF, as
compared to the specimens tested in air (Fig. Se, f).

6.5. Conclusions

The AM porous iron exhibited extraordinarily high fatigue resistance, even when
fatigue was accompanied and influenced by biodegradation in r-SBF. Indeed,
biodegradation only reduced the fatigue strength of the SLM iron scaffolds from 0.7,
in air to 0.650, in r-SBF. On the other hand, cyclic loading significantly accelerated the
biodegradation rate, especially at higher stress levels. Cracks preferred to initiate at the
strut junctions where tensile stresses were concentrated. Cyclic loading introduced
micro strain-favored pit formation, which in turn promoted crack initiation. The
extraordinarily high fatigue resistance and slow degradation rate make AM porous iron
a promising biodegradable metallic material for bone substitution.
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Biodegradation-aftected
fatigue behavior of
additively manufactured
porous zinc

In this study, we compared the compression-compression fatigue behavior of AM
porous zinc in air and in revised simulated body fluid (r-SBF). The fatigue strength of
AM porous Zn was high in air (i.e., 70% of its yield strength) and even higher in r-SBF
(i.e., 80% of its yield strength). SEM, EDS, and microhardness test showed that the
formation of corrosion products around struts junctions and inside cracks could explain
the higher fatigue strength of AM porous Zn in r-SBF. Furthermore, we compared the
fatigue behavior of the uniform design with a functionally graded design. Regardless of
the applied testing conditions, the functionally graded structure exhibited higher
relative fatigue strengths as compared to the uniform structures, even though the latter
had a higher relative density. Inspection of the fatigue crack distribution showed that
the functionally graded design controls the sequence of crack initiation and
propagation, leading to an early damage accumulation in the thicker struts, which over
time moves towards the thinner struts. In conclusion, the favorable fatigue behavior of
AM porous Zn further highlights its potential as a promising bone substituting
biomaterial.'

' The chapter is based on a scientific paper: Y. Li, W. Li, F.S.L Bobbert, K. Lietaert, J-H Dong,
M.A. Leeflang, J. Zhou, A.A. Zadpoor. Corrosion fatigue behavior of additively manufactured
biodegradable porous zinc. Acta Biomaterialia (in press)
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7.1. Introduction

The recent progress in additive manufacturing (AM) technologies has provided
unprecedented opportunities to tackle the dilemma between free-form design and
manufacturing feasibility [1]. As far as non-biodegradable metals are considered, many
types of AM porous metallic implants have been studied during the last few years with
some variants already commercialized [2-4]. In contrast, AM biodegradable porous
metals such as magnesium (Mg), iron (Fe), and zinc (Zn) have just appeared in the
literature [5-10]. Among these metals, AM porous Zn has shown the most promising
rate of biodegradation and degree of biocompatibility [7], making it the most likely
candidate for future studies and eventual commercialization. However, the mechanical
properties of biomedical-grade Zn are largely unstudied. That is the case even for
traditionally manufactured bulk Zn material [11], let alone AM porous Zn. Even more
unknown is the fatigue behavior of biodegradable of AM porous Zn. Indeed, there is no
data whatsoever on the fatigue behavior of AM porous Zn and how it is affected by
(while affecting) the biodegradation process of the scaffolds.

Our former studies on the biodegradation-affected fatigue behavior of AM porous
Mg and Fe have shown that cyclic loading and biodegradation affect each other to a
great extent [12, 13]. We, therefore, expect a similarly complex biodegradation-affected
fatigue behavior for AM porous Zn. In fact, the mechanical behavior of Zn is expected
to be even more complex, as Zn is reported to exhibit some special phenomenon, such
as natural aging and creep that can affect its strength, ductility, and fatigue properties
[14-18]. These phenomena could occur also at low temperatures. For example, the
strength and ductility of Zn-0.08wt%Mg have been found to decrease at room
temperature [16]. Furthermore, the creep properties of Zn at 37 °C have been shown to
be a critical factor in the design of biodegradable Zn alloys [14].

Here, we report the first data ever on the biodegradation-affected fatigue behavior
of AM porous Zn. We designed and directly printed one uniform and one functionally
graded lattice structures using a powder bed fusion process (i.e., selective laser melting)
and investigated their compression-compression fatigue behavior in air and in revised
simulated body fluid (r-SBF). We conducted a detailed analysis to reveal the
mechanisms driving the fatigue behavior of these biomaterials and it interacts with the
biodegradation process.
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7.2. Material and methods

7.2.1. Manufacturing of porous Zn

Two different structures including one uniform structure (strut thickness: 0.4 mm, S04)
and one functionally graded structure (strut thickness: radially graded from 0.4 to 0.2,
S0402) were designed by Element (nTopology, USA) using a 1.4 mm diamond unit cell
(Figure 1a, b). The specimens were produced using a powder bed fusion process known
as direct metal printing or selective laser melting in the literature (equipment: ProX
DMP 320 machine, 3D Systems, Belgium). The machine had a maximum laser power
of 500 W and could reach oxygen levels below 50 ppm in the build chamber. A
nitrogen-atomized Zn powder was used in this study [19]. The powder layer thickness
was 60 pm while the energy density was 39.0 J/mm®. The specimens were removed
from the steel baseplate by wire electrical discharge machining.

7.2.2. Morphological characterization of AM
porous Zn

The specimens were imaged using micro-computed tomography (micro-CT) (Phoenix
Nanotom, GE Sensing Inspection Technologies GmbH, Germany) at a tube voltage of
130 kV and a tube current of 220 uA. The exposure time was 500 ms and the spatial
resolution was 12 pm’. A total of 1440 projections were acquired. The acquired data
were then reconstructed and transformed to 2D images (DICOM stack) using Phoenix
Datosx 2.0 (GE Sensing & Inspection Technologies GmbH, Germany). To extract
quantifiable data from these images, the following steps were taken. First, the images
were imported to Fiji (NIH, US) and thresholded locally. Then, a series of circular
regions of interest (ROIs) were created to calculate the porosity, strut size, and pore size
using BoneJ (a plugin of Fiji) [6]. Besides, the porosity of the specimens was also
determined using a weighing method [5]. 3D reconstruction of the images was done by
Avizo Fire (VSG, France). The porosity within the struts was determined by using a
method based on the Archimedes’ principle [20].
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Figure 1. The design of AM porous Zn specimens and the corrosion fatigue test setup:
(a) the uniform diamond structure; (b) a functionally graded diamond structure; (c) the
corrosion fatigue test setup; (d) (e) the micro-CT reconstructions of AM porous Zn
specimens from the S04 (d) and S0402 groups (e).
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7.2.3. Fatigue tests in air and in r-SBF

Compression-compression fatigue tests were performed at 15 Hz with a 0.1 minimum-
to-maximum stress ratio within a custom-made in vitro biodegradation chamber
mounted on an electrodynamic mechanical testing machine (10 kN load cell, Instron
E10000 ElectroPlus, USA) (Figure lc). Different stress levels (maximum stress)
between 0.7, and 0.90, were used from, where o, is the yield strength of AM porous Zn
(10.8 MPa) [7]. The specimens were considered to have exhausted their load-bearing
capacity when the displacement exceeded 0.5 mm. If a specimen did not fail
until 3x10° cycles (55.5 h), the experiment was stopped and a run-out result was
registered. The fatigue strength was defined as the maximum stress for which no failure
occurred after 3x10° loading cycles. Corrosion fatigue tests were performed in 300 ml
circulated r-SBF [21] at 1.2 ml/min [22] in the abovementioned chamber under
physiological conditions (37 °C, 5% CO,). The changes in the stiffness of the material
were calculated using the loading and displacement data measured by the mechanical
testing machine for each loading cycle. The ratcheting strain rate [23] per cycle was
obtained as described before [12]. After corrosion fatigue tests, the concentrations of Zn,
Ca, and P ions in the medium were determined using an inductively coupled plasma
optical emission spectroscope (ICP-OES, iCAP 6500 Duo, Thermo Scientific). The
weight change was recorded for the specimens after corrosion fatigue tests. For all stress
levels, the experiments were performed in triplicates.

7.2.4. Characterization of crack morphology and
corrosion products

After fatigue tests, the morphologies of the cracks were examined using a scanning
electron microscope (SEM) (JSM-IT100, JEOL). The crack distributions on the cross
sections of the specimens were inspected by a digital microscope (Keyence VHX5000,
KEYENCE, Japan). For the corrosion fatigue specimens, the morphologies and
compositions of the corrosion products on the strut surface were analyzed with the same
SEM equipped with an energy-dispersive X-ray spectroscope (EDS). EDS mapping was
also applied to analyze the cross sections of the corrosion products. The hardness values
of AM Zn and corrosion products were measured in triplicates, respectively, by using a
microhardness tester (DuraScan, G5, Austria) at an indentation load of 1 N.

7.2.5. Characterization of microstructure

An electron back-scattered diffraction (EBSD) analysis was performed at a step size of
200 nm using an HKL Nordlys II detector attached to a field emission gun scanning
electron microscope (FEGSEM, JEOL JSM-6500F, Japan). Afterwards, inverse pole
figure (IPF) and image quality (IQ) maps were reconstructed (TSL OIM® Analysis,
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USA). The EBSD specimens were grinded and polished up to 1 pm with Iubricants and
further mechanically polished using 0.04 um silica oxide.

7.2.6. Statistical analysis

The ratcheting rate, fatigue life, Zn ion concentration, and hardness were analyzed using
one-way analysis of variance (ANOVA). A p-value less than 0.05 was assumed to
indicate a statistically significant difference (p <0.05, *)

7.3. RESULTS

7.3.1. Morphology of as-built porous Zn

The actual porosities of the AM Zn scaffolds were 4-5% lower than the design values
(Table 1). The strut sizes of the S04 specimens were found to be 42 um higher and the
pore sizes were 50 um smaller than their design values (Table 1). The average strut size
and pore size of the S0402s specimen fell between the minimum and maximum values
of the functionally graded design (Table 1). The 3D models reconstructed from the
micro-CT images (Figure 1d, e) showed that the struts were uniform for S04 specimens,
while the S0402 specimens had graded struts. The relative density of the struts was
measured to be 93.6 + 0.7% and 92.4% + 1.0% for S04 and S0402 specimens,
respectively. The difference between these two groups was statistically not significant
(p=0.149).

Table 1- Morphological properties of AM porous Zn specimens.

AM porous Porosity (%) Strut size (um) Pore size (um)
Zn pCT Design pCT Design pCT Design

S04 62.0£2.5 67.4 442+1 400 550+38 600
S0402 68.5£2.3 74.3 357+18 400-200 589+69  600-800

7.3.2. Fatigue behavior of AM porous Zn

The yield strengths of S04 and S0402 specimens were 10.8 = 0.2 and 6.3 + 0.1 MPa,
respectively. Progressive strain accumulation was observed in the displacement vs.
cycle number curves obtained for AM porous Zn (Figure 2a). At 0.8cy, the curves
typically showed three stages for the experiments performed in air. In the first stage,
rapid displacement accumulation was observed at the beginning of the fatigue test
(Figure 2a). This was followed by a second stage, where large numbers of cycles caused
only limited strain accumulation (Figure 2a). The speed of displacement accumulation
remained more or less constant (Figure 2a). In the final stage, the displacement



163

accumulation of the specimens dramatically increased and continued until the failure of
the specimen (Figure 2a). The corrosion fatigue specimens had much longer second
stages as compared to their counterparts in air and showed no third stage even after 3
million cycles of loading (Figure 2a). All the specimens held their structural integrity
after failure, with only slight expansions in the radial direction (Figure 2b).

For the experiments performed at 0.80, in air, the stiffness of the AM porous Zn
specimens gradually declined in the second stage and rapidly dropped after a critical
number of cycles in the third stage (Figure 2¢). On the contrary, the corrosion fatigue
specimens showed a constant stiffness, which even increased after 3 million cycles of
loading (Figure 2c). In the experiments performed at 0.90,, the stiffness of all specimens
gradually decreased regardless of the test conditions (i.e., in air or in r-SBF) (Figure 2d).
However, the corrosion fatigue specimens exhibited a slower rate of decline as
compared to the specimens tested in air (Figure 2d).

For both types of testing conditions, the ratcheting rate was proportional to the
stress level (Figure 2e). At 0.80,, the S04 and S0402 specimens showed significantly
lower ratcheting rate in r-SBF than in air. At 0.90,, the S04 specimens exhibited (a
statistically insignificantly) higher ratcheting rate in r-SBF than in air, while the S0402
specimens showed no large differences between both testing conditions (Figure 2e).
Among different designs, the S0402 specimens significantly lower ratcheting rates than
the S04 specimens tested at 0.80,,and 0.850, (Figure 2e).

The normalized fatigue strengths of the corrosion fatigue specimens were higher
than those tested in air (Figure 2f). Moreover, the S0402 specimens showed better
fatigue strength than S04 specimens, regardless of the testing conditions (Figure 2f),
while the difference in the fatigue life between both groups at the same stress level were
statistically insignificant.
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Figure 2. The fatigue performance of AM porous Zn specimens in air and in r-SBF: (a)
the displacement of the specimens under 0.80, cyclic loading; (b) the shapes of
specimens before and after the fatigue tests; (c) the variation of stiffness at 0.8¢, with
the cycle number; (d) the variation of the stiffness at 0.94, with the cycle number; (e) the
ratcheting rates at different loading levels and (f) S-N curves.



165

7.3.3. Characterization of fatigue cracks and
corrosion products

Regardless of the testing conditions, almost all the fatigue cracks were found at the
junction between two struts (Figure 3a-d). EDS analysis showed that the as-built
specimens contained mainly Zn (>80%) with small percentages of O (=10%) and C
(=6%) on the surface (Figure 3b). For the corrosion fatigue specimens, the corrosion
products mostly formed around the cracks that contained more O (>30%) with extra P
and Ca detected (Figure 3d). Accumulation of the corrosion products were also found at
strut junctions of AM porous Zn, where Zn, O, and C were mainly indexed with a small
amount of P (Figure 3e, f).

Furthermore, we checked the crack morphology and corrosion products on the cross
section of the specimens after corrosion fatigue tests (Figure 4). Cracks were found to
initiate from the corrosion products (Figure 4a). Zn, O, C, P, and Ca inside the cracks
were detected in EDS point analysis (Figure 4a) and the corrosion products filled the
cracks. EDS mapping confirmed the presence of Zn, O and C inside the cracks (Figure
4b-d).

ICP analysis showed that the degradation rate of S0402 specimens was higher than
that of the S04 specimens, especially at 0.80, (Figure 4e). Moreover, the degradation
rates of both of the groups were higher at 0.8, than at 0.8¢,. The concentrations of Ca
and P ions decreased from the initial values after the corrosion fatigue experiments
(Figure 4f). The S04 and S0402 specimens had 30.6 + 8.7 mg and 19.5 £+ 5.3 mg weight
gain, respectively, at 0.8a,,.

The microhardness tests showed that the corrosion products had an average
hardness value of 205+16 HV, which was almost 5 times higher than that of AM Zn
(4243 HV) (Figure 5a, b). After indentation tests at the interface, the cracks appeared to
have not propagated along the zinc/corrosion product interface, but across the interface
(Figure 5c, d).

7
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Figure 3. The morphology of AM porous Zn specimens after fatigue tests: (a) low- and
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fatigue tests; () low- and (f) higher-magnification views of the corrosion products.

Orange square: cracks.
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Figure 4. The characteristics of the corrosion products on the cross-section of the
specimens and the ion concentrations of the immersion medium: (a) the crack
morphology and EDS point analyses of the corrosion products inside the crack; (b-d)
EDS mapping; (e) the degradation rates (corrosion fatigue test duration at 0.8c,: 55 h;
corrosion fatigue test duration at 0.94,: 1.8 h) and (f) Ca and P ion concentrations of the
medium after the corrosion fatigue tests. The blue and orange dash lines in (f): the
starting concentrations of Ca and P ions of the medium, respectively.
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Figure 5. The indentations on the corrosion products (a), Zn (b), and at the corrosion
product/Zn interface (c) (d).

7.3.4. Fatigue cracks distribution

In order to check the distribution of fatigue cracks within the AM porous Zn specimens,
they were cut along their longitudinal section (Figure 6a). For the specimens tested in
air, the cracks already initiated after 300,000 cycles (Figure 6b, e). The cracks seemed
to initiate randomly in the S04 specimens (Figure 6b), while more cracks were found in
the thicker struts than thinner ones for the S0402 specimens (Figure 6e). As the fatigue
tests progressed, the cracks propagated and grew in size and width for the S04 specimen
(Figure 6¢). For the S0402 specimens, the cracks seemed to form gradually from the
thicker struts towards the thinner ones (Figure 6e, f). In contrast, the corrosion fatigue
specimens exhibited smaller numbers of cracks than the specimens tested in air even
after 3 million cycles (Figure 6¢, g).

7.3.5. Microstructural characterization after fatigue

tests

According to our EBSD analysis, the fatigue cracks propagated transgranularlly for both
types of the testing conditions (Figure 7). At lower cycle numbers, some low-angle
boundaries were observed around the cracks both for the specimens tested in air and
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those exposed to biodegradation in r-SBF (Figure 7a, ¢). After larger numbers of fatigue
cycles, IPF and IQ maps showed some high-angle boundaries along the cracks (Figure
7b, d).

7.4. DISCUSSION

We reported the first data ever on the fatigue behavior of AM porous Zn in air and in r-
SBF. Interestingly, and opposite to AM porous Mg and Fe [12, 13], AM porous Zn
showed increased fatigue strength in r-SBF as compared to dry testing conditions (i.e.,
in air). According to the SEM observations, EDS measurements, and microhardness
analysis, the formation of corrosion products contributes to the improvement the fatigue
resistance of AM porous Zn. Another notable observation was that functionally graded
AM porous Zn structures exhibit better fatigue performance as compared to the uniform
ones. Functionally graded designs could, therefore, serve as an effective tool to improve

the fatigue resistance of AM porous biodegradable metals.

Figure 6. The distributions of fatigue cracks in the AM Zn specimens: (a) a schematic
diagram of the longitudinal cross-section; (b-d) the S04 specimens after the fatigue tests:
(b) 300,000 cycles in air, (c) 900,000 cycles in air, and (d) 3,000,000 cycles in r-SBF at
0.80y; (e-g) the S0402 specimens after fatigue test: (e) 300,000 cycles in air, (f)
1,300,000 cycles in air, and (g) 3,000,000 cycles in r-SBF at 0.8¢,. Orange squares:
cracks; scale bar in (b-g): Imm. The arrows indicate the direction of crack formation
from thicker struts to thinner ones.
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Figure 7. The IPF and IQ maps of the fatlgue crack track: (a) a spec1men tested at 0.80,
for 300,000 cycles (in air); (b) a specimen tested at 0.8a, for 900,000 cycles (in air); (c)
a specimen tested at 0.80, for 300,000 cycles (in r-SBF); (d) a specimen tested at 0.80,
for 3,000,000 cycles (in r-SBF). Scale bar: 60 um; Black square: recrystallization; blue
lines: high-angle boundaries (> 15 °); yellow lines in: low-angle boundaries (< 15 ©).

7.4.1. Mechanisms of corrosion fatigue behavior

For the fatigue tests in air, the displacement vs. cycle numbers plots measured for AM
porous Zn showed three stages. This three-stage behavior is similar to what has been
measured for some other types of porous metallic materials [24]. The abrupt strain
accumulation in the first stage is probably caused by the failure of weak struts or the
flattening of rough surfaces at the top or bottom of the cylindrical specimens (Figure 2a).
In the second stage, the strain increased at a constant rate, which can be attributed to not
only the cyclic ratcheting of the unit cells but also to the initiation and propagation of
cracks, as is evidenced by cyclic softening of the specimens (i.e., the gradual loss of
stiffness) (Figure 2c, d). According to Mccullough et al. [25], cyclic ratcheting may
originate from the ratcheting (i.e., plastic deformation) of the cell, which is analogous to
creep [26]. This phenomenon is also observed in many bulk materials, such as Mg
alloys and steel [23]. Cyclic ratcheting is believed to be related to several intrinsic
mechanisms including dislocation and slip characteristics, stacking fault energy,
microstructural evolution, and cyclic softening behavior [27]. After fatigue, the
specimens showed only small deformations in the radial direction, which is similar to
the behavior exhibited by AM porous Fe and different from the catastrophic, sudden
failure observed in the case of AM porous Mg (Figure 2b) [12, 13]. The good ductility
of pure Zn could explain this. Furthermore, as evidenced by the EBSD analysis (Figure
7), small grains were found adjacent to the crack tips. IQ maps showed that these grains
all had high-angle boundaries. As Zn is known for its low recrystallization temperature



171

[14], recrystallization may have occurred in the vicinity of crack tips, where high
stresses are concentrated. The recrystallized small grains can then retard the propagation
of fatigue cracks.

As a representative measure of fatigue performance, the accumulated ratcheting
strain per cycle can be calculated as [25]:

de _ ~e1 — pyp 26 [L7@ntD) [9lmax]™ S(3n+1)/2
dN C(1 R) n+2[ n oo ] p (1)

where C, p, n, and o, are material constants, R is the stress ratio, |0| e, is the
maximum loading stress, and p is the relative density of the porous structure. If we
consider the fatigue limit is achieved when the accumulated strain equals the yield strain
&, of the whole porous structure, the fatigue life Ny can be determined by integrating

Equation (1) [25]:
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When both cyclic ratcheting strain and cyclic plastic strain are considered, the
cyclic damage can be determined as [27]:

ap 1 0.6 [1.7(2n+1) |o] no_ o2\~
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where & is the ductility of the material, while C,, a, and § are three material
constants. Recently, Yang ef al. [28] have suggested that instead of using the maximum
loading stress |0 |45, the local maximum stress should be applied to analyze the cyclic
damage, as stresses are distributed differently in a porous structure due to the effects of
geometrical design. According to Equation (3), the fatigue life is proportional to the
ductility of the material and is inversely proportional to the loading stress, which is
consistent with this work (Figure 2) and our former study on the fatigue behavior of AM
porous Mg and Fe [12, 13].

Surprisingly, AM porous Zn showed a better fatigue performance in air than in r-
SBF (Figure 2f). This could be attributed to the constant or even increased stiffness of
the specimens tested in r-SBF (Figure 2c, d). AM porous Zn releases Zn into the
medium (Figure 4e, f), thereby decreasing its stiffness. The only plausible explanation
for the increased stiffness of the specimens after corrosion fatigue tests is the formation
of corrosion products (Figure 3e, f). According the EDS and SEM analysis (Figure 3, 4),
corrosion products may improve the fatigue behavior of AM porous Zn in two ways.
First, corrosion products were found to have been accumulated around strut junctions,
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where the peaks of the tensile stress normally occur for a diamond structure [12, 13]
(Figure 3e, f). This additional material may reduce the tensile stress peaks, thereby
reducing the possibility of crack initiation and the rate of crack propagation. Moreover,
AM porous Zn can be considered as a composites material that contains both metallic
(i.e., Zn) and ceramic (i.e., corrosion products) constituents. This effect is particularly
important given the fact that the corrosion products were found to be almost 5 times
harder than the metal itself (Figure 5). The indentation at the interface of Zn and
corrosion products suggested a good interface bonding, as cracks propagated into the
corrosion products but not along the interface [29]. Although corrosion fatigue led to a
loss of Zn from the AM porous Zn specimens and cracks could initiate from the
localized corrosion sites, the contributions of the corrosion products to the load-bearing
capability of the porous structures more than compensated for the effects of the material
loss, as shown by the weight gains of the AM porous Zn specimens. Second, the
corrosion products were found to have been formed both along fatigue cracks (Figure
3d) as well as inside them (Figure 4c). The accumulation of the corrosion products
could reduce the further corrosion of the freshly exposed crack surface.

7.4.2. Effects of topological design

As reported by other researchers [26, 27, 30], the relative fatigue strength can be
decreased by increasing the porosity of the porous structure, although Mccullough ef al.
[25] stated that Equation (2) is not sufficient to make the conclusion. Li et al. [27] found
that dislocation generation was more obvious in AM porous titanium specimens with
higher densities, which could pin the movement of the interface and, thus, retard cyclic
ratcheting. In this study, even though S04 specimens had higher porosities than those of
the S0402 specimens, the S0402 specimens showed higher relative fatigue strengths
than the S04 specimens (Figure 2f). In the present study, even though the S04
specimens had a higher relative density than the S0402 specimens, the S0402 specimens
showed higher relative fatigue strengths than the S04 specimens in air and in r-SBF
(Figure 2f). Similar results have been reported by Zhao ef al. [31] in a study on three
different uniform porous structures with different buckling components. It can be
inferred that topological design can be used to improve the fatigue performance of the
AM porous structures.

As can be seen in the fatigue crack distribution of the S0402 specimens (Figure 6),
fatigue cracks have initiated from the thicker struts on the periphery of the specimens at
early cycles and transferred to the thinner struts in the center of the specimens as cyclic
loading has progressed. In the case of the S04 group, however, the cracks were
randomly distributed. Given that the unit cell size was constant in all cases, the unit
cells with thicker struts had higher relative densities and, thus, higher stiffness values
than those with thinner ones. For the same level of applied strain, the thicker struts will,
therefore, experience higher stresses as compared to the thinner ones. This explanation
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has been also confirmed by our former studies using finite element models [32, 33].
Consequently, cracks preferably initiate in the thicker struts in the early stages of the
fatigue experiments. As cyclic loading continues, the initiation of an increasing number
of cracks and their propagation decreases the stiffness of the thicker struts on the
periphery of the specimens. The stress carried by the thicker struts, therefore, decreases
while the adjacent thinner struts start to bear more loads. As a result, crack propagation
in the thicker struts start to slow down while cracks start to initiate in the thinner struts.
Over time, the cracks initiation and propagation transfers towards the center of the
specimens until the scaffolds fail.

In order to predict the fatigue life of the functionally graded structures, Zhao et al.
[31] have proposed a model of the fatigue life of a dual-layer structure with a hard core
(L)) and a soft shell (L,) :

N=%(f1 +§_if2)m1+(qe2;+;l)cz(%f1+fz)mz “)
where g, and €, are the crack initiation strains of the porous structures L; and L,,

respectively, C;, my, C,, and m, are material constants related to L; and L,, E; and E,
are the stiffness values of L; and L,, respectively, and f; and f, are the volume fractions
of L; and L,, respectively. When the stiffness of L; is higher than that of L, (i.e., E; >
E3), it can be deduced from Equation (4) that the fatigue life of the functionally graded
structure can be improved by increasing the volume fraction of E; (f;). Since we have a
graded strut thickness (i.e., graded stiffness) here, the dual-layer model cannot be
directly applied. However, a simplified version of the problem could be considered in
which the S0402 specimens are made of three uniform structures with three different
strut thicknesses (s; > s, > s3) and their corresponding relative densities (d; > d, > d;).
If the volume fractions of these three structures are respectively given as v;, v,, and v;,
the apparent density, d,, of the whole structure can be determined as:

da = d1171 + dzvz + d3U3 = d1U1 + dzvz + d3(1 % 172) (5)

It is easy to deduce that there are many solutions to improve the volume fraction of
the thicker struts, d;, while keeping the same apparent density, d,. For a continuously
graded structure, there will be even more ways to increase the volume fraction of the
thicker struts by tuning the variation function of the strut thickness. Consequently, in
addition to adjusting the percentage of bending- and stretch-dominated structures [31],
the fatigue life of AM porous structures could be increased through the optimization of
functionally graded designs.
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7.4.3. Future outlook

Many studies have shown that the mechanical response of Zn is highly strain rate
sensitive [15, 16, 34, 35]. In general, the flow stress increases with the strain rate
whereas the elongation decreases [11]. Given such a significant degree of strain rate
sensitivity, the loading frequency used for the fatigue experiments may play a major
role in determining the S-N curves. As only 15 Hz was used in this study, it is
interesting to compare the results obtained here with those measured for lower loading
frequencies, such as 5 or even 1 Hz. Furthermore, lower frequencies also lead to longer
immersion times of the specimens in the medium, which is closer to the in vivo
conditions experienced in the human body [36]. Different in vitro physiological
environments [37] may also have an impact on the corrosion fatigue behavior of AM
porous Zn. Furthermore, to better mimic the in vivo loading conditions, the experiments
may need to be repeated in some other types of loading regimens, such as compression-
tension, bending, and torsion.

7.5. CONCLUSIONS

AM porous Zn showed high relative fatigue strengths (0.7) in air, which further
increased to 0.8 in r-SBF. The increased fatigue strength in r-SBF could be attributed to
the accumulation of the corrosion products that reinforce the strut junctions and fill
fatigue cracks. At 0.8cy, the stiffness of the scaffolds remained constant and even
increased because of the accumulation of the corrosion products. Furthermore,
topological design was found to play an important role on the fatigue behavior of AM
porous Zn. Functionally graded specimens showed increased values of normalized
fatigue strength as compared to uniform designs, although the later had a higher relative
density. This favorable fatigue performance underscores the potential of AM porous Zn
as a promising load-bearing bone substituting biomaterial. Moreover, further
improvement of the fatigue resistance of AM porous biodegradable metals maybe
achieved by optimizing their topological design.
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Additively manufactured
functionally graded
biodegradable porous iron

Here, we present the first ever report on AM functionally graded biodegradable porous
metallic biomaterials. We made use of a diamond unit cell for the topological design of
four different types of porous structures including two functionally graded structures
and two reference uniform structures. Specimens were then fabricated from pure iron
powder using selective laser melting (SLM), followed by experimental and
computational analyses of their permeability, dynamic biodegradation behavior,
mechanical properties, and cytocompatibility. It was found that the topological design
with functional gradients controlled the fluid flow, mass transport properties and
biodegradation behavior of the AM porous iron specimens, as up to 4-fold variations in
permeability and up to 3-fold variations in biodegradation rate were observed for the
different experimental groups. After 4 weeks of in vitro biodegradation, the AM porous
scaffolds lost 5-16% of their weight. This falls into the desired range of biodegradation
rates for bone substitution and confirms our hypothesis that topological design could
indeed accelerate the biodegradation of otherwise slowly degrading metals, like iron.
Even after 4 weeks of biodegradation, the mechanical properties of the specimens (i.e.,
E =0.5-2.1 GPa, 0, = 8-48 MPa) remained within the range of the values reported for
trabecular bone. Design-dependent cell viability did not differ from gold standard
controls for up to 48 h.'

"The chapter is based on a scientific paper: Y. Li, H. Jahr, P. Pavanram, F.S.L Bobbert, U. Puggi,
X-Y. Zhang, B. Pouran, M.A. Leeflang, H. Weinans, J. Zhou, A.A. Zadpoor. Additively
manufactured functionally graded biodegradable porous iron. Acta Biomaterialia 96, 646-661
(2019)
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8.1. Introduction

The emergence of additive manufacturing (AM) techniques has provided unprecedented
opportunities for the fabrication of porous metallic bone substitutes with promising
bone regeneration capabilities [1-3]. The topological design of AM porous biomaterials
can be precisely controlled and customized [4] with the aim of mimicking the
mechanical properties of bone [5], facilitating cell proliferation and differentiation, and
ultimately enhancing bone tissue regeneration [6]. During the last few years, a large
number of AM porous metallic biomaterials have been investigated including those
made from titanium alloys [7-9], stainless steel [10], cobalt-chromium alloys [11], and
tantalum [12]. Most of these porous biomaterials possess complex, yet highly ordered
micro-architectures that are made of regular unit cells designed through polyhedral
arrangements of multiple struts (i.e., beam-like structural elements). This leads to a
homogeneous distribution of material properties throughout the entire porous structure
[13]. A homogenous distribution of material properties is, however, not consistent with
what is found in human bone where highly graded and non-uniform micro-architectures
are present [14]. All types of human bones (i.e., long, short, flat or irregular) show a
gradual change in porosity from a compact outer cortical shell towards the spongy inner
cancellous tissue. Other examples are the relative porosity and direction of trabecular
structures in long bones (e.g., femoral head and neck region or distal radius), which are
both highly graded and dependent on the local values of mechanical stimuli (e.g., strain
energy density) [15-19]. It is therefore imperative that AM porous biomaterials mimic
the natural gradual structures of human bones, particularly given the fact that they will
be eventually surrounded by pockets of bony tissue with gradual micro-architecture [20]
and biomechanical performance [21]. Furthermore, meeting the incompatible and
sometimes contradictory design requirements of bone substitutes is often impossible
without allowing for graded designs. For example, recent studies have clearly indicated
that bone substitutes need to possess a high level of porosity (and, thus, permeability) to
facilitate nutrient perfusion and cell viability [22]. However, highly porous scaffolds
usually exhibit inadequate mechanical strength and low cell seeding efficiency [23].
Reconciling these contradictory design requirements limits the application of uniform
topologies and calls for graded designs [24].

In addition to the above-mentioned advantages, functionally graded porous
structures exhibit higher strength, ductility, and energy absorption capacity as compared
to those of uniform porous structures [21, 24-26]. The deformation behavior of
functionally graded porous structures has been found to be smooth and continuous
(during compression) without the formation of diagonal shear bands [21, 27]. Finally,
AM graded porous scaffolds have been found to result in high cell seeding efficiency
[22, 23, 28] and to accelerate bone defect regeneration [29, 30].
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Although graded designs of AM porous biomaterials made from non-biodegradable
metals such as titanium or cobalt-chrome alloys can improve the short-term
performance of bone substitutes, they may hinder full regeneration of bony defects,
given that part of the mechanical load will be permanently carried by the implant.
Moreover, foreign objects, such as metallic implants, may elicit constant physical
irritation and chronic local inflammation [31], which may necessitate revision surgery.
Finally, non-biodegradable implants inflict the perpetual risk of incurring usually
recurrent and difficult-to-treat implant-associated infections upon patients [32].

AM porous biomaterials made from biodegradable metals could solve the above-
mentioned problems. However, only a few reports of direct printing of topologically
ordered porous biodegradable metals are available. The first papers on this topic have
appeared very recently [33-38], with direct metal printing (i.e., selective laser melting)
being used for the fabrication of AM porous magnesium alloys, iron, iron-based alloys
and zinc. AM of functionally graded, biodegradable metals has, however, not yet been
reported.

Here, for the first time, we report the direct printing of a functionally graded
biodegradable porous metal (i.e., pure iron) using selective laser melting (SLM).
Among biodegradable metals, inexpensive pure iron is a promising material and as it
does not release hydrogen during biodegradation [39]. While a number of animal
studies have shown good biocompatibility of iron-based biomaterials [40, 41], their low
in vivo degradation rate [41] is a clear disadvantage. However, AM porous metallic
biomaterials generally have much larger surface areas as compared to their solid
counterparts [42], which would be an important advantage for the materials that
otherwise degrade too slowly, such as iron and its alloys. Moreover, as the
biodegradation behavior of AM porous iron is topology-dependent, the presence of a
functional gradient opens up new opportunities for adjusting the biodegradation
behavior of porous iron. We, therefore, designed and additively manufactured four
groups of AM porous iron specimens, namely two types of functionally graded porous
specimens and two uniform (i.e., reference) porous specimens. We then performed a
comprehensive study on the mechanical behavior, permeability, biodegradation
behavior, and cytocompatibility of these four groups using computational and
experimental approaches.

8.2. Material and methods

8.2.1. Scaffold manufacturing and post processing

Four different types of specimens (Figure la, b) based on a 1.4 mm diamond unit cell
were designed using the software Element (nTopology, USA). The experimental groups
included a uniform structure with a 0.2 mm strut thickness (S0.2), a functionally graded
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porous structure with a strut thickness changing from 0.2 mm on the periphery to 0.4
mm in the center (Dense-in), a functionally graded porous structure with strut thickness
starting from 0.4 mm on the periphery and decreasing to 0.2 mm in the center (Dense-
out), and a uniform porous structure with a strut thickness of 0.4 mm (S0.4) (Figure 1a).
Specimens were produced with a ProX DMP 320 machine (3D Systems, Belgium). The
iron powder employed was gas atomized in nitrogen (Material Technology Innovations
Co., Ltd., China) and had the following characteristics: purity: 99.88%; particle sizes:
D10 = 32 um, D50 = 48 um, and D90 = 71 pm; morphology: spherical; apparent
density: 4.09 g/cm’; tap density: 4.88 g/cm’; angle of repose: 157 °; carbon content:
0.0044%. The specimens were built employing a layer thickness of 30 um on a steel
baseplate. Contour and hatch vectors were used as the scanning strategy (energy
densities: 0.33 W/mm and 0.65 W/mm, respectively) for most of the specimen, except
for the specimens with 0.2 mm thick struts, in which case only contour was needed.
Specimen removal was performed by means of electrical discharge machining (EDM).
Powder particles entrapped in pores were removed through ultrasonic cleaning in 96%
ethanol for 20 min. Then, the specimen were chemically cleaned in 50% HCI for 1 min
to remove residuals from EDM and loose powder particles, followed by 5 min
ultrasonic cleaning in 96% ethanol to wash the residual HCI out.

8.2.2. Morphological characterization

The iron scaffolds were imaged using micro-computed tomography (micro-CT)
(Quantum FX, Perkin Elmer, USA) at a tube current of 180 pA, a tube voltage of 90
kV, a scan time of 3 min, and a resolution of (30 pm)’ with a total of 3600 projections.
Micro-CT images were automatically reconstructed and converted into a series of 2D
images using Analyze 11.0 (Perkin Elmer, USA). The images were subsequently
exported to FIJT (NIH, Bethesda, MD, USA) and locally thresholded using the Bernsen
algorithm (radius = 20). This allowed for accurate segmentation of the scaffolds and
capturing their morphological features. Afterwards, a number of circular regions of
interest (ROIs) with a diameter of 10 mm were created on the cross-section of the
scaffolds. The porosity (defined as the ratio of the void volume to the scaffold volume),
average strut thickness (Tb.Th), and average strut spacing (Tb.Sp) (i.e., pore size), were
then calculated using BoneJ (a plugin of F1JI).

In addition, a weighing method was used to determine the porosity of the specimens
of the four groups based on the following equation: Porosity =I1- (Wi ow/Viuii)/Pirons
where W,,, is the weight of the specimen, V,,; the bulk volume of the scaffold, and p;,,,
the theoretical density of pure iron.
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Figure 1. The four different topological designs of the specimens from the S0.2, Dense-
in, Dense-out, and S0.4 groups: (a) strut size distribution, (b) top view and longitudinal
cross-section of the CAD models, and (c) the micro-CT reconstructions of the AM
porous iron specimens.

8.2.3. Microstructural characterization

The microstructures of both thin and thick struts of the as-built specimens were
examined using a digital optical microscope (Keyence VHX5000) after etching by a 5%
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Nital reagent (5 ml HNO; per 100 ml C,HsOH). The average grain size was measured
using the line intercept method (based on three randomly chosen lines).

8.2.4. Permeability measurements

The falling head method was used, where a standpipe provided the water head and a
pressure gauge measured the water pressure at the bottom of the standpipe. We used a
vacuum pump to fill the standpipe with water, a chamber to host the scaffold, and a
reservoir for water collection (Figure 2a). The water pressure was measured just above
the porous biomaterial and registered every two seconds in LabView (v.11.0). The
measured pressure corresponded to the momentary height of the water column. Three
specimens from each of the four experimental groups were used for permeability

measurements. The permeability, k, was calculated using the following equation [43]:
al, thu B,
At H,pg A

where a and A are, respectively, the cross-sectional areas of the standpipe and the
specimen, L is the height of the specimen, H; and H, are the water levels at time points
tp and ¢; respectively, t equals to ¢; - ty, and u and p are the dynamic viscosity and density
of water, respectively. B/A was plotted against time and extrapolated using a power
function until the velocity of water approached zero. Then, the slope of this graph was
used to calculate the permeability coefficient. As Darcy’s law is only applicable when
the Reynold’s number is below 10, the slope was only taken in the region where the
Reynolds number was between 1 and 10.
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Figure 2. Setups used for permeability measurements (a) and dynamic biodegradation
tests (b).
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Computer simulations were performed on AM porous iron models using the
computational fluid dynamics (CFD) solver of Abaqus (Dassault System Simulia Corp,
France). Steady-state Navier-Stokes equations were used to describe the flow problem.
A velocity of 0.0125 m/s was applied to the inlet to ensure that fluid flow remained
laminar throughout the scaffold, and an outlet pressure of 0 Pa was defined. A no-slip
wall condition was set for the material/fluid interface areas. Water (density = 1000
kg/m® and viscosity = 0.001 Pa-s) was considered to be the working fluid. The average
pressure at the inlet region was extracted to be used in Darcy's equation to determine the
permeability coefficient.

8.2.5. Dynamic biodegradation tests

Dynamic in vitro biodegradation tests were conducted for up to 28 days in a custom-
built bioreactor (Figure 2b) using pre-equilibrated (5% CO,, 20% O,, 37 °C) revised
simulated body fluid (r-SBF) [44] at a flow rate of 0.3 ml/min to mimic moderate
physiological fluid movement in bone [45-47]. Upon removing specimens from the r-
SBF solution, weight loss was determined after ultrasonic cleaning with 99% acetone
and 96% ethanol, for 30 min each, and air-drying at room temperature (dry weight with
an accuracy of 0.1 mg). Medium pH values (accuracy: + 0.002) were registered after 28
days in vitro (InLab Expert Pro-ISM, METTLER TOLEDO). Concentrations of Fe, Ca,
and P ions in the solution were analyzed using an inductively coupled plasma optical
emission spectroscope (ICP-OES, iCAP 6500 Duo, Thermo Scientific).

8.2.6. Characterization of biodegradation products

Phase identification of the biodegradation products was performed using an X-ray
diffractometer (XRD, Bruker D8 Advance diffractometer in Bragg-Brentano geometry).
The diffractometer was equipped with a graphite monochromator and a Vantec position-
sensitive detector and operated at 45 kV and 35 mA with a step size of 0.035° and a
dwell time of 10 s per step using Co Ka radiation. The morphologies and compositions
of the biodegradation products on the surface of the specimens after the biodegradation
tests were analyzed with a scanning electron microscope equipped with an energy-
dispersive X-ray spectroscope (EDS) (SEM, JSM-IT100, JEOL). In addition to
observing the biodegradation products, the specimens were ultrasonically cleaned in
ethanol and cut to observe the morphologies of the struts both at the periphery and in
the center.

8.2.7. Mechanical characterization

Compression tests at a crosshead speed of 2 mm/min were carried out using an Instron
mechanical testing machine equipped with a 10 kN load cell. The mechanical properties
of the AM porous iron specimens before and after the biodegradation tests were
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determined according to ISO 13314:2011 and the quasi-elastic gradient (hereafter
referred to as the elastic modulus) and yield strength were obtained. The elastic moduli
of the porous structures were determined as the slope of the initial linear part of the
stress-strain curve using linear fitting in the software Origin (OriginLab Corporation,
USA). The initial linear part of the stress-strain curve was offset by 0.2% and its
intersection with the stress-strain curve was taken to calculate the yield strength. The
tests were performed in triplicate per specimen design and the mean values of the elastic
modulus and yield strength were calculated as well as their standard deviations.

Simulations with the finite element method (FEM) were conducted using the
commercial software package Abaqus (Dassault System Simulia Corp, France) to study
the stress distributions in the specimens. Quarter-symmetric discretized models were
built using a tetrahedron element (C3D10). The symmetry boundary conditions were
defined on the longitudinal sections of the quarter-symmetric model. The top surface of
the model was compressed to a displacement of 0.4 mm. The contours of the von Mises
stress of the models were extracted to study the stress concentrations.

8.2.8. Cytocompatibility

The human osteoblast-like cell line MG-63 (ATCC, CRL-1427) was used for
cytocompatibility analysis. Cells were cultured in Dulbecco’s modified Eagle’s medium
with low glucose (100 mg/L, DMEM LG) (Sigma) with 10% fetal calf serum (PAN
Biotech) (DMEM LG+) at 37 °C, 20% O,, 5% CO, and 95% humidity (physiological
conditions). Cells were passaged at 80% confluency. After cleaning, all the scaffolds
were sterilized for 30 min by immersion in 100% isopropanol (Merck; Darmstadt,
Germany). All specimens were extracted at 37°C for up to 72 h (EN ISO 10993-12
mod.) and extracts (10x) were compared to extracts (1x) from Ti6Al4V control
scaffolds [34]. For cytotoxicity testing, extracts were sterile filtered (0.2 um) and the
MTS assay was described in detail in our earlier publication [34], using Dimethyl
sulfoxide (DMSO) (20%) as positive control [48]. Two million MG-63 cells in 600 pL
DMEM LG were seeded per specimen. After 15 min, 10 ml of fresh DMEM LG+ was
added and specimens incubated under physiological conditions for another 4 h. Cell-
seeded scaffolds were then cut along their sagittal axis to access their central region and
fluorescent staining was performed as described previously by us [34]. For SEM
analysis, cell-seeded scaffolds were rinsed with 1x phosphate buffered saline and fixed
for 1 h in 3% glutaraldehyde (Agar Scientific, Wetzlar, Germany) in 0.1 M Soerensen’s
phosphate buffer (Merck, Darmstadt, Germany) at room temperature. Fixed scaffolds
were dehydrated in 30, 50, 70, 90 and 100% ethanol, for 10 min each (last step twice).
Samples were then air-dried at room temperature and the sagittal cut surface of the
central region sputter-coated (Sputter Coater EM SCD500, Leica, Wetzlar, Germany)
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with 12.5 nm of gold-palladium and imaging at 10 kV in SEM (ESEM XL 30 FEG, FEI,
Eindhoven, The Netherlands).

8.2.9. Statistical analysis

The optical density data (i.e., MTS assay data) were normalized with respect to their
corresponding controls. The obtained values of the relative cytotoxicity were then
analyzed using a two-way ANOVA test (a = 0.05) followed by a post-hoc test (i.e.,
Tukey's multiple comparisons test, o = 0.05). Statistical significance is indicated as p <
0.0001, ****; p <0.001, ***; p <0.01, **; p <0.05, *; n.s. = not significant.

8.3. Results

8.3.1. Morphological characteristics

The porosity values measured by using micro-CT and weighing were similar to each
other (Table 1). All the specimens had 6-9% less porosity than their nominal (i.e.,
designed) values. As compared to the design values, the strut sizes were about =50 um
larger and the pore sizes were =50 um smaller (Table 1). Reconstructed 3D models from
micro-CT images confirmed that the strut thickness was radially graded for the
specimens of the Dense-in and Dense-out groups, while the strut thickness remained
uniform for the specimens of the S0.2 and S0.4 groups (Figure 1c). The graded struts
can be clearly observed in SEM image (Figure S1).

Table 1- Topological characteristics of AM iron scaffolds.

AM iron Strut size(um) Pore size (um) Porosity (%)
scaffold Design pCT Design pCT Design pCT Weight
S0.2 200 25743 800 755+2 90.9 84.8+0.1 84.6+0.4
Dense-in 200-400  387+1  800-600  609+11 79.5 70.6+0.4 69.7+0.2
Dense-out 400-200  386+5  600-800  635+1 79.5 71.0+0.2 70.3+0.5
S0.4 400 46144 600 50611 67.0 58.44+2.0 58.9+0.3

8.3.2. Microstructure of the scaffolds

The AM iron had fine grains with an average size of 12 + 0.3 pm (Figure 3a) for the 0.4
m struts and 10.8 = 1.4 pm for the 0.2 mm struts (Figure 3b).
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Figure 3. Microstructures of the AM iron scaffolds with struts having a diameter of 400
um (a, ¢) and 200 pum (b, d).

8.3.3. Permeability and velocity distribution

The order from the highest permeability of the AM iron specimens to the lowest was as
follows: S0.2, S0.4, Dense-in, and Dense-out (Figure 4a). Although the permeability
values predicted by the CFD simulations were generally higher than the experimental
results, they were well correlated to each other (R’ =0.84) (Figure 4b). The flow
velocity distribution showed that the fluid velocity was homogeneous inside the
specimens of the S0.2 and S0.4 groups (Figure 4c). As for the functionally graded
designs, the Dense-in specimens exhibited higher velocities at the periphery than at the
center, while the opposite was true for the Dense-out specimens. Flow velocities values
higher than the input velocity (i.e., 0.0125 m/s) were also observed in the specimens
(Figure 4c).
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permeability values (b), and velocity distributions predicted by the CFD models (c).
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8.3.4. In vitro dynamic biodegradation behavior
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Figure 5. Results from the dynamic biodegradation tests for 28 days: pH value (a),
weight loss (b), biodegradation rate (c), ion concentration (d), the appearance of the
specimens (e), and XRD patterns (f).

After 28 days of dynamic immersion, the pH values of the r-SBF solution increased
marginally from 7.5 to around 7.6. There were no large differences between the pH
values observed for the specimens of the different groups (Figure 5a). The specimens of
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the S0.2 group exhibited a weight loss of 16.7 + 3.3%, which was the highest among all
the experimental groups (Figure 5b). The specimens of the group S0.4 had the lowest
values of weight loss (i.e., 5.1 £ 0.9%), which was about one-third of the maximum
value (Figure 5b). The weight loss of the specimens of the Dense-in and Dense-out
groups lay between the extreme values, with the Dense-out specimens showing
somewhat a higher value of weight loss (i.e., 10.3 + 0.3%) than the Dense-in specimens
(i.e., 8.9 £ 0.4%) (Figure 5b). After normalizing the biodegradation rate by the surface
area of the specimen, the ranking of the biodegradation rate was the same as that based
on weight reduction (Figure 5c). The specimens of the S0.2 group had a higher Fe ion
concentration in the r-SBF than those of the S0.4 group, while the Dense-out specimens
had a higher Fe ion concentration than the Dense-in ones (Figure 5d). After 28 days, the
concentrations of Ca and P ions decreased from the initial values of 100 mg/L and 31
mg/L, respectively, to around 50 mg/L and 10 mg/L, respectively (Figure 5d).

8.3.5. Characterization of biodegradation products
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Figure 6. Morphologies and chemical compositions of the biodegradation products

formed on the AM porous iron specimens after 28 days: (a) S0.2 (b) Dense-in (c)
Dense-out, and (d) S0.4. Scale bar: 10 um.
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Brownish biodegradation products accumulated on the surfaces of all the specimens
after 28 days of biodegradation (Figure 5¢). The biodegradation products contained
lepidocrocite [i.e., y-FeO(OH)] and goethite [i.e., a-FeO(OH)] (Figure 5f). However,
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the intensity peaks of these biodegradation products in the XRD patterns were relatively
low. SEM analysis of external struts showed that, after 28 days of immersion, two types
of biodegradation products were formed on the surface: grey earth-cracking-like layers
at the bottom and pockets of white loose compounds on the top (Figure 6). EDS
analysis indicated that the grey biodegradation products contained C, O, and Fe, while
the white biodegradation products contained P, Ca (Figure 6), and sometimes Na
(Figure 6b).

- 80.2 center |[Q)

Dense-in center

(%) 481ua2 3y} Ul ssO| B

2 2 4 6 8 10 12
[p— T T S T M |

Figure 7. Morphologies of the biodegraded AM porous iron specimens after cleaning
on the periphery (left) and in the center (right): S0.2 (a, b), Dense-in group (c, d),
Dense-out group (e, f), S0.4 group (g, h), and the weight losses of the specimens of the
different groups in the center (i) after immersion for 28 days. Scale bar: 10 pm.

Different biodegradation behaviors were observed from the center to the periphery
of the specimens (Figure 7). After disintegrated degradation products on the struts were
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removed, the grain boundaries became clearly visible. In the case of the specimens from
the S0.2, S0.4, and Dense-in groups, the grain structure turned out to be better definable
on the periphery of the specimens (Figure 7a, ¢, and g) than in their center (Figure 7b, d,
and h). Moreover, the center of all the specimens contained some remnants of the
biodegradation products even after cleaning (Figure 7b, d, f, h). We further assessed the
volume losses of the specimens in the center using micro-CT and found that the Dense-
out specimens had a larger weight reduction than the S0.2 specimens, even though their
geometry were exactly the same in the center (Figure 7i). The specimens of the S0.4
group degraded faster than the Dense-in specimens, although they had the same
geometry in the center (Figure 71).

8.3.6. Mechanical properties
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Figure 8. Mechanical properties of the AM porous iron specimens before and after
biodegradation for 28 days: (a) stress-strain curves before biodegradation, (b) stress-
strain curves after biodegradation, (c) yield strengths, and (d) elastic moduli.

Under uniaxial compression, all the specimens exhibited smooth stress-strain curves
without sudden fluctuations after yielding, both before (Figure 8a) and after (Figure 8b)
biodegradation tests. All the stress-strain curves followed similar patterns, starting with
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a linear elastic region and continuing with a rapidly decreasing slope until a plateau
stage with almost no fluctuations was reached (Figure 8a, b). A densification phase
ultimately resulted in a rapid increase in stress (Figure 8a, b). Among all the
experimental groups, the S0.4 group possessed the largest values of yield strength (53.1
+ 0.9 MPa) and elastic modulus (2815.9 = 126.6 MPa), while the S0.2 group exhibited
the lowest values of yield strength (10.7 + 0.4 MPa) and elastic modulus (891.6 = 89.7
MPa) (Figure 8c, d). The mechanical properties of the functionally graded groups fell
between those of the S0.4 and S0.2 groups (Figure 8c, d). The Dense-in scaffolds had
somewhat higher values of yield strength (32.9 &+ 1.6 MPa) and elastic modulus (1767.3
+ 48.5 MPa) than the Dense-out specimens (30.5 + 0.3 MPa & 1754.4 + 30.8 MPa)
(Figure 8c, d). Yield strengths and elastic moduli of all the specimens decreased after 4
weeks of biodegradation (Figure 8c, d).
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Figure 9. Distributions of the von Mises stress in the AM porous iron specimens at 0.4
mm displacement under compression predicted by FE modeling.

FEM simulations showed that von Mises stresses were uniformly distributed in the
S0.2 and S0.4 specimens (Figure 9), while the Dense-in and Dense-out specimens had
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more stress concentrations in their thicker struts. Moreover, at the same level of
displacement, the Dense-in and Dense-out specimens showed lower values of the
maximum von Mises stress than those observed for the S0.2 and S0.4 specimens.

8.3.7. Cytocompatibility

To evaluate the potential of AM porous pure iron specimens for biomedical applications,
we performed biocompatibility testing (Figure 10). Relative cellular activity of human
osteoblast-like MG-63 cells in extracts from the different types of iron scaffolds (a-d)
was compared to that of control extracts from bio-inert Ti-6Al-4V. Cell viable in 24 h-
extracts was >75% for all iron specimens, independent of their structural differences:
77.8% (S0.2), 79.2% (Dense-in), 82.2% (Dense-out) and 86.5% (S0.4). Interestingly,
while the cell viability in extracts from other specimen types gradually decreased in an
extraction time-dependent manner, cell viability in S0.4 extracts remained at almost 70%
even after 48 h of extraction and did not significantly differ from Ti-6Al-4V controls
(Figure 10d). MG-63 viability in extended, long-term extracts (72 h) of iron specimens
dropped to below 50%, while Ti-6Al-4V extracts did not reveal significant cytotoxicity.

Direct cytocompatibility assessment revealed fluorescently labeled adhered cells at
the periphery as well as in the center of the scaffolds. However, when comparing
specimens of the different groups no design-specific cell distribution pattern could be
identified (Figure 10e). Gradients in strut thickness (i.e., dense-in vs. dense-out) did not
obviously influence regional cell seeding density. SEM images of MG-63 cells, 24 h
after seeding, revealed a well-spread polygonal cell morphology with cytoplasmic
projections attached to the surfaces of the iron scaffolds (Figure 10f, box).

8.4. Discussion

AM porous metallic biomaterials should meet multiple contradictory design criteria that
are often difficult to reconcile without sacrificing one or the other to some extent. Here,
we report for the first time how functional gradients can be used to meet these design
requirements through directly printing a biodegradable porous iron biomaterial. The
biodegradation of iron in vivo is generally slow, meaning that we should try to exploit
topological design to increase the biodegradation rate of AM porous iron while ensuring
sufficient mechanical support and proper nutrient transport. Our results clearly show
that with the aid of topological design ideas in general and functional gradients in
particular, the biodegradation rate and mass transport properties (i.e., permeability) of
AM porous iron can be increased while maintaining the bone-mimicking mechanical
properties of these biomaterials.
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Figure 10. Cell distribution and cytocompatibility. Relative cytocompatibility (%) of

different groups of iron specimens was assessed against titanium controls: S0.2 group
(a), Dense-in group (b), Dense-out group (c), and S0.4 group (d). Fluorescently stained
MG-63 cells on different AM porous iron specimens (e), and SEM analysis (f),
respectively. Scale bar: 1 mm (e) and 100 pm (f). n.s., not significant; *, p < 0.05; **, p
<0.01; *** p <0.001; **** p» <0.0001.
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8.4.1. Morphology and microstructure

All the topological designs of porous iron could be directly printed with the
morphological parameters that were close to the design values. Due to thickened struts,
the actual porosities were slightly lower than the design values for all the groups. As a
strut thickness of 200 pm is quite thin, the actual strut diameter was nearly 60 um larger
than the design value, even when the contour scanning strategy was used. On the other
hand, under the printing conditions used, the reproducibility of the scaffolds was high
(with a standard deviation of 5% or lower).

As to the microstructure, micro melt pools formed during SLM [49], leading to high
cooling rates (10-10* K/s) [50], which resulted in a non-equilibrium solidification
process and refined grains (i.e., 10-12 pum, in this study). As no large differences
between the grain sizes of thick and thin struts were found, the different biodegradation
behaviors of the different experimental groups were unlikely caused by their
microstructures, but rather by their porous architectural features. Moreover, unlike
previously reported AM solid iron [51, 52], our AM porous iron specimens did not
exhibit obvious elongated grains along the build direction, which can also be seen by
Electron Back-Scattered Diffraction (EBSD) analysis in our former paper [38]. This
suggests that the effects of any directional solidification processes were not as strong as
in the case of solid counterparts, particularly given that the struts of our scaffolds were
built in a tilted orientation. The reason for this could be that there was limited overlap
between the melt pools of different layers during the SLM process when the strut was
tilted (Figure S2).

8.4.2. Permeability

As expected, permeability was highly dependent on the porosity of the specimen and
influenced by porosity distribution on the transverse section. According to the Kozeny-
Carman equation, the relationship between the permeability, k, porosity, ¢, and the
specific surface area, Sy, (i.e., surface to volume ratio) of a porous structure is given by:
k = Cy @3/SZ, where Ck is an empirical constant [53]. A higher porosity, therefore,
results in a much higher permeability value. Interestingly, although the functionally
graded Dense-in and Dense-out specimens had similar overall porosities, the Dense-out
specimens showed higher permeability values than those of the Dense-in group. This
may be due to the different Cy values for these two structures, as Cy is strongly
dependent on pore geometry [54]. It may thus be concluded that, in addition to porosity,
permeability can be also adjusted through topological design and the spatial distribution
of repeating unit cells.

CFD simulations could help us to reveal the flow behavior of the scaffolds.
Although the permeability values calculated from the simulations were higher than the
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experimental values, they were well correlated to each other (Figure 4b). The
discrepancies between the measured and predicted values could be attributed to the
following factors. First, the CAD models had lower porosity and surface roughness than
the actual values of the AM iron specimens. These differences might have caused an
overestimation of the permeability. Furthermore, as can be seen from the velocity
distribution (Figure 4c), even though we chose a slow inlet velocity, the actual velocity
inside the scaffolds could be higher, which means that turbulent flow might occur. This
phenomenon has also been observed by other researchers and appears to be caused by
obstacles on the fluid path [55]. Turbulent flow might decrease the permeability of the
scaffolds during the tests. It was also interesting to observe how the geometry could
guide the flow behavior in the functionally graded scaffolds. For the Dense-in and
Dense-out specimens, the higher porosity region always had a higher flow velocity
(Figure 4c). A higher flow velocity can facilitate nutrient and oxygen transport to the
cells residing inside the center of a scaffold [56].

8.4.3. Biodegradation behavior

The weight losses of the specimens were strongly dependent on their topological
designs. Optimizing the topological design of the porous structure could, therefore, be
an effective means to adjust the biodegradation behavior of AM porous iron. In general,
the higher the porosity, the faster the weight loss. Furthermore, as the specimens from
the different groups had different surface areas, we normalized the biodegradation rate
to the surface area. The ranking of the different experimental groups in terms of
biodegradation rate remained the same with or without normalization. As the
biodegradation rate is directly related to the fluid flow inside the porous structure,
topological design may influence the biodegradation behavior of AM iron scaffolds also
through its effects on fluid velocity and permeability (subsection 4.2).

Visual inspection revealed that under dynamic biodegradation, brownish corrosion
products formed both at the periphery and in the center of the specimens (Figure 5).
EDS analysis indicated that the corrosion layer of the external struts contained Ca and P
elements (Figure 6) after 28 days of immersion. Combined with ICP results (Figure 5d),
these observations suggested that the Ca and P elements on the corrosion layer
originated from the r-SBF medium. To better understand the different biodegradation
mechanisms, we inspected the surface morphologies of degraded struts after ultrasonic
cleaning (Figure 7). Biodegradation occurred both at the periphery and in the center of
the specimens and grain boundaries became clearly visible on the surfaces of the struts
(Figure 7). This was different from our previous study on ‘uniform’ AM porous iron,
where struts in the center of the specimens remained almost intact after 28 days of
immersion [34]. It could be explained by dynamic flow. In order to find out how
topological design could be used to adjust the biodegradation behavior of the AM iron
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scaffolds, the central regions of the AM iron specimens were inspected by micro-CT.
Although the specimens of the S0.2 and Dense-out groups had exactly the same
geometry in the center (Figure 1), the weight loss of the Dense-out specimens in the
center was higher than that of the S0.2 specimens. This is counter-intuitive, given that
the S0.2 specimens had higher permeability values than the specimens of the Dense-out
group (Figure 7i). However, the velocity distribution predicted by CFD simulations
(Figure 4c) suggests that the Dense-out scaffolds had higher flow velocities in the center
than on the periphery. As the inlet flow velocity was constant in our dynamic
biodegradation tests, there was a higher medium volume flow in the center of the
Dense-out specimens. Similar results were observed for the S0.4 and Dense-in
specimens. The Dense-out specimens degraded more slowly than the S0.4 specimens in
the center, although the Dense-out specimens had generally higher permeability values
than the S0.4 group. Once again, velocity distribution of the Dense-in specimens
showed that the fluid velocity was higher at the periphery than in the center, leading to
less medium volume flowing through the center of these specimens.

After 28 days of dynamic immersion, all the specimens lost more weight (i.e., 5-
16%) than the “uniform’ AM iron scaffolds under static immersion conditions (i.e., 3%)
used in our earlier study [34]. It is well known that the in vitro test environment can
affect the biodegradation rate of biodegradable metals. Others reported higher
biodegradation rates of iron in dynamic immersion tests [57] as well. Furthermore,
maintaining the CO, content at 5% means that the pH of the medium remains constant
around 7.6. This would increase the biodegradation rate as well. The human body is a
buffered system with a pH range of 7.38-7.42 [58]. Moreover, a flow rate of 0.012-1.67
ml/min [59] continuously occurs inside the (intra) medullary cavities that are home to
the bone marrow and the progenitor cells of osteoblasts and osteoclasts. The dynamic
biodegradation setup used in this research can, therefore, better mimic the in vivo
conditions.

The biodegradation rates of the AM porous iron scaffolds observed here are higher
than those reported for the pure iron fabricated using conventional manufacturing
techniques (i.e., 0.04-0.06 mg/cm™/day™") [48, 57], similar to those of cross-rolled pure
iron (i.e., 0.24-0.29 mg/cm?*/day™ [60]), and lower than those of electroformed pure
iron (i.e., 1.39 mg/cm™?/day” [61, 62]). This is consistent with the order of the grain
sizes obtained from using these different fabrication techniques. Conventionally
manufactured iron has grain sizes in a range of 180-400 um [48, 57], while the grain
sizes of cross-rolled and electroformed iron are 16-19 um [60] and 4 pm [61, 62],
respectively. The AM porous iron specimens printed here had an average grain size of
10-12 pm, which is close to that of cross-rolled iron. Indeed, the specific solidification
process experienced during AM creates smaller grains, which in turn increases the grain
boundary area with defects in the crystal structure and high internal energy [63]. Larger
areas of grain boundary are expected to cause higher chemical activity in a corrosive
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medium [64, 65]. This clearly shows the advantage of the refined microstructure
resulting from the SLM process in increasing the biodegradation rate of slowly
degrading metals such as iron. Of course, other microstructural features such as texture
and dislocation density may also affect the corrosion rate [60].

The actual weight reduction could be even higher than those measured here,
because usual sample cleaning methods and weight loss measurements for solid samples
cannot easily be applied to a porous specimen. For solid specimens, it is feasible to
remove all the corrosion products with minimum attack to the sample itself. In the case
of highly porous scaffolds, however, it is difficult to remove all the corrosion products,
especially those in the center of the specimens (Figure 7b, d, f, h). Others have used
acids or alkalis to remove corrosion products [66-69], but this may result in further
erosion of the struts, particularly at the periphery. ICP-OES analysis showed even less
iron release into the r-SBF medium as compared to the expectation from the weight loss
measurements. This might be because iron ions participated in the formation of
corrosion products (EDS results, Figure 6).

Although AM porous irons showed a sufficient rate of biodegradation in this study
that should result in full biodegradation of the specimens within 1-2 years [68], the in
vivo tests of AM porous iron should be performed in the future. In the case of bulk iron,
a number of animal studies have shown that the in vivo degradation rates may be
significantly lower than those measured in vitro [38, 39, 69]. It is, therefore, of great
interest to determine the biodegradation rate of AM porous iron in vivo to better
determine the potential of these biomaterials for future clinical application.

8.4.4. Mechanical behavior

The mechanical properties of all the AM porous iron specimens remained within the
range of values reported for trabecular bone (i.e., E = 0.5-20 GPa [70], 5,= 0.2-80 MPa
[71]) even after 28 days of biodegradation. Unlike other AM porous structures based on
a diamond unit cell that were made from other materials [11, 72], the AM porous iron
specimens studied here showed smooth stress-strain curves during uniaxial compression
tests without fluctuations after the maximum stress (Figure 8a). In addition, no sudden
failures occurred. This could be explained by the high ductility of pure iron [34].
Similar behavior has been observed for other highly ductile porous materials, such as
AM porous structures made of pure titanium and tantalum [12, 73]. In the case of the
functionally graded designs, the shape of the struts gradually and continuously changed
so as to minimize the discontinuity of the stress at the interface between dissimilar
layers [24]. The stress-strain curves remained smooth after the in vitro immersion tests
and showed similar patterns to those of the non-biodegraded specimens (Figure 8b).
Among the different designs, the yield strengths and elastic moduli of the AM iron
specimens were strongly affected by porosity: a higher porosity resulted in lower values
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of yield strength and elastic modulus. The mechanical properties of functionally graded
structures could be predicted, based on the weighted average of the mechanical
properties of each constituent using the Voight model [21]. Based on this model, the
elastic modulus and strength of the functionally graded scaffolds are given by: P, =

™1 fiP; , where P, represents the elastic modulus or strength of the functionally graded
structure and f; is the volume fraction of P, However, we find that such a weighted
average cannot fully predict the mechanical properties of the functionally graded
specimens designed in this study. For example, even though the Dense-in and Dense-
out groups had similar porosities, both the yield strength and elastic modulus of the
Dense-in specimens were slightly higher than those of the Dense-out group. The results
from FE modeling of the specimens under compression could explain this trend. Given
that stress was more concentrated in thicker struts, they carried more loads than thinner
ones. Although both functionally graded groups had similar porosities (i.e., the same
volume of thick struts), the thickest struts were located at the periphery of the Dense-out
group specimens, meaning that the thickest struts were generally open (i.e., dangling)
and did not contribute to the load-bearing capacity of the specimens.

Functionally graded structures have been reported to exhibit better failure
performance than their uniform counterparts. For example, an axisymmetric
deformation mechanism and long plateau stage have been observed for functionally
graded specimens during compression tests, instead of abrupt failure accompanied by
shear band formation [21, 24-26]. As thicker struts are the primary load-bearing
elements of functionally graded structures, deformation occurs primarily in these struts,
resulting in trumpet-like specimens after compression [21]. Functional gradients have
been also found to increase the fatigue resistance of AM porous structure [25], as the
cracks initiate layer by layer, instead of randomly initiating everywhere in the scaffolds
at the same time. However, the results available for functionally graded AM porous
metallic biomaterials in the literature usually refer to Ti-6Al-4V, which is a brittle alloy
if no post-AM treatment is performed. As we used pure iron here, functional gradients
did not alter the failure mode of the AM iron scaffolds, as the uniform designs exhibited
smooth stress-strain curves themselves.

The structure of the human bone is generally highly heterogeneous and anisotropic
with different stiffness and strength values in different directions [4]. At the same time,
bone has sufficient permeability to facilitate the transfer of cells and nutrients. Bone-
substituting porous implants should, therefore, combine a tailor-made distribution of
mechanical properties with certain ranges of permeability, while taking biodegradation
into account. The designs that we used in this study attempted to achieve these goals to
the extent that was possible with linearly and radially graded porous structures. Of
course, to fully address the above-mentioned design criteria regarding the mechanical,
physical, and biological properties, further research attempts are needed. Topological
optimization may be used to aid in achieving the desired properties while satisfying
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certain prescribed constraints. Indeed, Hollister [74, 75] has advocated the adjustment of
both stiffness and diffusive transport properties using topology optimization when
designing scaffolds.

8.4.5. Cytocompatibility

To evaluate the biomedical application potential of our novel AM porous pure iron
specimens, we applied latest ISO 10993 modifications to meet the special requirements
for absorbable biomaterials [76, 77]. To this end, we used an MTS assay, which is the
current state-of-the-art for extract-based in vitro evaluation of cytotoxicity [78]. In
addition, using a medium containing serum allows to extract both polar and non-polar
substances and supports cellular growth (ISO 10993-5, 2009) [78]. Of note, within the
physiological range of 37 °C, 24 h and 72 h are both specifically acceptable extraction
conditions according to ISO 10993 (2009), with 72 h being the relatively harsher
extraction regime [78]. Accordingly, in 24 h-extracts, cell activities in all iron extracts
ranged between 77.8% (S0.2, the lowest) and 86.5% (S0.4, the highest), respectively,
and can be classified as non-cytotoxic (i.e., cytotoxicity grade 1; 75-99% viability) [79].
Upon 48 h-extraction, all conditioned media revealed >63% remaining cellular activity,
corresponding to being slightly cytotoxic (i.e., grade 2, 50-74%). Of note, under these
conditions, the S0.4 group was still not significantly more cytotoxic than the titanium
control, while Ti-6Al-4V controls remained non-toxic (grade 1) throughout. Only upon
harsh 72 h-extractions, 75% of the samples have to be classified as moderately cytotoxic
(i.e., grade 3, < 49%). In line with our data, cytotoxicity was earlier reported to be
inversely proportional to the iron ion concentration [66, 80]. Iron is an essential
transition metal and nutritional requirement in cell culture, having both beneficial and
toxic properties. The loss of ferric iron due to precipitation and its reduction to ferrous
iron are equally undesirable events in the extracellular milieu. Ferric iron is the stable
oxidative state of iron in aerobic conditions, and the normal oxidative state used by cells.
In a solution at physiologic pH, ferric iron that is not bound by a chelator or carrier
molecule will form ferric hydroxide complexes that are virtually insoluble. While the
chemistry is quite complex, ferric iron can be reduced to ferrous iron which is free to
participate in Fenton chemistry, to become a major source of oxidative stress in media
due to the creation of hydroxyl free radical [81]. Pure iron showed good
biocompatibility during long term implantation as biodegradable stents or pins [40, 41,
82, 83], which is in agreement with our in vitro results using the mild extraction regime.
Unlike the in vitro situation where released iron ions can accumulate locally to high
concentrations in a culture dish, released ions are usually rapidly diluted in vivo and will
ultimately be secreted from the body [84]. This difference may point towards important
limitations of the currently used static methods to evaluate cytocompatibility as they
may tend to overestimate cytotoxic effects.
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Fluorescent staining revealed relatively uniform cell seeding throughout the iron
scaffolds without apparent design-specific differences (Figure 10e). This is in
agreement with a recent study where human mesenchymal stromal cells were analyzed
in 3D scaffolds with gradient pore sizes [85] and a study using pre-osteoblasts in
gradient Ti-6A1-4V scaffolds [27]. The latter authors concluded that the degree of cell
attachment was similar for various strut thicknesses. However, we expected that
relatively more cell would adhere to thicker struts as compared to thinner ones, as these
struts provide larger surface area to cells (and thus interfacial force). Logically, this
might lead to more interactions with the material surface before the cells slip through
the pores [22, 59]. Our analyses of cell distribution between Dense-In and Dense-Out
groups did not reveal obvious differences in support of this former notion. Of note, our
iron specimens were spatially graded instead of axially graded along the z-axis, as
reported by others [20, 22, 23]. Axially grading could result in “sieve effects” during
cell seeding and may account for differences between the studies. In addition,
fluorescent labeling in porous, but otherwise light-dense, 3D structures has some
limitations: subtle differences in cell distribution were hard to quantify due to large
quantities of interfering iron biodegradation products. Such artefacts are absent in
titanium scaffolds, facilitating quantification when using inert materials. Furthermore,
the minimum and maximum pore sizes of our gradient scaffolds were 0.6 mm and 0.8
mm, respectively. This difference may not be large enough to affect cell seeding and
qualifying both types as scaffolds of higher porosity [13]. Altogether, this may explain
why we observed a rather uniform distribution in our gradient and non-gradient
scaffolds. However, further decreasing the minimum pore size in smartly designed
functionally graded porous scaffolds might hold potential to control cell distribution.

8.5. Conclusions

We demonstrated for the first time how SLM could be used for direct printing of
functionally graded porous iron. The specimens of all the groups (i.e., two functionally
graded groups and two uniform groups) possessed precisely controlled topologies and
fully interconnected porous structures. The topological design not only affected the
permeability of the specimens of these groups but also changed the fluid flow inside the
specimens. Consequently, the topological design controlled the biodegradation behavior
of the AM porous iron scaffolds. For example, different biodegradation rates were
found in the center of the AM porous iron specimens with and without functional
gradients, even though they had the same local geometry. Taken together, our results
suggest that topological design in general, and functional gradients in particular can be
used as an important tool for adjusting the biodegradation behavior of AM porous
metallic biomaterials. This holds especially for otherwise slowly degrading metals, such
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as iron, to reach values desired for bone substitutes. Over a period of 28 days of
dynamic immersion tests, the elastic modulus and yield strength of the porous iron
remained in the range of the values reported for trabecular bone. Depending on the
topological design of the specimens, AM porous iron appears to be widely
cytocompatible. The observations reported here underline the importance of proper
topological design in the development of AM porous biodegradable metals and suggest
AM porous iron may be a highly attractive candidate for the development of future bone
substitutes.
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Supplementary information

7

Figure S1. The surface morphologies of our AM iron scaffolds: (a) S0.2, (b) Dense-in,
(¢) Dense-out, and (d) S0.4. Scale bar: 500 pm.
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Figure S2. A schematic illustration of the melt pools overlapping along vertical and
tilted struts.




Additively manufactured
functionally graded
biodegradable porous zinc

Here, we studied one functionally graded and two uniform AM porous Zn designs with
diamond unit cell. Cylindrical specimens were fabricated from pure Zn powder by using
a powder bed fusion technique, followed by a comprehensive study on their static and
dynamic biodegradation behaviors, mechanical properties, permeability, and
biocompatibility. Topological design, indeed, affected the biodegradation behavior of
the specimens, as evidenced by 150% variations in biodegradation rate between the
three different designs. After in vitro dynamic immersion for 28 days, the AM porous Zn
had weight losses of 7-12%, relying on the topological design. The mechanical
properties of the biodegraded specimens of all the groups maintained within the range
of those of cancellous bone. After 28 days of in vitro biodegradation, the yield strengths
of the specimens of all the groups (o, = 7-14 MPa) increased consistently, as compared
to those of the as-built specimens (o, = 4-11 MPa). Moreover, AM porous Zn showed
excellent biocompatibility, given that the cellular activities in none of the groups
differed from the Ti controls for up to 72 h. Using topological design of AM porous Zn
for controlling its mechanical properties and degradation behavior is thus clearly
promising, thereby rendering flexibility to the material to meet a variety of clinical
requirements. !

! The chapter is based on a scientific paper: Y. Li, P. Pavanram, J. Zhou, K. Lietaert, F.S.L
Bobbert, Yusuke Kubo, M.A. Leeflang, H. Jahr, A.A. Zadpoor. Additively manufactured
functionally graded biodegradable porous zinc. Biomaterials Science (in press)
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9.1. Introduction

Recently, several studies on directly printed topologically ordered porous biodegradable
magnesium (Mg) and iron (Fe) have been reported [1, 2] and these studies addressed
some of the most important challenges faced in designing such biomaterials. For Mg-
and Fe-based biomaterials, the most important challenge is the biodegradation rate,
which is too high for Mg [3], but too low for Fe [4]. AM facilitates the production of
porous Fe with greatly increased surface area and this can increase its biodegradation
rate (0.2 mm/year [5]) to the desired range (0.2-0.5 mm/year [6]). However, according
to in vivo tests with pure Fe, voluminous biodegradation products often form and
remain in the human body even until 9 months after implantation [7].

Some researchers have tried to adjust the biodegradation rates of Mg and Fe
through the development of new alloys and functional coatings [8, 9]. However, only
limited adjustments in biodegradation rate are possible through these approaches. An
alternative approach that has recently received a lot of attention is the use of other
biodegradable metals. Within this paradigm, Zn and Zn-based alloys are considered
promising candidates for orthopedic applications, as they are capable of tackling some
of the fundamental challenges associated with using biodegradable Mg or Fe as an
implant material [10]. Zn offers multiple advantages over Mg, Fe, and their alloys. First,
as the chemical potential of Zn falls between the chemical potential values of Mg and
Fe, it is expected to exhibit an intermediate rate of biodegradation, as compared to the
extreme cases of Mg and Fe [11, 12]. Second, the biodegradation process of Zn does not
generate hydrogen gas. Finally, similar to Mg but unlike Fe, the biodegradation
products of Zn are biocompatible [13]. A few research groups, including ours, have
recently been successful in directly printing AM porous Zn [14-16]. In a previous study,
we assessed the biodegradation behavior, mechanical properties, and cytocompatibility
of an AM porous Zn biomaterial with a regular and uniform porous structure [17].

Now, the next step is to go beyond the uniform lattice structure and fully exploit the
advantages of topological design and free-form fabrication offered by AM to meet the
design requirements of biodegradable porous metals aimed at applications as bone
substitutes. Functionally graded designs are particularly interesting in this context, as
they enable meeting conflicting design requirements in a single piece of material.
Indeed, a recent study has shown that functional gradients could be used to adjust the
biodegradation profile as well as the mechanical properties of AM porous Fe [5] to meet
otherwise conflicting design requirements regarding biodegradation rate, mechanical
properties, and permeability of such a biomaterial. It is therefore interesting to
investigate if topological design can also tune the properties of other AM biodegradable
porous metals.
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Here, we designed and directly printed three experimental groups of AM porous Zn
specimens, including one group with a functionally graded design and two groups with
uniform designs to investigate the influence of topological design on the static and
dynamic biodegradation behaviors, mechanical properties, permeability, and
cytocompatibility of pure Zn prepared by using a powder bed fusion (PBF) technique.
To put this into perspective, the porosity of the functionally graded porous structure
design falls within the porosities of the two uniform porous structure designs.

9.2. Material and methods

9.2.1. AM of the specimens

Element (nTopology, USA) was used to design three different types of specimens
(Figure 1) all with a 1.4 mm diamond unit cell, which included two uniform structures
(strut thicknesses: 0.3 and 0.4 mm, hereafter called S03 and S04, respectively), and a
functionally graded porous structure (strut thickness: linearly and radially varied from
0.4 mm to 0.2 mm) (S0402) (Figure 1). Specimens were fabricated using a ProX DMP
320 machine (3D Systems, Belgium) with a maximum laser power of 500 W and < 50
ppm oxygen levels in its build chamber. A nitrogen-atomized Zn powder was used in
this study, as described previously [18]. The powder layer thickness and energy density
were 60 um and 39.0 J/mm’, respectively. The specimens were removed from the steel
baseplate through wire electrical discharge machining (WEDM). 96% ethanol was used
to ultrasonically clean the unmelted powders stuck in the pores of the specimens for 20
min. Subsequently, the specimens were cleaned chemically for 2 min in 5% (by volume)
HCIL, 5% HNO,;, and 90% C,HsOH to further remove loose powder particles.
Afterwards, residual HCI on the specimens were washed out by 5 min ultrasonic
cleaning in 96% ethanol.
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Figure 1. Topological designs of the AM porous zinc specimens of the three
experimental groups.

9.2.2. Morphological characterization of the as-
built specimens

The specimens were imaged using micro-computed tomography (micro-CT) (Phoenix
Nanotom, GE Sensing Inspection Technologies GmbH, Germany) at a tube voltage of
130 kV and a tube current of 220 uA. The exposure time was 500 ms and the spatial
resolution was 12 pm’. 1440 projections were acquired. The acquired data were then
reconstructed and transformed to 2D images (DICOM stack) using Phoenix Datos|x 2.0
(GE Sensing & Inspection Technologies GmbH, Germany). To extract quantifiable data
from these images, the following steps were taken. First, the images were imported to
the Fiji software (NIH, US) and thresholded locally over a range of 107 to 255. Then, a
series of circular regions of interest (ROIs) were created and porosity, strut size, and
pore size were calculated using BonelJ (a plugin of Fiji) [2]. Besides, the porosity of the
specimens was also determined by using the weighing method [1].

9.2.3. Static and dynamic biodegradation tests

A standard cell culture incubator (20% O,, 5% CO,, 37 °C) was used for static in vitro
biodegradation tests in revised simulated body fluid (r-SBF) [19], for up to 28 days. In
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addition, dynamic in vitro biodegradation was performed at a flow rate of 0.3 ml/min,
for the same period and also at cell culture conditions, using a custom-built bioreactor
and pre-equilibrated r-SBF. Medium pH values were registered (InLab Expert Pro-ISM,
METTLER TOLEDO, Switzerland) after static and dynamic biodegradation. An
inductively coupled plasma optical emission spectroscope (ICP-OES, iCAP 6500 Duo,
Thermo Scientific, USA) was used to analyze the concentrations of Zn, P, and Ca ions.

9.2.4. Characterization of the biodegradation
products

Scanning electron microscope (SEM) and energy-dispersive X-ray spectroscope (EDS)
(JSM-IT100, JEOL, Japan) was used to analyze the morphologies and compositions of
the biodegradation products. X-ray diffractometer (XRD, Bruker D8 Advance
diffractometer in Bragg-Brentano geometry, Germany) was used for the identification
of the phases in the biodegradation products. XRD was operated at 45 kV and 35 mA
using Co Ka radiation (step size: 0.035° and dwell time: 4 s).

9.2.5. Morphological characterization of specimens

after biodegradation

After the biodegradation tests, ranges of 45—107 and 107-255 were applied to segment
the biodegradation products and Zn, respectively, from the micro-CT images. After
segmentation in Fiji, the volume of metallic specimen (i.e., Zn) and the volume of the
biodegradation products were calculated with Bonel (a plugin of Fiji). The images were
then imported to Avizo Fire (VSG, France) for 3D reconstruction.

9.2.6. Mechanical characterization

Compression tests were carried out at a crosshead speed of 2 mm/min, using a material
testing machine with a 10 kN load cell (Instron, Germany). Yield strengths and quasi-
elastic gradients (elastic modulus) of the specimens were obtained according to ISO
13314:2011. The slope of the starting linear part of the stress-strain curve equals to the
elastic modulus of the porous specimen. The initial linear part was offset by 0.2% to
find the intersection for yield strength. All the tests were performed in triplicate.

9.2.7. Permeability

The falling head method was used to measure the permeability of the specimens [5].
The specimens were placed in a chamber below a standpipe. Water fell in the standpipe,
during which the pressure at the bottom of the standpipe was measured by a pressure
gauge. Water pressure was registered in LabView (v.11.0, National Instruments, US)
every two seconds. The instantaneous level of the water corresponded to the measured
pressure. The following equation was used to calculate permeability, :
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al H
k=22t
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where a and A are the areas of the cross-section for the standpipe and specimen,
respectively, L is the specimen height, H; and H, are the momentary level of water at
two different time points, ¢ is the interval between these two time points, x4 is the
dynamic viscosity, and p is the density of water. The tests were performed in triplicate
for each of the groups.

9.2.8. Cell culture assays

Cleaned Zn scaffolds (n = 3) were sterilized in 100% isopropanol (Merck; Darmstadt,
Germany) for 30 min and placed in non-tissue culture treated 48-well plates so as to
achieve diminished adhesion and proliferation of cells on the surface of the wells. Cell
suspension (500 pl with 3x10° cells) of MG-63 was prepared and added dropwise to the
scaffolds. After 30 min of incubation, 1 ml of additional medium was slowly added and
the specimens were further incubated for 6 h under static physiological conditions, thus,
ensuring complete cell attachment. After 6 h, the scaffolds were moved to a fresh 48-
well plate and a counting chamber method was used to count the remaining cells in each
well [20]. The equation below was used to calculate the cell seeding efficiency:

(initial cells added to scaf fold — remaining cells in wells)
initial cells added to scaf fold

Cell seeding ef ficiency =

9.2.9. Cytocompatibility
9.2.9.1. Cell culture

Human osteoblast-like cells (MG-63, ATCC, CRL-1427) were cultured in Dulbecco’s
Modified Eagle Medium (DMEM) with low (1 g/L) glucose (DMEM LG; Sigma-
Aldrich Chemie GmbH, Munich, Germany), containing 10% fetal calf serum (DMEM
LG+, PAN-Biotech, Aidenbach, Germany), in the incubator (37 °C, 20% O,, 5% CO,,
and 95% humidity).

9.2.9.2. Cytocompatibility testing

Specimens were cleaned as reported in subsection 2.1, and then sterilized in 100%
isopropanol (Merck; Darmstadt, Germany) for 30 min. The biocompatibility of the AM
porous Zn specimens was subsequently evaluated through direct cell seeding and
indirect extract-based cytotoxicity tests.

(a) Direct cell seeding: The cleaned and sterilized specimens were seeded with
3x10° MG-63 cells and incubated for 24 h in DMEM LG+ medium under physiological
conditions. The specimens after cell seeding were then cut longitudinally to evaluate
cell viability in their core region using Live and Dead Dye from Live and Dead Cell
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Assay kit (ab115347, Abcam, UK). Briefly, a 5X concentrated dye solution was added
to the cell-seeded specimens and then incubated for 10 min at room temperature, prior
to fluorescent optical imaging of living cells. After rinsing in 1X phosphate buffered
saline, the scaffolds were fixed, dehydrated, and air-dried at room temperature as
described before [1]. SEM (ESEM XL 30 FEG, FEI, Eindhoven, The Netherlands) was
used to observe the cells.

(b) Indirect, extract-based cytocompatibility: The methodology for extract
preparation and the MTS assay were both previously reported by us [6]. Briefly,
extracts were prepared at 0.2 g Zn/ml in DMEM LG+ for 72 h under physiological
conditions as recommended by EN ISO standards 10993-5 and 10993-12. The sterile
filtered (0.2 um) extracts from Zn specimens and those from identically designed Ti-
6Al-4V specimens as gold standard, were compared to cytotoxic Dimethyl sulfoxide
(DMSO, 20% v/v): MG-63 cells were seeded on regular bioplastics and DMEM LG+
was replaced with 10X extracts prior to further incubation for 0, 24, 48 and 72 h.
Relative cellular activity was determined using CellTiter 96® AQueous One Solution
Cell Proliferation Assay (Promega Corp., Mannheim, Germany) as described by us
before [2].

9.2.10. Statistical analysis

One-way ANOVA tests (a = 0.05), followed by the Turkey multiple comparison test (a
= 0.05), were performed to analyze biodegradation and permeability data. Two-way
ANOVA tests (a = 0.05), followed by the Turkey multiple comparison test (a = 0.05),
were used to analyze cytotoxicity data (p < 0.0001, ¥***: p < 0.001, ***; p < 0.01, **;
p <0.05, * n.s. = not significant).

9.3. Results

9.3.1. Morphological characteristics of the as-built
specimens

Table 1- Morphological characterization of AM porous Zn.

Porosity (%) Strut size (um) Pore size (um)
AM porous Zn
pCT Design pCT Design pCT Design
S03 72.64+2.3 81.1 34949 300 61243 700
S0402 68.542.3 74.3 357£18  400-200 589+69  600-800

S04 62.0£2.5 67.4 442+1 400 550+£38 600
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The strut sizes of the AM Zn scaffolds were 40-50 um thicker, while the pore sizes were
50-80 pm narrower than the design values (Table 1). The measured porosities were
similar from pCT and the weighing method, which were 5-9% lower than the design
values (Table 1). The 3D models reconstructed from the micro-CT (Figure 2a-c) and
SEM images (Figure 2d-i) showed uniform strut thickness of the S03 and S04 groups,
while the strut thickness of the S0402 group was graded. There were unmelted powder
particles on the surface of the as-built specimens (Figure 2d-f). After chemical polishing,
the surfaces of the specimens were relatively smooth (Figure 2g-i).

Figure 2. Morphologies of AM porous zinc: (a-c) micro-CT reconstructions of AM
porous zinc S03 (a), S0402 (b), and S04 (c), (d-f) strut morphologies of the as-built AM
porous zinc S03 (d), S0402 (e), and S04 (f), (g-i) strut morphologies of the as-cleaned
AM porous zinc S03 (g), S0402 (h), and S04 (i).

9.3.2. In vitro biodegradation behavior

During both the static and dynamic immersion tests, white biodegradation products
formed gradually on the struts surfaces of the scaffolds of all the three experimental
groups (Figure 3a). The dynamic biodegradation appeared to produce more
biodegradation products than the static one. Furthermore, the biodegradation products
mainly formed at the bottom of the specimens (attached to the beaker) under the static
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condition, but at the top of the specimens (i.e., outlet side of the medium flow) under
the dynamic condition (Figure 3a).
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Figure 3. Biodegradation behavior of AM porous zinc: (a) a visual inspection of the as-
degraded specimens under the static and dynamic conditions, (b) pH variation with the
immersion time, (c-¢) the changes in Zn (c), P (d), and Ca (e) ion concentrations with
immersion time.
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The pH values slightly increased from 7.5 to 7.9 in r-SBF solution during 28 days
of immersion (Figure 3b). The dynamic tests resulted in higher pH values, as compared
to the static ones, especially at day 28 (Figure 3b). pH value did not vary much between
the solutions with the specimens of the different groups (Figure 3b). The static testing
resulted in low Zn ion concentrations (around 0.3 mg/L) in all the three groups, even
after 28 days of immersion (Figure 3c). In contrast, the dynamic testing greatly
increased the released Zn ion concentrations after day 7 (Figure 3c). As compared to the
S04 and S0402 groups, specimens of the group S03 released more Zn ions into r-SBF
(Figure 3c). After 28 days, P and Ca ion concentrations gradually decreased,
respectively, to 2 mg/L and 80 mg/L (Figure 3d, e). Similarly, the concentrations of P
and Ca ions reduced to different extents under the static and dynamic conditions, with
the dynamic tests always exhibiting lower P and Ca ion concentrations in the medium
(Figure 3d, e). After 28 days, specimens of the group S04 showed a lower P
concentration as compared to the specimens of the groups S03 and S0402, while the
variations in Ca ion concentration with immersion time did not show clear differences
between the experimental groups (Figure 3e).

9.3.3. Characteristics of the biodegradation

products

For all the three groups, after 28 day static or dynamic degradation, four types of
biodegradation products were found on the surfaces of the Zn scaffolds (Figure 4a-f).
Clusters of small particles (Figure 4c) were mainly found on the biodegraded surfaces
and contained Zn, O, C, P, and Ca. The morphological features of the other
biodegradation products were: dome-like biodegradation products (Figure 4d) that had
Zn, C, O, and P, needle-like biodegradation products (Figure 4¢) that contained Zn, O,
Ca, and P, and flake-like biodegradation products (Figure 4f) that contained Zn, O, CI,
and C. XRD analysis showed the presence of ZnO, Zns(CO;),(OH)s, Casz(POy),, and
Zns(OH)sClgH,0 after both static and dynamic immersion tests, with elevated intensity
levels of these biodegradation products under the dynamic condition (Figure 4g).
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9.3.4. Reconstructed morphologies of the specimens
after biodegradation

Under the static condition, the specimens underwent more localized biodegradation
(Figure 5a, yellow circles) than those under the dynamic one during the same period of
28 days. Interestingly, for the group S0402, the struts in the center seemed to experience
more local biodegradation during the dynamic tests. In contrast, more biodegradation
was found at the periphery of the specimens during the static tests. Furthermore, larger
volumes of biodegradation products (Figure 5a, red) formed during the dynamic
immersion tests than during the static tests. The biodegradation products appeared to
have mostly formed on a specific side of the specimens, which was further dependent
on the testing condition (Figure 5a). Under the static condition, the biodegradation
products mainly formed at the bottom side of the specimens, which was in contact with
the beaker (Figure 5a). Under the dynamic condition, however, the biodegradation
products were found mostly on the top side of the specimens, which was the outlet side
of the r-SBF flow (Figure 5a). After 28 days of dynamic biodegradation, specimens of
the groups S03 and S04 exhibited the highest (11.9% + 0.6%) and lowest (7.1% = 0.3%)
values of volume reduction, respectively (Figure 5b). The volume loss of the specimens
of the group S0402 was in-between those extreme values (7.9% + 0.6%) (Figure 5b). As
compared to the dynamic biodegradation tests, the static ones resulted in considerably
lower values of volume loss in all the groups (Figure 5b). The dynamic tests resulted in
about twice as much biodegradation product volumes (i.e., volume gain) in all the three
experimental groups, as compared to the static tests (Figure 5c).
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Figure 5. Micro-CT analysis of AM porous zinc after 28 days of biodegradation: (a) 3D
reconstructions, (b) volume losses of AM porous zinc, and (¢) volume gains due to the
formation of the biodegradation products shown in Figure 4. Grey: zinc. Red:
biodegradation products. Circle: localized biodegradation.

9.3.5. Mechanical properties

The specimens from all the experimental groups exhibited smooth stress-strain curves
under compression, even after in vitro biodegradation for 28 days (Figure 6a, b). The
stress-strain curves of the three groups all exhibited a linear elastic region at early stage,
followed by a gradually decreasing slope until a plateau stage, and rapidly increased
stresses towards the end (Figure 6a, b).

Among the as-built specimens, those of the S04 group possessed the highest elastic
modulus (785.7 £ 72.1 MPa) and yield strength (10.8 £ 0.2 MPa), whereas the S03
group showed the lowest elastic modulus (399.8 + 32.3 MPa) and yield strength (4.2 +
0.1 MPa) (Figure 6c, d). Functionally graded group specimens (S0402) had the
mechanical properties in between those of the S03 and S0.4 groups (Figure 6¢, d). After
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1 day of biodegradation, the elastic moduli and yield strengths of the specimens of all
the groups increased (Figure 6c¢, d). Thereafter, all the groups showed fluctuations in
elastic modulus (Figure 6¢), while their yield strengths gradually increased with
immersion time (Figure 6d). All the groups showed higher yield strengths at day 28 as
compared to those of the corresponding as-built specimens (Figure 6d). In addition, the
specimens that had undergone dynamic biodegradation exhibited higher yield strengths,
as compared to those exposed to the static condition (Figure 6d).
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Figure 6. Compressive stress-strain curves of the AM porous zinc specimens before (a)
and after (b) 28 days of degradation as well as the changes in elastic modulus (c) and
yield strength (d) with immersion time.

9.3.6. Permeability and cell seeding efficiency

The order of the AM porous Zn specimens from the highest permeability to the lowest
value was as follows: S03, S0402, and S04 (Figure 7a). The cell seeding efficiencies
(Figure 7b) measured for all the experimental groups were above 70%: S03 (75.2%),
S0402 (74.35%), and S04 (87.85%) (Figure 7b). Interestingly, specimens of the group
S04 showed a 12% increase in cell seeding efficiency in comparison to those of the S03
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group, while the seeding efficiency of the functionally graded structure (S0402) did not
significantly differ from that of the group S03 (Figure 7b).
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Figure 7. Permeability (a) and cell seeding efficiency (b) of the AM porous zinc
specimens of all the three experimental groups.

9.3.7. Direct evaluation of cytocompatibility

The assessment of direct contact cytocompatibility by live-dead staining revealed that
most of MG-63 cells were viable (fluorescing green) and only a few cells exhibited
evidence of a compromised cell membrane integrity (fluorescing yellow-red) after 24 h
of direct contact with the AM porous Zn specimens (Figure 8a-f). Adhered cells were
observed at the periphery as well as at the center of the Zn specimens (Figure 8d-f), as is
evident from these cross-sectional images. S04 and S0402 specimens appeared to
contain more cells as compared to S03 specimen (Figure 8a-f). The functional gradient
in strut thickness (i.e., S0402 group) did not seem to influence the regional distribution
of cells within the scaffold (Figure 8d-f).

9.3.8. Indirect biocompatibility in vitro

Cytocompatibility of the novel Zn specimens was assessed quantitatively using
standardized extracts, and compared to that of the Ti-6A1-4V control, as recommended
by ISO 10993. Cell viability in the 24 h-extracts was higher than 95% for all the porous
Zn specimens, regardless of the topological design: 99.08% (S03), 96.78% (S0402), and
97.83% (S04) (Figure 8h-i). At all tested time points, up to harsh 72 h evaluation, the
cell viability values found for the porous Zn groups were not significantly different
from those found for the gold standard material (i.e., Ti-6Al1-4V) (Figure 8h-i).



https://www.sciencedirect.com/topics/materials-science/biocompatibility
https://www.sciencedirect.com/topics/biochemistry-genetics-and-molecular-biology/cytotoxicity

(e)
= 150 i
S o Ti64
= 503 4 DMSO 820%)
s ! m Zn (10x
% 100 {8 B & -
g * K Kk
o I * ok kK
§ 50 A EETTS
s A
A
“ 0
0 24 48 72
Time (hours)
) 150
g 50402 o Ti64
= A DMSO (20%)
£ = Zn (10x
g 100 {§ - .
i} EET -
=
g 50 ; +ok ok K Sk
H
5 A
€ o
0 24 48 72
Time (hours)
(i)
| — 150 .
=X S04 o Ti6d
= A DMSO (20%)
= - = Zn (10x)
RN - =
5 ) Q
§ FE kR
3 50 1 i ol * ok ok K
2
& A
g A
= 0
0 24 48 72
Time (hours)

Figure 8. Cytocompatibility of AM porous zinc: images of fluorescent cells attached on
top of specimens from group S03 (a), S0402 (b), and S04 (c), respectively, next to cell
distribution in cross-sections of the respective specimens S03 (d), S0402 (e), and S04 (f)
to demonstrate homogenous seeding in the specimen’s core. Relative cellular activities
of MG-63 cells in vitro upon exposure to zinc scaffolds S03 (g), S0402 (h), and S04 (i)
(n=5). Randomly chosen scaffolds per group were analyzed in at least technical
triplicates (zinc, n=3; Ti-6Al-4V, n=3).

9.4. DISCUSSION

Topological designs hold great promise for tuning the biodegradation behavior and
mechanical properties of AM porous biodegradable metallic biomaterials. Here, we
studied, for the first time ever, how topological design including a functional gradient
can be applied to AM porous Zn. After biodegradation for 28 days, the volume losses of
the AM porous Zn specimens varied between 7% to 12% (i.e., 0.13-0.17 mm/year),
depending on the topological design, suggesting that we could exploit the topological
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design to achieve a desired value of biodegradation rate. Interestingly and being
contrary to other AM porous biodegradable metals [5, 6], the yield strengths of the
specimens of all the groups increased after 28 days of immersion. Furthermore, the
specimens of all the groups showed excellent cytocompatibility, regardless of the
topological design. The results demonstrate that AM porous Zn, with appropriate design,
holds great potential to fulfill the multiple and often conflicting requirements that are
laid out for an ideal bone substitute.

9.4.1. Biodegradation behavior

Based on the SEM/EDS analysis, the flake-like biodegradation products could be
Zns(OH)gCl,-H,O (Figure 4f) [21], while the dome-like biodegradation products were
most likely Zns(CO;),(OH)g (Figure 4d) [22]. Higher percentages of Ca and P elements
were found in the clusters of small particles (Figure 4c), which could be hydroxyapatite
or a combination of ZnO and Ca3(PO,), [23]. This confirmed the results of the ICP
analysis, showing that the concentrations of P and Ca ions gradually decreased with
immersion time, as these ions were involved in the growth of the biodegradation
products (Figure 3d-e). Furthermore, at all immersion time points and for all the
experimental groups, the specimens that had undergone dynamic biodegradation
exhibited higher Zn ion concentrations, but lower P and Ca ion concentrations in the
immersion medium, as compared to the specimens exposed to the static biodegradation
testing. This can be attributed to more biodegradation products formed under the
dynamic testing condition (Figure 3a). Under the dynamic condition, the surface of the
AM porous Zn specimens was constantly washed by the medium. The flow of the
medium over the surface of the specimen inhibited the increase of local pH, thereby
increasing the rate of biodegradation [24] and the rate of the formation of the
biodegradation products. The human body has a constant pH around 7.4 [25].
Furthermore, the interstitial fluid flows through the (intra) medullary cavities at a rate of
0.012-1.67 ml/min [26]. Therefore, the dynamic biodegradation setup used in this
research can mimic some aspects of the in vivo environment.

Under the static condition, no large differences were found between the three
experimental groups with respect to Zn ion release into the medium (Figure 3c). In
contrast, the dynamic tests showed that, after 28 days, a higher Zn ion concentration
was found for the specimens of the group S03 than those of the groups S04 and S0402.
Moreover, the pH value of the group S03 was slightly higher compared to the other two
groups (Figure 3b). Micro-CT results confirmed that the volume losses of the AM
porous Zn relied strongly on the topological design, with the group S03 exhibiting the
largest volume loss. Topological design changed the permeability (i.e., the fluid flow
inside the scaffolds) and thus influenced the biodegradation profile of the AM porous
Zn. Generally, a higher porosity leads to a higher permeability and a higher rate of
material loss during the in vitro immersion tests. Therefore, the biodegradation behavior
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of AM Zn scaffolds can be effectively tuned by modifying the topological design of the
porous structures.

Besides the commonly observed biodegradation behavior of AM porous Zn, micro-
CT analysis suggested that the specimens experienced more localized biodegradation
under the static condition (Figure 5a). Moreover, localized biodegradation mainly
occurred at the bottom of the specimens. This phenomenon was likely caused by the
stagnant flow of r-SBF entrapped in the narrow gap between the specimens and the
beaker. CI likely accumulated at these locations and may form a local passive layer
inside those narrow spaces [27]. Pitting or crevice-like biodegradation would then take
place. On the contrary, dynamic flow prevented the adsorption of Cl” on the surface of
the degraded layer, thereby ensuring the homogeneity of the biodegradation process [24,
28]. Interestingly, under the dynamic condition, localized biodegradation occurred at the
core of the S0402 specimens, which could be related to the velocity distribution
introduced by the gradient design. According to the computational fluid dynamics (CFD)
simulations reported in a previous paper of the present authors [5], the S0402 specimens
have a relatively higher flow velocity at the center than on the periphery. It can then be
inferred that varied biodegradation rates within one single scaffold can be achieved
simultaneously by tuning the local porosity (i.e., the permeability). Under the static
condition, however, the group S0402 experienced more localized biodegradation at the
periphery, where the struts were thicker and pores were smaller. The smaller pores in
the graded structure may increase the possibility for localized degradation to occur. The
differences between the static and dynamic conditions in terms of biodegradation rate
and biodegradation mechanism observed at different locations within the specimens
underscore the fact that, besides the choice of the biomaterial, the topological design of
the porous structure plays a crucial role in controlling the biodegradation profile of the
resulting implants.

The rates of Zn biodegradation found in this research are comparable (i.e., 0.06-
0.07 mm/year under the static condition and 0.13-0.17 mm/year under the dynamic
condition) with the biodegradation rates reported by others (i.e., 0.011-0.084 mm/year
under static conditions [23, 29, 30]). Furthermore, it is interesting to note that, for pure
Zn, the results from in vifro biodegradation tests are largely consistent with those found
in vivo (i.e., 0.010-0.065 mm/year) [31-37]. It should, however, be noted that in most in
vivo tests, pure Zn wires or stents that were used for those measurements were
implanted in the abdominal aorta. Based on these considerations, AM porous Zn
exhibited a moderate biodegradation rate that corresponds to complete degradation
within 1-2 years [38]. However, in the future, animal experiments with AM porous Zn
should be performed to determine its, possibly implantation site-specific, real in vivo
biodegradation rate in order to better predict its potential as a bone substituting material
and its local tissue responses.
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9.4.2. Mechanical behavior

All the AM Zn scaffolds, even after 28 days of biodegradation, still had the mechanical
properties within the scope of those of cancellous bone (£ = 0.01-2 GPa, 4, = 0.2-80
MPa [2]) (Figure 6). Similarly to AM porous Fe, titanium, and tantalum [1, 5, 39, 40],
the AM porous Zn specimens had smooth stress-strain curves a plateau stage (Figure 6a,
b), which could be attributed to the high ductility of pure Zn [14]. Regarding the
functionally graded design (S0402), as the struts thickness continuously and gradually
changed, abrupt changes in stress at the boundary between different struts could be
minimized [41]. In the case of the three different groups, porosity strongly affected the
elastic modulus and yield strengths of the AM Zn specimens: lower porosity resulted in
a higher elastic modulus and yield strength. As the porosity of the group S0402 fell
between the porosities of the S03 and S04 groups, their mechanical properties were also
in between those of the S03 and S04 groups. Generally, human bone has a highly
anisotropic and heterogeneous structure, leading to different strength and stiffness
values in different directions and at different locations [42]. Meanwhile, bone has a
sufficient permeability in order to transfer nutrients and cells. Therefore, biodegradable
porous bone-substituting implants should also have a tailored distribution of mechanical
properties and a certain range of permeability values. In this study, with a linearly and
radially graded design, we attempted to show that it was possible to achieve those goals
to some extent.

After one day of in vifro biodegradation, specimens of all the three groups showed
improved mechanical properties as compared to those of their as-built counterparts.
Although similar results were found at the early stages of the biodegradation of AM
porous Mg and Fe [1, 2], the mechanical properties of the biodegraded specimens
S0402 and S04 were higher than those of their as-built counterparts, even after in vitro
biodegradation for 28 days (Figure 6c, d). Interestingly, the specimens subjected to
dynamic biodegradation had higher yield strengths as compared to those under the static
condition. The increases in the mechanical properties of the biodegradable metal with
immersion time could be attributed to the contributions of the biodegradation products.
AM porous Zn may behave like a composite material consisting of Zn and the
biodegradation products. While progressing biodegradation deteriorated the mechanical
properties of Zn, the formation of large amounts of biodegradation products under the
dynamic condition could help in retaining, or even improving its mechanical properties.
Under the static condition, however, a smaller volume of biodegradation products was
less effective in playing this role and more localized biodegradation led to decreases in
yield strength.

These observations, together with the bone-mimicking mechanical properties
suggest that AM porous Zn is a promising candidate for orthopedic implants. Of course,
animal experiments will still be required to see how far the here reported changes in
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mechanical properties in vitro can be translated into the in vivo situation. Of note, the
mechanical properties of AM porous Zn may also change as a result of bone tissue
regeneration [43]. These two effects (i.e., Zn biodegradation vs. bone tissue
neoformation) should be simultaneously considered when studying the evolution of the
mechanical properties of such biomaterials with time. Moreover, no information is
available yet concerning the fatigue behavior of these biomaterials. Given the fact that
both topological design and material category significantly affect both the static and
dynamic mechanical behaviors of AM porous metallic biomaterials [44-47], there is a
need for a thorough study on the dynamic mechanical responses of these porous
structures [48].

9.4.3. Cytocompatibility

The ISO10993-recommended MTS assay, which is a sensitive and quantitative method
to colorimetrically identify viable cells, revealed no significant differences in cellular
activities of MG-63 indicator cells between the three different structures (i.e., S03,
S0402, and S04). All the three groups revealed a good cytocompatibility. While Zn ions
at low concentrations hold potential to enhance cell viability, adhesion, proliferation,
and migration [49], at high concentrations they may stimulate oxidative stress pathways,
inducing cell apoptosis and necrosis [50]. However, in vivo the body’s vasculature
facilitates the removal of Zn ions and respective biodegradation products, which helps
prevent detrimental local ion overloads. Therefore, we used recently recommended
modification to the ISO 10993 standards to make them applicable for absorbable
biomaterials [51]. Using the suggested 10X diluted extracts in indirect cytotoxicity
assays, the group S04 revealed 85% cellular activity, which was the lowest among all
the groups, while the S03 specimens showed the highest (i.e., 91%) cellular activity,
after relatively harsh 72 h incubation. Of note, during more frequently reported 24 to 48
h incubation times, cellular activities remained >90% in all the tested extracts. Thus, the
Zn extracts from all the three experimental groups may be considered to be non-toxic
(i.e., 75-99% viability; cytotoxicity grade 1). Although a higher porosity normally
increases permeability, thereby resulting in greater ion release into extracts [20, 40, 68],
the outcome of our study did not indicate such differences between the three
experimental groups. However, while our cytocompatibility testing regime was in line
with current ISO 10993 recommendations, even our longest immersion time might have
been too short to fully appreciate such increases in ion release, which may require
weeks to occur.

To better appreciate any cell to biomaterial contact-mediated cytocompatibility
issues, we additionally performed cell seeding experiments with all the three different
AM porous Zn scaffolds using semi-quantitative fluorescent live/dead imaging. 24 h
after seeding, majority of MG-63 cells remained viable and appeared well attached to
the specimen surfaces. Interestingly, Zn-based biomaterials have been shown to support,
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among others, cell viability and proliferation, because Zn ions are important cofactors in
a variety of metabolic processes [52]. From surface visualization and cross-sectional
imaging, MG-63 cells appeared to be evenly distributed along the periphery as well as
within the core region of the specimens, without showing any obvious design-related
differences. It is in agreement with the results obtained by other researchers who
analyzed pre-osteoblasts in graded Ti-6Al-4V scaffolds [53], in comparison with cell
distribution in graded polymer 3D scaffolds [54]. Of note, cell seeding efficiency was
above 70% (i.e., 70% cells attached to the Zn surface) for all the three porous Zn
scaffold designs, but a slightly higher efficacy in the group S04 was noticed, as
compared to SO3. Fluorescent images also showed that S04 and S0402 specimens
appeared to contain more attached cells as compared to S03 specimen (Figure 8a-f). A
general expectation may be that a smaller pore size provides a larger strut surface area
for cell-surface interactions before cells pass through the pores. In addition, pore-
clogging may result in increased cell accumulation within the scaffold [55]. However,
with fluorescence it was hard to quantify cells objectively and the AM Zn scaffolds did
not show significant differences in cell seeding efficiency between the different groups.
A possible explanation might be that the scaffolds designed in the present study were
graded along the radial direction (i.e., along the x and y axes), instead of the axial
direction (z-axis), as in other studies [55-57]. Axial gradation could create a “sieve
effect” during cell seeding and may account for increased cell seeding efficiencies.
Another likely reason is that the pore/strut size differences between the scaffolds in our
study were not large enough to significantly influence cell seeding efficiency. Moreover,
fluorescent imaging has its limitations and is difficult to quantify within opaque metal
3D structures, which is a limitation of the present study.

9.5. CONCLUSIONS

We demonstrated that functionally graded porous Zn with precisely controlled topology
can be fabricated by using PBF and the biodegradation behavior and mechanical
properties of AM porous Zn can be tuned through topological design. The topological
design changed the permeability by up to 3-fold and altered the biodegradation rate by
up to 1.5-fold between the 3 groups of the AM porous Zn. Of note, the biodegradation
rates of all the groups of AM porous Zn were rather moderate, with 7.1%-11.9%
volume losses after 28 days of dynamic in vitro biodegradation. Elastic modulus (400-
786 MPa) and yield strengths (4-11 MPa) of the specimens of all the three groups
remained within the scope of those of human cancellous bone. Regardless of the
topological design, the AM porous Zn exhibited good biocompatibility in vitro. The
results highlighted that proper topological design plays an important role in developing
AM biodegradable porous metals. AM porous Zn holds great potential for bone
substitution in the future.
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10.1. General conclusions

In this thesis work, we used, for the first time, AM to fabricate biodegradable porous
Mg, Fe, and Zn and investigate their in vitro performances. We started with
topologically ordered homogeneous designs and conducted comprehensive studies on
the as-built microstructures, geometrical characteristics, electrochemical behavior,
biodegradation behavior, quasi-static mechanical properties, fatigue behavior, and
cytocompatibility of these novel biomaterials. Then, we adopted functionally graded
designs to differentiate the materials of different structural designs in biodegradation
behavior and mechanical properties. Our results showed that AM biodegradable porous
metals have the potential to satisfy all the basic functional requirements regarding an
ideal bone substituting biomaterial. Therefore, with a proper scaffold design and
alloying, AM biodegradable porous metals could be a new generation of functional
biomaterials that are particularly useful in orthopedic applications where the treatment
of large bony defects remains a major challenge. The most significant findings from this
research are summarized here:

1. Biodegradable porous metals with a fully interconnected, topologically ordered,
and precisely controlled porous structure can be fabricated through SLM.

2. The mechanical properties of AM biodegradable porous metals are high enough
to provide proper mechanical support in the early stages of bone regeneration process.
These properties fall within the range of the values reported for the trabecular bone even
after 4 weeks of in vitro biodegradation. For the same geometrical design, AM porous
Fe had the highest elastic modulus and yield strength, while AM porous Zn showed the
lowest mechanical properties. After four weeks of in vitro biodegradation, the elastic
modulus and yield strength of the porous iron specimens decreased insignificantly, i.e.
by 7% and 5%, respectively, whereas the yield strength of AM porous Mg reduced by
35%. Surprisingly, AM porous Zn showed even higher mechanical properties as
compared to the as-built material after four weeks of in vitro biodegradation.

3. The biodegradation rates of AM biodegradable porous metals largely varied.
Among the materials studied here, Mg had the highest biodegradation rate (i.e., 20%
volume loss after 4 weeks), while AM porous iron exhibited only 3.1% of weight
reduction. The biodegradation rate of AM porous zinc was moderate with 3.6% volume
loss after four weeks of static in vitro biodegradation. Dynamic flow increased the
biodegradation rate of AM porous iron and zinc.
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4. AM Zn showed the best in vitro biocompatibility results both in direct and
indirect cytotoxicity tests. Although direct contact between MG-63 cells and AM Mg
scaffolds revealed instant cytotoxicity in static cell culture, the fraction of unviable cells
determined according to ISO 10993 was less than 25%. AM iron exhibited markedly
lower degrees of biocompatibility as compared with both other metals, although its
degradation rate was the lowest.

5. Biodegradation and fatigue affected each other to a great extent. AM Fe and Zn
both had excellent fatigue resistance in r-SBF, with AM Zn showing even a higher
fatigue strength in r-SBF (0.80,) than in air (0.75,). In contrast, AM Mg showed only
0.30, fatigue strength in air, which decreased to 0.2¢, in r-SBF. On the other hand,
cyclic loading accelerated the biodegradation process in r-SBF.

6. Biodegradation mechanisms were found to be location-dependent for all the AM
porous metals considered here. Topological design in general and functional gradients
in particular were found to be effective tools for adjusting the biodegradation behavior,
mechanical properties, and fatigue performance of these AM porous metals.

10.2. General discussion

In this dissertation, for the first time, three different types of biodegradable metals,
namely a Mg-based alloy, pure Fe, and pure Zn, were additively manufactured through
SLM. We also performed comprehensive studies on the as-built microstructures, quasi-
static mechanical properties, electrochemical performance, biodegradation behavior,
and biocompatibility of these biomaterials. AM biodegradable porous metals showed
unique microstructures that resulted in biodegradation and electrochemical behaviors
that were different from those of their traditionally manufactured counterparts.
Dependent on the type of the underlying material, AM biodegradable porous metals
with exactly the same geometrical design exhibited different mechanical properties,
biodegradation rates, and cell responses. According to our in vitro cell culture
experiments, AM porous Mg, Fe, and Zn had different levels of cytocompatibility. As
the main applications of AM biodegradable porous metals are as load-bearing
orthopedic implants, we also performed corrosion fatigue tests to evaluate the response
of these materials to dynamic loading. Biodegradation and cyclic loading were found to
influence each other to a great extent. Moreover, the corrosion fatigue behavior of AM
biodegradable porous metals significantly differed from each other despite having the
same geometrical design. All the studies performed confirmed the importance of the
choice of the material used for the fabrication of AM biodegradable porous metals. With
the performance of these metals understood, we turned our attention to the use of
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topological design in adjusting the properties of AM porous biodegradable metals.
Indeed, the biodegradation behavior of such materials were already found to be strongly
location-dependent for all the three types of materials, suggesting that topological
design could serve as an important tool for adjusting the biodegradation behavior of AM
biodegradable porous metals. Our studies showed that topological design in general and
functionally graded structures in particular has significant effects on the mechanical
properties and biodegradation behavior of AM biodegradable porous metals and allow
them to meet contradictory design requirements. In summary, AM biodegradable
porous metals showed promising properties that can fulfill the requirements as an ideal
bone implant, which include: fully interconnected pores with precisely controlled
geometries, high enough mechanical properties that match those of the human
trabecular bone, tunable biodegradation rates, and good biocompatibility. Some specific
issues with respect to material processing, alloying, topological design, and in vitro test
conditions are discussed below.

10.2.1. Material processing

The AM biodegradable porous metals studied here had precisely controlled geometries,
which were close to the designed geometries, suggesting that SLM is an apprpriate
technique to fabricate complex biodegradable metallic scaffolds. Rapid cooling rates
occurring during the laser melting process resulted in fine grains in these three
biodegradable metals [1]. It is well known that the grain size can affect not only the
mechanical properties but also the biodegradation rate of metallic biomaterials [2]. AS
compared with traditionally manufactured ones, AM biodegradable metals showed
improved yield strengths, which can be attributed to their refined grain sizes [3]. AM
biodegradable porous iron showed a significantly increased biodegradation rate as
compared to cold rolled iron, because of the larger areas of grain boundaries [4]. On the
contrary, grain refinement led to the increased corrosion resistance of the Mg-based
alloy [2, 5]. Accelerated passivation kinetics was considered as the main reason for that
observation. No information is available yet concerning the influence of grain size on
the performance of AM Zn-based porous biomaterials. It is, therefore, important to
study AM biodegradable metals with different grain sizes. Moreover, as can be seen in
the case of AM porous Mg and Zn, the grain sizes and morphologies are
inhomogeneous along the building direction [6, 7], further complicating the
optimization of the microstructures of such biomaterials. In the future, with the
flexibilities of tuning the laser power input and scanning strategy, it can be envisaged
that, in addition to the geometrical design, the microstructures of AM biodegradable
porous metals could be customized.
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After AM, we used only chemical polishing to remove powder particles adhered to
the surface. The procedure was effective on the periphery of the AM scaffolds, but
powder particles still remained in the center. Since surface roughness can influence the
fatigue and biodegradation behavior of metallic biomaterials [8, 9], more appropriate
cleaning solutions need to be developed. For instance, sandblasting has been found to be
an effective tool to smoothen the surface of AM titanium samples [8]. It can also induce
compressive stresses and nano-crystallized zones on the surface, which will be
beneficial for enhancing the fatigue behavior of AM porous metals [10]. Heat treatment
is another post-processing procedure that may impact the properties of AM
biodegradable porous metals. For example, hot isostatic pressing (HIP) can be used to
improve the fatigue behavior of the AM porous metal by closing the internal pores
present in the bulk of the struts constituting the porous structures [8].

10.2.2. Alloying

The mechanical properties of AM biodegradable porous metals were within the range of
the values reported for the human trabecular bone (i.e., £ = 500-2,000 MPa [11], 0, =
0.2-80 MPa [12]). However, if we would like to further improve their mechanical
properties to match the mechanical properties of the cortical bone (i.e., £ = 2,000-

30,000 MPa, o, = 200 MPa [13]), pure Fe and pure Zn need to be alloyed with proper

elements. Fe-Mn alloys, for example, tend to exhibit much higher yield strengths than
pure Fe at a level that is even comparable with 316L steel [14]. Such high values allow
for the introduction of porosity through AM. Similarly, Zn shows much higher values
of the yield strength when alloyed with Mg or Ag [15-17]. The strengthening
mechanisms include grain refinement, solid solution strengthening, and precipitation
strengthening. Moreover, alloying can be used to adjust the biodegradation rates of AM
biodegradable metals. Fe-Co and Fe-Mn alloys, for example, show higher
biodegradation rates as compared with pure iron, while Fe-Ni and Fe-Cr significantly
increase the corrosion resistance of metallic biomaterials [18]. Zn-Ag alloys usually
increase the biodegradation rates of Zn-based biomaterials due to the presence of
galvanic corrosion [15]. Another advantage of alloying Fe with Mn is that Fe-Mn alloys
possess an austenitic phase, which can enhance the compatibility with magnetic
resonance imaging (MRI). Furthermore, the selection of alloying elements needs to
consider the cytocompatibilty of the resulting biomaterials. As for Mg, although
biodegradable stents and bone screws made from WE43 have been already launched
into market [19], the biodegradation rate of AM porous WE43 is on the high side. New
Mg alloys that are suitable for SLM still need to be developed. Considering the rapid
solidification rates involved in SLM, Mg-based metallic glasses may possibly be
fabricated through SLM. MgZnCa glasses have been reported as a proper candidate
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[20]. Furthermore, alloying has the ability to make AM biodegradable metals more
biofunctional. Mg-Nd-Zn-Zr, for example, has been found to show improved
antibacterial activity as a result of adding Zn and Zr [21]. Adding Ag to pure Zn
prevents bacteria from adhering to the surface of the implants. Ag ions have been also
reported to kill bacteria [22]. Other elements, such as Sr can also be added, as they
inhibit bone resorption and stimulate bone formation [23].

10.2.3. Topological design

As the human bone is a highly hierarchical structure, it is widely believed that the
geometry of AM biodegradable porous metal should mimic that of the human bone
[13]. The design of AM biodegradable metals should not only make sure of the match
of their mechanical properties with the surrounding tissue, it should also possess fully
interconnected pores and sufficient porosity to facilitate the transport of nutrients and
cells [4, 7]. The surface of porous implants should facilitate cell adhesion and
proliferation as well. Porosity and pore shape play a major role in determining the
mechanical properties of porous structures. Stretching-dominated unit cells have higher
elastic moduli and yield strengths than bending-dominated structures, while the latter
have a better energy absorption ability [24]. Porosity is inversely related to the
mechanical properties of porous metals. In addition to alloying, topological design can
be another tool to improve the mechanical properties of AM biodegradable porous
metals. However, lower porosity also means lower permeability, which may not be
favorable for cells in the center of the scaffolds. These contradicting design
requirements call for functionally graded designs. As observed in the case of
functionally graded Fe or Zn, the periphery of AM scaffolds can be designed to have a
lower porosity for load bearing, while the inner part of the scaffolds can be highly
porous for sufficient mass transportation. In the studies presented in this dissertation, we
only used the diamond unit cell, because all the struts of the diamond unit cell are tilted
at the same angle along the building direction, thus excluding the verities that come
from the AM process. The combination of different types of unit cells can be developed
in the future. Furthermore, as topological design was also found to affect the
biodegradation rates of AM porous Fe and Zn, it would be interesting to investigate its
influence on AM porous Mg. More systematic studies are needed to build the
relationship between topological design and biodegradation rate. More importantly,
topological features, such as pore shape, pore size, and porosity, can all affect the cell
adhesion and proliferation [25]. For example, it has been found that 300-1000 pm pore
sizes are optimal for bone tissue regeneration [26]. Therefore, further optimization of
AM biodegradable porous metal requires a better understanding of the complex
relationships between topological design, mechanical properties, biodegradation
behavior, and cell responses.
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10.3. Recommendations

In this section, some general recommendations for potentially interesting future work
are presented.

1. From the materials viewpoint, AM needs to be further optimized and investigated
in order to obtain materials with the desired properties. Machine learning including deep
learning algorithms may be used to build the relationships between composition of the
underlying material, the geometry of lattice structures, processing parameters,
microstructure, and the mechanical properties of AM materials. The materials “genome”
should be established to guide the development of new materials instead of pursuing a
trial and error approach.

2. From the design viewpoint, the influence of topological design on the mechanical
properties, biodegradation behavior, cell adhesion, and cell proliferation should be
systematically investigated using both experimental and numerical approaches.

3. There is still a big gap between in vitro and in vivo results for biodegradable
biomaterials. /n vivo tests are, therefore, required to evaluate the performance of AM
biodegradable porous metals in their actual service conditions.

In addition to the general recommendations presented above, I have also formulated
a number of specific recommendations as follows:

Material-related:

1. It would be interesting to explore the potential of AM Mg-based porous metallic
glasses and their relevant processing parameters. This approach could result in materials
that simultaneously improve the biodegradation resistance and mechanical properties of
AM Mg-based porous biomaterials.

2. Alloying of pure iron with other elements should be considered for both
improving the mechanical properties and further increasing the biodegradation rate of
AM Fe-based porous biomaterials.

3. The mechanical properties of Zn-based AM porous biomaterials should be
increased. This could be achieved by alloying Zn with other elements particularly Mg

and Ca.

Process-related:
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4. Better surface polishing solutions need to be developed for AM biodegradable
porous metals.

5. Functional coatings can be applied to improve both the biodegradation resistance
and biocompatibility of AM porous Mg.

6. The fatigue behavior of AM porous Mg can be further improved by optimizing
both the topological design of the porous structure and the laser processing parameters
that affect its microstructure to a great extent.

Property-related:

7. The cytotoxicity of AM Fe-based materials need to be systematically studied in
vitro, as the current results are still debatable. Round-robin test may be a better solution
for that purpose.

8. Creep and aging of AM Zn-based biomaterials and their relationship with the
performance of such biomaterials need to be further investigated.

9. Different loading regimens, such as compression-tension, tension-tension,
bending, and torsion, should be applied to the fatigue tests of AM biodegradable porous
metals.

10. The effects of microstructure including the grain size on the biodegradation
behavior of AM biodegradable metals should be investigated.

Function-related:

11. In addition to bone implants, AM biodegradable metals could be used for some
other types of implantable diagnostic and therapeutic electronic devices.
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